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Introduction



General introduction

Photodynamic therapy (PDT) is an emerging clinical treatment modality, which utilizes 
light, oxygen and a light sensitive drug (the photosensitizer), for curative and palliative 
treatment of a variety of malignant and non-malignant conditions tumors. PDT is 
frequently used in the clinic  for treatment of superficial skin lesions by superficial 
illumination of the lesion after the topical administration of a photosensitizer or its pre-
cursor. However, PDT is also under investigation for treatment of larger tumors 
volumes in regions such as the head and neck1,2 and the prostate3 by inserting optic-
fibers in the tumor volume for the delivery of the treatment light.
The therapeutic  effect in PDT is induced by the interaction between  the tissue and 
reactive oxygen radicals. These reactive oxygen radicals, predominantly singlet 
oxygen, are formed by the interaction of photosensitizer, light (of an appropriate 
wavelength) and oxygen in the tissue. The deposited PDT dose is the amount of light 
that actually interacts with the photosensitizer that leads to formation of reactive 
oxygen species responsible for inducing tissue response. Note that this is different 
from the actual amount of light delivered to the tissue since not all of the light delivered 
interacts with the photosensitizer scattering and absorption of the tissue. In addition, 
based on the photosensitizer’s ability to form reactive oxygen species (ROS) only a 
percentage of light that interacts with the photosensitizer lead to formation of ROS. 
Also there is a difference between the actual  delivered light dose and the intended 
delivered light dose. Where the intended delivered light dose is set by the clinician to 
be delivered. Only by measuring the amount of light in situ it is possible to determine 
the actual delivered light dose. So although this intended light dose is kept the same in 
individuals undergoing treatment, the actual  delivered light dose and the deposited 
PDT dose can vary due to biological variation and the dynamic interaction between 
light, photosensitizer and oxygen in tissue. Inter individual  variations in deposited PDT-
dose yield variations in induced tissue response and treatment outcome. For this 
reason it is necessary to determine and monitor the deposited PDT dose during 
therapeutic illumination.
Dosimetry is used to monitor parameters during the course of treatment that are of 
importance to determine the deposited PDT dose. In monitoring dose metric 
parameters we differentiate between explicit and implicit parameters. Explicit dose 
metric parameters yield information on the basic parameters necessary for PDT, such 
as delivered light treatment parameters, administered photosensitizer concentration, 
and available oxygen concentration. Implicit dose metric  parameters implicitly yield 
information on several or all  (explicit) parameters involved during PDT4 (figure 1). 
Whereas monitoring the explicit parameters alone does not provide sufficient 
information on deposited dose due to the complex and dynamic relationship between 
each of these parameters, the addition of implicit monitoring may give additional 
information on deposited PDT-dose.
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Figure 1. Schematic representation of parameters involved during PDT.

Photosensitizers
The phototoxic effect in PDT is induced by photochemical reactions initiated by the 
absorption of light of an appropriate wavelength by the photosensitizer. Upon 
absorption of light by the photosensitizer it is excited from the normal ground state to 
an excited singlet state (figure 2). This excited singlet state is short-lived and the 
photosensitizer can return to its initial ground state by releasing the absorbed energy 
via one of two options. The first option is that the absorbed energy is emitted, via an 
additional  energy state, as light of lower energy and thus higher wavelength than the 
light used to initially excite the photosensitizer. The second option for the 
photosensitizer is to transfer its energy via intersystem crossing to an excited triplet 
state of the photosensitizer. This triplet state decays slower than the singlet state 
allowing the excited photosensitizer to interact with its environment and transfer its 
energy via collisions onto other molecular oxygen forming highly reactive singlet 
oxygen radicals (type II reaction) or on other molecules forming radicals (type I 
reaction)5. Whether a photosensitizer forms radicals via a type I or II reaction (or both) 
depends on the properties of the photosensitizer and its environment (availability of 
molecular oxygen). In PDT the type II reaction is preferred over the type I reaction due 
to the high reactivity of singlet oxygen.
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The fluorescence exhibited by a photosensitizer can be used to determine distribution 
and the relative amount of photosensitizer in tissue. In addition, the degradation of 
photosensitizer by its formed radicals can be monitored by the decay in exhibited 
fluorescence during therapeutic  illumination and may provide information on radical 
formation during treatment6. 

Figure 2. Schematic representation of energy transfer in PDT.

In this thesis the scope is limited to two clinical relevant photosensitizers namely 
amino leve lun ic (ALA) induced pro toporphyr in IX (PpIX) and meta-
tetrahydroxyphenylchlorin (m-THPC). Both photosensitizers have the ability to 
fluoresce. Typical fluorescence spectra of PpIX (black solid line) and m-THPC (grey 
solid line) are shown in figure 3. 
The photosensitizer PpIX is formed through the existing haem biosynthetic  pathway in 
cells from the administered pre-cursor ALA which on itself is not a photosensitizer. The 
exogenous administration of ALA will lead to accumulation of the photosensitizer PpIX 
in cells yielding maximum concentrations 2-6 hours post administration. The 
therapeutic effect of PpIX-PDT is predominantly mediated through singlet oxygen. 
Since singlet oxygen has a short life time7 and mitochondria are involved in the 
conversion of ALA to PpIX, these are the main cell structures targeted by singlet 
oxygen during illumination.
In contrary to ALA induced PpIX, m-THPC is already a pre-formed photosensitizer. M-
THPC accumulates in both normal and tumor tissue so this requires selective 
illumination of the treatment volume. Although a drug light interval of 96 hours yield 
optimal tumor to normal ratio, other drug light intervals are under investigation for m-
THPC-PDT. Localization of m-THPC is dependent on the drug light interval8,9. For short 
drug light intervals m-THPC is predominantly localized in the vasculature. In time, m-
THPC diffuses from the vasculature into the cells for longer drug light intervals, 48 to 
96 hours. The therapeutic effect of m-THPC-PDT is believed to be mediated by a 
combination of type I and II reactions. 
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Figure 3. A typical long wavelength PpIX fluorescence spectrum acquired in vivo in the rat 
esophagus using 405 nm excitation (black solid line) and a typical m-THPC fluorescence 
spectrum acquired in vivo in the rat abdominal muscle using 514 nm excitation (grey solid line).

Light treatment parameters 
There are different methods, depending on the treatment geometry, to deliver light to 
the treatment volume. For thin superficial lesions, for example skin lesions, a simple 
flat field illumination technique can be utilized using a lens system or a (lens-tip) fiber. 
Another possibility is to use a lens-tip fiber or linear diffuser to irradiate superficial 
lesions in hollow cavities or organs such as the nasopharynx10, esophagus11 and anal 
cavity12.  
A difficulty in these treatments is that the actual  fluence rate can vary from the intended 
fluence rate due to the integrating sphere effect. Here the variation in fluence rate 
depends on the geometry of the cavity. For optimal  light delivery to intra cavital  tissue 
dedicated light delivery applicators are designed to both deliver light as well  as for 
monitoring fluence and fluence rate10,13.
Large tumors are difficult to treat with PDT using superficial illumination due to the 
penetration depth of light. A possibility is to interstitially insert optic fibers to deliver the 
therapeutic light in the tumor volume. Treatment planning is necessary to determine 
the amount of fibers and the placement of fibers within the treatment volume. The 
distance between the fibers and the amount of fibers necessary for treatment depend 
on the penetration depth of the therapeutic light.
The therapeutic wavelength is chosen to have optimal penetration depth and  
according to the wavelength(s) where the photosensitizer effectively absorbs light. 
Usually wavelengths beyond the absorption bands of hemoglobin, the main absorber in 
tissue in the visible wavelength range, are utilized. In case of PpIX this is 635 nm and 
for m-THPC this is 652 nm.
The therapeutic effect of PDT is mediated by singlet oxygen, in this process oxygen is 
consumed. The rate by which singlet oxygen is produced and oxygen is consumed 

!
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depends on the intensity of light or fluence rate, and on the concentration of 
photosensitizer. High fluence rates will  lead to rapid depletion of available oxygen in 
the tissue and thereby decreasing the efficacy of the treatment6,14. For this reason 
fluence rates are chosen not to entirely deplete the available oxygen during the 
treatment. Here the treatment time is dependent on the amount of light, fluence, 
necessary for a particular photosensitizer to induce sufficient response. Also delivering 
the fluence in a single or fractionated can influence PDT induced response15.

Tissue optical properties
Propagation of light in tissue is dependent on the optical properties, light scattering and 
absorption, of tissue. Both scattering and absorption in tissue are wavelength 
dependent, meaning that different values for scattering and absorption coefficients can 
be expected at different wavelengths. Figure 4 shows a typical reflectance spectrum 
and contains information on absorption and scattering properties of tissue. Absorption 
due to hemoglobin, the predominant absorber in tissue, is visible by the absorption 
dips around 420, 540 and 580 nm. In the same figure also the scattering without 
absorption is shown. Scattering of light is caused by differences of refractive index in 
tissue on subcellular level. The direction of scattering is reported by the anisotropy 
factor, where 0 means isotropic scattering and -1 and 1 total  backward and forward 
scattering, respectively. Scattering in tissue is forward directed and has an isotropy 
factor between 0.7 to 0.95.
Tissue is optically heterogeneous, tissue optical properties can vary between and 
within different tissue by variations in tissue physiology, such as blood content and 
saturation. Moreover during therapeutic  illumination several studies have shown that 
the fluence rate can vary due to PDT-induced changes in tissue optical properties10.   

Figure 4.  The solid black line represents a typical differential reflectance spectrum containing 
both scattering and absorption features. The absorption dips due to the presence of oxy- and 
deoxyhemoglobin at 420, 540 and 580 nm are clearly visible. The gray line represents a 
differential reflectance spectrum without presence of any absorbers.

!
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Dosimetry
In PDT it is important to have information on the PDT-dose deposited since this yields 
information on the PDT induced tissue response. It is not only of importance to 
determine if sufficient PDT dose is delivered to the treatment volume but also to 
monitor PDT dose delivered in surrounding healthy tissue. Most clinically approved 
photosensitizers are not tumor specific, they accumulate in both the tumor and the 
surrounding healthy tissue. This requires specific  light delivery during treatment where 
the aim is to deliver sufficient PDT-dose to the treatment volume while keeping this as 
low as possible for the  surrounding healthy tissue to minimize or avoid adverse side 
effects. For this reason parameters that yield information on PDT dose deposited are 
measured in both treatment and surrounding healthy tissue during therapeutic 
illumination.
Of the three explicit dose metric parameters (fluence (rate) and administered 
photosensitizer dose), fluence and fluence rate can be monitored by placing calibrated 
fiber optic probes in or near regions of interest. However this alone is not sufficient to 
determine PDT dose. High fluence rates increases oxygen consumption and may lead 
to faster oxygen depletion in comparison to lower fluence rates. PDT efficacy 
decreases with increasing fluence rate6,14. For this reason it is necessary to monitor 
tissue oxygenation as to prevent fast oxygen depletion by using (too) high fluence 
rates. 
Monitoring tissue oxygenation in vivo is complicated and requires invasive non-optical 
techniques using small fragile needles. However, it is possible to implicitly monitor 
oxygenation by measuring the blood saturation using optical techniques. In addition to 
monitoring oxygen variations due to therapeutic illumination, differences in blood 
saturation measured during the course of treatment (pre, during and post PDT) can 
yield information on vascular and or cellular PDT induced response16. 
Several  studies apply diffuse reflectance spectroscopy using visible or near infrared 
light, as an optical method to determine blood saturation during PDT17,18. A 
disadvantage and potential  source of error in diffuse reflectance spectroscopy is that 
the path-length of the photons traveling in tissue is unknown and can vary due to 
variations in tissue optical properties during therapeutic  illumination. To overcome this 
problem differential  path length spectroscopy (DPS) was developed which features 
spectral  measurements over a known path length by subtraction of two signals that 
contain the same contribution from long path length photons but different contributions 
from short path length photons19,20. This method is insensitive to expected variations in 
tissue optical properties during illumination. Figure 4 shows a typical DPS spectrum 
(black line) with absorption due to hemoglobin, the gray line represents tissue 
scattering without any absorbers.
Another issue with both diffuse and differential reflectance spectroscopy is that it is not 
possible to monitor with the treatment light on since the intense treatment light 
overexposes the spectrographs. This limits measurements to before and after 
illumination21. Another possibility is to interrupt the therapeutic illumination at regular 
intervals to measure reflectance spectra. However, it is unknown whether the regular 
interruptions of the therapeutic  light have an influence on the blood saturation and the 
tissue response (fractionated illumination). Obviously it is necessary to overcome this 
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problem so that it will  be possible to monitor blood saturation during therapeutic 
illumination without disturbing the light treatment parameters.
In addition to fluence (rate) and saturation measurements it is possible to use the 
photosensitizer fluorescence as a relative estimate for photosensitizer concentration. 
During the therapeutic illumination the photosensitizer concentration will degrade due 
to interaction with the ROS, which is exhibited by a decrease in photosensitizer 
fluorescence. Hence the photobleaching may report on ROS produced during 
therapeutic illumination6,22. For PpIX the rate of photobleaching has shown to be 
indicative for PDT-induced response. However, for both PpIX and m-THPC the most 
intense fluorescence peak coincides with the therapeutic  wavelength (635 and 652 nm, 
respectively) which makes it difficult to monitor during PDT. A possible option is to 
monitor fluorescence in the long wavelength region beyond the therapeutic 
wavelength. Both PpIX and m-THPC exhibit a second, less intense, fluorescence peak 
in the long wavelength region (figure 3).
Its is therefore potentially very useful to have a quantitative measure of the 
photosensitizer concentrations in tissue during therapeutic illumination. Several  studies 
have investigated reflectance or absorption spectroscopy to determine photosensitizer 
concentration, where the amount of absorbed light is a measure for concentration23,24. 
A problem with this method is that the dynamic range of measuring concentration is 
limited due to limitations on integration time. Long integration times may overexpose 
the spectrograph in spectral regions where there is no absorption and there is a limit 
for low integration times for spectrographs. Another source of error is that the white 
light used in reflectance/absorption spectroscopy excites the photosensitizer that is 
measured25. Hence the detected light consists of both reflected white light and 
photosensitizer fluorescence. The most important issue is that this method cannot be 
applied when the treatment light is on.
Fluorescence measurements are clearly not hampered by induced fluorescence or 
integration time. In order to go from relative to absolute estimates on photosensitizer 
concentration it is necessary to correct the fluorescence for tissue optical 
properties26,27. In addition it would be useful  to monitor fluorescence over the same 
volume as over which blood saturation is measured with DPS, to determine a possible 
relationship between variations in blood saturation and absolute photosensitizer 
concentration during illumination. For this reason we investigated the potential of 
fluorescence differential path length spectroscopy, based on the principles of DPS19.
Currently it is also possible to directly monitor singlet oxygen in vivo by its 
luminescence at 1270 nm using imaging setups22. However, the weak luminescence 
signal combined with the low quantum efficiency of the photomultipliers used in this 
wavelength region poses a challenge for acquiring sufficient singlet oxygen 
luminescence signal through an optical fiber. 

PDT induced tissue response
In the context of monitoring, optimizing  and standardizing PDT it is useful  to 
investigate and quantify PDT-induced tissue response. In pre-clinical models PDT 
induced tissue damaged is determined at one or multiple time points after therapeutic 
illumination. There are several methods to determine PDT induced response 
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dependent on the pre-clinical  model, from determination of tumor growth delay28 and 
visual scoring15 on a macroscopical  level  to histological assessment of the histological 
response11.
PDT-induced response based on macroscopical  measurements, such as tumor growth 
delay and visual scoring, have the advantage that the response and healing in the 
same treated volume can be observed over a long time period. Quantification of PDT-
induced response is performed by assessment of the tumor volume in growth delay 
studies or by visual scoring the tissue on a pre-determined scoring scale15,28. However, 
these methods are limited to already exposed tissue, such as the skin. 
To determine PDT response over a histological  scale the treated tissue is excised at a 
pre-determined time point post PDT. This does not allow to monitor the same treated 
volume over a long time period, although it is possible to excise treated tissue from 
different individuals at different time points. Histological examination of treated tissue 
provides insight on the different types of response in PDT, such as inflammation, 
edema formation, apoptosis, and necrosis11. PDT induced response is then quantified 
by scoring the tissue according to a pre-determined scoring scale for each of the types 
of response observed.
The treatment geometry in the majority of response studies is two dimensional 
regarding light treatment parameters, meaning that the fluence rate is constant 
throughout the treatment volume and the same light dose is delivered throughout this 
volume11,15,28. It becomes more complex when the light treatment parameters in the 
treatment geometry become dependent on depth or distance from the treatment fiber 
since the PDT-induced response will also become dependent on depth. This is the 
case for interstitial PDT in large  treatment volumes. For quantifying response in these 
interstitial environments it becomes necessary to quantify the severity of response as a 
function of distance from the treatment fiber.

Translation to the clinic
A final step is to transfer the techniques validated in pre-clinical  studies to the clinic and 
translate the data acquired in pre-clinical  studies to the clinical  situation. The latter part 
is difficult due to biological  differences between humans and animals used in pre-
clinical  studies. Therefore, when the techniques have been validated, monitoring during 
clinical  treatments is necessary for further understanding the implications of the 
monitored parameters and the mechanisms of action in clinical PDT. The first step is to 
continue passive monitoring of parameters to understand the inter individual variations 
in treatment outcome in clinical PDT. Based on the results of monitoring during 
therapeutic illumination, clinical PDT can be optimized to yield maximum response and 
to minimize inter individual variations in response while minimizing the risk on potential 
adverse side effects.  
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Aim and outline of this thesis
The aim of this study was to investigate the possibility of determining the deposited 
PDT dose by explicit and implicit monitoring of parameters during therapeutic 
illumination and to compare these to PDT-induced response. This required 
investigation and validation of techniques that might aid in determining the deposited 
PDT dose and understanding the mechanisms of action in PDT using different 
photosensitizers. Secondly, it was necessary to investigate possibilities to monitor 
different parameters, utilizing the investigated and validated techniques, during 
therapeutic illumination without changing the light treatment protocol. In addition it was 
necessary to develop pre-clinical  models suitable for both monitoring during 
therapeutic illumination and investigate histological response after PDT.
 
Chapter 2 investigated the feasibility of laser speckle imaging as a technique of 
measuring blood flow during PDT. Measuring blood flow in combination with 
measurements on blood volume and saturation gives an indication on oxygen 
delivered to the tissue during PDT.

Chapters 3, 4, and 5 describe the validation process of fluorescence differential 
pathlength spectroscopy (FDPS) to quantify fluorescence and possibly photosensitizer 
concentration. The first step is to validate quantitative measurements of fluorophores 
using FDPS in optical phantoms as described in chapter 3. Secondly FDPS is 
validated in vivo using the exogenous fluorophore mTHPC by comparing the optically 
measured concentration of mTHPC in tissue against the actual concentration 
measured by chemical extraction, chapter 5. The method of chemical extraction is 
described in detail in chapter 4.

Chapter 6 shows the application of FDPS next to fluence rate and fluorescence 
measurements during PDT in the rat esophagus. The aim of this study was to 
understand the two phased photobleaching and its implications regarding tissue 
response for ALA induced PpIX-PDT in the rat esophagus.

Chapter 7 investigates the feasibility of monitoring saturation and blood volume using 
DPS combined with fluence rate and fluorescence measurements during mTHPC-PDT 
without interruption to the illumination. For this study a preclinical interstitial PDT  model 
was used. 

In chapter 8 we extend our investigations of interstitial m-THPC-PDT in the pre-clinical 
model. In addition to monitoring parameters during PDT we also quantified tissue 
response 48 hours after interstitial illumination using clinical  relevant fluence rates and 
doses. For this the animal model presented in chapter 7 was slightly adapted to be 
able to histologically determine PDT-induced response as a function of distance from 
the treatment fiber in an interstitial PDT geometry. 

Chapter 9 demonstrates the translation of the techniques developed in the lab and 
used in preclinical studies described in chapters 7 and 8, to the clinical setting. 
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Saturation, blood volume, fluence rate and fluorescence were monitored during m-
THPC-PDT in patients with anal intraepithelial neoplasia grade 3 (AINIII). The fluence 
rate was set based on in vivo fluence rate measurements and treatment was stopped 
when the in vivo measured dose was achieved.

In chapter 10 the results and general conclusions of above studies are summarized.  
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Abstract
We present a study investigating the use of laser speckle imaging (LSI) for monitoring 
blood-flow during photodynamic therapy (PDT) utilizing the therapeutic illumination 
radiation. The coherent nature of a laser source often used in PDT offers the possibility 
of obtaining information on the blood-flow without interrupting treatment. We have 
found that in the rat-skin fold observation chamber it is possible to monitor the 
vasculature response to PDT in individual arteries, veins and in tumor-
microvasculature with significantly higher spatial  and temporal resolution than current 
methods. This illustrates the potential  for LSI for monitoring PDT  in particular for 
vascular-localizing photosensitizers where current non-invasive methods are difficult 
because of high absorption due to blood and the specific  localization of photosensitizer 
within the vasculature. However critical  problems needs to be further investigated and 
solved, like the influence of tissue sampling volume, changing of optical properties and 
movement artifacts from other vessels on the LSI signal. Until then the real potential of 
LSI for monitoring blood-flow remains of limited value.  
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Introduction
The response of tissues to photodynamic  therapy (PDT) is dependent on the 
production of singlet oxygen, 1O2, within the treatment volume. This is determined by 
the local photosensitizer concentration, light fluence (rate) and tissue oxygenation. 
While the amount of 1O2 production is important, its localization within the illuminated 
volume is also an important parameter. Systemically administered photosensitizers 
accumulate in cellular and vascular compartments of both normal and malignant 
tissues. They can induce cell  death directly via oxidative damage to critical cellular 
components or indirectly following damage to the vasculature that deprives cells of 
oxygen. The relative importance of these two mechanisms is dependent on the 
photosensitizer and the treatment parameters. PDT-dosimetry based on monitoring the 
1O2 concentration within the treatment volume is under development1,2. The difficulty of 
this approach, due to the weak luminescence emission of 1O2, has lead investigators to 
develop other implicit methods of dosimetry3. These have been primarily based on 
properties of the photosensitizer that can be measured optically (i.e. absorption, 
phosphorescence, fluorescence and photosensitizer triplet state dynamics)4,5. For 
photosensitizers that localize in the vasculature these methods are more challenging 
because of high absorption coefficient of blood. Also, the specific  localization of 
photosensitizer within the vasculature is an important consideration. The short lifetime 
of 1O2 6 means that only 1O2 generated by photosensitizer molecules bound to or very 
near the vessel wall  contributes to the vascular response. Another option is to directly 
monitor the vascular response to PDT. Blood flow can be monitored non-invasively 
using Laser Doppler, the closely related diffuse correlation spectroscopy (DCS) and 
Laser Speckle imaging (LSI)7-11. A potential advantage of LSI is that it is a full  field 
method, no scanning is necessary and it has significantly greater spatial and temporal 
resolution than Laser Doppler or DCS. It may also be possible to utilize the therapeutic 
light if a laser is being used so that blood-flow information can be recorded without 
interrupting therapy. The present study reports on the application of LSI for monitoring 
vascular changes in tissue during PDT in the skin fold observation chamber12,13 to 
delineate and discuss problems encountered using LSI in vivo. 

Laser speckle imaging of dynamic changes in flow during PDT

          21



Materials and Methods
Experimental setup 
A schematic diagram of the experimental setup is shown in fig. 1. 514 nm radiation 
from an Argon Ion laser (Spectra Physics, Darmstadt, Germany) is coupled from an 
optical  fiber using a system of condensing lenses into the base of a heated X-Y stage 
to produce a uniform distribution of light across the sample. Light transmitted through 
the sample and collected using an f2.8/105 mm macro lens and imaged onto a peltier-
cooled 16-bit, 512 x 512, slow-scan CCD camera (Princeton Instruments Inc. Princeton 
NJ, USA). The integration time of the camera is 250 ms. The macro lens can be used 
to zoom in on a specific area within the sample resulting in a square field of view of 4.5 
mm. Neutral density filters are used to avoid saturation of the cameras during the 
acquisition of transmission speckle images. 

Figure 1. The schematic diagram of the setup

Image analysis
Raw speckle images are processed into blood flow images according to the strict 
temporal  method described by Forrester et al. [10]. A reduced speckle image is first 
calculated based on the average of Nmax recorded speckle images.
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Where x and y represent the co-ordinates of the pixel  within the image and i  and j 
represent the boundaries of the chosen region for spatial averaging. N is the number of 
the image in a sequence of Nmax images. Iref and ISP,N are the reduced speckle image 
and the Nth recorded speckle image respectively. Next the sum of differences in pixel-

Materials and methods

Experimental setup

A schematic diagram of the experimental setup is shown in
Fig. 1. A 514-nm radiation from an argon ion laser (Spectra
Physics, Darmstadt, Germany) is coupled from an optical
fibre using a system of condensing lenses into the base of a
heated X–Y stage to produce a uniform distribution of light
across the sample. Light transmitted through the sample
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specific area within the sample resulting in a square field of
view of 4.5 mm. Neutral density filters are used to avoid
saturation of the cameras during the acquisition of
transmission speckle images.

Image analysis

Raw speckle images are processed into blood-flow images
according to the strict temporal method described by
Forrester et al. [10]. A reduced speckle image is first
calculated based on the average of Nmax recorded speckle
images.
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where x and y represent the coordinates of the pixel within
the image, and i and j represent the boundaries of the chosen
region for spatial averaging.N is the number of the image in
a sequence of Nmax images. Iref and ISP,N are the reduced
speckle image and the Nth recorded speckle image,
respectively. Next the sum of differences in pixel intensity
between the reduced speckle images and Nmax recorded

speckle images are calculated. The sum of differences is
then normalized by the reduced speckle image.
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Movement of scatterers causes the speckle pattern to
decorrelate when recorded with a finite exposure time. The
amount of decorrelation is dependent on the rate of flow of
scatterers; that is, fast-flowing scatterers result in more
blurring of the speckle pattern than slow-flowing scatterers.
Equation (2) is, therefore, an inverse indication of the
amount of flow. By taking its inverse, we calculate a flow
index of the scatterers within the illuminated volume.

IFI #
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As stated above, using the strict temporal method, i and j
are set to zero. Laser speckle is normally acquired in
reflection; however, our illumination geometry means that
we measure laser speckle in transmission. It makes
relatively little difference whether data are collected in
transmission or reflection as long as the tissue is optically
thin enough not to completely absorb the incident laser
light or has such a high-scattering coefficient that the
speckle pattern is lost.

Photodynamic therapy

Skin-fold observation chambers were prepared according
to a method adapted from van der Veen et al. [12] in female
Fisher 344 rats. R3230Ac rat mammary carcinoma was
implanted 4–7 days before therapy. 5-Aminolevulinic acid
(ALA; Medac GmbH, Wedel, Germany) was dissolved in
physiological saline and adjusted to pH 5.0 using NaOH
and injected to a dose of 200 mg/kg. One hour later, PDT
was performed using 514-nm radiation at a fluence rate of
50 mW cm!2 for 2,000 s resulting in a fluence of 100 J/cm2.
Using an integration time of 250 ms, transmission speckle
images are acquired at 17-s intervals. This interval was
chosen to allow complementary measurements to be
acquired during PDT. Before and directly after treatment,
vascular damage and changes in blood flow were visually
assessed microscopically.

Results

Figure 2 shows a sequence of blood-flow images of an
observation chamber containing a tumour (T) approxi-
mately 2 mm in diameter during a PDT to a fluence of 100 J
cm!2. The larger arterioles and veins are clearly visible.
The tumour is surrounded by numerous microvessels withFig. 1 The schematic diagram of the setup
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amount of decorrelation is dependent on the rate of flow of
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intensity between the reduced speckle images and Nmax recorded speckle images are 
calculated.  The sum of differences is then normalized by the reduced speckle image.

  
  (2)

Movement of scatterers causes the speckle pattern to decorrelate when recorded with 
a finite exposure time. The amount of decorrelation is dependent on the rate of flow of 
scatterers, i.e. fast flowing scatterers result in more blurring of the speckle pattern than 
slow flowing scatterers. Equation 2 is therefore an inverse indication of the amount of 
flow. By taking its inverse we calculate a flow index of the scatterers within the 
illuminated volume. 
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where x and y represent the coordinates of the pixel within
the image, and i and j represent the boundaries of the chosen
region for spatial averaging.N is the number of the image in
a sequence of Nmax images. Iref and ISP,N are the reduced
speckle image and the Nth recorded speckle image,
respectively. Next the sum of differences in pixel intensity
between the reduced speckle images and Nmax recorded

speckle images are calculated. The sum of differences is
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decorrelate when recorded with a finite exposure time. The
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diameters that are smaller than the resolution of the camera
that show higher flow than the central areas of the tumour.

During PDT, the image sequence first shows a slight
increase in flow in the arteries and in the area surrounding
the tumour. After a period of constant flow, there is a
sudden decrease in flow in the arteries. This response of the
arteries is almost immediately followed by an overall
decrease in flow mainly in the tumour microvasculature.
Venules and arteries in the tumour microvasculature were
too small to measure individually. The flow in the large
venules is relatively constant compared to the arteries and
tumour microvasculature. This is probably due to intrinsi-
cally different responses of venules to PDT as also

observed by van der Veen et al. [12]. There is a slight
increase in flow at the end of the illumination period.

Figure 3 shows relative blood-flow index as a function
of delivered dose to the tissue of three different regions of
interest within the chamber. The extent of flow variation in
the microvasculature surrounding the tumour is less than in
the artery, and there is relatively little variation in flow in the
vein.

Discussion and conclusion

We have investigated the use of laser speckle perfusion
imaging for monitoring the vascular response of tissues to

Fig. 2 Sequence of images of a
skin-fold chamber during ALA-
PDT. Three regions of interest
are depicted in the first image
for a vein (V), an artery (A) and
an area of tumour microvascu-
lature (M). T depicts the tumour
in the first image. Total width
of one image is 4.5 mm. The
time indication in the upper left
corner is in seconds. First seven
images show a slight increase
in intensity indicating an in-
crease in flow. Last four images
clearly show sudden darkening
of vessels indicating drastic
change in flow index. Compar-
ing the situation in the last two
images with the first, an overall
intensity decrease is noticed
due to a decrease in flow
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Figure 2. Sequence of  images of a skin-fold chamber during ALA- PDT. Three regions of interest 
are depicted in the first image for a vein (V), an artery (A) and an area of tumor microvasculature 
(M). T depicts the tumor in the first image. Total width of one image is 4.5 mm. The time 
indication in the upper left corner is in seconds. First seven images show a slight increase in 
intensity  indicating an increase in flow. Last four images clearly show sudden darkening of 
vessels  indicating drastic change in flow index. Comparing the situation in the last two images 
with the first, an overall intensity decrease is noticed due to a decrease in flow.
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During PDT the image sequence first shows a slight increase in flow in the arteries and 
in the area surrounding the tumor. After a period of constant flow there is a sudden 
decrease in flow in the arteries. This response of the arteries is almost immediately 
followed by an overall  decrease in flow mainly in the tumor microvasculature. Venules 
and arteries in the tumor microvasculature were too small to measure individually. The 
flow in the large venules is relatively constant compared to the arteries and tumor 
microvasculature. This is probably due to intrinsically different response of venules to 
PDT as also observed by van Veen et al.12. There is a slight increase in flow at the end 
of the illumination period. 

Figure 3. Measured flow index values for the three regions of interest depicted in Fig. 2 as 
function of delivered dose. Open circles represent the arterial flow, closed circles represent 
venous flow and open squares represent the microvascular flow within the tumor.

Figure 3 shows relative blood flow index as function of delivered dose to the tissue of 
three different regions of interest within the chamber. The extent of flow variation in the 
microvasculature surrounding the tumor is less than in the artery and there is relatively 
little variation in flow in the vein. 

Discussion and Conclusion
We have investigated the use of laser speckle perfusion imaging for monitoring the 
vascular response of tissues to PDT. For this purpose we have chosen the rat skin fold 
observation chamber since it is an animal model specially designed for monitoring 
vascular changes during therapy. Laser speckle perfusion imaging is a technique for 
measuring relative changes in blood-flow. Directly after PDT blood flow in the chamber 
was assessed visually, no absolute blood flow values were measured independently of 
LSI, except for zero flow. 

PDT. For this purpose, we have chosen the rat skin-fold
observation chamber, since it is an animal model specially
designed for monitoring vascular changes during therapy.
Laser speckle perfusion imaging is a technique for
measuring relative changes in blood flow. Directly after
PDT, blood flow in the chamber was assessed visually; no
absolute blood-flow values were measured independently
of LSI, except for zero flow.

Differences in sample thickness have been shown to
affect the degree of blurring of laser speckle when light is
transmitted through homogeneous media [14]. In short, an
increase in thickness results in an increase in blurring of the
speckle pattern and an increase in blood-flow index value.
This is an important factor in the present study since the
observation chamber is not of exact uniform thickness,
between 0.1 and 0.8 mm depending on the location within
the chamber.

The coherent nature of a laser illumination source, often
used in PDT, offers the possibility of determining the blood
flow without interrupting treatment. This, allied with the
potential for acquiring data with significantly higher spatial
and temporal resolution than existing techniques [7, 8],
makes LSI an attractive option for monitoring perfusion.
This is particularly true for vascular-localizing photosensi-
tizers, where current non-invasive methods for monitoring
PDT are difficult because of high absorption due to blood
and/or the specific localization of photosensitizer within
the vasculature [2, 3]. The sequence of images in Fig. 2 and
the data from regions of interest within the observation
chamber (Fig. 3) show a significant change in blood flow
during illumination. The vascular response during PDT
with systemically administered ALA is clearly evident
despite the fact that the response to ALA-PDT is dominated
by a direct cellular response. Figure 3 shows it is possible
to record blood-flow information from individual arterioles
and venules, and that the temporal resolution of LSI is

sufficient to distinguish the different response of arteries,
veins and tumour microvasculature to PDT [15]. However,
there still remain critical questions that need to be
investigated in order to determine the applicability of
laser speckle perfusion imaging. The presence of an offset
in flow index, as seen in Fig. 3, has not been addressed in
previous studies of LSI [8–11, 13, 16–18]. This offset is
believed to be a combination of several factors that include
the tissue optical properties and tissue thickness. In
addition, the influence of multiple vessels within the
detection volume on the actual flow signal from an
individual vessel is not determined. Also, the influence of
these factors on the offset will be different for each pixel of
the blood-flow image, which means it is difficult to
determine an accurate spatial and temporal offset in the
present model.

Another complication with speckle algorithms is that
they cannot resolve zero flow or very high flow situations;
both will generate very high or even infinite calculated
perfusion values. However, very high or infinite calculated
perfusion values due to very high flow can be resolved by
reducing the camera integration time, but this can increase
the signal-to-noise ratio of the system and hence influence
the calculated perfusion values. Another critical factor is the
effect of changing tissue optical properties (!s and !a)
during PDT treatments. A study of Forrester et al. [18]
already showed significant differences in laser speckle
signal between phantoms with different optical properties;
no one has yet investigated this influence on speckle signal
when both the optical properties and perfusion change
within the same tissue volume in time. Considering these
difficulties, we conclude that the benefit of the information
provided by LSI during PDT remains of limited value until
flow changes and blood volume changes can be separated.
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Differences in sample thickness have been shown to affect the degree of blurring of 
laser speckle when light is transmitted through homogeneous media14. In short, an 
increase in thickness results in an increase in blurring of the speckle pattern, and an 
increase in blood-flow index value. This is an important factor in the present study 
since the observation-chamber is not of exact uniform thickness, between 0.1-0.8 mm 
depending on the location within the chamber.
The coherent nature of a laser illumination source often used in PDT offers the 
possibility of determining the blood flow without interrupting treatment. This allied with 
the potential  for acquiring data with significantly higher spatial and temporal  resolution 
than existing techniques7,8 makes LSI an attractive option for monitoring perfusion. 
This is particularly true for vascular-localizing photosensitizers where current non-
invasive methods for monitoring PDT are difficult because of high absorption due to 
blood and/or the specific localization of photosensitizer within the vasculature2,3. The 
sequence of images in figure 2 and the data from regions of interest within the 
observation chamber (figure 3) show a significant change in blood flow during 
illumination. The vascular response during PDT with systemically administered ALA is 
clearly evident despite the fact that the response to ALA-PDT is dominated by a direct 
cellular response. Figure 3 shows it is possible to record blood-flow information from 
individual arterioles and venules and that the temporal  resolution of LSI is sufficient to 
distinguish the different response of arteries, veins and tumor microvasculature to 
PDT15. However there still remain critical  questions that need to be investigated in 
order to determine the applicability of laser speckle perfusion imaging. The presence of 
an offset in flow index, as seen in figure 3, which has not been addressed in previous 
studies of LSI8-11,13,16-18. This offset is believed to be a combination of several  factors 
that include the tissue optical properties and tissue thickness. In addition the influence 
of multiple vessels within the detection volume on the actual  flow signal from an 
individual vessel is not determined. Also the influence of these factors on the offset will 
be different for each pixel of the blood-flow image which means it is difficult to 
determine an accurate spatial and temporal offset in the present model. 
Another complication with speckle algorithms is that they cannot resolve zero flow or 
very high flow situations, both will  generate very high or even infinite calculated 
perfusion values. However very high or infinite calculated perfusion values due to very 
high flow can be resolved by reducing the camera integration time, but this can 
increase the signal  to noise ratio of the system and hence influence the calculated 
perfusion values. Another critical factor is the effect of changing tissue optical 
properties (µs and µa) during PDT treatments. A study of Forrester et al.18 already 
showed significant differences in laser speckle signal  between phantoms with different 
optical  properties, no one has yet investigated this influence on speckle signal when 
both the optical  properties and perfusion change within the same tissue volume in time. 
Considering these difficulties we conclude that the benefit of the information provided 
by LSI during PDT remains of limited value until flow changes and blood volume 
changes can be separated.
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Abstract
We have developed a new technique, Fluorescence Differential  Path length 
Spectroscopy (FDPS), that enables the quantitative investigation of fluorophores in 
turbid media. FDPS measurements are made with the same probe geometry as 
differential  path-length spectroscopy (DPS) measurements. Phantom measurements 
are performed for 2 fiber diameters (400 µm and 800 µm) and for a wide range of 
optical  properties (µs’: 0-10 mm-1, µa: 0-2 mm-1) to investigate the influence of the 
optical  properties on the measured differential fluorescence signal. The differential 
fluorescence signal  varies by a factor of 1.4 and 2.2 over the biologically relevant 
scattering range (0.5-5 mm-1) for a given fluorophore concentration for 400 µm and 800 
µm fibers, respectively. The differential  fluorescence signal is attenuated due to 
absorption at the excitation wavelength following Lambert-Beer’s law with a path length 
equal to the differential path-length.
Introduction
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Introduction
Non-invasive quantitative optical  measurements of chromophore concentrations in 
tissue requires knowledge of the optical path length in the tissue. For most fiber-optic 
measurement geometries the optical path length depends on the scattering coefficient 
µs and on the absorption coefficient µa. Since µs and µa both vary significantly in tissue, 
quantitative measurements prove to be difficult in tissue unless specific fiber-optic 
measurement geometries are chosen. For example, the optical pharmacokinetics 
spectroscopy (OPS) system developed by Mourant et al.1 uses elastic scattering 
spectra of tissue to calculate the concentration of chromophores in tissue using a fiber-
optic probe with a source–detector separation of 1.7 mm. The separation of 1.7 mm 
was chosen to minimize the dependence of the path-length of the collected photons on 
scattering properties of tissue. For scattering parameters that are typical of tissue, the 
path-length varies by less than 20% for a given background absorption. This method 
has been applied to the measurement of chemotherapy drug concentrations in tissue2. 
A drawback of this method is that the path-length is sensitive to the (background) 
absorption coefficient of tissue. This means that the amount of measured absorption 
due to the target chromophore strongly depends on the local blood content and blood 
saturation. As a consequence a measurement must be made prior to injection of the 
target chromophore and only changes in concentration can be measured assuming 
that the background absorption does not change in time. This makes OPS 
measurements difficult when a background reflectance spectrum cannot be acquired, 
and even more difficult to interpret when there are changes in the background 
absorption of tissue. Changes in background absorption can occur for a variety of 
reasons. Pressure between the measurement probe and the surface of the tissue can 
influence the blood content. Open surgical procedures can significantly influence both 
blood volume and saturation. Furthermore, changes in background absorption are a 
particular problem for in vivo photosensitiser concentration measurements during 
photodynamic  therapy (PDT), when the background absorption can change 
dramatically due to changes in blood volume and saturation resulting from the therapy 
itself3. 
Another technique that features a known path-length is differential path-length 
spectroscopy (DPS)4,5. The path-length of photons contributing to the differential 
reflectance signal varies only slightly over a very broad range of both scattering and 
absorption coefficients. This facilitates quantitative concentration measurements even 
for strong variations in either absorption or scattering. However, chromophore 
concentrations calculated from elastic scattering measurements rely on (small) 
differences between large amounts of detected light with and without the chromophore 
present. Therefore, the combination of dynamic range and signal-to-noise of the elastic 
scattering measurement device becomes a limiting factor for accurate measurement of 
small concentrations of chromophores or measurements of chromophores with low 
absorption coefficients. This is particularly true for DPS, for which the average path-
length of the measured photons is very small (approximately equal to the fiber 
diameter). In contrast, the dynamic range for fluorescence measurements is much 
larger than for scattering (absorption) measurements since the fluorescence is 
measured at a different wavelength than the excitation (scattered) light. For this 
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reason, we have now developed a technique based on the principles of DPS 
(subtraction of the diffuse photons to obtain a well-defined measurement volume) but 
with the enhanced dynamic range of fluorescence measurements: fluorescence-DPS 
(FDPS).
Fluorescence emission from fluorophores is influenced by their environment. There 
exists a complex relationship between the concentration of a chromophore and its 
absorption cross-section and fluorescence emission intensity. In-vivo fluorescence (and 
to a lesser degree absorption) can be altered by many factors that include changes in 
quantum yield induced by changes in the microenvironment6, photobleaching7, 
biological compartmentalization, and alteration in binding and aggregation8,9. In a 
turbid sample the amount of fluorescence detected depends not only on the 
fluorophore concentration and quantum yield, but also on the scattering and absorption 
coefficients of the medium. Various algorithms and measurement geometries have 
been developed to correct for the influence of scattering and absorption on a measured 
fluorescence spectrum. Zhang et al.10 and Muller et al.11 have used photon migration 
techniques to establish a very general algorithm that corrects for the influence of the 
optical  properties on the measured fluorescence for any measurement geometry and 
for large variations in scattering and absorption. In this correction algorithm the diffuse 
reflectance, measured in the same geometry as the fluorescence measurements, is 
used to correct for differences in tissue optical  properties. Unfortunately, elaborate 
probe specific calibration procedures are required and the correction algorithm is quite 
complex. Several  other authors have developed more simple correction algorithms 
based on specific probe geometries. Canpolat and Mourant12 used various source-
detector pairs to measure fluorescence and scattered excitation light for small  source-
detector separations. From Beer’s law they determined that their fluorescence-to-
excitation reflectance ratio would be proportional  to the product of fluorescence 
quantum yield, path-length and fluorophore absorption coefficient when the 
background absorption and scattering coefficients are the same at the excitation and 
emission wavelengths. Weersink et al.13 described a similar measurement technique, 
except that the fluorescence and reflected excitation light were measured at two 
different distances. Using a source-detector separation of 0.65 mm for fluorescence 
and 1.35 mm for reflectance measurements, they showed that it was possible to 
measure fluorophore concentrations to an accuracy of 15% over a wide range of 
optical  properties using the fluorescence-to-reflectance ratio. In the measurement 
geometry of Pogue and Burke14, fluorescence was excited and detected with a single 
small diameter (100 µm) fiber, but the scattered excitation light was measured with an 
adjacent fiber. Measurements in phantoms showed that the fluorescence-to-reflectance 
ratio in this geometry varied by approximately 30% for a given fluorophore 
concentration over a broad range of optical  properties. Diamond et al.15 also used a 
small diameter (200 µm) single optical fiber to excite and detect the fluorescence, and 
found that the uncorrected fluorescence signal was insensitive to changes in the 
scattering coefficient and anisotropy as well as a limited range of absorption 
coefficients (up to 0.12 mm-1) of the turbid samples, due to the small  sampling volume 
of their technique. However, this single-fiber fluorescence method suffers from the 
same drawback as Mourants reflectance method: the signal  will be sensitive to larger 
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changes in the (background) absorption coefficient of tissue. For wavelengths below 
600 nm the tissue absorption coefficient for most biological tissues is an order of 
magnitude larger than 0.12 mm-1, mainly due to blood absorption16. This limits the 
applicability of the present techniques to those chromophores that exhibit large 
absorption (and emission) bands in the red or near-infrared wavelength regions. 
Therefore, our objective here is to establish an algorithm that can be used to correct 
FDPS measurements for larger changes in the background absorption coefficient (as 
high as 2.0 mm-1). Furthermore, we will  show that FDPS measurements do not need to 
be corrected for changes in the reduced scattering coefficient in the range 0.5-5 mm-1, 
which are values typically encountered in tissue16-20. 

Figure 1. Schematic diagram of the FDPS setup.

Materials and Methods
Experimental Setup
The setup is an adapted version of a Differential  Path-length Spectrometer and shown 
schematically in figure 1. Light from a Tungsten Halogen lamp (Ocean Optics HL-2000) 
or a blue laser diode (Power Technology PPMT-LD1382, output 5 mW at 405 nm) is led 
through a 100 µm bifurcated optical  fiber, which is at its distal end coupled to a 200 µm 
bifurcated optical fiber, which is at its distal  end coupled to the 400 µm delivery-and-
collection (dc) fiber. The distal end of the fiber probe is polished at an angle of 15 
degrees to minimize the collection of specularly reflected light at the probe-medium 
interface, and contacts the sample under investigation. Reflected or fluorescent light 
collected by the dc fiber is coupled back into the 200 µm bifurcated fiber and coupled 
to the dc-channel of a 4-channel spectrometer (Ocean Optics MC-2000-4). Light 
reflected back from the sample into the other arm of the 400 µm bifurcated fiber-optic 
probe (the collection (c) fiber) is coupled into the c-channel of the 4-channel 
spectrometer. The c-fiber and dc-fiber are touching to minimize the distance between 
them. Fluorescence and reflectance measurements were performed consecutively by 
switching on either the laser or the halogen lamp. An identical setup with twice as large 
fibers was connected to the third and fourth channels of the 4-channel spectrometer. 

which the average path length of the measured photons is very
small !approximately equal to the fiber diameter". In contrast,
the dynamic range for fluorescence measurements is much
larger than for scattering !absorption" measurements since the
fluorescence is measured at a different wavelength than the
excitation !scattered" light. For this reason, we have now de-
veloped a technique based on the principles of DPS !subtrac-
tion of the diffuse photons to obtain a well-defined measure-
ment volume" but with the enhanced dynamic range of
fluorescence measurements: fluorescence-DPS !FDPS".

Fluorescence emission from fluorophores is influenced by
their environment. There exists a complex relationship be-
tween the concentration of a chromophore and its absorption
cross section and fluorescence emission intensity. In vivo fluo-
rescence !and to a lesser degree absorption" can be altered by
many factors that include changes in quantum yield induced
by changes in the microenvironment,6 photobleaching,7 bio-
logical compartmentalization, and alteration in binding and
aggregation.8,9 In a turbid sample, the amount of fluorescence
detected depends not only on the fluorophore concentration
and quantum yield, but also on the scattering and absorption
coefficients of the medium. Various algorithms and measure-
ment geometries have been developed to correct for the influ-
ence of scattering and absorption on a measured fluorescence
spectrum. Zhang et al.10 and Muller et al.11 have used photon
migration techniques to establish a very general algorithm that
corrects for the influence of the optical properties on the mea-
sured fluorescence for any measurement geometry and for
large variations in scattering and absorption. In this correction
algorithm, the diffuse reflectance, measured in the same ge-
ometry as the fluorescence measurements, is used to correct
for differences in tissue optical properties. Unfortunately,
elaborate probe specific calibration procedures are required,
and the correction algorithm is quite complex.

Several other authors have developed more simple correc-
tion algorithms based on specific probe geometries. Canpolat
and Mourant12 used various source–detector pairs to measure
fluorescence and scattered excitation light for small source–
detector separations. From Beer’s law, they determined that
their fluorescence-to-excitation reflectance ratio would be pro-
portional to the product of fluorescence quantum yield, path
length, and fluorophore absorption coefficient when the back-
ground absorption and scattering coefficients are the same at
the excitation and emission wavelengths. Weersink et al.13

described a similar measurement technique, except that the
fluorescence and reflected excitation light were measured at
two different distances. Using a source-detector separation of
0.65 mm for fluorescence and 1.35 mm for reflectance mea-
surements, they showed that it was possible to measure fluo-
rophore concentrations to an accuracy of 15% over a wide
range of optical properties using the fluorescence-to-
reflectance ratio. In the measurement geometry of Pogue and
Burke,14 fluorescence was excited and detected with a single
small-diameter !100 !m" fiber, but the scattered excitation
light was measured with an adjacent fiber. Measurements in
phantoms showed that the fluorescence-to-reflectance ratio in
this geometry varied by approximately 30% for a given fluo-
rophore concentration over a broad range of optical proper-
ties. Diamond et al.15 also used a single small-diameter
!200 !m" optical fiber to excite and detect the fluorescence
and found that the uncorrected fluorescence signal was insen-

sitive to changes in the scattering coefficient and anisotropy
as well as a limited range of absorption coefficients !up to
0.12 mm!1" of the turbid samples, due to the small sampling
volume of their technique. However, this single-fiber fluores-
cence method suffers from the same drawback as Mourant’s
reflectance method: the signal will be sensitive to larger
changes in the !background" absorption coefficient of tissue.
For wavelengths below 600 nm, the tissue absorption coeffi-
cient for most biological tissues is an order of magnitude
larger than 0.12 mm!1, mainly due to blood absorption.16

This limits the applicability of the present techniques to those
chromophores that exhibit large absorption !and emission"
bands in the red or near-infrared wavelength regions. There-
fore, our objective here is to establish an algorithm that can be
used to correct FDPS measurements for larger changes in the
background absorption coefficient !as high as 2.0 mm!1". Fur-
thermore, we will show that FDPS measurements do not need
to be corrected for changes in the reduced scattering coeffi-
cient in the range 0.5–5 mm!1, which are values typically
encountered in tissue.16–20

2 Materials and Methods
2.1 Experimental Setup
The setup is an adapted version of a differential path length
spectrometer and is shown schematically in Fig. 1. Light from
a tungsten halogen lamp !Ocean Optics HL-2000" or a blue
laser diode !Power Technology PPMT-LD1382, output 5 mW
at 405 nm" is led through a 100-!m bifurcated optical fiber,
which is at its distal end coupled to a 200-!m bifurcated
optical fiber, which is at its distal end coupled to the 400-!m
delivery-and-collection !dc" fiber. The distal end of the fiber
probe is polished at an angle of 15 deg to minimize the col-
lection of specularly reflected light at the probe–medium in-
terface and contacts the sample under investigation. Reflected
or fluorescent light collected by the dc fiber is coupled back
into the 200-!m bifurcated fiber and coupled to the dc chan-
nel of a four-channel spectrometer !Ocean Optics MC-2000-
4". Light reflected back from the sample into the other arm of
the 400-!m bifurcated fiber-optic probe #the collection !c"
fiber$ is coupled into the c-channel of the four-channel spec-
trometer. The c-fiber and dc-fiber are touching to minimize
the distance between them. Fluorescence and reflectance mea-

White light source

delivery-and-collection
fiber

PC

spectrometer

collection fiber

sample

Fluorescence excitation

Fig. 1 Schematic diagram of the FDPS setup.
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Measurements with the 400 µm FDPS probe and the 800 µm FDPS probe were 
performed consecutively. In the following, the difference of the dc- and c-fiber 
reflectance signals is called the differential  reflectance signal  DR, where throughout 
this paper a wavelength-dependent parameter will  be presented as a bold faced 
character and parameters appearing as non-bold are implicitly assumed to be 
wavelength independent. Similarly, the difference in the fluorescence collected by the 
dc- and c-fibers is called the differential fluorescence signal, DF.

Calibration
The total fluorescence intensity IFsample measured by the delivery-and-collection fiber in 
contact with a sample with the laser on can be written as: 

 

,        (1)

where Fdcsample is the number of fluorescent photons collected by the dc-fiber and Tdc is 
the transmission function of the photons traveling from the tip of the delivery-and-
collection fiber to the dc-spectrometer channel. Similarly, the total  fluorescence 
intensity JFsample measured by the collection fiber is:

   
        (2)

where Fcsample is the number of fluorescent photons collected by the c-fiber and Tc  is 
the transmission function of the photons traveling from the tip of the collection fiber to 
the c-spectrometer channel. The transmission functions Tdc and Tc are measured using 
a calibrated white light source (Ocean Optics HL-2000-CAL) for which the output of the 
lamp is known. For these measurements the distal  end of the probe, which was 
terminated with an SMA connector, was screwed in the SMA socket of the calibration 
lamp and we measure Ical = Lcal⋅Tdc and Jcal = Lcal ⋅Tc where Lcal is the known output of 
the lamp. 
Finally, day-to-day variations in laser output from the distal end of the dc-fiber are 
measured by measuring the fluorescence intensity with the probe at a fixed distance 
from fluorescent spectralon (Labsphere USFS-200-010), which is a stable solid 
fluorescent standard. Alternatively, the output power of the laser can be directly 
measured by a power meter.
The differential fluorescence signal DF is calculated by

 
     (3)

The white light differential reflectance is measured as described previously4,5:

surements were performed consecutively by switching on ei-
ther the laser or the halogen lamp. An identical setup with
twice as large fibers was connected to the third and fourth
channels of the four-channel spectrometer. Measurements
with the 400-!m FDPS probe and the 800-!m FDPS probe
were performed consecutively. In the following, the difference
of the dc- and c-fiber reflectance signals is called the differ-
ential reflectance signal DR, where throughout this paper, a
wavelength-dependent parameter will be presented in bold
and parameters appearing in nonbold are implicitly assumed
to be wavelength independent. Similarly, the difference in the
fluorescence collected by the dc- and c-fibers is called the
differential fluorescence signal, DF.

2.2 Calibration
The total fluorescence intensity Isample

F measured by the
delivery-and-collection fiber in contact with a sample with the
laser on can be written as:

Isample
F = Fsample

dc · Tdc, !1"

where Fsample
dc is the number of fluorescent photons collected

by the dc-fiber and Tdc is the transmission function of the
photons traveling from the tip of the delivery-and-collection
fiber to the dc-spectrometer channel. Similarly, the total fluo-
rescence intensity Jsample

F measured by the collection fiber is:

Jsample
F = Fsample

c · Tc, !2"

where Fsample
c is the number of fluorescent photons collected

by the c-fiber, and Tc is the transmission function of the pho-
tons traveling from the tip of the collection fiber to the
c-spectrometer channel. The transmission functions Tdc and
Tc are measured using a calibrated white light source !Ocean
Optics HL-2000-CAL" for which the output of the lamp is
known. For these measurements, the distal end of the probe,
which was terminated with a SubMiniature version A !SMA"
connector, was screwed in the SMA socket of the calibration
lamp, and we measure Ical=Lcal ·Tdc and Jcal=Lcal ·Tc where
Lcal is the known output of the lamp.

Last, day-to-day variations in laser output from the distal
end of the dc-fiber are measured by measuring the fluores-
cence intensity with the probe at a fixed distance from fluo-
rescent spectralon !Labsphere USFS-200-010", which is a
stable solid fluorescent standard. Alternatively, the output
power of the laser can be directly measured by a power meter.

The differential fluorescence signal DF is calculated by

DF # Fsample
dc ! Fsample

c = Lcal$ Isample
F

Ical
!

Jsample
F

Jcal
% . !3"

The white light differential reflectance is measured as de-
scribed previously4,5:

DR = c& !I ! Iwater"
!Iwhite ! Iblack"

!
J

!Jwhite ! Jblack"' , !4"

where !I!Iwater" represents the dc-fiber signal !I" corrected
for internal reflections !Iwater" using water in a dark reservoir.
Fiber transmission characteristics and lamp spectra are ac-
counted for by dividing the !corrected" I and J signals by

their reference reflections !Iwhite!Iblack" and !Jwhite!Jblack",
and calibration constant c depends on the distance between
the probe tips and the reference standards.

2.3 Phantoms
To characterize the differential fluorescence signal as a func-
tion of the optical properties, phantom measurements are per-
formed. We have used liquid phantoms consisting of Intralipid
20% in different dilutions to vary the reduced scattering co-
efficient from 0 to 10 mm!1 at the excitation wavelength of
405 nm. To simulate the presence of an exogenous fluoro-
phore, Sulforhodamine 101 was added to the phantoms in
concentrations ranging from 0.2 !M to 20 !M. The fluores-
cence quantum yield of sulforhodamine dissolved in ethanol
is 0.9.21 Last, background absorption at the excitation wave-
length was varied from 0 to 2 mm!1 by addition of hemoglo-
bin !Sigma-Aldrich, H2500" to the phantoms. Absorption at
the sulforhodamine emission wavelengths !"#550 nm" is at
least an order of magnitude smaller than at the excitation
wavelength.

3 Results
3.1 Fluorophore Concentration Dependence
The differential fluorescence DF consists of two components:
Intralipid fluorescence and sulforhodamine fluorescence.
Therefore, for all phantoms, the background fluorescence due
to Intralipid was measured using phantoms with identical op-
tical properties but without sulforhodamine and was, after
normalization to the average differential fluorescence in the
wavelength region 500 nm$"$550 nm, subtracted from
the DF signal to obtain the sulforhodamine differential fluo-
rescence.

Figure 2!a" shows DF for a fixed reduced scattering coef-
ficient of !s!=1.5 mm!1 at 405 nm and for different fluoro-
phore concentrations cF for the 400-!m FDPS system. Figure
2!b" shows DF divided by fluorophore concentration cF. The
DF /cF ratios are constant both in size and in spectral shape,
which implies that there is a linear relationship between the
differential fluorescence and the fluorophore concentration. In
the following, the area under the differential fluorescence
curves in the wavelength region 550 nm$"$700 nm, DF
#(550

700d"DF, is analyzed as a function of the optical proper-
ties.

3.2 Measurement Reproducibility
We have tested the measurement reproducibility for phantoms
with optical properties corresponding to the median of our
measurement range !!s!=1.5 mm!1 and !a=1.0 mm!1".
Three different sets of phantoms were made with the same
optical properties, with and without sulforhodamine !i.e., cF
=0 !M and cF=1 !M". Furthermore, the effect of manual
sample homogenization was investigated by measuring the
phantoms after not shaking, gentle shaking, and vigorous
shaking. The largest effects on the relative standard deviations
of DF and DR were found to be due to the differences in
shaking: %DF /DF)7% and %DR /DR)2% for the
400-!m FDPS system, and %DF /DF)7% and %DR /DR
)6% for the 800-!m FDPS system. Here, the standard de-
viation in the differential reflectance !%DR" was calculated at
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surements were performed consecutively by switching on ei-
ther the laser or the halogen lamp. An identical setup with
twice as large fibers was connected to the third and fourth
channels of the four-channel spectrometer. Measurements
with the 400-!m FDPS probe and the 800-!m FDPS probe
were performed consecutively. In the following, the difference
of the dc- and c-fiber reflectance signals is called the differ-
ential reflectance signal DR, where throughout this paper, a
wavelength-dependent parameter will be presented in bold
and parameters appearing in nonbold are implicitly assumed
to be wavelength independent. Similarly, the difference in the
fluorescence collected by the dc- and c-fibers is called the
differential fluorescence signal, DF.

2.2 Calibration
The total fluorescence intensity Isample

F measured by the
delivery-and-collection fiber in contact with a sample with the
laser on can be written as:

Isample
F = Fsample

dc · Tdc, !1"

where Fsample
dc is the number of fluorescent photons collected

by the dc-fiber and Tdc is the transmission function of the
photons traveling from the tip of the delivery-and-collection
fiber to the dc-spectrometer channel. Similarly, the total fluo-
rescence intensity Jsample

F measured by the collection fiber is:

Jsample
F = Fsample

c · Tc, !2"

where Fsample
c is the number of fluorescent photons collected

by the c-fiber, and Tc is the transmission function of the pho-
tons traveling from the tip of the collection fiber to the
c-spectrometer channel. The transmission functions Tdc and
Tc are measured using a calibrated white light source !Ocean
Optics HL-2000-CAL" for which the output of the lamp is
known. For these measurements, the distal end of the probe,
which was terminated with a SubMiniature version A !SMA"
connector, was screwed in the SMA socket of the calibration
lamp, and we measure Ical=Lcal ·Tdc and Jcal=Lcal ·Tc where
Lcal is the known output of the lamp.

Last, day-to-day variations in laser output from the distal
end of the dc-fiber are measured by measuring the fluores-
cence intensity with the probe at a fixed distance from fluo-
rescent spectralon !Labsphere USFS-200-010", which is a
stable solid fluorescent standard. Alternatively, the output
power of the laser can be directly measured by a power meter.

The differential fluorescence signal DF is calculated by

DF # Fsample
dc ! Fsample

c = Lcal$ Isample
F

Ical
!

Jsample
F

Jcal
% . !3"

The white light differential reflectance is measured as de-
scribed previously4,5:

DR = c& !I ! Iwater"
!Iwhite ! Iblack"

!
J

!Jwhite ! Jblack"' , !4"

where !I!Iwater" represents the dc-fiber signal !I" corrected
for internal reflections !Iwater" using water in a dark reservoir.
Fiber transmission characteristics and lamp spectra are ac-
counted for by dividing the !corrected" I and J signals by

their reference reflections !Iwhite!Iblack" and !Jwhite!Jblack",
and calibration constant c depends on the distance between
the probe tips and the reference standards.

2.3 Phantoms
To characterize the differential fluorescence signal as a func-
tion of the optical properties, phantom measurements are per-
formed. We have used liquid phantoms consisting of Intralipid
20% in different dilutions to vary the reduced scattering co-
efficient from 0 to 10 mm!1 at the excitation wavelength of
405 nm. To simulate the presence of an exogenous fluoro-
phore, Sulforhodamine 101 was added to the phantoms in
concentrations ranging from 0.2 !M to 20 !M. The fluores-
cence quantum yield of sulforhodamine dissolved in ethanol
is 0.9.21 Last, background absorption at the excitation wave-
length was varied from 0 to 2 mm!1 by addition of hemoglo-
bin !Sigma-Aldrich, H2500" to the phantoms. Absorption at
the sulforhodamine emission wavelengths !"#550 nm" is at
least an order of magnitude smaller than at the excitation
wavelength.

3 Results
3.1 Fluorophore Concentration Dependence
The differential fluorescence DF consists of two components:
Intralipid fluorescence and sulforhodamine fluorescence.
Therefore, for all phantoms, the background fluorescence due
to Intralipid was measured using phantoms with identical op-
tical properties but without sulforhodamine and was, after
normalization to the average differential fluorescence in the
wavelength region 500 nm$"$550 nm, subtracted from
the DF signal to obtain the sulforhodamine differential fluo-
rescence.

Figure 2!a" shows DF for a fixed reduced scattering coef-
ficient of !s!=1.5 mm!1 at 405 nm and for different fluoro-
phore concentrations cF for the 400-!m FDPS system. Figure
2!b" shows DF divided by fluorophore concentration cF. The
DF /cF ratios are constant both in size and in spectral shape,
which implies that there is a linear relationship between the
differential fluorescence and the fluorophore concentration. In
the following, the area under the differential fluorescence
curves in the wavelength region 550 nm$"$700 nm, DF
#(550

700d"DF, is analyzed as a function of the optical proper-
ties.

3.2 Measurement Reproducibility
We have tested the measurement reproducibility for phantoms
with optical properties corresponding to the median of our
measurement range !!s!=1.5 mm!1 and !a=1.0 mm!1".
Three different sets of phantoms were made with the same
optical properties, with and without sulforhodamine !i.e., cF
=0 !M and cF=1 !M". Furthermore, the effect of manual
sample homogenization was investigated by measuring the
phantoms after not shaking, gentle shaking, and vigorous
shaking. The largest effects on the relative standard deviations
of DF and DR were found to be due to the differences in
shaking: %DF /DF)7% and %DR /DR)2% for the
400-!m FDPS system, and %DF /DF)7% and %DR /DR
)6% for the 800-!m FDPS system. Here, the standard de-
viation in the differential reflectance !%DR" was calculated at
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surements were performed consecutively by switching on ei-
ther the laser or the halogen lamp. An identical setup with
twice as large fibers was connected to the third and fourth
channels of the four-channel spectrometer. Measurements
with the 400-!m FDPS probe and the 800-!m FDPS probe
were performed consecutively. In the following, the difference
of the dc- and c-fiber reflectance signals is called the differ-
ential reflectance signal DR, where throughout this paper, a
wavelength-dependent parameter will be presented in bold
and parameters appearing in nonbold are implicitly assumed
to be wavelength independent. Similarly, the difference in the
fluorescence collected by the dc- and c-fibers is called the
differential fluorescence signal, DF.

2.2 Calibration
The total fluorescence intensity Isample

F measured by the
delivery-and-collection fiber in contact with a sample with the
laser on can be written as:

Isample
F = Fsample

dc · Tdc, !1"

where Fsample
dc is the number of fluorescent photons collected

by the dc-fiber and Tdc is the transmission function of the
photons traveling from the tip of the delivery-and-collection
fiber to the dc-spectrometer channel. Similarly, the total fluo-
rescence intensity Jsample

F measured by the collection fiber is:

Jsample
F = Fsample

c · Tc, !2"

where Fsample
c is the number of fluorescent photons collected

by the c-fiber, and Tc is the transmission function of the pho-
tons traveling from the tip of the collection fiber to the
c-spectrometer channel. The transmission functions Tdc and
Tc are measured using a calibrated white light source !Ocean
Optics HL-2000-CAL" for which the output of the lamp is
known. For these measurements, the distal end of the probe,
which was terminated with a SubMiniature version A !SMA"
connector, was screwed in the SMA socket of the calibration
lamp, and we measure Ical=Lcal ·Tdc and Jcal=Lcal ·Tc where
Lcal is the known output of the lamp.

Last, day-to-day variations in laser output from the distal
end of the dc-fiber are measured by measuring the fluores-
cence intensity with the probe at a fixed distance from fluo-
rescent spectralon !Labsphere USFS-200-010", which is a
stable solid fluorescent standard. Alternatively, the output
power of the laser can be directly measured by a power meter.

The differential fluorescence signal DF is calculated by

DF # Fsample
dc ! Fsample

c = Lcal$ Isample
F

Ical
!

Jsample
F

Jcal
% . !3"

The white light differential reflectance is measured as de-
scribed previously4,5:

DR = c& !I ! Iwater"
!Iwhite ! Iblack"

!
J

!Jwhite ! Jblack"' , !4"

where !I!Iwater" represents the dc-fiber signal !I" corrected
for internal reflections !Iwater" using water in a dark reservoir.
Fiber transmission characteristics and lamp spectra are ac-
counted for by dividing the !corrected" I and J signals by

their reference reflections !Iwhite!Iblack" and !Jwhite!Jblack",
and calibration constant c depends on the distance between
the probe tips and the reference standards.

2.3 Phantoms
To characterize the differential fluorescence signal as a func-
tion of the optical properties, phantom measurements are per-
formed. We have used liquid phantoms consisting of Intralipid
20% in different dilutions to vary the reduced scattering co-
efficient from 0 to 10 mm!1 at the excitation wavelength of
405 nm. To simulate the presence of an exogenous fluoro-
phore, Sulforhodamine 101 was added to the phantoms in
concentrations ranging from 0.2 !M to 20 !M. The fluores-
cence quantum yield of sulforhodamine dissolved in ethanol
is 0.9.21 Last, background absorption at the excitation wave-
length was varied from 0 to 2 mm!1 by addition of hemoglo-
bin !Sigma-Aldrich, H2500" to the phantoms. Absorption at
the sulforhodamine emission wavelengths !"#550 nm" is at
least an order of magnitude smaller than at the excitation
wavelength.

3 Results
3.1 Fluorophore Concentration Dependence
The differential fluorescence DF consists of two components:
Intralipid fluorescence and sulforhodamine fluorescence.
Therefore, for all phantoms, the background fluorescence due
to Intralipid was measured using phantoms with identical op-
tical properties but without sulforhodamine and was, after
normalization to the average differential fluorescence in the
wavelength region 500 nm$"$550 nm, subtracted from
the DF signal to obtain the sulforhodamine differential fluo-
rescence.

Figure 2!a" shows DF for a fixed reduced scattering coef-
ficient of !s!=1.5 mm!1 at 405 nm and for different fluoro-
phore concentrations cF for the 400-!m FDPS system. Figure
2!b" shows DF divided by fluorophore concentration cF. The
DF /cF ratios are constant both in size and in spectral shape,
which implies that there is a linear relationship between the
differential fluorescence and the fluorophore concentration. In
the following, the area under the differential fluorescence
curves in the wavelength region 550 nm$"$700 nm, DF
#(550

700d"DF, is analyzed as a function of the optical proper-
ties.

3.2 Measurement Reproducibility
We have tested the measurement reproducibility for phantoms
with optical properties corresponding to the median of our
measurement range !!s!=1.5 mm!1 and !a=1.0 mm!1".
Three different sets of phantoms were made with the same
optical properties, with and without sulforhodamine !i.e., cF
=0 !M and cF=1 !M". Furthermore, the effect of manual
sample homogenization was investigated by measuring the
phantoms after not shaking, gentle shaking, and vigorous
shaking. The largest effects on the relative standard deviations
of DF and DR were found to be due to the differences in
shaking: %DF /DF)7% and %DR /DR)2% for the
400-!m FDPS system, and %DF /DF)7% and %DR /DR
)6% for the 800-!m FDPS system. Here, the standard de-
viation in the differential reflectance !%DR" was calculated at
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where (I-Iwater) represents the dc-fiber signal (I) corrected for internal reflections (Iwater) 
using water in a dark reservoir. Fiber transmission characteristics and lamp spectra are 
accounted for by dividing the (corrected) I and J signals by their reference reflections 
(Iwhite-Iblack) and (Jwhite-Jblack), and calibration constant c depends on the distance 
between the probe tips and the reference standards.

Phantoms
To characterize the differential fluorescence signal as a function of the optical 
properties, phantom measurements are performed. We have used liquid phantoms 
consisting of Intralipid 20% in different dilutions to vary the reduced scattering 
coefficient from 0 to 10 mm-1 at the excitation wavelength of 405 nm. To simulate the 
presence of an exogenous fluorophore, sulforhodamine 101 was added to the 
phantoms in concentrations ranging from 0.2 µM to 20 µM. The fluorescence quantum 
yield of sulforhodamine dissolved in ethanol  is 0.9 21. Finally, background absorption at 
the excitation wavelength was varied from 0 to 2 mm-1 by addition of Hemoglobin 
(Sigma-Aldrich, H2500) to the phantoms. Absorption at the Sulforhodamine emission 
wavelengths (λ > 550 nm) is at least an order of magnitude smaller than at the 
excitation wavelength.

Results
Fluorophore concentration dependence
The differential fluorescence DF consists of 2 components: Intralipid fluorescence and 
sulforhodamine fluorescence. Therefore, for all  phantoms the background fluorescence 
due to Intralipid was measured using phantoms with identical optical  properties but 
without sulforhodamine and was, after normalization to the average differential 
fluorescence in the wavelength region 500 nm < λ < 550 nm, subtracted from the DF 
signal to obtain the sulforhodamine differential fluorescence.
Figure 2a shows DF for a fixed reduced scattering coefficient of µs’ = 1.5 mm-1 at 405 
nm and for different fluorophore concentrations cF, for the 400 µm FDPS system. 
Figure 2b shows DF divided by fluorophore concentration cF. The DF/cF ratios are 
constant both in size and spectral shape, which implies that there is a linear 
relationship between the differential  fluorescence and the fluorophore concentration. In 
the following, the area under the differential fluorescence curves in the wavelength 
region 550 nm < λ < 700 nm, DF=∫550700dλDF , is analyzed as a function of the optical 
properties. 

surements were performed consecutively by switching on ei-
ther the laser or the halogen lamp. An identical setup with
twice as large fibers was connected to the third and fourth
channels of the four-channel spectrometer. Measurements
with the 400-!m FDPS probe and the 800-!m FDPS probe
were performed consecutively. In the following, the difference
of the dc- and c-fiber reflectance signals is called the differ-
ential reflectance signal DR, where throughout this paper, a
wavelength-dependent parameter will be presented in bold
and parameters appearing in nonbold are implicitly assumed
to be wavelength independent. Similarly, the difference in the
fluorescence collected by the dc- and c-fibers is called the
differential fluorescence signal, DF.

2.2 Calibration
The total fluorescence intensity Isample

F measured by the
delivery-and-collection fiber in contact with a sample with the
laser on can be written as:

Isample
F = Fsample

dc · Tdc, !1"

where Fsample
dc is the number of fluorescent photons collected

by the dc-fiber and Tdc is the transmission function of the
photons traveling from the tip of the delivery-and-collection
fiber to the dc-spectrometer channel. Similarly, the total fluo-
rescence intensity Jsample

F measured by the collection fiber is:

Jsample
F = Fsample

c · Tc, !2"

where Fsample
c is the number of fluorescent photons collected

by the c-fiber, and Tc is the transmission function of the pho-
tons traveling from the tip of the collection fiber to the
c-spectrometer channel. The transmission functions Tdc and
Tc are measured using a calibrated white light source !Ocean
Optics HL-2000-CAL" for which the output of the lamp is
known. For these measurements, the distal end of the probe,
which was terminated with a SubMiniature version A !SMA"
connector, was screwed in the SMA socket of the calibration
lamp, and we measure Ical=Lcal ·Tdc and Jcal=Lcal ·Tc where
Lcal is the known output of the lamp.

Last, day-to-day variations in laser output from the distal
end of the dc-fiber are measured by measuring the fluores-
cence intensity with the probe at a fixed distance from fluo-
rescent spectralon !Labsphere USFS-200-010", which is a
stable solid fluorescent standard. Alternatively, the output
power of the laser can be directly measured by a power meter.

The differential fluorescence signal DF is calculated by

DF # Fsample
dc ! Fsample

c = Lcal$ Isample
F

Ical
!

Jsample
F

Jcal
% . !3"

The white light differential reflectance is measured as de-
scribed previously4,5:

DR = c& !I ! Iwater"
!Iwhite ! Iblack"

!
J

!Jwhite ! Jblack"' , !4"

where !I!Iwater" represents the dc-fiber signal !I" corrected
for internal reflections !Iwater" using water in a dark reservoir.
Fiber transmission characteristics and lamp spectra are ac-
counted for by dividing the !corrected" I and J signals by

their reference reflections !Iwhite!Iblack" and !Jwhite!Jblack",
and calibration constant c depends on the distance between
the probe tips and the reference standards.

2.3 Phantoms
To characterize the differential fluorescence signal as a func-
tion of the optical properties, phantom measurements are per-
formed. We have used liquid phantoms consisting of Intralipid
20% in different dilutions to vary the reduced scattering co-
efficient from 0 to 10 mm!1 at the excitation wavelength of
405 nm. To simulate the presence of an exogenous fluoro-
phore, Sulforhodamine 101 was added to the phantoms in
concentrations ranging from 0.2 !M to 20 !M. The fluores-
cence quantum yield of sulforhodamine dissolved in ethanol
is 0.9.21 Last, background absorption at the excitation wave-
length was varied from 0 to 2 mm!1 by addition of hemoglo-
bin !Sigma-Aldrich, H2500" to the phantoms. Absorption at
the sulforhodamine emission wavelengths !"#550 nm" is at
least an order of magnitude smaller than at the excitation
wavelength.

3 Results
3.1 Fluorophore Concentration Dependence
The differential fluorescence DF consists of two components:
Intralipid fluorescence and sulforhodamine fluorescence.
Therefore, for all phantoms, the background fluorescence due
to Intralipid was measured using phantoms with identical op-
tical properties but without sulforhodamine and was, after
normalization to the average differential fluorescence in the
wavelength region 500 nm$"$550 nm, subtracted from
the DF signal to obtain the sulforhodamine differential fluo-
rescence.

Figure 2!a" shows DF for a fixed reduced scattering coef-
ficient of !s!=1.5 mm!1 at 405 nm and for different fluoro-
phore concentrations cF for the 400-!m FDPS system. Figure
2!b" shows DF divided by fluorophore concentration cF. The
DF /cF ratios are constant both in size and in spectral shape,
which implies that there is a linear relationship between the
differential fluorescence and the fluorophore concentration. In
the following, the area under the differential fluorescence
curves in the wavelength region 550 nm$"$700 nm, DF
#(550

700d"DF, is analyzed as a function of the optical proper-
ties.

3.2 Measurement Reproducibility
We have tested the measurement reproducibility for phantoms
with optical properties corresponding to the median of our
measurement range !!s!=1.5 mm!1 and !a=1.0 mm!1".
Three different sets of phantoms were made with the same
optical properties, with and without sulforhodamine !i.e., cF
=0 !M and cF=1 !M". Furthermore, the effect of manual
sample homogenization was investigated by measuring the
phantoms after not shaking, gentle shaking, and vigorous
shaking. The largest effects on the relative standard deviations
of DF and DR were found to be due to the differences in
shaking: %DF /DF)7% and %DR /DR)2% for the
400-!m FDPS system, and %DF /DF)7% and %DR /DR
)6% for the 800-!m FDPS system. Here, the standard de-
viation in the differential reflectance !%DR" was calculated at
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Figure 2. (a) Measured differential fluorescence DF  for different fluorophore concentrations cF for 
a fixed scattering coefficient (µs’  = 1.5 mm-1), and (b) ratio of DF and cF for the same 
measurements. 

Measurement reproducibility
We have tested the measurement reproducibility for phantoms with optical properties 
corresponding to the median of our measurement range (µs’ = 1.5 mm-1 and µa = 1.0 
mm-1). Three different sets of phantoms were made with the same optical properties, 
with and without sulforhodamine (i.e. cF  = 0 µM and cF  = 1 µM). Furthermore, the 
effect of manual sample homogenization was investigated by measuring the phantoms 
after i) not shaking, ii) gentle shaking and iii) vigorous shaking. The largest effects on 
the relative standard deviations of DF and DR were found to be due to the differences 
in shaking: ΔDF/DF ≈ 7% and ΔDR/DR ≈ 2% for the 400 µm FDPS system, and ΔDF/
DF ≈ 7% and ΔDR/DR ≈ 6% for the 800 µm FDPS system. Here the standard deviation 
in the differential reflectance (ΔDR) was calculated at the excitation wavelength after 
normalization of the differential reflectance spectra DR in the wavelength region [460 to 
500] nm, where hemoglobin absorption is very small  compared to the absorption at the 
excitation wavelength of 405 nm. The relative standard deviation Δ DR/DR in the 
absence of hemoglobin, associated with homogenization (shaking) of the phantoms, 
was found to be 2% for both fiber diameters.

the excitation wavelength after normalization of the differen-
tial reflectance spectra DR in the wavelength region
!460 to 500" nm, where hemoglobin absorption is very small
compared to the absorption at the excitation wavelength of
405 nm. The relative standard deviation !DR /DR in the ab-
sence of hemoglobin, associated with homogenization #shak-
ing$ of the phantoms, was found to be 2% for both fiber
diameters.

3.3 Scattering Dependence
Figure 3#a$ shows DF for a fixed fluorophore concentration
#cF=1 "M$ for the 400-"m FDPS system, but now for dif-
ferent reduced scattering coefficients #"s!=0.15, 0.30, 0.75,
1.5, 3.75, and 7.5 mm!1 at 405 nm$. The error bars represent
the 7% standard deviation corresponding to the measurement
reproducibility. The differential fluorescence first decreases up
to "s!=1.5 mm!1 and then increases with increasing scatter-
ing coefficient. In the range relevant for biological tissues
#0.5 mm!1#"s!#5 mm!1$,14–18 the maximum variation in
differential fluorescence #DFmax /DFmin$ equals a factor of
1.4. Figure 3#b$ shows the same data for the 800-"m FDPS
system, which shows a similar pattern, but the increase in
differential fluorescence already starts at "s!=0.75 mm!1. In
this case, the maximum variation in differential fluorescence
#DFmax /DFmin$ equals a factor of 2.2 in the range relevant for
biological tissues.

3.4 Background Absorption Dependence
Figure 4#a$ shows DF for a fixed fluorophore concentration
#cF=1 "M$ and a fixed scattering coefficient #"s!

=0.75 mm!1 at 405 nm$ for the 400-"m FDPS system as a
function of the background absorption coefficient at the exci-
tation wavelength. The error bars represent the 7% standard
deviation corresponding to the measurement reproducibility.
The differential fluorescence decreases strongly with increas-
ing background absorption. Therefore, it is necessary to cor-
rect the measured differential fluorescence for these high
background absorptions. Previously, we have shown that the
white light differential reflectance is attenuated due to absorp-
tion following Beer’s law according to Eq. #5$:4,5

DR#!a$ = DR#0$exp#! $dps!a$ , #5$

where $dps is the differential path length. Since the differential
fluorescence is measured with exactly the same fiber-optic
geometry, we will assume that the differential fluorescence is
attenuated according to Eq. #6$:

DF#"a,x$ = DF#0$exp#! $dps"a,x$ . #6$

Combining Eqs. #5$ and #6$, we can write,

DF#0$ = DF#"a,x$
DRx#0$

DRx#"a,x$
, #7$

where DRx#"a,x$ and DRx#0$ are the differential reflectance
signals at the excitation wavelength measured with and with-
out background absorber present, respectively. The ratio of
DRx#0$ and DRx#"a,x$ was calculated after normalization of
the differential reflectance spectra DR for the different con-
centrations of hemoglobin in the wavelength region
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Fig. 2 !a" Measured differential fluorescence DF for different fluoro-
phore concentrations cF for a fixed scattering coefficient #"s!
=1.5 mm!1$, and !b" ratio of DF and cF for the same measurements.
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Fig. 3 Measured differential fluorescence DF as a function of reduced
scattering coefficient for a fixed fluorophore concentration #cF
=1 "M$, !a" for the 400-"m FDPS probe, and !b" for the 800-"m
FDPS probe.
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Figure 3. Measured differential fluorescence DF as a function of reduced scattering coefficient 
for a fixed fluorophore concentration (cF = 1 µM), (a) for the 400 µm FDPS probe, and (b) for the 
800 µm FDPS probe.

Scattering dependence
Figure 3a shows DF for a fixed fluorophore concentration (cF = 1 µM) for the 400 µm 
FDPS system, but now for different reduced scattering coefficients (µs’ = 0.15, 0.30, 
0.75, 1.5, 3.75 and 7.5 mm-1 at 405 nm). The error bars represent the 7% standard 
deviation corresponding to the measurement reproducibility. The differential 
fluorescence first decreases up to µs’ = 1.5 mm-1, and then increases with increasing 
scattering coefficient. In the range relevant for biological tissues (0.5 mm-1 < µs’ < 5 
mm-1)14-18 the maximum variation in differential fluorescence (DFmax / DFmin) equals a 
factor of 1.4.  Figure 3b shows the same data for the 800 µm FDPS system, which 
shows a similar pattern but the increase in differential fluorescence already starts at µs’ 
= 0.75 mm-1. In this case the maximum variation in differential  fluorescence (DFmax / 
DFmin) equals a factor of 2.2 in the range relevant for biological tissues.

the excitation wavelength after normalization of the differen-
tial reflectance spectra DR in the wavelength region
!460 to 500" nm, where hemoglobin absorption is very small
compared to the absorption at the excitation wavelength of
405 nm. The relative standard deviation !DR /DR in the ab-
sence of hemoglobin, associated with homogenization #shak-
ing$ of the phantoms, was found to be 2% for both fiber
diameters.

3.3 Scattering Dependence
Figure 3#a$ shows DF for a fixed fluorophore concentration
#cF=1 "M$ for the 400-"m FDPS system, but now for dif-
ferent reduced scattering coefficients #"s!=0.15, 0.30, 0.75,
1.5, 3.75, and 7.5 mm!1 at 405 nm$. The error bars represent
the 7% standard deviation corresponding to the measurement
reproducibility. The differential fluorescence first decreases up
to "s!=1.5 mm!1 and then increases with increasing scatter-
ing coefficient. In the range relevant for biological tissues
#0.5 mm!1#"s!#5 mm!1$,14–18 the maximum variation in
differential fluorescence #DFmax /DFmin$ equals a factor of
1.4. Figure 3#b$ shows the same data for the 800-"m FDPS
system, which shows a similar pattern, but the increase in
differential fluorescence already starts at "s!=0.75 mm!1. In
this case, the maximum variation in differential fluorescence
#DFmax /DFmin$ equals a factor of 2.2 in the range relevant for
biological tissues.

3.4 Background Absorption Dependence
Figure 4#a$ shows DF for a fixed fluorophore concentration
#cF=1 "M$ and a fixed scattering coefficient #"s!

=0.75 mm!1 at 405 nm$ for the 400-"m FDPS system as a
function of the background absorption coefficient at the exci-
tation wavelength. The error bars represent the 7% standard
deviation corresponding to the measurement reproducibility.
The differential fluorescence decreases strongly with increas-
ing background absorption. Therefore, it is necessary to cor-
rect the measured differential fluorescence for these high
background absorptions. Previously, we have shown that the
white light differential reflectance is attenuated due to absorp-
tion following Beer’s law according to Eq. #5$:4,5

DR#!a$ = DR#0$exp#! $dps!a$ , #5$

where $dps is the differential path length. Since the differential
fluorescence is measured with exactly the same fiber-optic
geometry, we will assume that the differential fluorescence is
attenuated according to Eq. #6$:

DF#"a,x$ = DF#0$exp#! $dps"a,x$ . #6$

Combining Eqs. #5$ and #6$, we can write,

DF#0$ = DF#"a,x$
DRx#0$

DRx#"a,x$
, #7$

where DRx#"a,x$ and DRx#0$ are the differential reflectance
signals at the excitation wavelength measured with and with-
out background absorber present, respectively. The ratio of
DRx#0$ and DRx#"a,x$ was calculated after normalization of
the differential reflectance spectra DR for the different con-
centrations of hemoglobin in the wavelength region
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scattering coefficient for a fixed fluorophore concentration #cF
=1 "M$, !a" for the 400-"m FDPS probe, and !b" for the 800-"m
FDPS probe.
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Figure 4. (a) Measured differential fluorescence DF  as a function of absorption coefficient for a 
fixed fluorophore concentration (cF = 1 µM) and a fixed reduced scattering coefficient (µs’ = 0.75 
mm-1) for the 400 µm FDPS probe. (b) The same including the corrections calculated according 
to Eq. (7) (open squares). (c) The same for  µs’ = 1.5 mm-1, and d) the same for µs’ = 3.75 mm-1.

Background absorption dependence
Figure 4a shows DF for a fixed fluorophore concentration (cF = 1 µM) and a fixed 
scattering coefficient (µs’ = 0.75 mm-1 at 405 nm) for the 400 µm FDPS system as a 
function of the background absorption coefficient at the excitation wavelength. The 
error bars represent the 7% standard deviation corresponding to the measurement 
reproducibility. The differential fluorescence decreases strongly with increasing 
background absorption. Therefore, it is necessary to correct the measured differential 

!460 to 500" nm, where hemoglobin absorption is very small
compared to the absorption at the excitation wavelength of
405 nm. The open squares in Fig. 4#b$ represent the cal-
culations of DF#0$ according to Eq. #7$. The error bars
on the open squares represent the standard deviations
corresponding to the measurement uncertainties associated
with DF, DRx#0$, and DRx#!a,x$, i.e.,
"DF#0$ /DF#0$="DF#!a,x$ /DF#!a,x$+"DRx#0$ /DRx#0$
+"DRx#!a,x$ /DRx#!a,x$=7% +2% +2% =11%. Good
agreement between calculation and measurement is observed,
except for the highest absorption coefficient, where a small
deviation is observed. Figures 4#c$ and 4#d$ show similar
plots for the !s!=1.5 mm!1 and !s!=3.75 mm!1 at 405-nm
cases, respectively, for the 400-!m FDPS system. Last, Figs.
5#a$–5#c$ show similar plots for the !s!=0.75 mm!1, !s!
=1.5 mm!1, and !s!=3.75 mm!1 at 405-nm cases, respec-

tively, for the 800-!m FDPS system. In this case, the error
bars on the open squares are slightly larger #15%$ due to the
larger measurement uncertainty associated with DRx#!a,x$.

4 Discussion and Conclusion
We have adapted our DPS technique to include fluorescence
measurements #FDPS$ to enable quantitative fluorescence
spectroscopy in turbid media. We showed that the differential
fluorescence signal increases linearly with fluorophore con-
centration for a fixed scattering and background absorption
coefficient #Fig. 2$. This facilitates a straightforward interpre-
tation of the fluorescence signals for this range of fluorophore
concentrations. We found deviations from linearity for fluoro-
phore concentrations above 50 !M #data not shown$. All our
subsequent measurements were performed for a concentration
of 1 !M, which is well below this value.

We investigated the scattering dependence of the differen-
tial fluorescence signal. We found that the differential fluores-
cence signal decreases up to a reduced scattering coefficient
of 1.5 mm!1 in case of 400-!m fibers and then increases with
increasing scattering coefficient !Fig. 3#a$". Most likely, this is
due to a combined effect of two counteractive mechanisms:

• The volume over which the DF #and DR$ is collected is
proportional to the differential path length, which decreases
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Fig. 4 !a" Measured differential fluorescence DF as a function of ab-
sorption coefficient for a fixed fluorophore concentration #cF=1 !M$
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lated according to Eq. !7" !open squares". !c" The same for !s!
=1.5 mm!1, and !d" the same for !s!=3.75 mm!1.
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#cF=1 !M$ and the corrections calculated according to Eq. !7" !open
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fluorescence for these high background absorptions. Previously we have shown that 
the white light differential  reflectance is attenuated due to absorption following Beer’s 
law according to Eq. (5)4,5:

     (5)

where τ dps is the differential  path-length. Since the differential fluorescence is 
measured with exactly the same fiber-optic geometry, we will  assume that the 
differential fluorescence is attenuated according to Eq. (6):

      (6)

Combining Eqs. (5) and (6) we can write

                 
      (7)

where DRx(µa,x) and DRx(0) are the differential reflectance signals at the excitation 
wavelength measured with and without background absorber present, respectively. 
The ratio of DRx(0) and DRx(µa,x) was calculated after normalization of the differential 
reflectance spectra DR for the different concentrations of hemoglobin in the wavelength 
region [460-500] nm, where hemoglobin absorption is very small compared to the 
absorption at the excitation wavelength of 405 nm. The open squares in figure 4b 
represent the calculations of DF(0) according to Eq.(7). The error bars on the open 
squares represent the standard deviations corresponding to the measurement 
uncertainties associated with DF, DRx(0) and DRx(µa,x), i.e. ΔDF(0)/DF(0) = ΔDF(µa,x)/
DF(µa,x) + Δ DRx(0)/DRx(0) + Δ DRx(µa,x) /DRx(µa,x) = 7%+2%+2% = 11%. Good 
agreement between calculation and measurement is observed, except for the highest 
absorption coefficient, where a small  deviation is observed. Figures 4c and 4d show 
similar plots for the µs’ = 1.5 mm-1 and µs’ = 3.75 mm-1 at 405 nm cases, respectively, 
for the 400 µm FDPS system. Finally, figures 5a, 5b and 5c show similar plots for the 
µs’ = 0.75 mm-1, the µs’ = 1.5 mm-1 and the µs’ = 3.75 mm-1 at 405 nm cases, 
respectively, for the 800 µm FDPS system. In this case, the error bars on the open 
squares are slightly larger (15%) due to the larger measurement uncertainty 
associated with DRx(µa,x).

the excitation wavelength after normalization of the differen-
tial reflectance spectra DR in the wavelength region
!460 to 500" nm, where hemoglobin absorption is very small
compared to the absorption at the excitation wavelength of
405 nm. The relative standard deviation !DR /DR in the ab-
sence of hemoglobin, associated with homogenization #shak-
ing$ of the phantoms, was found to be 2% for both fiber
diameters.

3.3 Scattering Dependence
Figure 3#a$ shows DF for a fixed fluorophore concentration
#cF=1 "M$ for the 400-"m FDPS system, but now for dif-
ferent reduced scattering coefficients #"s!=0.15, 0.30, 0.75,
1.5, 3.75, and 7.5 mm!1 at 405 nm$. The error bars represent
the 7% standard deviation corresponding to the measurement
reproducibility. The differential fluorescence first decreases up
to "s!=1.5 mm!1 and then increases with increasing scatter-
ing coefficient. In the range relevant for biological tissues
#0.5 mm!1#"s!#5 mm!1$,14–18 the maximum variation in
differential fluorescence #DFmax /DFmin$ equals a factor of
1.4. Figure 3#b$ shows the same data for the 800-"m FDPS
system, which shows a similar pattern, but the increase in
differential fluorescence already starts at "s!=0.75 mm!1. In
this case, the maximum variation in differential fluorescence
#DFmax /DFmin$ equals a factor of 2.2 in the range relevant for
biological tissues.

3.4 Background Absorption Dependence
Figure 4#a$ shows DF for a fixed fluorophore concentration
#cF=1 "M$ and a fixed scattering coefficient #"s!

=0.75 mm!1 at 405 nm$ for the 400-"m FDPS system as a
function of the background absorption coefficient at the exci-
tation wavelength. The error bars represent the 7% standard
deviation corresponding to the measurement reproducibility.
The differential fluorescence decreases strongly with increas-
ing background absorption. Therefore, it is necessary to cor-
rect the measured differential fluorescence for these high
background absorptions. Previously, we have shown that the
white light differential reflectance is attenuated due to absorp-
tion following Beer’s law according to Eq. #5$:4,5

DR#!a$ = DR#0$exp#! $dps!a$ , #5$

where $dps is the differential path length. Since the differential
fluorescence is measured with exactly the same fiber-optic
geometry, we will assume that the differential fluorescence is
attenuated according to Eq. #6$:

DF#"a,x$ = DF#0$exp#! $dps"a,x$ . #6$

Combining Eqs. #5$ and #6$, we can write,

DF#0$ = DF#"a,x$
DRx#0$

DRx#"a,x$
, #7$

where DRx#"a,x$ and DRx#0$ are the differential reflectance
signals at the excitation wavelength measured with and with-
out background absorber present, respectively. The ratio of
DRx#0$ and DRx#"a,x$ was calculated after normalization of
the differential reflectance spectra DR for the different con-
centrations of hemoglobin in the wavelength region
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the excitation wavelength after normalization of the differen-
tial reflectance spectra DR in the wavelength region
!460 to 500" nm, where hemoglobin absorption is very small
compared to the absorption at the excitation wavelength of
405 nm. The relative standard deviation !DR /DR in the ab-
sence of hemoglobin, associated with homogenization #shak-
ing$ of the phantoms, was found to be 2% for both fiber
diameters.

3.3 Scattering Dependence
Figure 3#a$ shows DF for a fixed fluorophore concentration
#cF=1 "M$ for the 400-"m FDPS system, but now for dif-
ferent reduced scattering coefficients #"s!=0.15, 0.30, 0.75,
1.5, 3.75, and 7.5 mm!1 at 405 nm$. The error bars represent
the 7% standard deviation corresponding to the measurement
reproducibility. The differential fluorescence first decreases up
to "s!=1.5 mm!1 and then increases with increasing scatter-
ing coefficient. In the range relevant for biological tissues
#0.5 mm!1#"s!#5 mm!1$,14–18 the maximum variation in
differential fluorescence #DFmax /DFmin$ equals a factor of
1.4. Figure 3#b$ shows the same data for the 800-"m FDPS
system, which shows a similar pattern, but the increase in
differential fluorescence already starts at "s!=0.75 mm!1. In
this case, the maximum variation in differential fluorescence
#DFmax /DFmin$ equals a factor of 2.2 in the range relevant for
biological tissues.

3.4 Background Absorption Dependence
Figure 4#a$ shows DF for a fixed fluorophore concentration
#cF=1 "M$ and a fixed scattering coefficient #"s!

=0.75 mm!1 at 405 nm$ for the 400-"m FDPS system as a
function of the background absorption coefficient at the exci-
tation wavelength. The error bars represent the 7% standard
deviation corresponding to the measurement reproducibility.
The differential fluorescence decreases strongly with increas-
ing background absorption. Therefore, it is necessary to cor-
rect the measured differential fluorescence for these high
background absorptions. Previously, we have shown that the
white light differential reflectance is attenuated due to absorp-
tion following Beer’s law according to Eq. #5$:4,5

DR#!a$ = DR#0$exp#! $dps!a$ , #5$

where $dps is the differential path length. Since the differential
fluorescence is measured with exactly the same fiber-optic
geometry, we will assume that the differential fluorescence is
attenuated according to Eq. #6$:

DF#"a,x$ = DF#0$exp#! $dps"a,x$ . #6$

Combining Eqs. #5$ and #6$, we can write,

DF#0$ = DF#"a,x$
DRx#0$

DRx#"a,x$
, #7$

where DRx#"a,x$ and DRx#0$ are the differential reflectance
signals at the excitation wavelength measured with and with-
out background absorber present, respectively. The ratio of
DRx#0$ and DRx#"a,x$ was calculated after normalization of
the differential reflectance spectra DR for the different con-
centrations of hemoglobin in the wavelength region

0

2

4

6

8

10

D
F

(c
ou

nt
s

s-1
)

20 Mµ
5 Mµ

µ

µ

1 M

0.2 M

a

500 550 600 650 700 750 800
0

100

200

300

400

500

wavelength (nm)

D
F

'/
c F

(1
03

co
un

ts
s-1

M
-1

) b

Fig. 2 !a" Measured differential fluorescence DF for different fluoro-
phore concentrations cF for a fixed scattering coefficient #"s!
=1.5 mm!1$, and !b" ratio of DF and cF for the same measurements.

0

500

1000

1500

2000

2500

3000

D
iff

er
en

tia
lF

lu
or

es
ce

nc
e

(a
rb

.u
ni

ts
)

1.4 x

a

0 2 4 6 8 10
0

500

1000

1500

2000

2500

3000

D
iff

er
en

tia
lF

lu
or

es
ce

nc
e

(a
rb

.u
ni

ts
)

2.2 x

µs
' (mm-1)

b

Fig. 3 Measured differential fluorescence DF as a function of reduced
scattering coefficient for a fixed fluorophore concentration #cF
=1 "M$, !a" for the 400-"m FDPS probe, and !b" for the 800-"m
FDPS probe.

Amelink et al.: Quantitative fluorescence spectroscopy in turbid media…

Journal of Biomedical Optics September/October 2008 ! Vol. 13!5"054051-4

the excitation wavelength after normalization of the differen-
tial reflectance spectra DR in the wavelength region
!460 to 500" nm, where hemoglobin absorption is very small
compared to the absorption at the excitation wavelength of
405 nm. The relative standard deviation !DR /DR in the ab-
sence of hemoglobin, associated with homogenization #shak-
ing$ of the phantoms, was found to be 2% for both fiber
diameters.

3.3 Scattering Dependence
Figure 3#a$ shows DF for a fixed fluorophore concentration
#cF=1 "M$ for the 400-"m FDPS system, but now for dif-
ferent reduced scattering coefficients #"s!=0.15, 0.30, 0.75,
1.5, 3.75, and 7.5 mm!1 at 405 nm$. The error bars represent
the 7% standard deviation corresponding to the measurement
reproducibility. The differential fluorescence first decreases up
to "s!=1.5 mm!1 and then increases with increasing scatter-
ing coefficient. In the range relevant for biological tissues
#0.5 mm!1#"s!#5 mm!1$,14–18 the maximum variation in
differential fluorescence #DFmax /DFmin$ equals a factor of
1.4. Figure 3#b$ shows the same data for the 800-"m FDPS
system, which shows a similar pattern, but the increase in
differential fluorescence already starts at "s!=0.75 mm!1. In
this case, the maximum variation in differential fluorescence
#DFmax /DFmin$ equals a factor of 2.2 in the range relevant for
biological tissues.

3.4 Background Absorption Dependence
Figure 4#a$ shows DF for a fixed fluorophore concentration
#cF=1 "M$ and a fixed scattering coefficient #"s!

=0.75 mm!1 at 405 nm$ for the 400-"m FDPS system as a
function of the background absorption coefficient at the exci-
tation wavelength. The error bars represent the 7% standard
deviation corresponding to the measurement reproducibility.
The differential fluorescence decreases strongly with increas-
ing background absorption. Therefore, it is necessary to cor-
rect the measured differential fluorescence for these high
background absorptions. Previously, we have shown that the
white light differential reflectance is attenuated due to absorp-
tion following Beer’s law according to Eq. #5$:4,5

DR#!a$ = DR#0$exp#! $dps!a$ , #5$

where $dps is the differential path length. Since the differential
fluorescence is measured with exactly the same fiber-optic
geometry, we will assume that the differential fluorescence is
attenuated according to Eq. #6$:

DF#"a,x$ = DF#0$exp#! $dps"a,x$ . #6$

Combining Eqs. #5$ and #6$, we can write,

DF#0$ = DF#"a,x$
DRx#0$

DRx#"a,x$
, #7$

where DRx#"a,x$ and DRx#0$ are the differential reflectance
signals at the excitation wavelength measured with and with-
out background absorber present, respectively. The ratio of
DRx#0$ and DRx#"a,x$ was calculated after normalization of
the differential reflectance spectra DR for the different con-
centrations of hemoglobin in the wavelength region

0

2

4

6

8

10

D
F

(c
ou

nt
s

s-1
)

20 Mµ
5 Mµ

µ

µ

1 M

0.2 M

a

500 550 600 650 700 750 800
0

100

200

300

400

500

wavelength (nm)

D
F

'/
c F

(1
03

co
un

ts
s-1

M
-1

) b

Fig. 2 !a" Measured differential fluorescence DF for different fluoro-
phore concentrations cF for a fixed scattering coefficient #"s!
=1.5 mm!1$, and !b" ratio of DF and cF for the same measurements.

0

500

1000

1500

2000

2500

3000

D
iff

er
en

tia
lF

lu
or

es
ce

nc
e

(a
rb

.u
ni

ts
)

1.4 x

a

0 2 4 6 8 10
0

500

1000

1500

2000

2500

3000

D
iff

er
en

tia
lF

lu
or

es
ce

nc
e

(a
rb

.u
ni

ts
)

2.2 x

µs
' (mm-1)

b

Fig. 3 Measured differential fluorescence DF as a function of reduced
scattering coefficient for a fixed fluorophore concentration #cF
=1 "M$, !a" for the 400-"m FDPS probe, and !b" for the 800-"m
FDPS probe.

Amelink et al.: Quantitative fluorescence spectroscopy in turbid media…

Journal of Biomedical Optics September/October 2008 ! Vol. 13!5"054051-4

Quantitative fluorescence spectroscopy in turbid media using FDPS

         39



Figure 5. Measured differential fluorescence DF (filled circles) as a function of absorption 
coefficient for a fixed fluorophore concentration (cF = 1 µM) and the corrections calculated 
according to Eq. (7) (open squares) for the 800 µm FDPS probe, for (a) µs’  = 0.75 mm-1, (b) µs’  = 
1.5 mm-1 and (c) µs’ = 3.75 mm-1.

DISCUSSION AND CONCLUSION
We have adapted our DPS technique to include fluorescence measurements (FDPS) 
to enable quantitative fluorescence spectroscopy in turbid media. We showed that the 
differential  fluorescence signal  increases linearly with fluorophore concentration for a 
fixed scattering and background absorption coefficient (figure 2). This facilitates a 
straightforward interpretation of the fluorescence signals for this range of fluorophore 
concentrations. We found deviations from linearity for fluorophore concentrations 
above 50 µM (data not shown). All our subsequent measurements were performed for 
a concentration of 1 µM, which is well below this value.
We investigated the scattering dependence of the differential fluorescence signal. We 
found that the differential fluorescence signal decreases up to a reduced scattering 
coefficient of 1.5 mm-1 in case of 400 µm fibers, and then increases with increasing 
scattering coefficient (figure 3a). Most likely this is due to a combined effect of two 
counteractive mechanisms. 1) The volume over which the DF (and DR) is collected is 
proportional  to the differential  path-length, which decreases strongly with increasing 

!460 to 500" nm, where hemoglobin absorption is very small
compared to the absorption at the excitation wavelength of
405 nm. The open squares in Fig. 4#b$ represent the cal-
culations of DF#0$ according to Eq. #7$. The error bars
on the open squares represent the standard deviations
corresponding to the measurement uncertainties associated
with DF, DRx#0$, and DRx#!a,x$, i.e.,
"DF#0$ /DF#0$="DF#!a,x$ /DF#!a,x$+"DRx#0$ /DRx#0$
+"DRx#!a,x$ /DRx#!a,x$=7% +2% +2% =11%. Good
agreement between calculation and measurement is observed,
except for the highest absorption coefficient, where a small
deviation is observed. Figures 4#c$ and 4#d$ show similar
plots for the !s!=1.5 mm!1 and !s!=3.75 mm!1 at 405-nm
cases, respectively, for the 400-!m FDPS system. Last, Figs.
5#a$–5#c$ show similar plots for the !s!=0.75 mm!1, !s!
=1.5 mm!1, and !s!=3.75 mm!1 at 405-nm cases, respec-

tively, for the 800-!m FDPS system. In this case, the error
bars on the open squares are slightly larger #15%$ due to the
larger measurement uncertainty associated with DRx#!a,x$.

4 Discussion and Conclusion
We have adapted our DPS technique to include fluorescence
measurements #FDPS$ to enable quantitative fluorescence
spectroscopy in turbid media. We showed that the differential
fluorescence signal increases linearly with fluorophore con-
centration for a fixed scattering and background absorption
coefficient #Fig. 2$. This facilitates a straightforward interpre-
tation of the fluorescence signals for this range of fluorophore
concentrations. We found deviations from linearity for fluoro-
phore concentrations above 50 !M #data not shown$. All our
subsequent measurements were performed for a concentration
of 1 !M, which is well below this value.

We investigated the scattering dependence of the differen-
tial fluorescence signal. We found that the differential fluores-
cence signal decreases up to a reduced scattering coefficient
of 1.5 mm!1 in case of 400-!m fibers and then increases with
increasing scattering coefficient !Fig. 3#a$". Most likely, this is
due to a combined effect of two counteractive mechanisms:

• The volume over which the DF #and DR$ is collected is
proportional to the differential path length, which decreases
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Fig. 4 !a" Measured differential fluorescence DF as a function of ab-
sorption coefficient for a fixed fluorophore concentration #cF=1 !M$
and a fixed reduced scattering coefficient #!s!=0.75 mm!1$ for the
400-!m FDPS probe. !b" The same, including the corrections calcu-
lated according to Eq. !7" !open squares". !c" The same for !s!
=1.5 mm!1, and !d" the same for !s!=3.75 mm!1.
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Fig. 5 Measured differential fluorescence DF !solid circles" as a func-
tion of absorption coefficient for a fixed fluorophore concentration
#cF=1 !M$ and the corrections calculated according to Eq. !7" !open
squares" for the 800-!m FDPS probe, for !a" !s!=0.75 mm!1, !b" !s!
=1.5 mm!1, and !c" !s!=3.75 mm!1.
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scattering for very low reduced scattering coefficients, and becomes roughly constant 
in the biologically relevant range4,5. 2) The fluence rate in the  DF (and DR)  collection 
volume increases with increasing scattering coefficient due to increased backscattering 
of the excitation light. These 2 effects result in an initial decrease followed by a 
subsequent steady increase in the differential  fluorescence signal. Since the collection 
volume (or differential path-length) for 800 µm fibers becomes constant for lower 
scattering coefficients compared to 400 µm fibers5, the increase in differential 
fluorescence already starts at a reduced scattering coefficient of 0.75 mm-1 for the 800 
µm fibers (figure 3b). 
In the scattering range relevant for biological tissues the maximum variation in 
differential  fluorescence (DFmax / DFmin) equals a factor of 1.4 for the 400 µm FDPS 
system and a factor of 2.2 for the 800 µm FDPS system. Note that these factors 
represent the maximum variation over an order of magnitude change in scattering. For 
any specific target tissue, the scattering coefficient at the excitation wavelength will 
vary much less than an order of magnitude; a very conservative estimate would be a 
twofold variation at the most16. Even variations in scattering as large as a factor of 2 
result in a maximum variation in differential  fluorescence of only a factor of 1.16 for the 
400 µm FDPS system and a factor of 1.35 for the 800 µm FDPS system. This implies 
that FDPS measurements performed on specific target organs can be well compared 
to each other without correcting for scattering differences, while a more careful 
interpretation is necessary when FDPS measurements on different organs (with very 
different scattering coefficients) are to be compared.
The fluence rate in the DF collection volume will  be attenuated due to absorption 
according to Beer’s law similar to the differential reflectance DR, since they are 
measured in the same geometry. This can be used to account for the effects of 
absorption on DF through Eq. (7), which employs the ratio of differential reflectance 
signals measured with and without absorber present (DRx(µa,x) and DRx(0), 
respectively). Figures 4 and 5 show that this correction works very well, apart from the 
combination of very low scattering and very high absorption, where a small  deviation 
can be observed. A possible explanation for this deviation may be that our model  does 
not account for absorption at the emission wavelengths. The largest effect of 
absorption at the emission wavelengths will  be found for the highest concentration of 
hemoglobin, i.e. for the highest absorption coefficient at the excitation wavelength, 
combined with the longest differential path-length τ dps, i.e. the lowest scattering 
coefficient 5. 
In this phantom study, we could measure both DRx(µa,x) and DRx(0) directly, while in 
tissue only DRx(µa,x) can be measured. Importantly, in that case DRx(0) can still  be 
extracted from the measured wavelength dependence of the differential reflectance DR 
by fitting the complete DPS spectrum to our previously developed model 22-25, and 
subsequently calculating what the differential reflectance at the excitation wavelength 
should be in the absence of blood, as discussed below. Our general  model  (Eq. 5) can, 
in case of tissue measurements, be written as22-25 
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    (8)

The scattering function of tissue (in square brackets) is modeled by a combination of 
Mie scattering and Rayleigh scattering, given by power law functions with amplitudes 
a1 and a3 and wavelength dependencies (λ/λ0)a2 and (λ/λ0)-4, respectively. Here λ0 is a 
normalization wavelength, which we usually set to 800 nm. The absorption coefficient 
µatotal is the sum of the absorption coefficients of all the chromophores present in the 
interrogation volume, which in the visible wavelength region is typically only blood:

     

   (9)

Parameter a4 is the blood volume fraction, a5 is the blood oxygenation and a6 is the 
average vessel diameter. Input spectrum µaHbO2 is the absorption coefficient of fully 
oxygenated whole blood and µaHb is the absorption coefficient of fully deoxygenated 
whole blood. When the measured DPS spectrum is fitted to the model (Eqs. 8, 9) using 
least squares minimization, we obtain best estimates for the fitparameters a1 – a6. 
Using the best estimates of the scattering parameters a1 – a3, DRx(0) can be calculated 
by 

                
     (10)

Thus although our correction algorithm (Eq. 7) only utilizes the differential  reflectance 
at the excitation wavelength, measurement of the complete differential reflectance 
spectrum is required to estimate DRx(0) accurately. Furthermore, it follows from this 
analysis that our correction algorithm can in principle correct for background absorption 
at any excitation wavelength, provided that the absorption coefficients of all the 
absorbing molecules are known such that DRx(0) can be estimated accurately using 
the previously described fitting routine. 
In this phantom study, a single exogenous fluorophore was used to study the influence 
of the optical properties on the FDPS signal. However, our technique can be applied to 
any number of endogenous as well as exogenous fluorophores. Of particular interest 
could be the study of native tissue fluorescence of neoplastic epithelial  tissues using 
FDPS, where the small sampling depth of FDPS allows sensitive measurements of 
potential  changes in the concentration of epithelial fluorophores involved in the cellular 
metabolism such as NADH. 
The presence of background absorption is an important parameter to consider both in 
quantitative fluorescence and elastic  scattering spectroscopic measurements. Even 
when the path length of measured photons varies little with scattering coefficient, the 

strongly with increasing scattering for very low reduced scat-
tering coefficients and becomes roughly constant in the bio-
logically relevant range.4,5

• The fluence rate in the DF !and DR" collection volume
increases with increasing scattering coefficient due to in-
creased backscattering of the excitation light.

These two effects result in an initial decrease followed by
a subsequent steady increase in the differential fluorescence
signal. Since the collection volume !or differential path
length" for 800-!m fibers becomes constant for lower scat-
tering coefficients compared to 400-!m fibers,5 the increase
in differential fluorescence already starts at a reduced scatter-
ing coefficient of 0.75 mm!1 for the 800-!m fibers #Fig.
3!b"$.

In the scattering range relevant for biological tissues, the
maximum variation in differential fluorescence
!DFmax /DFmin" equals a factor of 1.4 for the 400-!m FDPS
system and a factor of 2.2 for the 800-!m FDPS system.
Note that these factors represent the maximum variation over
an order of magnitude change in scattering. For any specific
target tissue, the scattering coefficient at the excitation wave-
length will vary much less than an order of magnitude; a very
conservative estimate would be a twofold variation at the
most.16 Even variations in scattering as large as a factor of 2
result in a maximum variation in differential fluorescence of
only a factor of 1.16 for the 400-!m FDPS system and a
factor of 1.35 for the 800-!m FDPS system. This implies that
FDPS measurements performed on specific target organs can
be well compared to each other without correcting for scatter-
ing differences, while a more careful interpretation is neces-
sary when FDPS measurements on different organs !with very
different scattering coefficients" are to be compared.

The fluence rate in the DF collection volume will be at-
tenuated due to absorption according to Beer’s law similar to
the differential reflectance DR, since they are measured in the
same geometry. This can be used to account for the effects of
absorption on DF through Eq. !7", which employs the ratio of
differential reflectance signals measured with and without ab-
sorber present #DRx!!a,x" and DRx!0", respectively$. Figures
4 and 5 show that this correction works very well, apart from
the combination of very low scattering and very high absorp-
tion, where a small deviation can be observed. A possible
explanation for this deviation may be that our model does not
account for absorption at the emission wavelengths. The larg-
est effect of absorption at the emission wavelengths will be
found for the highest concentration of hemoglobin, i.e., for
the highest absorption coefficient at the excitation wave-
length, combined with the longest differential path length "dps,
i.e., the lowest scattering coefficient.5

In this phantom study, we could measure both DRx!!a,x"
and DRx!0" directly, while in tissue, only DRx!!a,x" can be
measured. Importantly, in that case, DRx!0" can still be ex-
tracted from the measured wavelength dependence of the dif-
ferential reflectance DR by fitting the complete DPS spectrum
to our previously developed model22–25 and subsequently cal-
culating what the differential reflectance at the excitation
wavelength should be in the absence of blood, as discussed in
the following. Our general model #Eq. !5"$ can, in case of
tissue measurements, be written as22–25

DR!!a" = %a1& #

#0
'a2

+ a3& #

#0
'!4( · exp!! "dps!a

total" .

!8"

The scattering function of tissue !in square brackets" is mod-
eled by a combination of Mie scattering and Rayleigh scatter-
ing, given by power law functions with amplitudes a1 and a3
and wavelength dependencies !# /#0"a2 and !# /#0"!4, respec-
tively. Here, #0 is a normalization wavelength, which we usu-
ally set to 800 nm. The absorption coefficient !a

total is the sum
of the absorption coefficients of all the chromophores present
in the interrogation volume, which in the visible wavelength
region is typically only blood:

!a
total = a4 · #a5 · !a

HbO2 + !1 ! a5" · !a
Hb$ ·

&1 ! exp)! a6 · #a5 · !a
HbO2 + !1 ! a5" · !a

Hb$*
a6 · #a5 · !a

HbO2 + !1 ! a5" · !a
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Parameter a4 is the blood volume fraction, a5 is the blood
oxygenation, and a6 is the average vessel diameter. Input
spectrum !a

HbO2 is the absorption coefficient of fully oxygen-
ated whole blood, and !a

Hb is the absorption coefficient of
fully deoxygenated whole blood. When the measured DPS
spectrum is fitted to the model #Eqs. !8" and !9"$ using least-
squares minimization, we obtain best estimates for the fit pa-
rameters a1!a6. Using the best estimates of the scattering
parameters a1!a3, DRx!0" can be calculated by

DRx!0" = a1&#x

#0
'a2

+ a3&#x

#0
'!4

. !10"

Thus, although our correction algorithm #Eq. !7"$ utilizes
only the differential reflectance at the excitation wavelength,
measurement of the complete differential reflectance spectrum
is required to estimate DRx!0" accurately. Furthermore, it fol-
lows from this analysis that our correction algorithm can in
principle correct for background absorption at any excitation
wavelength, provided that the absorption coefficients of all
the absorbing molecules are known such that DRx!0" can be
estimated accurately using the previously described fitting
routine.

In this phantom study, a single exogenous fluorophore was
used to study the influence of the optical properties on the
FDPS signal. However, our technique can be applied to any
number of endogenous as well as exogenous fluorophores. Of
particular interest could be the study of native tissue fluores-
cence of neoplastic epithelial tissues using FDPS, where the
small sampling depth of FDPS allows sensitive measurements
of potential changes in the concentration of epithelial fluoro-
phores involved in the cellular metabolism such as NADH.

The presence of background absorption is an important
parameter to consider both in quantitative fluorescence and in
elastic scattering spectroscopic measurements. Even when the
path length of measured photons varies little with scattering
coefficient, the path length will still depend on the absorption
coefficient. In the measurement geometry of Canpolat and
Mourant12 and Diamond et al.15 !fluorescence" or Mourant et
al.1 !absorption", the background absorption dependence of
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strongly with increasing scattering for very low reduced scat-
tering coefficients and becomes roughly constant in the bio-
logically relevant range.4,5

• The fluence rate in the DF !and DR" collection volume
increases with increasing scattering coefficient due to in-
creased backscattering of the excitation light.

These two effects result in an initial decrease followed by
a subsequent steady increase in the differential fluorescence
signal. Since the collection volume !or differential path
length" for 800-!m fibers becomes constant for lower scat-
tering coefficients compared to 400-!m fibers,5 the increase
in differential fluorescence already starts at a reduced scatter-
ing coefficient of 0.75 mm!1 for the 800-!m fibers #Fig.
3!b"$.

In the scattering range relevant for biological tissues, the
maximum variation in differential fluorescence
!DFmax /DFmin" equals a factor of 1.4 for the 400-!m FDPS
system and a factor of 2.2 for the 800-!m FDPS system.
Note that these factors represent the maximum variation over
an order of magnitude change in scattering. For any specific
target tissue, the scattering coefficient at the excitation wave-
length will vary much less than an order of magnitude; a very
conservative estimate would be a twofold variation at the
most.16 Even variations in scattering as large as a factor of 2
result in a maximum variation in differential fluorescence of
only a factor of 1.16 for the 400-!m FDPS system and a
factor of 1.35 for the 800-!m FDPS system. This implies that
FDPS measurements performed on specific target organs can
be well compared to each other without correcting for scatter-
ing differences, while a more careful interpretation is neces-
sary when FDPS measurements on different organs !with very
different scattering coefficients" are to be compared.

The fluence rate in the DF collection volume will be at-
tenuated due to absorption according to Beer’s law similar to
the differential reflectance DR, since they are measured in the
same geometry. This can be used to account for the effects of
absorption on DF through Eq. !7", which employs the ratio of
differential reflectance signals measured with and without ab-
sorber present #DRx!!a,x" and DRx!0", respectively$. Figures
4 and 5 show that this correction works very well, apart from
the combination of very low scattering and very high absorp-
tion, where a small deviation can be observed. A possible
explanation for this deviation may be that our model does not
account for absorption at the emission wavelengths. The larg-
est effect of absorption at the emission wavelengths will be
found for the highest concentration of hemoglobin, i.e., for
the highest absorption coefficient at the excitation wave-
length, combined with the longest differential path length "dps,
i.e., the lowest scattering coefficient.5

In this phantom study, we could measure both DRx!!a,x"
and DRx!0" directly, while in tissue, only DRx!!a,x" can be
measured. Importantly, in that case, DRx!0" can still be ex-
tracted from the measured wavelength dependence of the dif-
ferential reflectance DR by fitting the complete DPS spectrum
to our previously developed model22–25 and subsequently cal-
culating what the differential reflectance at the excitation
wavelength should be in the absence of blood, as discussed in
the following. Our general model #Eq. !5"$ can, in case of
tissue measurements, be written as22–25

DR!!a" = %a1& #

#0
'a2

+ a3& #

#0
'!4( · exp!! "dps!a

total" .

!8"

The scattering function of tissue !in square brackets" is mod-
eled by a combination of Mie scattering and Rayleigh scatter-
ing, given by power law functions with amplitudes a1 and a3
and wavelength dependencies !# /#0"a2 and !# /#0"!4, respec-
tively. Here, #0 is a normalization wavelength, which we usu-
ally set to 800 nm. The absorption coefficient !a

total is the sum
of the absorption coefficients of all the chromophores present
in the interrogation volume, which in the visible wavelength
region is typically only blood:

!a
total = a4 · #a5 · !a

HbO2 + !1 ! a5" · !a
Hb$ ·

&1 ! exp)! a6 · #a5 · !a
HbO2 + !1 ! a5" · !a

Hb$*
a6 · #a5 · !a

HbO2 + !1 ! a5" · !a
Hb$ ' .

!9"

Parameter a4 is the blood volume fraction, a5 is the blood
oxygenation, and a6 is the average vessel diameter. Input
spectrum !a

HbO2 is the absorption coefficient of fully oxygen-
ated whole blood, and !a

Hb is the absorption coefficient of
fully deoxygenated whole blood. When the measured DPS
spectrum is fitted to the model #Eqs. !8" and !9"$ using least-
squares minimization, we obtain best estimates for the fit pa-
rameters a1!a6. Using the best estimates of the scattering
parameters a1!a3, DRx!0" can be calculated by

DRx!0" = a1&#x

#0
'a2

+ a3&#x

#0
'!4

. !10"

Thus, although our correction algorithm #Eq. !7"$ utilizes
only the differential reflectance at the excitation wavelength,
measurement of the complete differential reflectance spectrum
is required to estimate DRx!0" accurately. Furthermore, it fol-
lows from this analysis that our correction algorithm can in
principle correct for background absorption at any excitation
wavelength, provided that the absorption coefficients of all
the absorbing molecules are known such that DRx!0" can be
estimated accurately using the previously described fitting
routine.

In this phantom study, a single exogenous fluorophore was
used to study the influence of the optical properties on the
FDPS signal. However, our technique can be applied to any
number of endogenous as well as exogenous fluorophores. Of
particular interest could be the study of native tissue fluores-
cence of neoplastic epithelial tissues using FDPS, where the
small sampling depth of FDPS allows sensitive measurements
of potential changes in the concentration of epithelial fluoro-
phores involved in the cellular metabolism such as NADH.

The presence of background absorption is an important
parameter to consider both in quantitative fluorescence and in
elastic scattering spectroscopic measurements. Even when the
path length of measured photons varies little with scattering
coefficient, the path length will still depend on the absorption
coefficient. In the measurement geometry of Canpolat and
Mourant12 and Diamond et al.15 !fluorescence" or Mourant et
al.1 !absorption", the background absorption dependence of
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strongly with increasing scattering for very low reduced scat-
tering coefficients and becomes roughly constant in the bio-
logically relevant range.4,5

• The fluence rate in the DF !and DR" collection volume
increases with increasing scattering coefficient due to in-
creased backscattering of the excitation light.

These two effects result in an initial decrease followed by
a subsequent steady increase in the differential fluorescence
signal. Since the collection volume !or differential path
length" for 800-!m fibers becomes constant for lower scat-
tering coefficients compared to 400-!m fibers,5 the increase
in differential fluorescence already starts at a reduced scatter-
ing coefficient of 0.75 mm!1 for the 800-!m fibers #Fig.
3!b"$.

In the scattering range relevant for biological tissues, the
maximum variation in differential fluorescence
!DFmax /DFmin" equals a factor of 1.4 for the 400-!m FDPS
system and a factor of 2.2 for the 800-!m FDPS system.
Note that these factors represent the maximum variation over
an order of magnitude change in scattering. For any specific
target tissue, the scattering coefficient at the excitation wave-
length will vary much less than an order of magnitude; a very
conservative estimate would be a twofold variation at the
most.16 Even variations in scattering as large as a factor of 2
result in a maximum variation in differential fluorescence of
only a factor of 1.16 for the 400-!m FDPS system and a
factor of 1.35 for the 800-!m FDPS system. This implies that
FDPS measurements performed on specific target organs can
be well compared to each other without correcting for scatter-
ing differences, while a more careful interpretation is neces-
sary when FDPS measurements on different organs !with very
different scattering coefficients" are to be compared.

The fluence rate in the DF collection volume will be at-
tenuated due to absorption according to Beer’s law similar to
the differential reflectance DR, since they are measured in the
same geometry. This can be used to account for the effects of
absorption on DF through Eq. !7", which employs the ratio of
differential reflectance signals measured with and without ab-
sorber present #DRx!!a,x" and DRx!0", respectively$. Figures
4 and 5 show that this correction works very well, apart from
the combination of very low scattering and very high absorp-
tion, where a small deviation can be observed. A possible
explanation for this deviation may be that our model does not
account for absorption at the emission wavelengths. The larg-
est effect of absorption at the emission wavelengths will be
found for the highest concentration of hemoglobin, i.e., for
the highest absorption coefficient at the excitation wave-
length, combined with the longest differential path length "dps,
i.e., the lowest scattering coefficient.5

In this phantom study, we could measure both DRx!!a,x"
and DRx!0" directly, while in tissue, only DRx!!a,x" can be
measured. Importantly, in that case, DRx!0" can still be ex-
tracted from the measured wavelength dependence of the dif-
ferential reflectance DR by fitting the complete DPS spectrum
to our previously developed model22–25 and subsequently cal-
culating what the differential reflectance at the excitation
wavelength should be in the absence of blood, as discussed in
the following. Our general model #Eq. !5"$ can, in case of
tissue measurements, be written as22–25

DR!!a" = %a1& #

#0
'a2

+ a3& #

#0
'!4( · exp!! "dps!a

total" .

!8"

The scattering function of tissue !in square brackets" is mod-
eled by a combination of Mie scattering and Rayleigh scatter-
ing, given by power law functions with amplitudes a1 and a3
and wavelength dependencies !# /#0"a2 and !# /#0"!4, respec-
tively. Here, #0 is a normalization wavelength, which we usu-
ally set to 800 nm. The absorption coefficient !a

total is the sum
of the absorption coefficients of all the chromophores present
in the interrogation volume, which in the visible wavelength
region is typically only blood:

!a
total = a4 · #a5 · !a

HbO2 + !1 ! a5" · !a
Hb$ ·

&1 ! exp)! a6 · #a5 · !a
HbO2 + !1 ! a5" · !a

Hb$*
a6 · #a5 · !a

HbO2 + !1 ! a5" · !a
Hb$ ' .
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Parameter a4 is the blood volume fraction, a5 is the blood
oxygenation, and a6 is the average vessel diameter. Input
spectrum !a

HbO2 is the absorption coefficient of fully oxygen-
ated whole blood, and !a

Hb is the absorption coefficient of
fully deoxygenated whole blood. When the measured DPS
spectrum is fitted to the model #Eqs. !8" and !9"$ using least-
squares minimization, we obtain best estimates for the fit pa-
rameters a1!a6. Using the best estimates of the scattering
parameters a1!a3, DRx!0" can be calculated by

DRx!0" = a1&#x

#0
'a2

+ a3&#x

#0
'!4

. !10"

Thus, although our correction algorithm #Eq. !7"$ utilizes
only the differential reflectance at the excitation wavelength,
measurement of the complete differential reflectance spectrum
is required to estimate DRx!0" accurately. Furthermore, it fol-
lows from this analysis that our correction algorithm can in
principle correct for background absorption at any excitation
wavelength, provided that the absorption coefficients of all
the absorbing molecules are known such that DRx!0" can be
estimated accurately using the previously described fitting
routine.

In this phantom study, a single exogenous fluorophore was
used to study the influence of the optical properties on the
FDPS signal. However, our technique can be applied to any
number of endogenous as well as exogenous fluorophores. Of
particular interest could be the study of native tissue fluores-
cence of neoplastic epithelial tissues using FDPS, where the
small sampling depth of FDPS allows sensitive measurements
of potential changes in the concentration of epithelial fluoro-
phores involved in the cellular metabolism such as NADH.

The presence of background absorption is an important
parameter to consider both in quantitative fluorescence and in
elastic scattering spectroscopic measurements. Even when the
path length of measured photons varies little with scattering
coefficient, the path length will still depend on the absorption
coefficient. In the measurement geometry of Canpolat and
Mourant12 and Diamond et al.15 !fluorescence" or Mourant et
al.1 !absorption", the background absorption dependence of
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path length will  still depend on the absorption coefficient. In the measurement 
geometry of Canpolat and Mourant 12 and Diamond et al.15 (fluorescence) or Mourant 
et al.1 (absorption) the background absorption dependence of the signals reduces the 
validity range of their approach to only small  variations in the background absorption 
coefficient, and generally to the red and near-infrared wavelength regions. For 
quantitative fluorescence measurements with excitation in the blue or green 
wavelength regions, a measurement technique is needed that does not depend so 
heavily on background absorption, since the absorption coefficient of tissue in these 
wavelength regions is much higher and may vary significantly within the target tissue. 
Therefore, the advantage of FDPS over other quantitative fluorescence measurements 
is its capability to deal  with large variations in background absorption using a simple 
correction algorithm. This makes FDPS especially valuable for in vivo photosensitiser 
fluorescence spectroscopy during PDT, when the background absorption at these 
wavelengths can change dramatically. Note that the scattering coefficient is not 
expected to vary by more than a factor of 2 during PDT3,26 and will  therefore have a 
small influence on the FDPS signal. 
Another advantage of FDPS is that the collection volume can be adjusted to match the 
relevant dimensions of the application. For absolute fluorescence measurements of 
photosensitisers or chemotherapy drugs that preferentially localize at specific  depths in 
the tissue, it is essential to selectively interrogate the relevant tissue volume and to 
avoid averaging drug concentrations over larger/smaller volumes by probing too deep/
shallow in the tissue. With FDPS, this can be achieved by choosing the appropriate 
fiber diameter since the collection volume is proportional to the fiber diameter5. 
Another potential advantage of FDPS is that, no matter which fiber diameter is used, 
the measurement volume is always relatively small. Hence multiple FDPS 
measurements can be used to obtain information on the often heterogeneous 
distribution of fluorophores in larger tissue volumes27. Finally, FDPS is of particular  
interest for monitoring PDT since a DPS measurement, apart from correcting the 
differential  fluorescence for background absorption changes, also gives information on 
other important PDT parameters such as the local oxygen saturation, blood volume 
and changes in scattering. The most appropriate applications of FDPS are likely to be 
associated with superficial (or intra-luminal) PDT26. Here combinations of fiber 
diameters can also serve to interrogate, and compare different tissue volumes. 
Therefore, we believe that combining the FDPS and DPS measurements during PDT 
will give valuable information regarding the PDT process. 
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Abstract
A method for the quantification of the concentration of the photosensitizer meta-
tetra(hydroxyphenyl) chlorin (m-THPC) in tissue samples is presented. The technique 
is an extension of a previously published method based on alkaline hydrolysis of 
tissue, using Solvable™ as a tissue solubilizer. m-THPC quantification was achieved 
by subsequent fluorescence spectroscopy. Since the original extraction method 
involved multiple steps in which water dilution of the sample was implemented, we 
studied the spectral characteristics of m-THPC in different Solvable™/water mixtures. 
Using UV-VIS absorption and fluorescence spectroscopy, it was demonstrated that the 
spectral  characteristics of m-THPC vary for different Solvable™ concentrations. In the 
range of 20% to 100% Solvable™, the fluorescence intensity of m-THPC did not 
change, while dramatic  changes in the m-THPC fluorescence intensity were observed 
for lower Solvable™ concentrations (< 20%) due to increasing hydrophilicity of the 
environment, combined with pH alterations. We also demonstrated that the absorption 
and fluorescence spectra of the dissolved tissue were time-dependent. Longer 
incubation of the samples resulted in a significant increase of the native tissue 
chromophore fluorescence. This implies that for the correct quantification of 
photosensitizer concentrations, the fluorescence of native tissue chromophores must 
be accounted for. 
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INTRODUCTION
Extraction methods for the determination of photosensitizer concentration in tissue are 
based on separation of the photosensitizer from the tissue components prior to 
measurement. The photosensitizer quantification has been achieved by 
radiolabeling1,2, chromatographic  analysis, such as HPLC chromatography2,3 or by 
optical  absorption and fluorescence spectroscopy4-6. The latter method of quantification 
is inexpensive and technically simple, although caution is required in combining 
extraction chemicals with absorption and fluorescence spectroscopy, since the 
photosensitizer’s optical properties (absorption spectra, fluorescence spectra, lifetime 
and quantum yields) will depend on the tissue solubilizer that is employed. For 
instance, hydrophobic  photosensitizers tend to aggregate in aqueous medium, leading 
to dramatic changes in the absorption and fluorescence properties7,8. For porphyrin-
type sensitizers and their related compounds, such as photosensitizers of 
tetraphenylchlorin series, the arrangement of porphyrins in aggregates is cofacial and 
two types of porphyrin aggregates are known: J-type (edge-to-edge) and H-type (face-
to-face). Compared to the absorption spectra of the monomer, the Soret and Q bands 
in absorption spectra of J(H)-type aggregates is red (blue) shifted accompanied with 
band broadening. These changes in the absorption spectra are linked by a strong 
decrease of the fluorescence intensity7,9. Thus when fluorescence spectroscopy is 
used for the quantification of photosensitizer concentration in tissues, the solvent 
should be chosen such that complete tissue solubilization is ensured, without creating 
an environment in which the photosensitizer exhibits a low fluorescence quantum yield. 
Moreover, extraction methods usually involve multiple steps (solvation, incubation and 
dilution) and changes in spectroscopic properties of photosensitizers could arise during 
any of these steps. For these reasons, it is necessary to investigate the spectroscopic 
properties of the target-photosensitizing drug in the solvent, which is going to be 
employed to dissolve the tissue. 
Several  extraction methods have been published, using different solvents to dissolve 
tissue and thus separate the photosensitizer chemically from the tissue [4, 5, 10-12]. 
Lilge and associates4 extensively studied a method first presented by Henderson et al.
5, in which Solvable™ was used for tissue solubilization and the photosensitizer 
(protoporphyrin IX) quantification was measured using fluorescence spectroscopy. 
Solvable™ is the proprietary name for a mixture of dodecyldimethylamine oxide, 
secondary alcohol  ethoxylate and sodium hydroxide (NaOH) in water. In the method 
originally described by Henderson et al.5 complete tissue solubilization was reached 
after the sample was incubated in 1 ml  of Solvable for 16 hours at 50 0C. Prior to the 
application of fluorescence spectroscopy, the samples were cooled to room 
temperature and diluted with 1 ml of distilled water, followed by internal spiking for 
absolute quantification. The described method5 was tested by Lilge et al.4 for six 
different photosensitizers in a variety of tissues. For tissue containing photosensitizers 
dissolved in Solvable they found that for long solubilization times (t > 4 hours), a 
decrease of the fluorescence signal was evident, and a 2-4 hour time window was 
subsequently used in all  measurements. Hence the most significant difference between 
the technique originally described5 and its modified version by Lilge et al.4 was the time 
of contact between Solvable and the photosensitizer: approximately 16 hours vs. 2-4 
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hours, respectively. In addition, Lilge et al.4 also highlighted the importance of a low 
optical  density of the sample for fluorometry, which was not addressed in the earlier 
work. By assuring a low optical density at the excitation wavelength (O.D. < 0.1), one 
can minimize the self-absorption effect, which causes an undesirable non-linearity 
between fluorescence intensity and photosensitizer concentration. Thus to ensure a 
low optical density of the sample for fluorometry, it may be necessary to dilute the 
solubilized samples further depending on photosensitizer concentration, tissue 
pigmentation and the excitation wavelength.
The modified solubilization technique for photosensitizer quantification in ex vivo tissue 
samples, published by Lilge et al.4, consisted of (step (1)) solubilization of tissue 
sample in 2 ml of Solvable using a shaking water bath at 50 0C for 1-2 hours. In the 
second step (2), five 0.2 ml  aliquots of the resulting homogenate were each diluted 
with 1 ml  Solvable and 3 ml distilled water and returned to the water bath for another 1 
hour. In the third step (3), prior to fluorometry, the sample O.D. at the excitation 
wavelength was measured and, if required, dilution of the sample with distilled water 
was performed (sample O.D. at the excitation wavelength was reduced to below 0.1). 
Thus before fluorescence spectroscopy, in the protocol  of Lilge et al.4 the samples 
changed their environment from 100 % Solvable (step (1)) to 29 % Solvable (step (2)), 
with an additional decrease of Solvable percentage, if water dilution (to ensure a low 
optical  density) was necessary (step (3)). As discussed above, we believe this change 
in environment could lead to changes in the spectroscopic  properties of the 
photosensitizer. 
Considering that Solvable is an aqueous-based solubilizer with ≤ 2.5 % NaOH content, 
water dilution will  decrease the concentration of NaOH resulting in a drop of pH (the 
extent of this decrease as a function of dilution factor can be calculated by the pH and 
pOH definitions13). The protonation/deprotonation of ionizable groups within the 
photosensitizer will  also result in modification of drug optical properties. Thus for 
increasing water dilution factors, an increase in hydrophilicity of the environment as 
well as pH changes can prevent a reliable interpretation of the obtained fluorescence 
signals and limit the accuracy and reproducibility of the results. 
In our opinion, to improve the accuracy and reproducibility of this method, more 
attention needs to be paid to the details of the spectroscopic properties of the 
photosensitizer, the dissolved tissue as well as the photosensitizer/tissue mixtures in 
Solvable (and in different Solvable/water mixtures). In addition, little is known about the 
variations in time of the optical properties of tissue in these solubilized environments. 
The present report therefore describes a modified version of the method of Lilge et al.4 
that takes these environment related effects into account. We have applied our method 
to measure the concentration of the second-generation photosensitizer, 5,10,15,20–
tetra(m-hydroxyphenyl)chlorin (m-THPC, proprietary name Foscan®) in liver tissue, 
which is known to be highly pigmented. Several pharmacokinetics studies 
demonstrated extremely high concentration of m-THPC in the liver at early time points 
(1-4 hours) from intravenous injection1,2,10. The present method was therefore applied 
on the liver dissected after 3 hours from m-THPC intravenous injection.
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MATERIALS AND METHODS
Chemicals 
Solvable™, a mixture of dodecyldimethylamine oxide (2.5-10%), secondary alcohol 
ethoxylate (2.5-10%) and sodium hydroxide (≤ 2.5%) in water, was purchased ready to 
use from Perkin Elmer (Groningen, The Netherlands). Polyethylene glycol 400 
(PEG400) was obtained from Sigma-Aldrich (Zwijndrecht, The Netherlands) and 96% 
ethanol  (EtOH) was purchased from Merck (Amsterdam, The Netherlands). m-THPC 
(Foscan®) (c = 4 mg m-THPC/ml  dissolved in PEG, EtOH, water free solution) was 
obtained from Biolitec pharma (Edinburgh, The United Kingdom).

Preparation of m-THPC in Solvable 
Stock solutions of m-THPC (c = 1.7x10-4 M and c  = 3x10-3 M) were prepared by 
dissolving m-THPC in a solution of PEG400:EtOH:water = 2:3:5 (v/v) (henceforward 
referred to as the PEG solvent system). These solutions were stored in the dark at 4 0C 
for at least 30 minutes prior to use, after which the samples were determined to be 
stable, i.e. no changes in fluorescence intensity were detected. The solutions of m-
THPC in Solvable and/or different Solvable/water ratios were prepared by diluting the 
stock solution of m-THPC (c = 1.7x10-4 M) with different Solvable/water mixtures, to 
reach the final m-THPC concentration of c  = 0.51 µM. The fluorescence spectra were 
recorded immediately after the sample preparation and the measurements were 
repeated two times. Keeping the quantity of the PEG-solvent system less than 1% 
excluded the influence of the PEG-solvent system on m-THPC properties in these 
solutions.
To investigate the potential effects of m-THPC aggregation, the absorption spectra of 
m-THPC were recorded in the concentration range c = 0.11 – 16.70 µM. The solvents 
studied were the PEG solvent system as well as 100% and 29% Solvable. The 
concentration range c = 0.11 – 0.98 µM of m-THPC samples in PEG solvent system 
and in 100% and 29% Solvable was prepared by diluting the stock solution of m-THPC 
(c = 1.7x10-4 M), whereas for the concentration range c  = 1.97 – 16.70 µM the m-
THPC stock solution (c = 3x10-3 M) was used. Variations in the wavelength of 
absorption maxima, spectral  peak broadening and deviations from Beer’s law were 
attributed to aggregation7.

Animals and measurement procedure 
The animal  experiment committee of the Erasmus Medical Center approved the 
experimental design for this study. Two weeks before commencing the experiments 4 
normal adult male Wistar rats (weight m = 410 ± 23 g) were placed on a diet of 
chlorophyll  free food to minimize the influence of autofluorescence centered at 675 nm 
due to pheophorbide-a. Two rats were injected with 0.3 mg/kg m-THPC i.v. The control 
animals (2 rats) were injected with the PEG solvent system alone. Injections were 
made under isoflurane/O2/N2O anesthesia. After the injection, the conscious animals 
were placed in a dark and warm environment. Three hours after m-THPC or PEG 
solvent system injection, the rats were anesthetized and the tissue overlying the liver 
was dissected. The main arteries and veins of the liver were clamped to minimize the 
loss of blood. Hereafter the liver was excised and snap frozen in liquid nitrogen. 
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Tissue solubilization 
Each tissue sample (approximately 0.1 – 0.2 g wet weight) was chopped into small 
pieces using a scalpel  blade, immersed in 2 ml of Solvable in a plastic  tissue culture 
tube and placed into a shaking water bath at 50 0C for 2 hours until the solution was 
clear without any visible tissue residue. 
Three 0.15 ml  aliquots of the resulting tissue homogenate were each diluted with 3 ml 
Solvable and returned to the water bath for another 1 hour. For the study of the 
influence of the incubation time on the spectroscopic  properties of tissue alone and 
tissue containing m-THPC, the incubation time window 1-4 hours was chosen. 
Prior to fluorescence measurements, the samples were cooled to room temperature 
and their optical density (OD) was measured. If required, the sample OD at the 
excitation wavelength was reduced to below 0.1, by a known dilution factor with 
Solvable.
The emission spectrum was analyzed as a linear combination of basis fluorescence 
spectra using a singular value decomposition (SVD) algorithm based on that of Finlay 
et al.14 implemented in MATLAB (The Mathworks, Inc., Natick, MA). The three basis 
fluorescence spectra used in the analysis are those of Foscan in Solvable, dissolved 
control tissue in Solvable and Solvable alone. 
After subtracting the contributions of control  tissue in Solvable and Solvable itself to the 
fluorescence spectrum, the m-THPC concentration was calculated according to a 
calibration curve obtained from mixing of a known concentration of m-THPC with a 
dissolved control  rat liver tissue sample (or, giving the same result, a known 
concentration of m-THPC mixed with Solvable). 
The measurements were repeated as follows: From each liver, three tissue samples 
(approximately 0.1 – 0.2 g wet weight) were taken and were immersed in Solvable. 
After two hours, three 0.15 ml aliquots were taken from each of the three tissue 
homogenates. These aliquots were diluted with Solvable and incubated for another 1 
hour. Thus the measurements for each liver sample (0.1 - 0.2 g weight) were repeated 
three times. 

Experimental procedures
Absorption 
Absorption spectra were recorded at 20 0C using a 1 cm quartz cuvette in an UV-VIS 
spectrophotometer (UV-2101 PC, Shimadzu Deutschland GmbH, Duisburg, Germany) 
in the wavelength range 240-800 nm with a slit width combination that resulted in a 
resolution of 2.0 nm. 

Fluorescence 
Fluorescence spectra were recorded at 20 0C using the 1 cm quartz cuvette in a LS 
50B (Perkin Elmer, Waltham, Massachusetts, USA) spectrofluorometer with the slit 
width 5.0 nm for excitation and 10.0 nm for emission. Absorption and fluorescence 
spectra were analysed using Microcal Origin, version 6.0 (Microcal  Software, Inc., 
Northampton, MA).

pH measurements  
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The pH values of the different Solvable/water ratio samples (prepared separately, by 
mixing the water and Solvable into the final  desired ratio) were measured using a 
Sentron pH meter (Sentron Europe, Roden, The Netherlands). The pH meter was 
calibrated with standard buffer solutions under the enclosed instructions of Sentron 
Europe. All measurements were carried out at room temperature, T  = 20 0C, while 
continuously stirring the samples. The measurements were repeated 2 times. 

Figure 1. Absorption spectra of m-THPC at a concentration c  = 0.49 µM in different solvent 
conditions:  (a = solid black) in PEG400:EtOH:H20; (b = dark gray) in 100% Solvable; (c = gray) in 
29% Solvable; and (d = dashed black in aqueous solution.

RESULTS 
In vitro spectroscopic characterization of m-THPC in different media
Absorption spectra. The absorption spectra of m-THPC (c  = 0.49 µM) in different 
solvents are presented in figure 1. In the PEG solvent system (Fig. 1, line a) m-THPC 
has a characteristic  absorption spectrum of chlorin-type compounds with two main 
peaks centered on 419 nm (Soret band) and 651 nm (Q band). Over the concentration 
range c  = 0.11 – 16.7 µM the spectrum of m-THPC in the PEG solvent system did not 
change significantly and the solution accurately followed Beer’s law (Fig. 2, filled 
squares) with no evidence of spectral  broadening or shifts in absorption maxima (data 
not shown). Therefore we conclude that the same species of m-THPC, i.e. the 
monomer, is present throughout this concentration range. Changes, that are consistent 
with aggregation, were observed after mixing of m-THPC in H2O (Fig. 1, line d). The 
aggregated species are characterized by a decrease of extinction in all bands 
combined with bathochromic  shifts. The bathochromic  shift of the Soret band to λ = 
427 nm is the most pronounced. These features are consistent with the 
characterization of the J-type structure of aggregates7. The spectroscopic  properties of 
m-THPC in the presence of 100% as well as 29% of Solvable displayed transitional 
features between the PEG solvent system and the aqueous medium (Fig. 1, lines b 
and c). Compared to the PEG solvent system, the m-THPC Soret absorption band in 
both 100% and 29% Solvable was characterized by a bathochromic shift to λ = 423 

into the final desired ratio) were measured using a Sentron
pH meter (Sentron Europe, Roden, The Netherlands). The
pH meter was calibrated with standard bu!er solutions
under the enclosed instructions of Sentron Europe. All
measurements were carried out at room temperature,
T = 20 !C, while continuously stirring the samples. The
measurements were repeated two times.

3. Results

3.1. In vitro spectroscopic characterization of mTHPC in
di!erent media

3.1.1. Absorption spectra
The absorption spectra of mTHPC (c = 0.49 lM) in dif-

ferent solvents are presented in Fig. 1. In the PEG solvent
system (Fig. 1 line a) mTHPC has a characteristic absorp-
tion spectrum of chlorin-type compounds with two main
peaks centered on 419 nm (Soret band) and 651 nm (Q
band). Over the concentration range c = 0.11–16.7 lM
the spectrum of mTHPC in the PEG solvent system did
not change significantly and the solution accurately fol-
lowed Beer’s law (Fig. 2 filled squares) with no evidence
of spectral broadening or shifts in absorption maxima
(data not shown). Therefore we conclude that the same spe-
cies of mTHPC, i.e. the monomer, is present throughout
this concentration range. Changes, that are consistent with
aggregation, were observed after mixing of mTHPC in
H2O (Fig. 1 line d). The aggregated species are character-
ized by a decrease of extinction in all bands combined with
bathochromic shifts. The bathochromic shift of the Soret
band to k = 427 nm is the most pronounced. These features
are consistent with the characterization of the J-type struc-
ture of aggregates [7]. The spectroscopic properties of
mTHPC in the presence of 100% as well as 29% of Solvable
displayed transitional features between the PEG solvent
system and the aqueous medium (Fig. 1 lines b and c).
Compared to the PEG solvent system, the mTHPC Soret

absorption band in both 100% and 29% Solvable was char-
acterized by a bathochromic shift to k = 423 nm. The half
height bandwidths of the Soret band in these media were
considerably reduced compared to the aqueous medium
and are close to the bandwidth in the PEG solvent system
(Fig. 1). To determine if there was any evidence for aggre-
gate formation in 100% and 29% Solvable, variations in the
wavelength of absorption maxima, spectral peak broaden-
ing and deviations from Beer’s law were investigated. Over
the concentration range c = 0.11–16.7 lM the spectrum of
mTHPC in 100% and 29% of Solvable did not change (data
not shown) and the system accurately followed Beer’s law
(Fig. 2 open circles and open triangles, respectively).

3.1.2. Fluorescence spectra
The fluorescence emission spectra of mTHPC (c =

0.49 lM) in di!erent surroundings are shown in Fig. 3.
mTHPC exhibited a negligable fluorescence in H2O
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Fig. 1. Absorption spectra of mTHPC at a concentration c = 0.49 lM in
di!erent solvent conditions: (a = solid black) in PEG400:EtOH:H2O;
(b = dark gray) in 100% Solvable; (c = gray) in 29% Solvable; and
(d = dashed black) in aqueous solution.
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Fig. 2. Beer’s law plots for the Soret band (k = 419 nm PEG solvent
system and/or k = 423 nm Solvable) of mTHPC: (j) in PEG:E-
tOH:H2O = 2:3:5 by volume; (s) in 100% Solvable; (5) in 29% Solvable.
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Fig. 3. Fluorescence emission spectra (excitation wavelength 422 nm) of
mTHPC at a concentration c = 0.49 lM in di!erent solvent conditions: (a)
in PEG:EtOH:H2O = 2:3:5 by volume; (b) in 100% Solvable; (c) in 29%
Solvable; and (d) in aqueous solution. The inset shows the normalized
fluorescence emission spectra.
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nm. The half height bandwidths of the Soret band in these media were considerably 
reduced compared to the aqueous medium and are close to the bandwidth in the PEG 
solvent system (Fig. 1). To determine if there was any evidence for aggregate 
formation in 100% and 29% Solvable, variations in the wavelength of absorption 
maxima, spectral peak broadening and deviations from Beer’s law were investigated. 
Over the concentration range c = 0.11 – 16.7 µM the spectrum of m-THPC in 100% 
and 29% of Solvable did not change (data not shown) and the system accurately 
followed Beer’s law (Fig. 2, open circles and open triangles, respectively).

Figure 2. Beer’s law plots for the Soret band (λ = 419 nm PEG-solvent system and/or λ = 423 nm 
Solvable) of m-THPC: (■) in PEG : EtOH : H2O = 2 :  3 :  5 by volume; (○) in 100% Solvable; (△) 

in 29% Solvable. 

Fluorescence spectra The fluorescence emission spectra of m-THPC (c  = 0.49 µM) in 
different surroundings are shown in figure 3. m-THPC exhibited a negligible 
fluorescence in H2O (Fig. 3, line d). This fact is well  documented and has been 
attributed to the formation of almost nonfluorescent aggregates of m-THPC. The 
fluorescence spectrum of m-THPC in the presence of 100% or 29% Solvable is the 
same for both solvent systems (Fig. 3, line b and c), with the maximum slightly shifted 
from 653 nm (PEG solvent system, Fig. 3, line a) to 656 nm (Solvable). Although in 100 
% and 29% of Solvable, the m-THPC fluorescence intensity is two orders of magnitude 
greater than for m-THPC in aqueous solution, it is still  lower compared to monomeric 
m-THPC in the PEG solvent system (Fig. 3). The absorption spectra over the 
concentration range (c  = 0.11 – 16.7 µM) did not change and no deviations from Beer’s 
law were detected in 100% and 29% Solvable (Fig. 2). Thus the pH value of the 
solutions was reasonable to consider as an important factor of the detected low 
fluorescence intensity of m-THPC in 100% and 29% Solvable. Measuring of the pH of 
m-THPC in 100% and 29% Solvable revealed very similar pH values for both 
surroundings, i.e. pH = 12.7 for 29% Solvable and pH = 12.8 for 100% Solvable, 
compared to a pH of 4.3 in the PEG solvent system. Since over the above mentioned 
concentration range the absorption spectra did not reveal  any spectral  changes in 

into the final desired ratio) were measured using a Sentron
pH meter (Sentron Europe, Roden, The Netherlands). The
pH meter was calibrated with standard bu!er solutions
under the enclosed instructions of Sentron Europe. All
measurements were carried out at room temperature,
T = 20 !C, while continuously stirring the samples. The
measurements were repeated two times.

3. Results

3.1. In vitro spectroscopic characterization of mTHPC in
di!erent media

3.1.1. Absorption spectra
The absorption spectra of mTHPC (c = 0.49 lM) in dif-

ferent solvents are presented in Fig. 1. In the PEG solvent
system (Fig. 1 line a) mTHPC has a characteristic absorp-
tion spectrum of chlorin-type compounds with two main
peaks centered on 419 nm (Soret band) and 651 nm (Q
band). Over the concentration range c = 0.11–16.7 lM
the spectrum of mTHPC in the PEG solvent system did
not change significantly and the solution accurately fol-
lowed Beer’s law (Fig. 2 filled squares) with no evidence
of spectral broadening or shifts in absorption maxima
(data not shown). Therefore we conclude that the same spe-
cies of mTHPC, i.e. the monomer, is present throughout
this concentration range. Changes, that are consistent with
aggregation, were observed after mixing of mTHPC in
H2O (Fig. 1 line d). The aggregated species are character-
ized by a decrease of extinction in all bands combined with
bathochromic shifts. The bathochromic shift of the Soret
band to k = 427 nm is the most pronounced. These features
are consistent with the characterization of the J-type struc-
ture of aggregates [7]. The spectroscopic properties of
mTHPC in the presence of 100% as well as 29% of Solvable
displayed transitional features between the PEG solvent
system and the aqueous medium (Fig. 1 lines b and c).
Compared to the PEG solvent system, the mTHPC Soret

absorption band in both 100% and 29% Solvable was char-
acterized by a bathochromic shift to k = 423 nm. The half
height bandwidths of the Soret band in these media were
considerably reduced compared to the aqueous medium
and are close to the bandwidth in the PEG solvent system
(Fig. 1). To determine if there was any evidence for aggre-
gate formation in 100% and 29% Solvable, variations in the
wavelength of absorption maxima, spectral peak broaden-
ing and deviations from Beer’s law were investigated. Over
the concentration range c = 0.11–16.7 lM the spectrum of
mTHPC in 100% and 29% of Solvable did not change (data
not shown) and the system accurately followed Beer’s law
(Fig. 2 open circles and open triangles, respectively).

3.1.2. Fluorescence spectra
The fluorescence emission spectra of mTHPC (c =

0.49 lM) in di!erent surroundings are shown in Fig. 3.
mTHPC exhibited a negligable fluorescence in H2O
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Fig. 1. Absorption spectra of mTHPC at a concentration c = 0.49 lM in
di!erent solvent conditions: (a = solid black) in PEG400:EtOH:H2O;
(b = dark gray) in 100% Solvable; (c = gray) in 29% Solvable; and
(d = dashed black) in aqueous solution.
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Fig. 2. Beer’s law plots for the Soret band (k = 419 nm PEG solvent
system and/or k = 423 nm Solvable) of mTHPC: (j) in PEG:E-
tOH:H2O = 2:3:5 by volume; (s) in 100% Solvable; (5) in 29% Solvable.
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Fig. 3. Fluorescence emission spectra (excitation wavelength 422 nm) of
mTHPC at a concentration c = 0.49 lM in di!erent solvent conditions: (a)
in PEG:EtOH:H2O = 2:3:5 by volume; (b) in 100% Solvable; (c) in 29%
Solvable; and (d) in aqueous solution. The inset shows the normalized
fluorescence emission spectra.
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100% and 29% Solvable, we conclude that m-THPC is monomeric  in these 
surroundings and its low fluorescence intensity (compared to the PEG solvent system) 
is related to the basicity of its environment. 

Figure 3. Fluorescence emission spectra (excitation wavelength 422 nm) of m-THPC at a 
concentration c = 0.49 µM in different solvent conditions: (a) in PEG : EtOH : H2O = 2 :  3 : 5 by 
volume; (b) in 100% Solvable; (c) in 29% Solvable; and (d) in aqueous solution. The inset shows 
the normalized fluorescence emission spectra.

The fluorescence intensity of m-THPC (c = 0.51 µM) at its maximum at 656 nm as a 
function of Solvable concentration is shown in figure 4. Between 100% Solvable and 
20% Solvable, the fluorescence intensity of m-THPC does not change significantly. 
Below a Solvable concentration of 20%, a decrease of m-THPC fluorescence was 
observed. Below a concentration of 1% Solvable another increase of fluorescence 
intensity was detected. The intensity increased down to a 0.15% Solvable 
concentration. Below this concentration the fluorescence intensity of m-THPC steeply 
declined. The measured pH values of the solutions revealed only minor pH changes 
from 20-100% Solvable (pH = 12.6-12.8) and from 1-20% Solvable (pH = 12.0-12.6). 
However, between 0.015-1% Solvable, the pH values ranged between pH = 9.4-12.0. 
In this range of Solvable/water ratios the fluorescence intensity of m-THPC changed 
the most.
With respect to sample preparation, no changes in absorption and fluorescence 
intensity of m-THPC (c = 0.58 µM) were detected in 100% and 29% of Solvable after 
up to 4 hours incubation in the 50 0C water bath (data not shown). Thus for times of 
incubation as long as t = 4 hours, the m-THPC chemical bleaching by Solvable can be 
excluded. 

into the final desired ratio) were measured using a Sentron
pH meter (Sentron Europe, Roden, The Netherlands). The
pH meter was calibrated with standard bu!er solutions
under the enclosed instructions of Sentron Europe. All
measurements were carried out at room temperature,
T = 20 !C, while continuously stirring the samples. The
measurements were repeated two times.

3. Results

3.1. In vitro spectroscopic characterization of mTHPC in
di!erent media

3.1.1. Absorption spectra
The absorption spectra of mTHPC (c = 0.49 lM) in dif-

ferent solvents are presented in Fig. 1. In the PEG solvent
system (Fig. 1 line a) mTHPC has a characteristic absorp-
tion spectrum of chlorin-type compounds with two main
peaks centered on 419 nm (Soret band) and 651 nm (Q
band). Over the concentration range c = 0.11–16.7 lM
the spectrum of mTHPC in the PEG solvent system did
not change significantly and the solution accurately fol-
lowed Beer’s law (Fig. 2 filled squares) with no evidence
of spectral broadening or shifts in absorption maxima
(data not shown). Therefore we conclude that the same spe-
cies of mTHPC, i.e. the monomer, is present throughout
this concentration range. Changes, that are consistent with
aggregation, were observed after mixing of mTHPC in
H2O (Fig. 1 line d). The aggregated species are character-
ized by a decrease of extinction in all bands combined with
bathochromic shifts. The bathochromic shift of the Soret
band to k = 427 nm is the most pronounced. These features
are consistent with the characterization of the J-type struc-
ture of aggregates [7]. The spectroscopic properties of
mTHPC in the presence of 100% as well as 29% of Solvable
displayed transitional features between the PEG solvent
system and the aqueous medium (Fig. 1 lines b and c).
Compared to the PEG solvent system, the mTHPC Soret

absorption band in both 100% and 29% Solvable was char-
acterized by a bathochromic shift to k = 423 nm. The half
height bandwidths of the Soret band in these media were
considerably reduced compared to the aqueous medium
and are close to the bandwidth in the PEG solvent system
(Fig. 1). To determine if there was any evidence for aggre-
gate formation in 100% and 29% Solvable, variations in the
wavelength of absorption maxima, spectral peak broaden-
ing and deviations from Beer’s law were investigated. Over
the concentration range c = 0.11–16.7 lM the spectrum of
mTHPC in 100% and 29% of Solvable did not change (data
not shown) and the system accurately followed Beer’s law
(Fig. 2 open circles and open triangles, respectively).

3.1.2. Fluorescence spectra
The fluorescence emission spectra of mTHPC (c =

0.49 lM) in di!erent surroundings are shown in Fig. 3.
mTHPC exhibited a negligable fluorescence in H2O
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Fig. 1. Absorption spectra of mTHPC at a concentration c = 0.49 lM in
di!erent solvent conditions: (a = solid black) in PEG400:EtOH:H2O;
(b = dark gray) in 100% Solvable; (c = gray) in 29% Solvable; and
(d = dashed black) in aqueous solution.
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Fig. 2. Beer’s law plots for the Soret band (k = 419 nm PEG solvent
system and/or k = 423 nm Solvable) of mTHPC: (j) in PEG:E-
tOH:H2O = 2:3:5 by volume; (s) in 100% Solvable; (5) in 29% Solvable.
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Fig. 3. Fluorescence emission spectra (excitation wavelength 422 nm) of
mTHPC at a concentration c = 0.49 lM in di!erent solvent conditions: (a)
in PEG:EtOH:H2O = 2:3:5 by volume; (b) in 100% Solvable; (c) in 29%
Solvable; and (d) in aqueous solution. The inset shows the normalized
fluorescence emission spectra.
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Figure 4. Fluorescence intensity of  m-THPC (c = 0.51 µM) (fluorescence maximum at 656 nm, 
excitation line at 423 nm) in different Solvable/water solutions.

Spectroscopic characterization of dissolved liver tissue samples
The absorption spectra of rat liver tissue sample after in vivo administration of m-THPC 
(c = 0.3 mg/kg) (dissolved in 100% Solvable followed by dilution in 100% Solvable and 
further 1 hour incubation) and rat liver sample without m-THPC content are shown in 
figure 5, lines a and b, respectively. Both spectra show broad absorption bands at 325 
nm, 400 nm and in the red wavelength region around 596 nm. There is only a minor 
difference between the absorption spectra of the liver tissue sample with and without 
injected m-THPC. Since it is important for accurate photosensitiser concentration 
measurements to optimize the relative fluorescence of the photosensitiser compared to 
the tissue/solvent fluorescence background, the excitation wavelength should be 
chosen such that the ratio of photosensitizer absorbance to tissue/solvent absorbance 
is at its maximum. Line c in figure 5 shows the absorption spectrum of control  liver 
(dissolved in 100% Solvable followed by dilution in 100% Solvable) mixed with a large 
concentration of m-THPC (c  = 0.26 µM) and further 1 hour incubation. Clearly the ratio 
of the absorption spectra of lines c and a (or b) is maximal at the Soret band of m-
THPC in 100% Solvable, λ = 423 nm.
With regard to the incubation time of the diluted tissue homogenate for 1 hour (step 2 
in the sample preparation protocol of Lilge et al.4), the tissue characteristics in 100% 
and 29% Solvable were studied as a function of incubation time. The absorption 
spectra of the control tissue sample (dissolved in 100% of Solvable for 2 hours, diluted 
with 100% of Solvable) followed by incubation for different time periods are shown in 
figure 6. With increasing time of incubation, the intensity of the absorption band at 400 
nm decreases while there is an increase of the intensity at wavelengths around 325 nm 
(Fig. 6). Fluorescence excitation of control rat liver tissue samples (dissolved in 100% 
of Solvable) at λ = 423 nm revealed a fluorescence emission peak around 500 nm (Fig. 
7a). Longer periods of incubation of the sample resulted in a significant increase of this 
control  tissue/Solvable chromophore fluorescence emission band (Fig. 7a). The same 

(Fig. 3 line d). This fact is well documented and has been
attributed to the formation of almost nonfluorescent aggre-
gates of mTHPC. The fluorescence spectrum of mTHPC in
the presence of 100% or 29% Solvable is the same for both
solvent systems (Fig. 3 line b and c), with the maximum
slightly shifted from 653 nm (PEG solvent system, Fig. 3
line a) to 656 nm (Solvable). Although in 100% and 29%
of Solvable, the mTHPC fluorescence intensity is two
orders of magnitude greater than for mTHPC in aqueous
solution, it is still lower compared to monomeric mTHPC
in the PEG solvent system (Fig. 3). The absorption spectra
over the concentration range (c = 0.11–16.7 lM) did not
change and no deviations from Beer’s law were detected
in 100% and 29% Solvable (Fig. 2). Thus, the pH value
of the solutions was reasonable to consider as an important
factor of the detected low fluorescence intensity of mTHPC
in 100% and 29% Solvable. Measuring of the pH of
mTHPC in 100% and 29% Solvable revealed very similar
pH values for both surroundings, i.e. pH 12.7 for 29%
Solvable and pH 12.8 for 100% Solvable, compared to a
pH of 4.3 in the PEG solvent system. Since over the above
mentioned concentration range the absorption spectra did
not reveal any spectral changes in 100% and 29% Solvable,
we conclude that mTHPC is monomeric in these surround-
ings and its low fluorescence intensity (compared to the
PEG solvent system) is related to the basicity of its
environment.

The fluorescence intensity of mTHPC (c = 0.51 lM) at
its maximum at 656 nm as a function of Solvable concen-
tration is shown in Fig. 4. Between 100% Solvable and
20% Solvable, the fluorescence intensity of mTHPC does
not change significantly. Below a Solvable concentration
of 20%, a decrease of mTHPC fluorescence was observed.
Below a concentration of 1% Solvable another increase of
fluorescence intensity was detected. The intensity increased
down to a 0.15% Solvable concentration. Below this con-
centration the fluorescence intensity of mTHPC steeply

declined. The measured pH values of the solutions revealed
only minor pH changes from 20% to 100% Solvable (pH
12.6–12.8) and from 1% to 20% Solvable (pH 12.0–12.6).
However, between 0.015% and 1% Solvable, the pH values
ranged between pH 9.4 and 12.0. In this range of Solvable/
water ratios, the fluorescence intensity of mTHPC changed
the most.

With respect to sample preparation, no changes in
absorption and fluorescence intensity of mTHPC (c =
0.58 lM) were detected in 100% and 29% of Solvable after
up to 4 h incubation in the 50 !C water bath (data not
shown). Thus for times of incubation as long as t = 4 h,
the mTHPC chemical bleaching by Solvable can be
excluded.

3.2. Spectroscopic characterization of dissolved liver tissue
samples

The absorption spectra of rat liver tissue sample after
in vivo administration of mTHPC (c = 0.3 mg/kg) (dis-
solved in 100% Solvable followed by dilution in 100% Solv-
able and further 1 h incubation) and rat liver sample
without mTHPC content are shown in Fig. 5, lines a and
b, respectively. Both spectra show broad absorption bands
at 325 nm, 400 nm and in the red wavelength region
around 596 nm. There is only a minor di!erence between
the absorption spectra of the liver tissue sample with and
without injected mTHPC. Since it is important for accurate
photosensitiser concentration measurements to optimize
the relative fluorescence of the photosensitiser compared
to the tissue/solvent fluorescence background, the excita-
tion wavelength should be chosen such that the ratio of
photosensitiser absorbance to tissue/solvent absorbance is
at its maximum. Line c in Fig. 5 shows the absorption spec-
trum of control liver (dissolved in 100% Solvable followed
by dilution in 100% Solvable) mixed with a large concen-
tration of mTHPC (c = 0.26 lM) and further 1 h incuba-
tion. Clearly the ratio of the absorption spectra of lines c

Fig. 4. Fluorescence intensity of mTHPC (c = 0.51 lM) (fluorescence
maximum at 656 nm, excitation line at 423 nm) in di!erent Solvable/water
solutions.
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Fig. 5. Comparison of absorption spectra of dissolved liver tissue samples:
(a = dashed gray) with mTHPC content, (b = black) control liver tissue
sample and (c = solid gray) dissolved control liver mixed with mTHPC
(c = 0.26 lM) in 100% Solvable.
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spectral  characteristics and temporal  fluorescence characteristics were observed for 
absorption and fluorescence spectra of diluted control  tissue homogenate in 29% 
Solvable (data not shown). Compared to tissue homogenate in 100% Solvable, the 
dilution of the tissue with distilled water to 29% Solvable led to a slight decrease in the 
fluorescence intensity of the tissue/Solvable mixture (data not shown). 

Figure 5. Comparison of absorption spectra of dissolved liver tissue samples: (a = gray) with m-
THPC content, (b = dark gray) control liver tissue sample and (c  = black) dissolved control liver 
mixed with m-THPC (c = 0.26 µM) in 100% Solvable.

The dependence of the spectral properties of the liver sample, obtained after in vivo 
administration of m-THPC (c = 0.3 mg/kg), as a function of total time of incubation in 
100 % of Solvable is shown in figure 7b. The temporal dependence was examined by 
liver solubilization in 100% Solvable for 2 hours, dilution with 100% Solvable, followed 
by incubation for different time periods. Since the position of m-THPC emission peak 
was at 656 nm, the steep increase in the fluorescence intensity due to the tissue/
Solvable chromophore around 500 nm wavelength seems to only slightly influence the 
m-THPC fluorescence (Fig. 7b). However, the tissue/Solvable chromophore does 
contribute significantly to the fluorescence at 656 nm and should therefore be 
accounted for in the analysis of the fluorescence signals. After corrections for this 
tissue/Solvable background using SVD, no significant changes in the fluorescence 
intensity of the m-THPC for up to 220 min incubation in a 50 0C water bath were 
observed (Fig. 7b inset). The gradient of fitted m-THPC fluorescence intensities 
between the 150 min up to 220 min is not significantly different than 0 (P > 0.05). In 
addition for longer time intervals (t > 220 min) the fluorescence intensity of m-THPC 
decreased (Fig. 7B inset). T-tests revealed significant differences with incubation time 
for t = 220 min; p < 0.010 for all  time points t > 255 min. The same result was obtained 
for a dissolved control liver tissue sample mixed with a known concentration (c  = 0.26 
µM) of m-THPC (data not shown). Thus in the case of photosensitizer contact with 
Solvable for t > 4 hours, chemical bleaching of m-THPC was detected (approximately 
15% for the 6 hour time point).

(Fig. 3 line d). This fact is well documented and has been
attributed to the formation of almost nonfluorescent aggre-
gates of mTHPC. The fluorescence spectrum of mTHPC in
the presence of 100% or 29% Solvable is the same for both
solvent systems (Fig. 3 line b and c), with the maximum
slightly shifted from 653 nm (PEG solvent system, Fig. 3
line a) to 656 nm (Solvable). Although in 100% and 29%
of Solvable, the mTHPC fluorescence intensity is two
orders of magnitude greater than for mTHPC in aqueous
solution, it is still lower compared to monomeric mTHPC
in the PEG solvent system (Fig. 3). The absorption spectra
over the concentration range (c = 0.11–16.7 lM) did not
change and no deviations from Beer’s law were detected
in 100% and 29% Solvable (Fig. 2). Thus, the pH value
of the solutions was reasonable to consider as an important
factor of the detected low fluorescence intensity of mTHPC
in 100% and 29% Solvable. Measuring of the pH of
mTHPC in 100% and 29% Solvable revealed very similar
pH values for both surroundings, i.e. pH 12.7 for 29%
Solvable and pH 12.8 for 100% Solvable, compared to a
pH of 4.3 in the PEG solvent system. Since over the above
mentioned concentration range the absorption spectra did
not reveal any spectral changes in 100% and 29% Solvable,
we conclude that mTHPC is monomeric in these surround-
ings and its low fluorescence intensity (compared to the
PEG solvent system) is related to the basicity of its
environment.

The fluorescence intensity of mTHPC (c = 0.51 lM) at
its maximum at 656 nm as a function of Solvable concen-
tration is shown in Fig. 4. Between 100% Solvable and
20% Solvable, the fluorescence intensity of mTHPC does
not change significantly. Below a Solvable concentration
of 20%, a decrease of mTHPC fluorescence was observed.
Below a concentration of 1% Solvable another increase of
fluorescence intensity was detected. The intensity increased
down to a 0.15% Solvable concentration. Below this con-
centration the fluorescence intensity of mTHPC steeply

declined. The measured pH values of the solutions revealed
only minor pH changes from 20% to 100% Solvable (pH
12.6–12.8) and from 1% to 20% Solvable (pH 12.0–12.6).
However, between 0.015% and 1% Solvable, the pH values
ranged between pH 9.4 and 12.0. In this range of Solvable/
water ratios, the fluorescence intensity of mTHPC changed
the most.

With respect to sample preparation, no changes in
absorption and fluorescence intensity of mTHPC (c =
0.58 lM) were detected in 100% and 29% of Solvable after
up to 4 h incubation in the 50 !C water bath (data not
shown). Thus for times of incubation as long as t = 4 h,
the mTHPC chemical bleaching by Solvable can be
excluded.

3.2. Spectroscopic characterization of dissolved liver tissue
samples

The absorption spectra of rat liver tissue sample after
in vivo administration of mTHPC (c = 0.3 mg/kg) (dis-
solved in 100% Solvable followed by dilution in 100% Solv-
able and further 1 h incubation) and rat liver sample
without mTHPC content are shown in Fig. 5, lines a and
b, respectively. Both spectra show broad absorption bands
at 325 nm, 400 nm and in the red wavelength region
around 596 nm. There is only a minor di!erence between
the absorption spectra of the liver tissue sample with and
without injected mTHPC. Since it is important for accurate
photosensitiser concentration measurements to optimize
the relative fluorescence of the photosensitiser compared
to the tissue/solvent fluorescence background, the excita-
tion wavelength should be chosen such that the ratio of
photosensitiser absorbance to tissue/solvent absorbance is
at its maximum. Line c in Fig. 5 shows the absorption spec-
trum of control liver (dissolved in 100% Solvable followed
by dilution in 100% Solvable) mixed with a large concen-
tration of mTHPC (c = 0.26 lM) and further 1 h incuba-
tion. Clearly the ratio of the absorption spectra of lines c

Fig. 4. Fluorescence intensity of mTHPC (c = 0.51 lM) (fluorescence
maximum at 656 nm, excitation line at 423 nm) in di!erent Solvable/water
solutions.
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Fig. 5. Comparison of absorption spectra of dissolved liver tissue samples:
(a = dashed gray) with mTHPC content, (b = black) control liver tissue
sample and (c = solid gray) dissolved control liver mixed with mTHPC
(c = 0.26 lM) in 100% Solvable.
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Figure 6.  Effect  of the total time of incubation on the absorption spectra of  dissolved liver tissue 
samples without m-THPC content (control liver) in 100% Solvable: (a) 190 min; (b) 260 min;  (c) 
330 min; (d) 410 min. Note that these times include the first incubation step of 120 min.

Figure 7. Fluorescence emission spectra (λexc = 423 nm) of the rat  liver tissue sample a) without 
m-THPC content followed for periods of incubation (contact with Solvable): a) 120 min; (b) 160 
min;  (c) 190 min; (d) 260 min; (e) 360 min. b) with m-THPC content as a function of total time of 
incubation in 100% Solvable: (a) 150 min;  (b) 180 min; (c) 220 min; (d) 255 min; (e) 295 min. 
The inset shows the dependence of the m-THPC fluorescence on the total time of incubation 
after correction for tissue/solvent fluorescence background using SVD. Note that these times 
include the first incubation step of 120 min.

and a (or b) is maximal at the Soret band of mTHPC in
100% Solvable, k = 423 nm.

With regard to the incubation time of the diluted tissue
homogenate for 1 h (step 2 in the sample preparation pro-
tocol of Lilge et al. [4]), the tissue characteristics in 100%
and 29% Solvable were studied as a function of incubation
time. The absorption spectra of the control tissue sample
(dissolved in 100% of Solvable for 2 h, diluted with 100%
of Solvable) followed by incubation for di!erent time peri-
ods are shown in Fig. 6. With increasing time of incuba-
tion, the intensity of the absorption band at 400 nm
decreases while there is an increase of the intensity at wave-
lengths around 325 nm (Fig. 6). Fluorescence excitation of
control rat liver tissue samples (dissolved in 100% of Solv-
able) at k = 423 nm revealed a fluorescence emission peak
around 500 nm (Fig. 7A). Longer periods of incubation

of the sample resulted in a significant increase of this con-
trol tissue/Solvable chromophore fluorescence emission
band (Fig. 7A). The same spectral characteristics and tem-
poral fluorescence characteristics were observed for
absorption and fluorescence spectra of diluted control tis-
sue homogenate in 29% Solvable (data not shown). Com-
pared to tissue homogenate in 100% Solvable, the
dilution of the tissue with distilled water to 29% Solvable
led to a slight decrease in the fluorescence intensity of the
tissue/Solvable mixture (data not shown).

The dependence of the spectral properties of the liver
sample, obtained after in vivo administration of mTHPC
(c = 0.3 mg/kg), as a function of total time of incubation
in 100% of Solvable is shown in Fig. 7B. The temporal
dependence was examined by liver solubilization in 100%
Solvable for 2 h, dilution with 100% Solvable, followed
by incubation for di!erent time periods. Since the position
of mTHPC emission peak was at 656 nm, the steep increase
in the fluorescence intensity due to the tissue/Solvable
chromophore around 500 nm wavelength seems to only sli-
gthly influence the mTHPC fluorescence (Fig. 7B). How-
ever, the tissue/Solvable chromophore does contribute
significantly to the fluorescence at 656 nm and should
therefore be accounted for in the analysis of the fluores-
cence signals. After corrections for this tissue/Solvable
background using SVD, no significant changes in the fluo-
rescence intensity of the mTHPC for up to 220 min incuba-
tion in a 50 !C water bath were observed (Fig. 7B inset).
The gradient of fitted mTHPC fluorescence intensities
between the 150 min up to 220 min is not significantly dif-
ferent than 0 (P > 0.05). In addition for longer time inter-
vals (t > 220 min) the fluorescence intensity of mTHPC
decreased (Fig. 7B inset). T-tests revealed significant di!er-
ences with incubation time for t = 220 min; p < 0.010 for
all time points t > 255 min. The same result was obtained
for a dissolved control liver tissue sample mixed with a
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Fig. 7. Fluorescence emission spectra (kexc = 423 nm) of the rat liver tissue sample (A) without mTHPC content followed for periods of incubation
(contact with Solvable): (a) 120 min; (b) 160 min; (c) 190 min; (d) 260 min; (e) 360 min. (B) with mTHPC content as a function of total time of incubation
in 100% Solvable: (a) 150 min; (b) 180 min; (c) 220 min; (d) 255 min; (e) 295 min; (f) 355 min; (g) 400 min. The inset shows the dependence of the mTHPC
fluorescence on the total time of incubation after correction for tissue/solvent fluorescence background using SVD. Note that these times include the first
incubation step of 120 min.
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and a (or b) is maximal at the Soret band of mTHPC in
100% Solvable, k = 423 nm.

With regard to the incubation time of the diluted tissue
homogenate for 1 h (step 2 in the sample preparation pro-
tocol of Lilge et al. [4]), the tissue characteristics in 100%
and 29% Solvable were studied as a function of incubation
time. The absorption spectra of the control tissue sample
(dissolved in 100% of Solvable for 2 h, diluted with 100%
of Solvable) followed by incubation for di!erent time peri-
ods are shown in Fig. 6. With increasing time of incuba-
tion, the intensity of the absorption band at 400 nm
decreases while there is an increase of the intensity at wave-
lengths around 325 nm (Fig. 6). Fluorescence excitation of
control rat liver tissue samples (dissolved in 100% of Solv-
able) at k = 423 nm revealed a fluorescence emission peak
around 500 nm (Fig. 7A). Longer periods of incubation

of the sample resulted in a significant increase of this con-
trol tissue/Solvable chromophore fluorescence emission
band (Fig. 7A). The same spectral characteristics and tem-
poral fluorescence characteristics were observed for
absorption and fluorescence spectra of diluted control tis-
sue homogenate in 29% Solvable (data not shown). Com-
pared to tissue homogenate in 100% Solvable, the
dilution of the tissue with distilled water to 29% Solvable
led to a slight decrease in the fluorescence intensity of the
tissue/Solvable mixture (data not shown).

The dependence of the spectral properties of the liver
sample, obtained after in vivo administration of mTHPC
(c = 0.3 mg/kg), as a function of total time of incubation
in 100% of Solvable is shown in Fig. 7B. The temporal
dependence was examined by liver solubilization in 100%
Solvable for 2 h, dilution with 100% Solvable, followed
by incubation for di!erent time periods. Since the position
of mTHPC emission peak was at 656 nm, the steep increase
in the fluorescence intensity due to the tissue/Solvable
chromophore around 500 nm wavelength seems to only sli-
gthly influence the mTHPC fluorescence (Fig. 7B). How-
ever, the tissue/Solvable chromophore does contribute
significantly to the fluorescence at 656 nm and should
therefore be accounted for in the analysis of the fluores-
cence signals. After corrections for this tissue/Solvable
background using SVD, no significant changes in the fluo-
rescence intensity of the mTHPC for up to 220 min incuba-
tion in a 50 !C water bath were observed (Fig. 7B inset).
The gradient of fitted mTHPC fluorescence intensities
between the 150 min up to 220 min is not significantly dif-
ferent than 0 (P > 0.05). In addition for longer time inter-
vals (t > 220 min) the fluorescence intensity of mTHPC
decreased (Fig. 7B inset). T-tests revealed significant di!er-
ences with incubation time for t = 220 min; p < 0.010 for
all time points t > 255 min. The same result was obtained
for a dissolved control liver tissue sample mixed with a
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Fig. 7. Fluorescence emission spectra (kexc = 423 nm) of the rat liver tissue sample (A) without mTHPC content followed for periods of incubation
(contact with Solvable): (a) 120 min; (b) 160 min; (c) 190 min; (d) 260 min; (e) 360 min. (B) with mTHPC content as a function of total time of incubation
in 100% Solvable: (a) 150 min; (b) 180 min; (c) 220 min; (d) 255 min; (e) 295 min; (f) 355 min; (g) 400 min. The inset shows the dependence of the mTHPC
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Degree of tissue solubilization
The capacity of Solvable for solubilization of liver tissue samples was also studied. The 
dissolved homogenate of control liver tissue sample was mixed with a known 
concentration of m-THPC (c = 0.37 µM) followed by another incubation for t = 4 h in a 
50 0C water bath. After the incubation, the absorption spectrum of the control liver 
homogenate in 100% Solvable was subtracted from the absorption spectrum of 
dissolved control  liver mixed with m-THPC and compared with the m-THPC absorption 
spectrum in 100% Solvable (Fig. 8). The agreement in the absorption spectra (no 
wavelength shifts in the absorption maxima) indicates totally dissolved tissue and 
therefore no binding of m-THPC with any resulting tissue residual.

Figure 8. Comparison of the absorption spectra of m-THPC in 100% Solvable (black) with the 
absorption spectra of m-THPC obtained after the subtraction of tissue absorption from the 
dissolved liver tissue mixed with m-THPC (gray). Incubation of dissolved liver sample in 100% 
Solvable was for t = 4 hours.

DISCUSSION
In several  studies15-18 Solvable was used as tissue solvent, following the solubilization 
technique published by Lilge et al.4. Since in the original method used by Henderson et 
al.5 as well as in its modified version4 the solubilized samples (in 100% Solvable) are 
further diluted with distilled water to different extents, the measurements presented 
here were intended to investigate the influence of water dilution on the fluorescence 
intensity of m-THPC. 
It has been demonstrated that the fluorescence intensity of m-THPC changes in 
different environments, i.e. Solvable/water mixtures (Fig. 4). Between 100% Solvable 
and 20% Solvable, the fluorescence intensity of m-THPC is stable. However, below 
20% Solvable significant changes (both increases and decreases) in the fluorescence 
intensity of m-THPC were observed. Our interpretation of these data is that 
monomerization of m-THPC becomes important in aqueous Solvable environments for 
concentrations above 1% Solvable. Thus for 1% Solvable, aggregation of m-THPC 
molecules decreases the fluorescence, and increasing monomerization leads to 
increased fluorescence for increasing Solvable concentrations up to 20% Solvable, 

known concentration (c = 0.26 lM) of mTHPC (data not
shown). Thus, in the case of photosensitizer contact with
Solvable for t > 4 h, chemical bleaching of mTHPC was
detected (approximately 15% for the 6 h time point).

3.3. Degree of tissue solubilization

The capacity of Solvable for solubilization of liver tissue
samples was also studied. The dissolved homogenate of
control liver tissue sample was mixed with a known con-
centration of mTHPC (c = 0.37 lM) followed by another
incubation for t = 4 h in a 50 !C water bath. After the incu-
bation, the absorption spectrum of the control liver
homogenate in 100% Solvable was subtracted from the
absorption spectrum of dissolved control liver mixed with
mTHPC and compared with the mTHPC absorption spec-
trum in 100% Solvable (Fig. 8). The agreement in the
absorption spectra (no wavelength shifts in the absorption
maxima) indicates totally dissolved tissue and therefore no
binding of mTHPC with any resulting tissue residual.

4. Discussion

In several studies [15–18] Solvable was used as tissue sol-
vent, following the solubilization technique published by
Lilge et al. [4]. Since in the original method used by Hen-
derson et al. [5] as well as in its modified version [4] the sol-
ubilized samples (in 100% Solvable) are further diluted
with distilled water to di!erent extents, the measurements
presented here were intended to investigate the influence
of water dilution on the fluorescence intensity of mTHPC.

It has been demonstrated that the fluorescence intensity
of mTHPC changes in di!erent environments, i.e. Solv-
able/water mixtures (Fig. 4). Between 100% Solvable and
20% Solvable, the fluorescence intensity of mTHPC is sta-
ble. However, below 20% Solvable significant changes
(both increases and decreases) in the fluorescence intensity
of mTHPC were observed. Our interpretation of these data

is that monomerization of mTHPC becomes important in
aqueous Solvable environments for concentrations above
1% Solvable. Thus for 1% Solvable, aggregation of
mTHPC molecules decreases the fluorescence, and increas-
ing monomerization leads to increased fluorescence for
increasing Solvable concentrations up to 20% Solvable,
after which monomerization is complete. However,
between 0% and 1% Solvable, the fluorescence intensity
of mTHPC showed dramatic changes and was at 0.2%
Solvable even higher than at 100% (Fig. 4). This is most
likely the consequence of the fact that Solvable can act
not only as a solubilizer for mTHPC, but due to its compo-
sition (Solvable is a very basic solution) is likely to cause
protonation/deprotonation of mTHPC as well. This
hypothesis is supported by the observation of measured
pH values of the studied solutions (Fig 4). In 0.015–
1.000% Solvable solutions the pH values change in the
range of pH 9.4–12.0, while only minor pH changes are
detected from 1% to 100% Solvable (pH 12.0–12.8). Thus
both processes (aggregation and pH changes) are present
throughout the studied Solvable concentration range, but
their contribution in the studied range di!ered. In the work
of Bonnet et al. [7], the influence of the pH on the absorp-
tion spectroscopic properties of mTHPC was studied. The
absorbance of the Soret band increased in the pH range 4–
8, followed by a decrease between pH 10 and 12. It is likely
that a change in absorbance is accompanied by a change in
fluorescence, although the relationship between absorbance
and fluorescence is not trivial. In Cunderlikova et al. [19]
the fluorescence spectral properties of mTHPC were stud-
ied as well, but the studied pH region was lower than that
of our interest, i.e. pH 1–10. To our knowledge from the
literature, detailed studies concerning the influence of the
pH on fluorescence spectral properties of mTHPC for the
region pH 9–13 are missing.

Due to the large influence of water dilution on the fluo-
rescence intensity of the mTHPC in Solvable (for Solvable/
water mixtures < 20%), we decided to exclude water dilu-
tion of the tissue from our protocol. Thus we modified
the protocol of Lilge et al. [4] by only diluting the samples
with 100% Solvable, thereby always keeping the tissue and
photosensitizer in the same environment, i.e. 100% of
Solvable.

Furthermore, we have demonstrated that there is only a
small di!erence between the absorption spectra of control
liver tissue sample and the sample containing mTHPC
(Fig. 5 line a and b). Thus native tissue chromophore
absorption in 100% Solvable seems to be much higher than
absorption of mTHPC itself. Therefore, prior to the fluo-
rescence measurements the excitation wavelength was
selected to optimize the photosensitizer–tissue chromo-
phore absorption ratio. Excitation at kexc = 423 nm
revealed to be the best for detection of mTHPC in the liver
homogenate. In this case, the excitation wavelength
(kexc = 423 nm) corresponded to the wavelength at which
mTHPC in 100% Solvable absorbed the most (Fig. 8).
However, for other photosensitizers and for di!erent types
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Fig. 8. Comparison of the absorption spectra of mTHPC in 100%
Solvable (solid line) with the absorption spectra of mTHPC obtained after
the subtraction of tissue absorption from the dissolved liver tissue mixed
with mTHPC (dashed line). Incubation of dissolved liver sample in 100%
Solvable was for t = 4 h.
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after which monomerization is complete. However, between 0% and 1% Solvable, the 
fluorescence intensity of m-THPC showed dramatic  changes and was at 0.2% 
Solvable even higher than at 100% (Fig. 4). This is most likely the consequence of the 
fact that Solvable can act not only as a solubilizer for m-THPC, but due to its 
composition (Solvable is a very basic  solution) is likely to cause protonation/
deprotonation of m-THPC as well. This hypothesis is supported by the observation of 
measured pH values of the studied solutions (Fig. 4). In 0.015–1.000% Solvable 
solutions the pH values change in the range of pH = 9.4–12.0, while only minor pH 
changes are detected from 1-100% Solvable (pH = 12.0-12.8). Thus both processes 
(aggregation and pH changes) are present throughout the studied Solvable 
concentration range, but their contribution in the studied range differed. In the work of 
Bonnet et al.7 the influence of the pH on the absorption spectroscopic properties of m-
THPC was studied. The absorbance of the Soret band increased in the pH range 4-8, 
followed by a decrease between pH = 10-12. It is likely that a change in absorbance is 
accompanied by a change in fluorescence, although the relationship between 
absorbance and fluorescence is not trivial. In Cunderlikova et al.19 the fluorescence 
spectral  properties of m-THPC were studied as well, but the studied pH region was 
lower than that of our interest, i.e. pH = 1-10. To our knowledge from the literature, 
detailed studies concerning the influence of the pH on fluorescence spectral properties 
of m-THPC for the region pH = 9-13 are missing. 
Due to the large influence of water dilution on the fluorescence intensity of the m-
THPC in Solvable (for Solvable/water mixtures < 20%), we decided to exclude water 
dilution of the tissue from our protocol. Thus we modified the protocol  of Lilge et al.4 by 
only diluting the samples with 100% Solvable, thereby always keeping the tissue and 
photosensitizer in the same environment, i.e. 100% of Solvable. 
Furthermore, we have demonstrated that there is only a small difference between the 
absorption spectra of control  liver tissue sample and the sample containing m-THPC 
(Fig. 5, line a and b). Thus native tissue chromophore absorption in 100% Solvable 
seems to be much higher than absorption of m-THPC itself. Therefore, prior to the 
fluorescence measurements the excitation wavelength was selected to optimize the 
photosensitizer-tissue chromophore absorption ratio. Excitation at λ exc = 423 nm 
revealed to be the best for detection of m-THPC in the liver homogenate. In this case, 
the excitation wavelength (λexc = 423 nm) corresponded to the wavelength at which m-
THPC in 100% Solvable absorbed the most (Fig. 8). However, for other 
photosensitizers and for different types of tissue, this situation is not necessarily the 
same and one should carefully consider the absorption and fluorescence properties of 
the tissue/solvent mixture when selecting the optimal excitation wavelength for the 
fluorescence measurements. 
In the absorption spectra of the liver tissue homogenate one should expect to find 
features of blood. Comparison of the absorption spectra of control liver tissue 
homogenate in 100% Solvable (Fig. 5 and 6) with absorption spectra of hemoglobin in 
100% Solvable revealed consistent characteristics, i.e. absorption bands at 400 nm 
and broad absorption band around 596 nm. However, the character of these spectra 
does not correspond to the well-known absorption spectra of blood [20]. Considering 
the properties of Solvable (Solvable is an aqueous-based solubilizer with NaOH 
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content), the biological  tissue is decomposed by the process of alkaline hydrolysis, i.e. 
proteins are denaturated and hydrolyzed. Thus it is not surprising that the optical 
properties of blood change upon mixing with Solvable. 
In addition, we observed that liver tissue homogenates in Solvable exhibit broad 
fluorescence band in the wavelength region 450-650 nm with a maximum around 500 
nm when excited with blue light (λexc = 423 nm) (Fig. 7). Also we have found that the 
absorption and fluorescence spectroscopic properties of dissolved liver tissue change 
with the incubation time (Fig. 6, 7). Longer incubation of the samples resulted in a 
significant increase of the tissue chromophore characteristics, i.e. the fluorescence 
emission band at 500 nm increased (Fig. 7). If the fluorescence of the photosensitizer 
is in the same wavelength region as the native tissue fluorescence, then these 
temporal  fluorescence characteristics of tissue homogenates in Solvable influence the 
measured photosensitizer fluorescence as well. This may well  explain the 
unreproducibility of the results of Lilge et al.4 with Photofrin. In the work of Lilge et al.4, 
the excitation of the tissue homogenates containing the photosensitizers was perfomed 
using blue light (for detection of protoporphyrin IX λexc = 400 nm; tin-ethyl-etiopurpurin 
λexc = 447 nm; tri/tetra-sulfonated chloroaluminum phthalocyanine λexc = 480 nm; non-
sulfonated chloroaluminum phthalocyanine λexc = 480 nm and photofrin λexc = 405 nm) 
with exception for benzoporphyrin derivative monoacid ring A, where the wavelength 
λexc = 584 nm was used for excitation. Except for Photofrin, all photosensitizers had 
emission bands well above 600 nm, where the temporal changes in the fluorescence of 
the tissue related to incubation time are only minor (Fig. 7a). Photofrin, however, was 
measured in the 550-625 nm wavelength region where the incubation time does 
influence the tissue fluorescence. It appears that in their analysis, photosensitizer 
fluorescence intensity was quantified by integrating the signal within its emission band. 
Unfortunately, when this approach is used, information concerning the contribution of 
native tissue fluorescence properties could be missed. In our opinion, even when the 
tissue/solvent fluorescence is stable, it is important to correct for this background 
fluorescence to obtain accurate photosensitizer concentrations. Therefore, full 
spectroscopic analysis of tissue/solvent fluorescence background is necessary to 
exclude the influence of the tissue/solvent component on the fluorescence intensity of 
the photosensitizer.
In summary, the accuracy and reproducibility of the technique of Lilge et al.4 for 
photosensitizer quantification can be improved by: (i) accounting for the tissue/solvent 
fluorescence background using spectroscopy and by (ii) keeping the same 
environment during the extraction procedure by diluting only with Solvable.
We would like to emphasize that our study represents the protocol for m-THPC 
quantification. If a different photosensitizer is administrated and Solvable will be used 
for tissue solubilization, the spectroscopic properties of this photosensitizer in Solvable 
and in different Solvable/water mixture should be carefully considered. 
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Abstract
We present an optical method based on fluorescence spectroscopy for measuring 
chromophore concentrations in vivo. Fluorescence differential path length 
spectroscopy (FDPS) determines chromophore concentration based on the 
fluorescence intensity corrected for absorption. The concentration of the 
photosensitizer m-THPC (Foscan®) was studied in vivo in normal rat liver, which is 
highly vascularized and therefore highly absorbing. Concentration estimates of m-
THPC measured by FDPS on the liver are compared with chemical extraction. Twenty-
five rats were injected with 0.3 mg/kg m-THPC. In vivo optical concentration 
measurements were performed on tissue 3, 24, 48, and 96 h after m-THPC 
administration to yield a 10-fold variation in tissue concentration. After the optical 
measurements, the liver was harvested for chemical extraction. FDPS showed good 
correlation with chemical  extraction. FDPS also showed a correlation between m-
THPC fluorescence and blood volume fraction at the two shortest drug-light intervals. 
This suggests different compartmental  localization of m-THPC for different drug-light 
intervals that can be resolved using fluorescence spectroscopy. Differences in 
measured m-THPC concentration between FDPS and chemical extraction are related 
to the interrogation volume of each technique; ~0.2 mm3 and  ~102 mm3, respectively. 
This indicates intra-animal variation in m-THPC distribution in the liver on the scale of 
the FDPS sampling volume. 
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INTRODUCTION
Noninvasive optical methods for measuring tissue concentrations of endogenous and 
exogenous substances have several  benefits over invasive techniques. Most 
importantly, optical  concentration measurements allow nondestructive in vivo 
monitoring of drug pharmacokinetics at various tissue sites1-5. Two different sources of 
optical  contrast are routinely used for target compound concentration measurements in 
tissue: absorption and fluorescence.
Methods based on absorption (reflectance) spectroscopy have the advantage that the 
measurement setup is relatively simple compared to fluorescence measurements. A 
typical setup consists of a fiber-optic  probe, a broadband light source, and a 
spectrometer. The signal analysis is based on attenuation of elastically scattered light. 
Integration times are generally small, which enables measurements in the presence of 
ambient lighting (e.g., endoscopic  illumination) and allows continuous measurements 
with a high temporal resolution. The optical contrast depends on the product of path 
length and target compound absorption coefficient, where the latter is the product of 
molar extinction coefficient and concentration. This implies that the absorption contrast 
might become too low for accurate concentration measurements for short path lengths, 
small molar extinction coefficients, and small target compound concentrations. An 
additional  problem arises when the absorption band of the target compound overlaps 
the absorption bands of highly absorbing endogenous chromophores such as blood. In 
that case, the attenuation of the scattered light due to blood might prevent accurate 
concentration estimates of the target compound as well. 
For most fiber-optic  measurement geometries, the optical  path length depends on the 
scattering coefficient µs and on the absorption coefficient µa of the tissue. Since µs and 
µa both vary significantly in tissue, quantitative measurements prove to be difficult in 
tissue unless specific  fiber-optic  measurement geometries are chosen. For example, 
the optical  pharmacokinetics spectroscopy (OPS) system developed by Mourant et al.1 
uses elastic scattering spectra of tissue to calculate the concentration of chromophores 
in tissue using a fiber-optic probe with a source–detector separation of 1.7 mm. The 
separation of 1.7 mm was chosen to minimize the path length dependence of the 
collected photons on scattering properties of tissue. For scattering parameters that are 
typical of tissue, the path length varies by less than 20% for a given background 
absorption. Another technique that features a known path length is differential path 
length spectroscopy (DPS)6-9. The path length of photons contributing to the differential 
reflectance signal varies by less than 20%, over a very broad range of both scattering 
and absorption coefficients6,7. This facilitates quantitative concentration measurements 
even for strong variations in either background absorption or scattering. However, as 
explained earlier, chromophore concentration measurements based on attenuation of 
elastically scattered light rely on (small) differences between large amounts of detected 
light with and without the target chromophore present. Therefore, accurate 
measurement of small concentrations of chromophores or measurements of 
chromophores with low absorption coefficients are difficult. This is particularly true for 
DPS, for which the average path length of the measured photons is very small, 
approximately equal to the fiber diameter6-9. Moreover, for fluorescing compounds such 
as photosensitizers, the concentration can be underestimated due to the presence of 
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fluorescence, induced by the lower wavelengths of the white-light source, in the 
reflection spectra4. For example, Johansson et al.4 used the OPS technique to 
estimate m-THPC concentration in a nonmelanotic skin tumor model and found a 
factor 2 underestimation in m-THPC concentration when not accounting for the 
presence of m-THPC fluorescence.
In contrast, measurements based on fluorescence contrast rely on the induced 
fluorescence of the fluorescing compound. Furthermore, the dynamic range for 
measurements based on fluorescence contrast is much larger than for scattering 
(absorption) measurements since the fluorescence is measured at a different 
wavelength than the excitation (scattered) light. Therefore, fluorescence-based 
concentration measurements are more sensitive and better capable of measuring very 
low fluorophore concentrations simply by increasing the integration time. However, 
there exists a complex relationship between the concentration of a chromophore and 
its absorption cross section and fluorescence emission intensity. In vivo fluorescence 
can be influenced by many factors that include changes in quantum yield induced by 
changes in the microenvironment10, photobleaching11, biological compartmentalization, 
and alteration in binding and aggregation12,13. In a turbid sample, the amount of 
fluorescence detected depends not only on the fluorophore concentration and quantum 
yield, but also on the scattering and absorption coefficients of the sample at the 
excitation and emission wavelengths. Various algorithms and measurement geometries 
have been developed to correct for the influence of tissue optical properties on a 
measured fluorescence spectrum. Photon migration techniques have been used to 
establish a general  algorithm, applicable to any measurement geometry and for a 
broad range of scattering and absorption variations, to correct the measured 
fluorescence for the influence of tissue optical properties14,15. For this algorithm, the 
diffuse reflectance is measured in the same geometry as the fluorescence 
measurements and used to correct for differences in optical properties. However, 
elaborate probe-specific  calibration procedures are required and the correction 
algorithm itself is quite complex. Several  other more simple correction algorithms 
based on specific probe geometries have been developed16-19. We have recently 
developed fluorescence differential path length spectroscopy (FDPS), which is based 
on the principles of DPS (the difference of two signals that contain the same 
contribution from long path length photons but different contributions from short path 
length photons, to obtain a well-defined, small measurement volume) but with the 
enhanced dynamic range of fluorescence measurements5. The advantage of FDPS 
over other quantitative fluorescence measurements is its capability to deal  with large 
variations in background absorption using a simple correction algorithm. 
In this paper, we compare an optical  concentration measurement technique based on 
quantitative fluorescence spectroscopy, FDPS, with chemical extraction20. The 
photosensitizer m-THPC was chosen as the target chromophore to test the concept of 
FDPS in vivo. To test the strength of FDPS in vivo, we performed the measurements 
on highly absorbing tissue, the liver. Variations in m-THPC concentration in the liver are 
achieved by choosing different drug-light intervals based on the known 
pharmacokinetics of m-THPC in liver21,22. The distribution of m-THPC at the different 
time points within the liver was investigated using fluorescence microscopy. 
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MATERIALS AND METHODS
Animal and Measurement Procedures
The experimental design for this study was approved by the animal experiment 
committee of the Erasmus MC. Two weeks before the start of the experiments, 25 
normal adult male Wistar rats were placed on a diet of chlorophyll-free food to 
minimize the influence on autofluorescence centered at 675 nm due to pheophorbide-
α. All rats were injected with 0.3 mg/kg m-THPC i.v., except for the control  animals 
(n=5), which were injected with the solution (PEG400:ethanol:water, 2:3:5) not 
containing m-THPC. At either 3h, 24h, 48h or 96h after injection (n=5 animals per time 
point), the tissue overlying the liver was dissected, and optical  concentration 
measurements were conducted on 10 randomly chosen positions across different 
lobes of the liver. Directly after the optical  measurements, the main arteries and veins 
of the liver were clamped, to minimize the loss of blood. The liver was then excised and 
snap-frozen in liquid nitrogen. 

Concentration Measurements
Concentration of Foscan in the liver was measured in vivo using FDPS and ex vivo 
using chemical  extraction. FDPS determines a concentration estimate based on the 
emitted photosensitizer fluorescence. Figure 1 shows a schematic  diagram of the 
measurement setup. The concentration estimates measured by FDPS were compared 
to the concentration values determined by chemical extraction. Both methods, FDPS 
and chemical extraction, are described in more detail in the following sections.

Figure 1. Schematic diagram of the FDPS measurement setup.  The probe tip with a diameter of 
3 mm contains two 800 µm fibers at a core-to-core distance of 880 µm.

FDPS 
The probe contained two 800-µm fibers placed at minimum core-to-core distance, 880 
µm, in a specially adapted subminiature version A (SMA) connector. The SMA 
connector configuration ensured a reproducible fixed distance when calibrating the 
setup using a calibration lamp, as described elsewhere5. The probe surface was 
polished under an angle of 15 degrees to minimize specular reflections at the probe-

2.2.1 FDPS
The probe contained two 800-!m fibers placed at minimum
core-to-core distance, 880 !m, in a specially adapted submin-
iature version A !SMA" connector. The SMA connector con-
figuration ensured a reproducible fixed distance when cali-
brating the setup using a calibration lamp, as described
elsewhere.5 The probe surface was polished under an angle of
15 deg to minimize specular reflections at the probe-medium
interface during FDPS measurements. The 800-!m delivery-
and-collection !dc" fiber is coupled into a 400-!m bifurcated
fiber, which contains a delivery and a collection leg. The de-
livery leg is coupled into a 200-!m bifurcated fiber, of which
one end is coupled into a xenon light source !HPX-2000,
Ocean Optics, Duiven, The Netherlands" and the other end to
a 514-nm argon laser !Spectra Physics, Eindhoven, The Neth-
erlands". The collection leg is also coupled into a 200-!m
bifurcated fiber, of which one end directly leads to the first
channel of a temperature-regulated four-channel spectrograph
setup !MC-2000-4-TR2, Ocean Optics, Duiven, The Nether-
lands" and the other end leads to a filter block containing a
570-nm long-pass filter before being coupled into the second
channel of the spectrograph. The 800-!m collection !c" fiber
is coupled to a 400-!m bifurcated fiber, of which one end
directly leads to the third channel and the other is again first
filtered by the same 570-nm long-pass filter before being
coupled in the fourth spectrograph channel.

2.2.2 Tissue extraction
Tissue extraction was performed according to the chemical
extraction method recently described by Kascáková et al.20

This is a modification of the original method described by
Lilge et al.23 In short, small liver tissue samples !#0.1 grams
or #100 mm3" were randomly acquired from the liver. Note
that we did not attempt to colocate the optical measurement
sites with the tissue extraction sites. Instead, we avoided com-
plicated experimental procedures associated with colocating
the sites by averaging multiple random locations in both the
optical and chemical concentration measurements. The liver
samples were dissolved in 2 ml of the ready-to-use tissue sol-
vent Solvable™ !Perkin Elmer, Groningen, The Netherlands",
which is a mixture of dodecyldimethylamine oxide !2.5 to
10%", secondary alcohol ethoxylate !2.5 to 10%", and sodium
hydroxide !"2.5% " in water. Subsequently, the tissue

sample in Solvable was placed in a water bath of 50°C and
agitated regularly for 2 h. The solubilized liver solution was
then diluted with Solvable to an OD#0.1, to minimize ab-
sorption artifacts and to ensure homogenous illumination of
the sample in 1-cm path length quartz cuvettes in a fluorim-
eter !Perkin Elmer, Groningen, The Netherlands". The diluted
samples were analyzed by using an excitation wavelength of
423 nm !corresponding to the wavelength at which m-THPC
in 100% Solvable absorbs the most20" and a spectral detection
band of 450 to 800 nm with a resolution of 0.5 nm.

2.3 Fluorescence Microscopy
Frozen tissue samples of control and m-THPC administered
animals were handled under subdued light conditions. Liver
sections of 20-!m thickness were sectioned and mounted on
glass slides !Menzel, Braunschwig, Germany". Fluorescence
images were acquired at a 50$magnification using a CCD
camera !ORCA-ER, Hamamatsu, Herrsching am Ammersee,
Germany" mounted on a fluorescence microscope !Leica,
Leiden, The Netherlands" equipped with an N2.1 filter block
with an additional bandpass detection filter, 670%50 nm.

2.4 Data Processing
2.4.1 FDPS
Before every measurement, the FDPS system was calibrated
as described previously.5 A differential reflectance spectrum
!DPS" is obtained by subtracting the spectral signal from the
c-fiber, which collects long path length photons only, from the
dc-fiber, which collects photons of both long and short path
length. Hence, the differential spectrum contains the spectral
contribution from short path length photons only. Differential
reflectance spectra were fitted according to the following
model6–9,24:

R = $a1% &

&0
&a2

+ a3% &

&0
&!4'

· exp(! dfiber · ' · )StO2 · !a
HbO2!&"

+ !1 ! StO2" · !a
Hb!&"* · Ccor!Dves" · Ccor!!a

total"+ . !1"

The scattering function is modeled by a combination of Mie
scattering and Rayleigh scattering, given by power law func-
tions with amplitudes a1 and a3 and wavelength dependencies
!& /&0"a2 and !& /&0"!4, respectively. Here, &0 is a normaliza-
tion wavelength where the signal is predominantly dependent
on scattering, which we usually set to 800 nm. dfiber is the
fiber diameter !0.8 mm", ' is the blood volume fraction, StO2
is the microvascular blood oxygenation, !a

HbO2!&" is the ab-
sorption coefficient of fully oxygenated whole blood, and
!a

Hb!&" is the absorption coefficient of fully deoxygenated
whole blood.25 Ccor!Dves" is a correction factor that accounts
for the inhomogeneous distribution of blood in tissue and de-
pends on the vessel diameter Dves, and Ccor!!a

total" is a cor-
rection factor that accounts for the absorption dependence of
the path length for highly vascularized tissue such as liver.26 A
differential fluorescence spectrum !DFmeas" is obtained by
subtracting the fluorescence spectral signal measured by the
c-fiber from the fluorescence spectral signal measured by the
dc-fiber. The measured differential fluorescence signal is cor-

Fig. 1 Schematic diagram of the FDPS measurement setup. The probe
tip with a diameter of 3 mm contains two 800-!m fibers at a core-to-
core distance of 880 !m.
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medium interface during FDPS measurements. The 800-µm delivery-and-collection 
(dc) fiber is coupled into a 400-µm bifurcated fiber, which contains a delivery and a 
collection leg. The delivery leg is coupled into a 200-µm bifurcated fiber, of which one 
end is coupled into a xenon light source (HPX-2000, Ocean Optics, Duiven, The 
Netherlands) and the other end to a 514-nm argon laser (Spectra Physics, Eindhoven, 
The Netherlands). The collection leg is also coupled into a 200-µm bifurcated fiber, of 
which one end directly leads to the first channel  of a temperature-regulated four-
channel spectrograph setup (MC-2000-4-TR2, Ocean Optics, Duiven, The 
Netherlands) and the other end leads to a filter block containing a 570-nm long-pass 
filter before being coupled into the second channel of the spectrograph. The 800-µm 
collection (c) fiber is coupled to a 400-µm bifurcated fiber, of which one end directly 
leads to the third channel  and the other is again first filtered by the same 570-nm long-
pass filter before being coupled in to the fourth spectrograph channel.

Tissue Extraction
Tissue extraction was performed according to the chemical  extraction method recently  
described by Kascakova et al.20. This is a modification of the original method described 
by Lilge et al.23. In short, small liver tissue samples (~0.1 grams or ~ 100 mm3) were 
randomly acquired from the liver. Note that we did not attempt to colocate the optical 
measurement sites with the tissue extraction sites. Instead, we avoided complicated 
experimental procedures associated with co-locating the sites by averaging multiple 
random locations in both the optical and chemical concentration measurements. The 
liver samples were dissolved in 2 ml  of the ready-to-use tissue solvent Solvable™ 
(Perk in Elmer, Groningen, the Nether lands), which is a mixture of 
dodecyldimethylamine oxide (2.5 to 10%), secondary alcohol  ethoxylate (2.5 to 10%), 
and sodium hydroxide (≤ 2.5%) in water. Subsequently the tissue sample in Solvable™ 
was placed in a water bath of 50 degrees and agitated regularly for 2 h. The solubilized 
liver solution was then diluted with Solvable™ to an OD<0.1, to minimize absorption 
artifacts and to ensure homogenous illumination of the sample in 1 cm path length 
quartz cuvettes in a fluorimeter (Perkin Elmer, Groningen, the Netherlands). The 
diluted samples were analyzed by using an excitation wavelength of 423 nm 
(corresponding to the wavelength at which m-THPC in 100% Solvable™ absorbs the 
most (20)) and a spectral detection band of 450 to 800 nm with a resolution of 0.5 nm. 

Fluorescence Microscopy
Frozen tissue samples of control and m-THPC administered animals were handled 
under subdued light conditions. Liver sections of 20-µm thickness were sectioned and 
mounted on glass slides (Menzel, Braunschwig, Germany). Fluorescence images were 
acquired at a 50 X magnification using a CCD camera (ORCA-ER, Hamamatsu, 
Herrsching am Ammersee, Germany) mounted on a fluorescence microscope (Leica, 
Leiden, The Netherlands) equipped with an N2.1 filter block with an additional 
bandpass detection filter, 670 ± 50 nm.

Chapter 5

68        



Data Processing
FDPS
Before every measurement the FDPS system was calibrated as described previously5. 
A differential reflectance spectrum (DPS) is obtained by subtracting the spectral signal 
from the c-fiber, which collects long path length photons only, from the dc-fiber, which 
collects photons of both long and short path length. Hence, the differential spectrum 
contains the spectral contribution from short path length photons only. Differential 
reflectance spectra were fitted according to the following model6-9, 24: 

    

.   (1)

The scattering function is modeled by a combination of Mie scattering and Rayleigh 
scattering, given by power law functions with amplitudes a1 and a3 and wavelength 
dependencies (λ/λ0)a2 and (λ/λ0)-4, respectively. Here, λ0 is a normalization wavelength 
where the signal is predominantly dependent on scattering, which we usually set to 
800 nm. dfiber is the fiber diameter (0.8 mm), ρ is the blood volume fraction, StO2 is the 
microvascular blood oxygenation, µaHbO2(λ) is the absorption coefficient of fully 
oxygenated whole blood, and µaHb(λ) is the absorption coefficient of fully deoxygenated 
whole blood25. Ccor(Dves) is a correction factor that accounts for the inhomogeneous 
distribution of blood in tissue and depends on the vessel  diameter Dves, and Ccor(µatotal) 
is a correction factor that accounts for the absorption dependence of the path length for 
highly vascularized tissue such as liver26. A differential  fluorescence spectrum (DFmeas) 
is obtained by subtracting the fluorescence spectral signal  measured by the c-fiber 
from the fluorescence spectral  signal  measured by the dc-fiber. The measured 
differential  fluorescence signal is corrected for absorption by multiplying DFmeas by the 
ratio of the reflectance at the excitation wavelength without and with absorption 
present, as follows5:

,      (2)

where DRx(µa,x) and DRx(0) are the differential reflectance signals at the excitation 
wavelength measured with and without background absorber present, respectively. 
DRx(µa,x) is the DPS signal at the excitation wavelength measured in vivo. The DPS 
signal at the excitation wavelength without absorption present, DRx(0), cannot be 
measured, but is calculated from the fit of the in vivo DPS spectrum to Eq. (1), using 
the best estimates of the parameters a1 to a3 and setting the exponent for the 
exponential term to 0. It was previously shown that the differential  fluorescence signal 
is relatively insensitive to variations in scattering5, and consequently no corrections 

2.2.1 FDPS
The probe contained two 800-!m fibers placed at minimum
core-to-core distance, 880 !m, in a specially adapted submin-
iature version A !SMA" connector. The SMA connector con-
figuration ensured a reproducible fixed distance when cali-
brating the setup using a calibration lamp, as described
elsewhere.5 The probe surface was polished under an angle of
15 deg to minimize specular reflections at the probe-medium
interface during FDPS measurements. The 800-!m delivery-
and-collection !dc" fiber is coupled into a 400-!m bifurcated
fiber, which contains a delivery and a collection leg. The de-
livery leg is coupled into a 200-!m bifurcated fiber, of which
one end is coupled into a xenon light source !HPX-2000,
Ocean Optics, Duiven, The Netherlands" and the other end to
a 514-nm argon laser !Spectra Physics, Eindhoven, The Neth-
erlands". The collection leg is also coupled into a 200-!m
bifurcated fiber, of which one end directly leads to the first
channel of a temperature-regulated four-channel spectrograph
setup !MC-2000-4-TR2, Ocean Optics, Duiven, The Nether-
lands" and the other end leads to a filter block containing a
570-nm long-pass filter before being coupled into the second
channel of the spectrograph. The 800-!m collection !c" fiber
is coupled to a 400-!m bifurcated fiber, of which one end
directly leads to the third channel and the other is again first
filtered by the same 570-nm long-pass filter before being
coupled in the fourth spectrograph channel.

2.2.2 Tissue extraction
Tissue extraction was performed according to the chemical
extraction method recently described by Kascáková et al.20

This is a modification of the original method described by
Lilge et al.23 In short, small liver tissue samples !#0.1 grams
or #100 mm3" were randomly acquired from the liver. Note
that we did not attempt to colocate the optical measurement
sites with the tissue extraction sites. Instead, we avoided com-
plicated experimental procedures associated with colocating
the sites by averaging multiple random locations in both the
optical and chemical concentration measurements. The liver
samples were dissolved in 2 ml of the ready-to-use tissue sol-
vent Solvable™ !Perkin Elmer, Groningen, The Netherlands",
which is a mixture of dodecyldimethylamine oxide !2.5 to
10%", secondary alcohol ethoxylate !2.5 to 10%", and sodium
hydroxide !"2.5% " in water. Subsequently, the tissue

sample in Solvable was placed in a water bath of 50°C and
agitated regularly for 2 h. The solubilized liver solution was
then diluted with Solvable to an OD#0.1, to minimize ab-
sorption artifacts and to ensure homogenous illumination of
the sample in 1-cm path length quartz cuvettes in a fluorim-
eter !Perkin Elmer, Groningen, The Netherlands". The diluted
samples were analyzed by using an excitation wavelength of
423 nm !corresponding to the wavelength at which m-THPC
in 100% Solvable absorbs the most20" and a spectral detection
band of 450 to 800 nm with a resolution of 0.5 nm.

2.3 Fluorescence Microscopy
Frozen tissue samples of control and m-THPC administered
animals were handled under subdued light conditions. Liver
sections of 20-!m thickness were sectioned and mounted on
glass slides !Menzel, Braunschwig, Germany". Fluorescence
images were acquired at a 50$magnification using a CCD
camera !ORCA-ER, Hamamatsu, Herrsching am Ammersee,
Germany" mounted on a fluorescence microscope !Leica,
Leiden, The Netherlands" equipped with an N2.1 filter block
with an additional bandpass detection filter, 670%50 nm.

2.4 Data Processing
2.4.1 FDPS
Before every measurement, the FDPS system was calibrated
as described previously.5 A differential reflectance spectrum
!DPS" is obtained by subtracting the spectral signal from the
c-fiber, which collects long path length photons only, from the
dc-fiber, which collects photons of both long and short path
length. Hence, the differential spectrum contains the spectral
contribution from short path length photons only. Differential
reflectance spectra were fitted according to the following
model6–9,24:

R = $a1% &

&0
&a2

+ a3% &

&0
&!4'

· exp(! dfiber · ' · )StO2 · !a
HbO2!&"

+ !1 ! StO2" · !a
Hb!&"* · Ccor!Dves" · Ccor!!a

total"+ . !1"

The scattering function is modeled by a combination of Mie
scattering and Rayleigh scattering, given by power law func-
tions with amplitudes a1 and a3 and wavelength dependencies
!& /&0"a2 and !& /&0"!4, respectively. Here, &0 is a normaliza-
tion wavelength where the signal is predominantly dependent
on scattering, which we usually set to 800 nm. dfiber is the
fiber diameter !0.8 mm", ' is the blood volume fraction, StO2
is the microvascular blood oxygenation, !a

HbO2!&" is the ab-
sorption coefficient of fully oxygenated whole blood, and
!a

Hb!&" is the absorption coefficient of fully deoxygenated
whole blood.25 Ccor!Dves" is a correction factor that accounts
for the inhomogeneous distribution of blood in tissue and de-
pends on the vessel diameter Dves, and Ccor!!a

total" is a cor-
rection factor that accounts for the absorption dependence of
the path length for highly vascularized tissue such as liver.26 A
differential fluorescence spectrum !DFmeas" is obtained by
subtracting the fluorescence spectral signal measured by the
c-fiber from the fluorescence spectral signal measured by the
dc-fiber. The measured differential fluorescence signal is cor-

Fig. 1 Schematic diagram of the FDPS measurement setup. The probe
tip with a diameter of 3 mm contains two 800-!m fibers at a core-to-
core distance of 880 !m.
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rected for absorption by multiplying DFmeas by the ratio of the
reflectance at the excitation wavelength without and with ab-
sorption present, as follows5:

DFcorr = DFmeas
DRx!0"

DRx!!a,x"
, !2"

where DRx!!a,x" and DRx!0" are the differential reflectance
signals at the excitation wavelength measured with and with-
out background absorber present, respectively. DRx!!a,x" is
the DPS signal at the excitation wavelength measured in vivo.
The DPS signal at the excitation wavelength without absorp-
tion present, DRx!0", cannot be measured, but is calculated
from the fit of the in vivo DPS spectrum to Eq. !1", using the
best estimates of the parameters a1 to a3 and setting the ex-
ponent for the exponential term to 0. It was previously shown
that the differential fluorescence signal is relatively insensitive
to variations in scattering,5 and consequently no corrections
were performed to account for scattering differences between
tissue samples. The absorption-corrected FDPS spectra were
analyzed as a linear combination of basis spectra and fitted
using a singular value decomposition !SVD" algorithm.24,27

The fluorescence was described by a combination of autofluo-
rescence and m-THPC fluorescence. Basis spectra for these
two components were extracted from spectra acquired in vivo.
The autofluorescence basis spectrum is the normalized aver-
age of the control animals. For m-THPC, a basis spectrum,
based on the spectra acquired in vivo corrected for the autof-
luorescence, is determined for each of the four time points to

account for possible spectral changes in m-THPC fluores-
cence due to changes in environment and/or binding.

2.4.2 Chemical extraction

Fluorescence spectra acquired by the fluorimeter could be de-
scribed as a linear combination of autofluorescence, Solvable
fluorescence, and m-THPC fluorescence. The Solvable fluo-
rescence basis spectrum was measured in the fluorimeter us-
ing pure Solvable. m-THPC was dissolved in Solvable and
measured in the fluorimeter; the basis spectrum for m-THPC
was acquired by subtracting the Solvable component. Last,
the autofluorescence basis spectrum is the normalized average
fluorescence spectrum of spectra acquired from dissolved
liver samples of control animals after subtraction of the Solv-
able component. The absolute m-THPC concentration of the
liver samples was derived from a calibration curve, which was
constructed from measurements of known m-THPC concen-
trations mixed with dissolved control liver samples in
Solvable.20

2.5 Statistics and Correlation

Confidence intervals on the individual parameters for the in-
dividual measurements were determined based on the covari-
ance matrix generated for each fit as described by Amelink
et al.28 Differences between groups were determined using the
nonparametric Mann-Whitney test.
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Fig. 2 Typical Levenberg-Marquardt fit of the DPS signal !a" and SVD fit for the FDPS signal !b" acquired under 514-nm excitation. !c" SVD fit for
the fluorescence signal of the liver after chemical extraction measured using a fluorimeter.
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were performed to account for scattering differences between tissue samples. The 
absorption-corrected FDPS spectra were analyzed as a linear combination of basis 
spectra and fitted using a singular value decomposition (SVD) algorithm 24,27. The 
fluorescence was described by a combination of autofluorescence and m-THPC 
fluorescence. Basis spectra for these two components were extracted from spectra 
acquired in vivo. The autofluorescence basis-spectrum is the normalized average of 
the control animals. For m-THPC, a basis-spectrum, based on the spectra acquired in 
vivo corrected for the autofluorescence, is determined for each of the four time points 
to account for possible spectral changes in m-THPC fluorescence due to changes in 
environment and/or binding.

Chemical Extraction
Fluorescence spectra acquired by the fluorimeter could be described as a linear 
combination of autofluorescence, Solvable™ fluorescence, and m-THPC fluorescence. 
The Solvable™ fluorescence basis spectrum was measured in the fluorimeter using 
pure Solvable™. m-THPC was dissolved in Solvable™ and measured in the 
fluorimeter; the basis spectrum for m-THPC was acquired by subtracting the 
Solvable™ component. Last, the autofluorescence basis spectrum is the normalized 
average fluorescence spectrum of spectra acquired from dissolved liver samples of 
control  animals after subtraction of the Solvable™ component. The absolute m-THPC 
concentration of the liver samples was derived from a calibration curve, which was 
constructed from measurements of known m-THPC concentrations mixed with 
dissolved control liver samples in Solvable™ 20. 

Statistics and Correlation
Confidence intervals on the individual parameters for the individual measurements 
were determined based on the covariance matrix generated for each fit as described 
by Amelink et al.28. Differences between groups were determined using the 
nonparametric Mann-Whitney test. 
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Figure 2.  Typical Levenberg-Marquardt fit  of the DPS signal (a) and SVD fit for the FDPS signal 
(b) acquired under 514 nm excitation. (c) SVD fit  for the fluorescence signal of the liver after 
chemical extraction measured using a fluorimeter.

RESULTS
Figure 2 shows the data and fit for the three spectra acquired per animal  for the 
different methods: DPS, FDPS, and chemical extraction. Figure 2(a) shows a typical 
differential  reflectance spectrum acquired in vivo from rat liver with its fit and residual 
between fit and data from an animal 3 h after m-THPC injection. Figure 2(b) shows the 
fit of a differential fluorescence spectrum acquired in vivo  under 514-nm excitation of 
the rat liver 24 h after m-THPC injection. In addition to the fit and residual between fit 
and data, the individual components are also shown. Figure 2(c) shows a typical 
fluorescence spectrum and its fit and the individual components (m-THPC, 
autofluorescence, and Solvable™ fluorescence) of extracted liver tissue 3 h after m-
THPC injection measured using the fluorimeter at 423-nm excitation.

rected for absorption by multiplying DFmeas by the ratio of the
reflectance at the excitation wavelength without and with ab-
sorption present, as follows5:

DFcorr = DFmeas
DRx!0"

DRx!!a,x"
, !2"

where DRx!!a,x" and DRx!0" are the differential reflectance
signals at the excitation wavelength measured with and with-
out background absorber present, respectively. DRx!!a,x" is
the DPS signal at the excitation wavelength measured in vivo.
The DPS signal at the excitation wavelength without absorp-
tion present, DRx!0", cannot be measured, but is calculated
from the fit of the in vivo DPS spectrum to Eq. !1", using the
best estimates of the parameters a1 to a3 and setting the ex-
ponent for the exponential term to 0. It was previously shown
that the differential fluorescence signal is relatively insensitive
to variations in scattering,5 and consequently no corrections
were performed to account for scattering differences between
tissue samples. The absorption-corrected FDPS spectra were
analyzed as a linear combination of basis spectra and fitted
using a singular value decomposition !SVD" algorithm.24,27

The fluorescence was described by a combination of autofluo-
rescence and m-THPC fluorescence. Basis spectra for these
two components were extracted from spectra acquired in vivo.
The autofluorescence basis spectrum is the normalized aver-
age of the control animals. For m-THPC, a basis spectrum,
based on the spectra acquired in vivo corrected for the autof-
luorescence, is determined for each of the four time points to

account for possible spectral changes in m-THPC fluores-
cence due to changes in environment and/or binding.

2.4.2 Chemical extraction

Fluorescence spectra acquired by the fluorimeter could be de-
scribed as a linear combination of autofluorescence, Solvable
fluorescence, and m-THPC fluorescence. The Solvable fluo-
rescence basis spectrum was measured in the fluorimeter us-
ing pure Solvable. m-THPC was dissolved in Solvable and
measured in the fluorimeter; the basis spectrum for m-THPC
was acquired by subtracting the Solvable component. Last,
the autofluorescence basis spectrum is the normalized average
fluorescence spectrum of spectra acquired from dissolved
liver samples of control animals after subtraction of the Solv-
able component. The absolute m-THPC concentration of the
liver samples was derived from a calibration curve, which was
constructed from measurements of known m-THPC concen-
trations mixed with dissolved control liver samples in
Solvable.20

2.5 Statistics and Correlation

Confidence intervals on the individual parameters for the in-
dividual measurements were determined based on the covari-
ance matrix generated for each fit as described by Amelink
et al.28 Differences between groups were determined using the
nonparametric Mann-Whitney test.
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Fig. 2 Typical Levenberg-Marquardt fit of the DPS signal !a" and SVD fit for the FDPS signal !b" acquired under 514-nm excitation. !c" SVD fit for
the fluorescence signal of the liver after chemical extraction measured using a fluorimeter.
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Figure 3.  Optically measured m-THPC concentration using FDPS versus true m-THPC 
concentration measured by chemical extraction for the 4 different time points, 3h (◇), 24h (□), 
48h (△) and 96h (○) together with the regression line.

Figure 3 shows the m-THPC component of the absorption-corrected FDPS 
fluorescence versus the actual m-THPC concentration determined with chemical 
extraction. For the control animals, the FDPS spectrum was fully described by the 
autofluorescence component with negligible contribution from the m-THPC component, 
as expected. The smallest nonzero amount of m-THPC fluorescence (measured at the 
96-h time point) corresponded to an actual m-THPC concentration of 160 ng/g. Fitting 
a straight line forced through the origin shows an R2 value of 0.87. Every measurement 
point represents the average of multiple fluorescence measurements at randomly 
chosen locations on the liver in a single animal. For these animals, the average blood 
volume fraction, measured with DPS, was 11.1 ± 3%. The two most prominent average 
deviations from the straight line, indicated by arrows a and b in Fig. 3, had an average 
blood volume fraction of 7.6 ± 0.02% and 14.5 ± 0.05%, respectively. Furthermore, all 
animals in the 48-h group are above the regression line in Fig. 3. The 3 animals within 
this group that deviate from the regression line by more than one times the standard 
deviation show an increased blood volume fraction (14.9 ± 2%) compared to the total 
average blood volume fraction for all animals (11.1 ± 3%). These observations indicate 
a possible relationship between measured m-THPC fluorescence and blood volume 
fraction. In Fig. 4, therefore, we have plotted the m-THPC fluorescence intensity as a 
function of blood volume fraction for each animal. Indeed a strong correlation between 
m-THPC fluorescence and blood volume fraction is observed for the early time points, 
3 and 24 h. A decrease in correlation coefficients between m-THPC fluorescence and 
blood volume fraction with increasing drug-light intervals is observed.
Another interesting feature to be noticed in Fig. 3 is the difference in standard 
deviations between FDPS intensity and m-THPC concentration determined through 
chemical extraction. The large standard deviations in FDPS intensity are caused by 
intra-animal variations in m-THPC fluorescence in the liver, most likely related to a 
heterogenous distribution of m-THPC on a scale resolved by the FDPS technique but 
averaged out in the extraction. Therefore, we investigated the m-THPC fluorescence 
distribution at the different time points in liver sections using fluorescence microscopy.

3 Results
Figure 2 shows the data and fit for the three spectra acquired
per animal for the different methods: DPS, FDPS, and chemi-
cal extraction. Figure 2!a" shows a typical differential reflec-
tance spectrum acquired in vivo from rat liver with its fit and
residual between fit and data from an animal 3 h after
m-THPC injection. Figure 2!b" shows the fit of a differential
fluorescence spectrum acquired in vivo under 514-nm excita-
tion of the rat liver 24 h after m-THPC injection. In addition
to the fit and residual between fit and data, the individual
components are also shown. Figure 2!c" shows a typical fluo-
rescence spectrum and its fit and the individual components
!m-THPC, autofluorescence, and Solvable fluorescence" of
extracted liver tissue 3 h after m-THPC injection measured
using the fluorimeter at 423-nm excitation.

Figure 3 shows the m-THPC component of the absorption-
corrected FDPS fluorescence versus the actual m-THPC con-
centration determined with chemical extraction. For the con-
trol animals, the FDPS spectrum was fully described by the
autofluorescence component with negligible contribution
from the m-THPC component, as expected. The smallest non-
zero amount of m-THPC fluorescence !measured at the 96-h
time point" corresponded to an actual m-THPC concentration
of 160 ng /g. Fitting a straight line forced through the origin
shows an R2 value of 0.87. Every measurement point repre-
sents the average of multiple fluorescence measurements at
randomly chosen locations on the liver in a single animal. For
these animals, the average blood volume fraction, measured
with DPS, was 11.1!3%. The two most prominent average
deviations from the straight line, indicated by arrows a and b
in Fig. 3, had an average blood volume fraction of
7.6!0.02% and 14.5!0.05%, respectively. Furthermore, all
animals in the 48-h group are above the regression line in Fig.
4. The three animals within this group that deviate from the
regression line by more than one times the standard deviation
show an increased blood volume fraction !14.9!2% " com-
pared to the total average blood volume fraction for all ani-
mals !11.1!3% ". These observations indicate a possible re-
lationship between measured m-THPC fluorescence and blood
volume fraction. In Fig. 4, therefore, we have plotted the
m-THPC fluorescence intensity as a function of blood volume
fraction for each animal. Indeed a strong correlation between
m-THPC fluorescence and blood volume fraction is observed

for the early time points, 3 and 24 h. A decrease in correlation
coefficients between m-THPC fluorescence and blood volume
fraction with increasing drug-light intervals is observed.

Another interesting feature to be noticed in Fig. 3 is the
difference in standard deviations between FDPS intensity and
m-THPC concentration determined through chemical extrac-
tion. The large standard deviations in FDPS intensity are
caused by intra-animal variations in m-THPC fluorescence in
the liver, most likely related to a heterogenous distribution of
m-THPC on a scale resolved by the FDPS technique but av-
eraged out in the extraction. Therefore, we investigated the
m-THPC fluorescence distribution at the different time points
in liver sections using fluorescence microscopy. Figure 5
shows representative fluorescence microscopy images at 50
"magnification of liver sections for the 3-, 24-, 48-, and
96-h time points. The 3-h time point clearly shows intense
clusters of m-THPC fluorescence randomly spread throughout
the section. At 24 h, m-THPC fluorescence is measured in the
whole section, and more intense m-THPC fluorescence is ob-
served around the bigger vessels, which appear black in the
image due to blood absorption. The 48-h animal shows simi-
lar m-THPC fluorescence distribution as on the 24-h time
point, with the difference that the overall m-THPC fluores-

y = 9.28x
R2 = 0.87

0

10

20

30

0 1 2 3

Concentration (10-6 g/g)

D
iff
er
en
tia
lf
lu
or
es
ce
nc
e.

ab

Fig. 3 Optically measured m-THPC concentration using FDPS versus
true m-THPC concentration measured by chemical extraction for the
four different time points 3 h !!", 24 h !!", 48 h !"", and 96 h !#",
together with the regression line.
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Fig. 5 Fluorescence microscopy performed on 20-#m thick liver sec-
tions at 50"magnification for the !a" 3 h, !b" 24 h, !c" 48 h, and !d"
96 h time points.
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Figure 4. Optically measured concentration using FDPS as a function of DPS-measured blood 
volume fraction averaged per animal for the four different time points  3h (◇), 24h (□), 48h (△) 

and 96h (○).

Figure 5 shows representative fluorescence microscopy images at 50 X magnification 
of liver sections for the 3-, 24-, 48- and 96-h time points. The 3-h time point clearly 
shows intense clusters of m-THPC fluorescence randomly spread throughout the 
section. At 24-h m-THPC fluorescence is measured in the whole section, and more 
intense m-THPC fluorescence is observed around the bigger vessels, which appear 
black in the image due to blood absorption. The 48-h animal shows similar m-THPC 
fluorescence distribution as on the 24-h time point, with the difference that the overall 
m-THPC fluorescence intensities are lower. The 96-h time point shows m-THPC 
fluorescence more evenly distributed throughout the section than on the other time 
points. 

Figure 5. Fluorescence microscopy performed on 20 µm thick liver sections at  50 X magnification 
for the (a) 3, (b) 24, (c) 48 and (d) 96 hour time points.

3 Results
Figure 2 shows the data and fit for the three spectra acquired
per animal for the different methods: DPS, FDPS, and chemi-
cal extraction. Figure 2!a" shows a typical differential reflec-
tance spectrum acquired in vivo from rat liver with its fit and
residual between fit and data from an animal 3 h after
m-THPC injection. Figure 2!b" shows the fit of a differential
fluorescence spectrum acquired in vivo under 514-nm excita-
tion of the rat liver 24 h after m-THPC injection. In addition
to the fit and residual between fit and data, the individual
components are also shown. Figure 2!c" shows a typical fluo-
rescence spectrum and its fit and the individual components
!m-THPC, autofluorescence, and Solvable fluorescence" of
extracted liver tissue 3 h after m-THPC injection measured
using the fluorimeter at 423-nm excitation.

Figure 3 shows the m-THPC component of the absorption-
corrected FDPS fluorescence versus the actual m-THPC con-
centration determined with chemical extraction. For the con-
trol animals, the FDPS spectrum was fully described by the
autofluorescence component with negligible contribution
from the m-THPC component, as expected. The smallest non-
zero amount of m-THPC fluorescence !measured at the 96-h
time point" corresponded to an actual m-THPC concentration
of 160 ng /g. Fitting a straight line forced through the origin
shows an R2 value of 0.87. Every measurement point repre-
sents the average of multiple fluorescence measurements at
randomly chosen locations on the liver in a single animal. For
these animals, the average blood volume fraction, measured
with DPS, was 11.1!3%. The two most prominent average
deviations from the straight line, indicated by arrows a and b
in Fig. 3, had an average blood volume fraction of
7.6!0.02% and 14.5!0.05%, respectively. Furthermore, all
animals in the 48-h group are above the regression line in Fig.
4. The three animals within this group that deviate from the
regression line by more than one times the standard deviation
show an increased blood volume fraction !14.9!2% " com-
pared to the total average blood volume fraction for all ani-
mals !11.1!3% ". These observations indicate a possible re-
lationship between measured m-THPC fluorescence and blood
volume fraction. In Fig. 4, therefore, we have plotted the
m-THPC fluorescence intensity as a function of blood volume
fraction for each animal. Indeed a strong correlation between
m-THPC fluorescence and blood volume fraction is observed

for the early time points, 3 and 24 h. A decrease in correlation
coefficients between m-THPC fluorescence and blood volume
fraction with increasing drug-light intervals is observed.

Another interesting feature to be noticed in Fig. 3 is the
difference in standard deviations between FDPS intensity and
m-THPC concentration determined through chemical extrac-
tion. The large standard deviations in FDPS intensity are
caused by intra-animal variations in m-THPC fluorescence in
the liver, most likely related to a heterogenous distribution of
m-THPC on a scale resolved by the FDPS technique but av-
eraged out in the extraction. Therefore, we investigated the
m-THPC fluorescence distribution at the different time points
in liver sections using fluorescence microscopy. Figure 5
shows representative fluorescence microscopy images at 50
"magnification of liver sections for the 3-, 24-, 48-, and
96-h time points. The 3-h time point clearly shows intense
clusters of m-THPC fluorescence randomly spread throughout
the section. At 24 h, m-THPC fluorescence is measured in the
whole section, and more intense m-THPC fluorescence is ob-
served around the bigger vessels, which appear black in the
image due to blood absorption. The 48-h animal shows simi-
lar m-THPC fluorescence distribution as on the 24-h time
point, with the difference that the overall m-THPC fluores-
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Fig. 3 Optically measured m-THPC concentration using FDPS versus
true m-THPC concentration measured by chemical extraction for the
four different time points 3 h !!", 24 h !!", 48 h !"", and 96 h !#",
together with the regression line.
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Fig. 4 Optically measured concentration using FDPS as a function of
DPS-measured blood volume fraction averaged per animal for the
four different time points 3 h !!", 24 h !!", 48 h !"", and 96 h !#".
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Fig. 5 Fluorescence microscopy performed on 20-#m thick liver sec-
tions at 50"magnification for the !a" 3 h, !b" 24 h, !c" 48 h, and !d"
96 h time points.
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3 Results
Figure 2 shows the data and fit for the three spectra acquired
per animal for the different methods: DPS, FDPS, and chemi-
cal extraction. Figure 2!a" shows a typical differential reflec-
tance spectrum acquired in vivo from rat liver with its fit and
residual between fit and data from an animal 3 h after
m-THPC injection. Figure 2!b" shows the fit of a differential
fluorescence spectrum acquired in vivo under 514-nm excita-
tion of the rat liver 24 h after m-THPC injection. In addition
to the fit and residual between fit and data, the individual
components are also shown. Figure 2!c" shows a typical fluo-
rescence spectrum and its fit and the individual components
!m-THPC, autofluorescence, and Solvable fluorescence" of
extracted liver tissue 3 h after m-THPC injection measured
using the fluorimeter at 423-nm excitation.

Figure 3 shows the m-THPC component of the absorption-
corrected FDPS fluorescence versus the actual m-THPC con-
centration determined with chemical extraction. For the con-
trol animals, the FDPS spectrum was fully described by the
autofluorescence component with negligible contribution
from the m-THPC component, as expected. The smallest non-
zero amount of m-THPC fluorescence !measured at the 96-h
time point" corresponded to an actual m-THPC concentration
of 160 ng /g. Fitting a straight line forced through the origin
shows an R2 value of 0.87. Every measurement point repre-
sents the average of multiple fluorescence measurements at
randomly chosen locations on the liver in a single animal. For
these animals, the average blood volume fraction, measured
with DPS, was 11.1!3%. The two most prominent average
deviations from the straight line, indicated by arrows a and b
in Fig. 3, had an average blood volume fraction of
7.6!0.02% and 14.5!0.05%, respectively. Furthermore, all
animals in the 48-h group are above the regression line in Fig.
4. The three animals within this group that deviate from the
regression line by more than one times the standard deviation
show an increased blood volume fraction !14.9!2% " com-
pared to the total average blood volume fraction for all ani-
mals !11.1!3% ". These observations indicate a possible re-
lationship between measured m-THPC fluorescence and blood
volume fraction. In Fig. 4, therefore, we have plotted the
m-THPC fluorescence intensity as a function of blood volume
fraction for each animal. Indeed a strong correlation between
m-THPC fluorescence and blood volume fraction is observed

for the early time points, 3 and 24 h. A decrease in correlation
coefficients between m-THPC fluorescence and blood volume
fraction with increasing drug-light intervals is observed.

Another interesting feature to be noticed in Fig. 3 is the
difference in standard deviations between FDPS intensity and
m-THPC concentration determined through chemical extrac-
tion. The large standard deviations in FDPS intensity are
caused by intra-animal variations in m-THPC fluorescence in
the liver, most likely related to a heterogenous distribution of
m-THPC on a scale resolved by the FDPS technique but av-
eraged out in the extraction. Therefore, we investigated the
m-THPC fluorescence distribution at the different time points
in liver sections using fluorescence microscopy. Figure 5
shows representative fluorescence microscopy images at 50
"magnification of liver sections for the 3-, 24-, 48-, and
96-h time points. The 3-h time point clearly shows intense
clusters of m-THPC fluorescence randomly spread throughout
the section. At 24 h, m-THPC fluorescence is measured in the
whole section, and more intense m-THPC fluorescence is ob-
served around the bigger vessels, which appear black in the
image due to blood absorption. The 48-h animal shows simi-
lar m-THPC fluorescence distribution as on the 24-h time
point, with the difference that the overall m-THPC fluores-
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Fig. 3 Optically measured m-THPC concentration using FDPS versus
true m-THPC concentration measured by chemical extraction for the
four different time points 3 h !!", 24 h !!", 48 h !"", and 96 h !#",
together with the regression line.
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Fig. 4 Optically measured concentration using FDPS as a function of
DPS-measured blood volume fraction averaged per animal for the
four different time points 3 h !!", 24 h !!", 48 h !"", and 96 h !#".
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Fig. 5 Fluorescence microscopy performed on 20-#m thick liver sec-
tions at 50"magnification for the !a" 3 h, !b" 24 h, !c" 48 h, and !d"
96 h time points.
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DISCUSSION
The aim of this study was to test the concept of optical  concentration measurements 
based on quantitative fluorescence spectroscopy (FDPS) in vivo. We have chosen to 
validate the FDPS concentration measurements in an in vivo environment on highly 
vascularized and thus highly absorbing tissue (liver) using m-THPC as an exogenous 
chromophore. Different drug-light intervals were chosen based on the 
pharmacokinetics of m-THPC in the liver21,22 to vary the in vivo tissue concentrations 
by an order of magnitude. FDPS concentration estimates for the different time points 
were compared with chemical extraction.
Based on our measurements, we found that FDPS is capable of measuring m-THPC 
concentrations as low as 160 ng/g in the liver at the 96-h drug-light interval. We expect 
to be able to measure even lower concentrations by optimizing the setup and 
increasing the integration time. The measured m-THPC concentration with FDPS 
showed good linear correlation with the extracted m-THPC concentration, R2 = 0.87. 
The correlation coefficient could be improved to 0.96 when the outliers from the linear 
regression line in Fig. 3, identified as a and b, are omitted. However, these outliers 
yield important information about in vivo m-THPC localization. The animals with the two 
most prominent deviations from the straight line, indicated by arrows a and b, were 
shown to have blood volume fractions of 7.6 ± 0.02% and 14.5 ± 0.05%, respectively. 
These are significantly different from the average blood volume fraction of the m-THPC 
animals, 11.1 ± 3% (the blood volume fraction of the control animals was 9.1 ± 4%, 
which is not significantly different from the m-THPC animals). Based on this 
observation, we investigated the correlation between m-THPC concentration measured 
using FDPS and blood volume fraction. For the two shortest drug-light intervals, we 
found a strong correlation (R2 values of 0.97 and 0.98 for the 3-and 24-h drug-light 
intervals). For longer drug-light intervals, there was a decrease in the correlation 
between m-THPC fluorescence intensity and blood volume fraction. The drug-light 
interval dependence of the correlation between fluorescence and blood volume 
suggests that m-THPC is predominantly localized in or near the tissue vasculature for 
short drug-light intervals and less so for longer drug-light intervals. This is in agreement 
with a range of m-THPC pharmacokinetic studies in rats showing high concentrations 
of m-THPC in the plasma directly after i.v. injection, followed by an initial rapid 
exponential decrease followed by one or two exponential decays with lower elimination 
rates21,22. 
Another interesting observation is that the intra-animal variations in FDPS signals are 
up to a factor of 5 larger than those of chemical extraction. The source for these larger 
variations in FDPS concentration estimates is potentially related to (intra-animal) 
differences in tissue scattering, since the FDPS signal  is dependent on scattering. The 
scattering dependence of the FDPS signal depends on the probe geometry. For an 
800-µm FDPS probe, it has been shown in a phantom study that within biological 
relevant scattering values, the FDPS signal  can vary by a factor of 2.2 5. Since in these 
experiments the overall variation in the scattering parameter (a1) was small, 16%, it is 
safe to assume that scattering had no significant influence on the FDPS signal and 
hence does not contribute to the variation in the data, inter- or intra-individual. It is 
most likely that the differences in standard deviations between FDPS and chemical 
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extraction are related to intra-animal variability in m-THPC concentration on a 
microscopic  scale and are a result of the different interrogation volumes of the 
techniques. For chemical extraction, tissue samples of ~102 mm3 are used, whereas 
FDPS probes only ~0.2 mm3 of tissue [corresponding to the volume of a cylinder with a 
diameter equal to the fiber (0.8 mm) and height of half the path length (0.4 mm)]. 
Fluorescence microscopy on sections at 50 X magnification for the four different time 
points (Fig. 5) shows a heterogeneous m-THPC fluorescence distribution throughout 
the sections. This heterogeneous distribution of m-THPC is on a submillimeter spatial 
scale and can be picked up only by techniques that sample small  tissue volumes. 
Obviously, the tissue volumes used for chemical extraction are too large to pick up this 
sub-millimeter spatial  heterogeneity, and standard deviations in m-THPC 
concentrations are small since multiple regimes of high and low fluorescence are 
present in each individual tissue volume used for chemical  extraction. However, the 
measured m-THPC fluorescence intensity using FDPS depends heavily on probe 
placement on the liver; some measurements will contain bright spots of fluorescence, 
and other measurements on the same liver will  contain smaller amounts of m-THPC, 
leading to large intra-animal variations in fluorescence intensity.
The spatial m-THPC distribution in the liver at different time points using fluorescence 
microscopy [Fig. 5(a)] illustrates the wide variations in spatial distribution of m-THPC in 
rat liver 3 h after the administration of m-THPC. It is clear that the localization of m-
THPC is not coincident with the whole liver vasculature and that depending on probe 
placement, the volume interrogated by our optical  technique contains areas of very 
high or low m-THPC fluorescence intensities. The spatial distribution of m-THPC is 
likely to be dominated by the role of the liver in the elimination of m-THPC29,30. A 
number of studies have illustrated the complexity of m-THPC pharmacokinetics in 
vivo21,31,32. These studies have shown the formation of m-THPC aggregates and the 
importance of binding to plasma proteins. Jones et al.21 postulated that m-THPC could 
disaggregate and redistribute to lipoproteins in the liver before further distribution to 
other tissues. It is therefore not surprising that m-THPC fluorescence is not 
homogeneously distributed within the liver vasculature 3 h after the administration of 
m-THPC. In the liver, we observe increased m-THPC fluorescence around the 
vasculature at both intermediate (24 h) and long drug-light intervals (48 h and 96 h). 
Note that m-THPC fluorescence is observed throughout the whole section, although in 
a lower intensity than around the vasculature.
Another important consideration is that the measured fluorescence signal by FDPS is 
the product of the photosensitizer concentration and the quantum yield. The quantum 
yield of a photosensitizer can change due to changes in environment and binding10,12,13 
and might give a possible indication on (sub)cellular localization of the photosensitizer. 
We find a linear correlation between FDPS measured fluorescence and extracted 
concentration, which suggests that the quantum yield is relatively constant over the 
drug-light intervals that we have investigated. This observation is in agreement with the 
fact that we found only small  differences in the shape of the basis spectra for different 
m-THPC drug-light intervals (data not shown). It seems that these binding effects are 
not sufficiently large to affect the m-THPC concentration estimate. We note that there 
may be subtle differences in quantum yield with respect to drug-light interval  in the liver 
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and that other organs might show significant variations in quantum yield. It should also 
be noted that steady-state fluorescence measurements are rather insensitive to the 
effects of binding and variations in quantum yield and that time-resolved spectroscopy 
would be much more appropriate to determine the magnitude of these effects33,34. The 
possible subtle differences in fluorescence quantum yield and the differences in 
scattering properties for different tissue types strongly suggest the necessity to 
determine a calibration curve (such as Fig. 3 for liver) for each tissue type separately. 
This is a topic currently under investigation. 
In conclusion, we compared an optical  concentration measurement technique based 
on quantitative fluorescence spectroscopy (FDPS) with chemical  extraction in an in 
vivo model. FDPS showed good correlation with chemical extraction and an ability to 
measure m-THPC values as low as 160 ng/g. Moreover, for short drug-light intervals, a 
correlation was observed between blood volume fraction and measured m-THPC 
fluorescence. A larger intra-animal variability was measured with FDPS compared to 
chemical extraction due to its smaller interrogation volume and heterogenous 
distribution of m-THPC on the scale of the FDPS sampling volume.
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ABSTRACT
The presence of phased protoporphyrin IX (PpIX) bleach kinetics has been shown to 
correlate with esophageal  response to ALA-PDT in animal models. Here we confirm 
the existence of phased PpIX photobleaching by increasing the temporal  resolution of 
the fluorescence measurements using the therapeutic illumination and long wavelength 
fluorescence detection. Furthermore fluorescence differential pathlength spectroscopy 
(FDPS) was incorporated to provide information on the effects of PpIX and tissue 
oxygenation distribution on the PpIX bleach kinetics during illumination.
ALA at a dose of 200 mg/kg was orally administered to 15 rats, 5 rats served as control 
animals. PDT was performed at an in-situ measured fluence rate of 75 mW cm-2 using 
a total fluence of 54 J cm-2. Forty eight hours after PDT  the esophagus was excised 
and histologically examined for PDT-induced damage. Fluence rate and PpIX 
photobleaching at 705 nm were monitored during therapeutic  illumination with the 
same isotropic  probe. A new method, FDPS, was used for superficial  measurement on 
saturation, blood volume, scattering characteristics and PpIX fluorescence. Results 
showed two-phased PpIX photobleaching that was not related to a (systematic) 
change in esophageal oxygenation but was associated with an increase in average 
blood volume. PpIX fluorescence photobleaching measured using FDPS, in which 
fluorescence signals are only acquired from the superficial  layers of the esophagus, 
showed lower rates of photobleaching and no distinct phases. No clear correlation 
between two-phased photobleaching and histological tissue response was found. This 
study demonstrates the feasibility of measuring fluence rate, PpIX fluorescence and 
FDPS during PDT in the esophagus. We conclude that the spatial  distribution of PpIX 
significantly influences the kinetics of photobleaching and that there is a complex 
interrelationship between the distribution of PpIX and the supply of oxygen to the 
illuminated tissue volume. 
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INTRODUCTION
Barrett’s esophagus is a pre-malignant condition defined as intestinal metaplasia of the 
epithelium1. Currently 5-aminolevulinic acid based photodynamic therapy (ALA-PDT) of 
Barrett’s esophagus is under investigation as an alternative to esophageal  resection2. 
The administration of ALA induces, through a number of intermediates in the heme 
biosynthetic  pathway of cells, accumulation of endogenous protoporphyrin IX (PpIX). 
Interaction of PpIX with light of an appropriate wavelength and oxygen leads to the 
generation of reactive oxygen species, notably singlet oxygen3. In the esophagus, 
where PpIX predominantly localizes in the epithelial layer and submucosa4, sufficient 
formation of singlet oxygen leads to epithelial  ablation. Despite the relatively high 
clinical  response of Barrett’s esophagus to ALA-PDT, there remain a significant number 
of patients that show incomplete epithelial ablation5. 
There are a number of often interdependent parameters that determine the efficacy of 
PDT which include PpIX concentration and distribution, treatment wavelength, fluence, 
fluence rate (distribution) and availability of oxygen within the treatment volume. We 
have been investigating several of these parameters and how they relate to biological 
response in pre-clinical  rat models6,7. Despite standardizing light treatment parameters 
(e.g. fluence and fluence rate) based on in situ measurements, large variations in 
response were observed. In a step further we combined standardized light treatment 
with fluorescence spectroscopy using 405 nm excitation during short interruptions to 
the therapeutic  light source6. These measurements of PpIX photobleaching showed a 
higher rate of photobleaching and total  amount of bleaching in animals that showed 
complete epithelial ablation than in animals that showed no or partial response of the 
esophageal epithelium. Furthermore, in animals that showed complete epithelial 
ablation two distinctive phases in PpIX photobleaching were observed. Here an initial 
high rate of photobleaching was followed by a phase in which the rate of 
photobleaching was lower. These observations are supported by the recent results of 
Sheng et al.8. 
A theoretical analysis of the kinetics of PpIX photobleaching shows that the kinetics of 
photobleaching can be described by a second-order function in which the 
concentration of oxygen determines the rate of photobleaching9-11. We have previously 
attributed differences in rate of photobleaching between phases and between animals 
to differences in tissue oxygenation. It is important to consider that, in addition to the 
oxygen concentration, the second-order function also implies that the initial 
photosensitizer concentration and distribution may have an influence on the rate of 
photobleaching. In the present study we have three aims: I) to more closely investigate 
the phased photobleaching kinetics by increasing temporal  resolution of fluorescence 
measurements by measuring fluorescence above 660 nm during the therapeutic 
illumination12; II) to determine the source of these different phases of PpIX 
photobleaching by incorporating superficial fluorescence measurements and 
monitoring physiological parameters such as saturation and blood volume using 
fluorescence differential pathlength spectroscopy (FDPS) (manuscript submitted) 
during therapeutic illumination; and III) to compare the above methods of monitoring 
ALA-PDT with the histologically observed response of esophageal tissue 48 hours after 
treatment and the microscopical distribution of PpIX over the different layers of the 
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esophagus, performed on tissue of non-treated control and ALA-administered animals, 
using fluorescence microscopy.
 
MATERIALS AND METHODS
Animal and treatment procedure
The experimental design for this study was approved by the animal experiment 
committee of the Erasmus Medical Center. Two weeks before commencing the 
experiments 20 normal adult male Wistar rats were placed on a diet of chlorophyll free 
food to minimize the influence on autofluorescence centered at 675 nm due to 
pheophorbide-α. 200 mg/kg ALA, dissolved in saline, was orally administered to 15 
animals two hours before PDT. Five rats in the control  group were administered saline 
only. Just before PDT the rats were intramuscular (i.m.) anaesthetized with 60 mg/kg 
ketamine and 5 mg/kg xylazine (Rompun, Bayer, Germany). 
Figure 1a shows a schematic outline of the illumination and measurement setup. 
Homogeneous illumination of the esophagus was achieved by a rigid, optically clear, 
double lumen balloon, length 40 mm and 3 mm diameter (inflated), on the distal end of 
a catheter (opta pro, Cordis, Roden, The Netherlands). A 20 mm cylindrical linear 
diffuser was placed in the catheter to illuminate the esophagus using 635 nm light from 
an argon ion pumped dye laser (Spectra Physics, Eindhoven, The Netherlands). An 
isotropic probe was placed on the outer wall  of the balloon to measure fluence rate and 
long wavelength fluorescence (> 660 nm) with high temporal resolution during 
illumination from the esophageal mucosa.  An additional FDPS-probe was placed on 
the adjacent wall of the balloon to measure physiological  parameters, (oxygen 
saturation and blood volume) and tissue scattering characteristics using the DPS 
technique and local  fluorescence under 405 nm excitation using the FDPS technique, 
described in section 2.3. The balloon and probes, figure 1b, were inserted into the 
esophagus and the balloon was fully inflated to its fixed diameter with between 2 and 
2.5 ml of air, keeping the pressure between the specified nominal and burst pressure of 
6 and 10 atmospheres, respectively. As in our previous studies the in-situ fluence rate 
measured at the esophagus wall  was adjusted to 75 mW cm-2. The adjustment 
procedure took between 5 and 10 seconds during which a 10% neutral  density filter 
was used to minimize light fluence delivered to the esophagus. Before starting PDT up 
to three FDPS spectra were acquired. Thereafter, during PDT, the treatment was 
interrupted for 3 seconds every 30 seconds to acquire FDPS spectra. Fluence rate at 
635 nm and fluorescence above 660 nm were measured continuously with the 
isotropic probe. PDT was stopped when a total delivered dose of 54 J cm-2 was 
reached. In 9 animals immediately after PDT the effect of balloon pressure on blood 
volume and saturation was measured by completely deflating and inflating the rigid 
balloon. Directly after PDT 0.05 mg/kg Temgesic  (Schering-Plough, Utrecht, The 
Netherlands) was administered i.m. as analgesic. 
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Figure 1. a) Shows a schematic diagram of the experimental setup; b) Photo of the balloon with 
the isotropic and DPS probe attached to the balloon; c) schematic diagram of the FDPS system.

Light dosimetry and fluorescence
Fluence rate and long wavelength tissue fluorescence were measured using the same 
1 mm isotropic probe at the distal end of either a 200 or 400 µm optical fiber. 
Depending on this optical  fiber diameter the fiber-probe is coupled into a 100/200 or 
200/400 µm bifurcated fiber. These types of fiber bifurcations were chosen to give an 
optimal signal  through the large fiber diameter of the bifurcation used for fluorescence 
measurements. A smaller fraction of the excitation light was led to a modular based 
multi-channel dosimetry device and was sufficient for accurate fluence rate 
measurements (13). The larger fiber diameter of the bifurcation is led to a spectrograph 
(USB4000, Ocean Optics, Duiven, The Netherlands) containing a 660 nm long pass 
filter to block the reflected and scattered light from the excitation light source and 
detect tissue fluorescence above 660 nm. Integration times were restricted to a 
maximum of 5 seconds to allow monitoring of fluorescence photobleaching kinetics 
with high temporal resolution.

Fluorescence Differential Pathlength Spectroscopy
Fluorescence differential  pathlength spectroscopy (FDPS) is an extension to DPS14,15 
which is based on the principles of DPS. Figure 1c shows the schematic  diagram of the 

Monitoring ALA-induced PpIX PDT in the rat esophagus

         83



combined DPS and FDPS configuration. A DPS/FDPS probe was made containing two 
400 micron fibers with a minimal core-to-core distance (440 microns) and polished at 
an angle of 35 degrees to minimize specular reflectance at the probe-medium 
interface. Figure 1b shows the balloon with the tip of the FDPS probe. This angle was 
chosen to ensure and optimize contact with the esophageal wall and is slightly greater 
than used in previous DPS studies14,15. For DPS one fiber acts as both delivery and 
collection fiber (dc-fiber) and the second as a collection fiber (c-fiber). The dc  fiber 
delivers white light to the tissue and collects both superficially and deeply scattered 
photons, while the c-fiber only collects deeply scattered photons. Hence the differential 
signal is based on superficially scattered photons of which the pathlength is known and 
depends only on the probe fiber diameter16. For FDPS, like DPS, one fiber is 
designated as a dc-fiber and the second as a c-fiber. The dc-fiber collects superficially 
as well as deeply excited fluorescence while the c-fiber only collects deeply excited 
fluorescence. Thus the difference in fluorescence measured in the dc-fiber and c-fiber, 
the differential fluorescence signal, only takes into account the superficial fluorescence. 
Phantom measurements have shown that the differential  fluorescence signal is 
independent of the scattering coefficient of the sample under investigation. Moreover, 
since both the DPS and FDPS measurement are performed with the same probe and 
having the same measurement geometry, the differential fluorescence can be 
corrected for the effects of absorption of excitation light by multiplication of the 
differential  fluorescence signal by the ratio of the differential  reflectance signals with 
and without absorption at the excitation wavelength. The FDPS system was calibrated 
before the start of each measurement series (manuscript submitted). 
During each 3 second interruption, first the differential  reflectance is measured, after 
which the differential fluorescence signal is acquired using a 405 nm excitation laser 
light source (PPMT-LD1382, Power Technology, Little Rock, USA). The 405 nm source 
was allowed to stabilize before each measurement session and was kept on 
continuously and controlled using an external shutter (Uniblitz LS-series, Vincent 
Associates, Rochester, USA). The total  laser output power at the fiber-tip was  0.04 
mW, and resulted in a light fluence of 32 µJ cm-2 per measurement. Hence no 
significant contribution to the PDT effect from the 405 nm light source is expected. No 
detection filter was necessary since initial measurements showed negligible 
contribution from the 405 nm laser source above 420 nm.

Histology and PDT response
Animals were sacrificed after 48 hours by intracardiac exsanguination under isoflurane 
anesthesia. 30 minutes before exsanguination 0.05 mg/kg temgesic  was administered 
i.m. as additional  analgesic. The thoracic  and abdominal  cavities were opened and 
macroscopically examined for PDT  damage. Thereafter the esophagus was excised, 
opened longitudinally and macroscopically assessed for PDT-damage and 
abnormalities. Then the esophagus was swiss rolled from distal to proximal, fixed in 
formalin, embedded in paraffin, sectioned and stained using hemeatoxylin and eosin. 
Damage to the individual  esophageal  layers was examined microscopically as 
described by Boere et al.6,7. Particular attention was paid to determine if there was a 
complete or incomplete ablation of the epithelium. 
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Fluorescence microscopy 
Frozen tissue samples of untreated control  and ALA-administered animals were 
handled under subdued light conditions. Esophageal  cross sections of 20 µm thickness 
were sectioned and mounted on glass slides (Menzel, Braunschwig, Germany). 
Fluorescence images were acquired at a 50 times magnification using a CCD camera 
(ORCA-ER, Hamamatsu, Herrsching am Ammersee, Germany) mounted on a 
fluorescence microscope (Leica, Leiden, The Netherlands) equipped with an N2.1 filter 
block with an additional  bandpass detection filter, 635 ± 10 nm. Fluorescence spectra 
were acquired from individual esophageal layers using spot sizes of either 12.5 or 67.5 
µm, and 200 times magnification using a spectrograph (USB4000, Ocean Optics, 
Duiven, The Netherlands). Fluorescence was induced with a mercury lamp using a 405 
nm band pass filter in combination with a 460 nm short pass filter. Light from the 
sample was filtered using a 460 nm long pass filter before collected by the 
spectrograph. Appropriate autofluorescence spectra were acquired and subtracted 
using methods similar to those described in section 2.6.2.

Data analysis
FDPS data 
The DPS part of the setup is calibrated as described previously14,15. Calibration of the 
fluorescence signals for the dc- and c-fibers is done based on the transmission 
functions measured using a calibrated white light source (HL-2000-CAL, Ocean Optics, 
Duiven, The Netherlands) (manuscript submitted). The day-to-day variations in output 
from the laser excitation source were accounted for by measuring the fluorescence 
intensity with the probe at a fixed distance from fluorescent spectralon (USFS-200-010, 
Labsphere purchased from Laser 2000, Vinkeveen, The Netherlands). Hence the 
differential fluorescence (DF), corrected for the absorption, can be described by:

 

.     (1)

Here Lcal is the true output of the calibrated white light source and Llaser is the 
measured laser intensity using fluorescent spectralon. IF and JF are the tissue 
fluorescence intensities measured by the dc- and c-fibers, respectively. Ical and Jcal are 
the calibration lamp intensities as measured by the dc- and c-fibers, respectively. 
Correction for the tissue absorption is performed by taking the ratio of the calculated 
differential  reflectance without absorption present (R(0)), i.e. the Mie and Rayleigh 
scattering intensities at the excitation wavelength, and the measured differential 
reflectance of the tissue (R) at that wavelength. 

DPS data
Differential reflectance spectra were fitted according to a model  described by Amelink 
et al.14 including an additional  scattering term, see equation 2. In addition to Mie-
scattering we observed Rayleigh scattering in the rat esophagus, as has been 
observed previously in skin17. The inclusion of the Rayleigh scattering term in the fit-

measurements. A smaller fraction of the excitation light was led to a
modular-based multi-channel dosimetry device and was sufficient
for accurate fluence rate measurements (13). The larger fiber
diameter of the bifurcation is led to a spectrograph (USB4000;
Ocean Optics, Duiven, The Netherlands) containing a 660 nm long
pass filter to block the reflected and scattered light from the
excitation light source and detect tissue fluorescence above 660 nm.
Integration times were restricted to a maximum of 5 s to allow
monitoring of fluorescence photobleaching kinetics with high tem-
poral resolution.

Fluorescence differential pathlength spectroscopy. Fluorescence
differential pathlength spectroscopy is an extension to DPS (14,15)
which is based on the principles of DPS. Figure 1c shows the
schematic diagram of the combined DPS and FDPS configuration. A
DPS ⁄FDPS probe was made containing two 400 micron fibers with a
minimal core-to-core distance (440 microns) and polished at an angle
of 35 degrees to minimize specular reflectance at the probe-medium
interface. Figure 1b shows the balloon with the tip of the FDPS
probe. This angle was chosen to ensure and optimize contact with the
esophageal wall and is slightly greater than used in previous DPS
studies (14,15). For DPS one fiber acts as both delivery and
collection fiber (dc-fiber) and the second as a collection fiber (c-
fiber). The dc-fiber delivers white light to the tissue and collects both
superficially and deeply scattered photons, while the c-fiber only
collects deeply scattered photons. Hence the differential signal is
based on superficially scattered photons of which the pathlength is
known and depends only on the probe fiber diameter (16). For
FDPS, like DPS, one fiber is designated as a dc-fiber and the second
as a c-fiber. The dc-fiber collects superficially as well as deeply excited
fluorescence while the c-fiber only collects deeply excited fluorescence.
Thus the difference in fluorescence measured in the dc-fiber and c-
fiber, the differential fluorescence (DF) signal, only takes into
account the superficial fluorescence. Phantom measurements have
shown that the DF signal is independent of the scattering coefficient
of the sample under investigation. Moreover, since both the DPS and
FDPS measurement are performed with the same probe and having
the same measurement geometry, the DF can be corrected for the
effects of absorption of excitation light by multiplication of the DF
signal by the ratio of the differential reflectance signals with and
without absorption at the excitation wavelength. The FDPS system
was calibrated before the start of each measurement series (A.
Amelink, B. Kruijt, D. J. Robinson and H. J. C. M. Sterenborg,
unpublished).

During each 3 s interruption, first the differential reflectance is
measured, after which the DF signal is acquired using a 405 nm
excitation laser light source (PPMT-LD1382, Power Technology, Little
Rock, AR). The 405 nm source was allowed to stabilize before each
measurement session and was kept on continuously and controlled
using an external shutter (Uniblitz LS-series, Vincent Associates,
Rochester, NY). The total laser output power at the fiber-tip was
0.04 mW, and resulted in a light fluence of 32 lJ cm)2 per measure-
ment. Hence no significant contribution to the PDT effect from the
405 nm light source is expected. No detection filter was necessary since
initial measurements showed negligible contribution from the 405 nm
laser source above 420 nm.

Histology and PDT response. Animals were killed after 48 h by
intracardiac exsanguination under isoflurane anesthesia. 30 min before
exsanguination 0.05 mg kg)1 Temgesic was administered i.m. as
additional analgesic. The thoracic and abdominal cavities were opened
and macroscopically examined for PDT damage. Thereafter the
esophagus was excised, opened longitudinally and macroscopically
assessed for PDT-damage and abnormalities. Then the esophagus was
swiss rolled from distal to proximal, fixed in formalin, embedded in
paraffin, sectioned and stained using hematoxylin and eosin. Damage
to the individual esophageal layers was examined microscopically as
described by Boere et al. (6,7). Particular attention was paid to
determine if there was a complete or incomplete ablation of the
epithelium.

Fluorescence microscopy. Frozen tissue samples of untreated
control and ALA-administered animals were handled under subdued
light conditions. Esophageal cross sections of 20 lm thickness were
sectioned and mounted on glass slides (Menzel, Braunschwig,
Germany). Fluorescence images were acquired at a 50 times
magnification using a CCD camera (ORCA-ER, Hamamatsu, Herrs-

ching am Ammersee, Germany) mounted on a fluorescence micro-
scope (Leica, Leiden, The Netherlands) equipped with an N2.1 filter
block with an additional bandpass detection filter, 635 ± 10 nm.
Fluorescence spectra were acquired from individual esophageal layers
using spot sizes of either 12.5 or 67.5 lm, and 200 times magnifi-
cation using a spectrograph (USB4000, Ocean Optics). Fluorescence
was induced with a mercury lamp using a 405 nm band pass filter in
combination with a 460 nm short pass filter. Light from the sample
was filtered using a 460 nm long pass filter before collected by the
spectrograph. Appropriate autofluorescence spectra were acquired
and subtracted using methods similar to those described under DPS
data.

Data analysis. FDPS data: The DPS part of the setup is calibrated
as described previously (14,15). Calibration of the fluorescence signals
for the dc- and c-fibers is made based on the transmission functions
measured using a calibrated white light source (HL-2000-CAL; Ocean
Optics) (A. Amelink, B. Kruijt, D. J. Robinson and H. J. C. M.
Sterenborg, unpublished). The day-to-day variations in output from
the laser excitation source were accounted for by measuring the
fluorescence intensity with the probe at a fixed distance from
fluorescent spectralon (USFS-200-010; Labsphere purchased from
Laser 2000, Vinkeveen, The Netherlands). Hence the DF, corrected for
the absorption, can be described by:
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Here Lcal is the true output of the calibrated white light source and
Llaser is the measured laser intensity using fluorescent spectralon. IF

and JF are the tissue fluorescence intensities measured by the dc- and
c-fibers, respectively. Ical and Jcal are the calibration lamp intensities as
measured by the dc- and c-fibers, respectively. Correction for the tissue
absorption is performed by taking the ratio of the calculated
differential reflectance without absorption present (R(0)), i.e. the Mie
and Rayleigh scattering intensities at the excitation wavelength, and
the measured differential reflectance of the tissue (R) at that wave-
length.

DPS data: Differential reflectance spectra were fitted according to a
model described by Amelink et al. (14) including an additional
scattering term (see Eq. 2). In addition to Mie scattering we observed
Rayleigh scattering in the rat esophagus, as has been observed
previously in skin (17). The inclusion of the Rayleigh scattering term in
the fit-model resulted in a significant better fit of the data (P < 0.05).
The differential reflectance, R, is written:

R ! a1
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in which the scattering function is modeled by a combination of Mie
scattering and Rayleigh scattering, given by power law functions with
amplitudes a1 and a2 and wavelength dependencies k)b and k)4,
respectively. Ccor is a correction factor that accounts for the inhomo-
geneous distribution of blood in tissue and depends on the vessel
diameter Dvessel, q is the blood volume fraction, StO2 is the micro-
vascular blood oxygenation, la

HbO2(k) is the absorption coefficient of
fully oxygenated whole blood, and la

Hb(k) is the absorption coefficient
of fully deoxygenated whole blood.

Fluorescence spectroscopy. As we and others have described
previously (6,11,12) fluorescence spectra were analyzed as a linear
combination of basis spectra and fitted using a singular value
decomposition algorithm. The fluorescence can be described by a
combination of tissue autofluorescence, PpIX and its photoproducts
(pPpIX). Basis spectra for the individual components were extracted
from the in vivo-measured fluorescence spectra. For both of the
fluorescence spectroscopy methods, each with its own excitation
wavelength and detection wavelength band, a separate set of basis
spectra was obtained. All animals in this study, including the light-
only controls, showed PpIX fluorescence.

Differential fluorescence spectra were fitted using seven components
(equally weighted) over the wavelength region of 435–750 nm. Three
basis spectra were used to fit PpIX and its two photoproducts centered
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model resulted in a significant better fit of the data (P < 0.05). The differential 
reflectance, R, is written, 

      

 (2)

in which the scattering function is modeled by a combination of Mie scattering and 
Rayleigh scattering, given by power law functions with amplitudes a1 and a2 and 
wavelength dependencies λ -b and λ -4, respectively. Ccor is a correction factor that 
accounts for the inhomogeneous distribution of blood in tissue and depends on the 
vessel diameter Dvessel, ρ is the blood volume fraction, StO2 is the microvascular blood 
oxygenation, µaHbO2(λ) is the absorption coefficient of fully oxygenated whole blood, 
and µaHb(λ) is the absorption coefficient of fully deoxygenated whole blood.

Fluorescence spectroscopy
As we and others have described previously6,11,12 fluorescence spectra were analyzed 
as a linear combination of basis spectra and fitted using a singular value 
decomposition algorithm. The fluorescence can be described by a combination of 
tissue autofluorescence, PpIX and its photoproducts (pPpIX). Basis spectra for the 
individual components were extracted from the in vivo measured fluorescence spectra. 
For both of the fluorescence spectroscopy methods, each with its own excitation 
wavelength and detection wavelength band, a separate set of basis spectra was 
obtained. All animals in this study, including the light-only controls, showed PpIX 
fluorescence.
Differential fluorescence spectra were fitted using 7 components (equally weighted) 
over the wavelength region of 435 to 750 nm. Three basis spectra were used to fit 
PpIX and its 2 photoproducts centered at 675 nm and 652 nm with a full width half 
maximum (FWHM) of 27 nm and 15 nm, respectively. Though this second 
photoproduct at 652 nm is not included nor observed in our previous PpIX 
photobleaching analysis in the esophagus6, it is consistent with the analysis of Finlay et 
al.11. To obtain a representative autofluorescence basis spectrum for the region where 
PpIX fluorescence is dominant, we used a  scaled curve of elastin and collagen from 
the literature18. Other endogenous non-porphyrin fluorophores show a spectrally similar 
shaped monotonic decrease above 600 nm18. 
In a small  number of animals a distinctive narrow peak centered at 623 nm was 
observed in the FDPS spectra. A fluorophore expressing a similar peak was also 
observed in the rat skin11. We included a Lorentzian centered at 623 nm with a FWHM 
of 17.5 nm to our fit model  to account for the presence of this (unidentified) 
fluorophore.
Below 600 nm the differential autofluorescence spectra between individual animals 
varied considerably. Besides a general monotonic decrease in autofluorescence 
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intensity as observed previously in the rat esophagus and which is attributed to elastin 
and collagen, two distinct peaks at 480 FWHM 160 nm and 530 nm FWHM 100 nm 
were observed in a number of animals. The basis spectra for these peaks are average 
spectra acquired from animals in which either of the two peaks was dominating. Since 
there was no direct relation between the intensities or the presence of the 480 nm and 
530 nm peaks and fluorescence attributed to elastin and collagen, they were 
considered to originate from different fluorophores. The presence of two individual 
peaks indicate the presence of two additional fluorophores in the rat esophagus. Note 
that the presence or absence of these peaks has no influence on the PpIX amplitude 
above 600 nm.
The long wavelength fluorescence spectra acquired in the wavelength region from 660 
to 825 nm using the isotropic probe were fitted using three components: tissue 
autofluorescence, PpIX and its photoproduct (pPpIX) centered on 675 nm with a 
FWHM of 27 nm.

PpIX photobleaching
In previous ALA-PDT experiments on mouse skin and rat esophagus we have shown 
that PpIX photobleaching can be described by a second-order function 7,19,

.   (3)

Here [S0]t and [S0]t=0 are the photosensitizer concentration and the initial 
photosensitizer concentration, respectively. Fluence rate per time unit or dose is 
represented by the parameter D. The local concentration of oxygen, [3O2], is a free 
parameter that is determined by the balance between the supply of oxygen from the 
tissue vasculature and the photodynamic and metabolic demand for oxygen. In this 
approach it is assumed that the concentration of biological  substrate, [A], remains 
constant during treatment. If it is further assumed that parameters α, fraction of 
interactions between triplet state sensitiser and ground state oxygen that lead to 
formation of singlet oxygen, φ t, triplet quantum yield of of the sensitiser, σ, the 
photosensitizer absorption cross section, κ d, monomolecular decay rate of singlet 
oxygen, κos, bimolecular rate of chemical  reaction between singlet oxygen and ground 
state photosensitizer, κ oa, the chemical reaction between singlet oxygen and tissue, 
remain constant, equation 3 can be simplified to:

     

.   (4)

Here P is proportional to the local  concentration of molecular oxygen. During 
illumination the concentration of oxygen is influenced by the decreasing photodynamic 
demand for oxygen caused by PpIX photobleaching and variations in the vascular 

at 675 and 652 nm with a full width half maximum (FWHM) of 27 and
15 nm, respectively. Though this second photoproduct at 652 nm is
not included nor observed in our previous PpIX photobleaching
analysis in the esophagus (6), it is consistent with the analysis of Finlay
et al. (11). To obtain a representative autofluorescence basis spectrum
for the region where PpIX fluorescence is dominant, we used a scaled
curve of elastin and collagen from the literature (18). Other endoge-
nous nonporphyrin fluorophores show a spectrally similar shaped
monotonic decrease above 600 nm (18).

In a small number of animals a distinctive narrow peak centered
at 623 nm was observed in the FDPS spectra. A fluorophore
expressing a similar peak was also observed in the rat skin (11).
We included a Lorentzian centered at 623 nm with an FWHM of
17.5 nm to our fit model to account for the presence of this
(unidentified) fluorophore.

Below 600 nm the differential autofluorescence spectra between
individual animals varied considerably. Besides a general monotonic
decrease in autofluorescence intensity as observed previously in the rat
esophagus and which is attributed to elastin and collagen, two distinct
peaks at 480 nm FWHM 160 and 530 nm FWHM 100 nm were
observed in a number of animals. The basis spectra for these peaks are
average spectra acquired from animals in which either of the two peaks
was dominating. As there was no direct relationship between the
intensities or the presence of the 480 and 530 nm peaks and
fluorescence attributed to elastin and collagen, they were considered
to originate from different fluorophores. The presence of two
individual peaks indicates the presence of two additional fluorophores
in the rat esophagus. Note that the presence or absence of these peaks
has no influence on the PpIX amplitude above 600 nm.

The long wavelength fluorescence spectra acquired in the wave-
length region from 660 to 825 nm using the isotropic probe were fitted
using three components—tissue autofluorescence, PpIX and its pho-
toproduct (pPpIX) centered on 675 nm with an FWHM of 27 nm.

PpIX photobleaching. In previous ALA-PDT experiments on mouse
skin and rat esophagus we have shown that PpIX photobleaching can
be described by a second-order function (7,19):
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Here [S0]t and [S0]t=0 are the photosensitizer concentration and the
initial photosensitizer concentration, respectively. Fluence rate per
time unit or dose is represented by the parameter D. The local
concentration of oxygen, [3O2], is a free parameter that is determined
by the balance between the supply of oxygen from the tissue
vasculature and the photodynamic and metabolic demand for oxygen.
In this approach it is assumed that the concentration of biologic
substrate, [A], remains constant during treatment. If it is further
assumed that the parameters a, the fraction of interactions between
triplet state sensitizer and ground state oxygen that leads to the
formation of singlet oxygen, /t, triplet quantum yield of the sensitizer,
r, the photosensitizer absorption cross section, jd, the monomolecular
decay rate of singlet oxygen, jos, the bimolecular rate of chemical
reaction between singlet oxygen and ground state photosensitizer, joa,
the chemical reaction between singlet oxygen and tissue, remain
constant, Eq. (3) can be simplified to:
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Here P is proportional to the local concentration of molecular
oxygen. During illumination the concentration of oxygen is influ-
enced by the decreasing photodynamic demand for oxygen caused by
PpIX photobleaching and variations in the vascular supply of
oxygen. It is possible that the supply of oxygen to the illuminated
volume will change throughout the illumination (19). In previous
experiments in the esophagus (6,7) we observed that a high initial
PpIX rate of photobleaching (below 2 J cm)2) is followed by a lower
rate of photobleaching for the remainder of the treatment. This was
further demonstrated by arbitrarily splitting the analysis of kinetics
of photobleaching into two parts, up to 2 J cm)2 and from 2 J cm)2

onward, and fitting these separately. In this approach it was assumed
(and emphasized) that variations in rate of photobleaching were

likely to be due to the availability of oxygen. In the present study we
have not made this arbitrary choice but analyzed the whole of the
measured photobleaching kinetics and fitted the data with one or
more functions of the form of Eq. (4), where both initial photosen-
sitizer concentration and the oxygen-dependent parameter were
regarded as free parameters.

Statistical analysis. Spectra are smoothed by binning pixels
(n = 10) and calculating the average value and standard error of the
mean. The smoothed spectra were then fitted using the standard error
of the mean as weight factor. The 68% confidence interval (or fitting
accuracy) of each of the fitted parameters is given by the square root of
the diagonal elements of the covariance matrix. The covariance matrix
is the inverse of the second derivative matrix of v2 with respect to its
free parameters and is exact if and only if the weight factors used in the
minimization routine are exact. However, in our case the standard
errors of the mean of the individual data points are not real
measurement uncertainties but mainly reflect spectrometer noise. In
this case, the true variance of the data must be estimated from the data
itself. The covariance matrix is then estimated by multiplying the
inverse of the second derivative matrix of v2 with respect to its free
parameters by v2 ⁄ m, with m the number of degrees of freedom. The 68%
confidence interval (or fitting accuracy) of each of the parameters is
then given by the square root of the diagonal elements of the estimated
covariance matrix under the assumption that the model (Eq. 2) is
correct.

The significance level for the differences in fitting of the rate of
photobleaching kinetics with a single and double second-order model
was tested with an F-test. Differences between groups were tested with
the nonparametric Mann–Whitney test.

RESULTS

General observations and histologic response to PDT

Catheter placement in the rat esophagus can trigger a reflex
that causes respiratory arrest. We encountered this in a small
number of animals and one animal died during the procedure.
One animal also died a day after PDT. No histologic
examination was performed in these animals. In a further
two animals a poor signal-to-noise ratio, caused by incomplete
contact between one or more of the probes and the mucosa,
did not allow a comparison between fluorescence photo-
bleaching data and histologic analysis.

At 48 h post-PDT, histology showed no PDT-related
response in the light-only controls while in the ALA-PDT
group nine out of 13 animals showed complete epithelial
ablation. In addition to the epithelial layer, severe damage up
to ablation was seen in the submucosa and muscularis propria.
Of the four nonresponding or partially responding animals,
one did not show any response, one had partial response in the
epithelial layer and two others showed damage in all layers
except the epithelial layer which remained viable.

Fluence rate

Figure 2 shows the average fluence rates as a function of dose,
measured during illumination, for the control and ALA-PDT
groups together with the standard deviations. There was no
change in the fluence rate during PDT. The control group
received a mean fluence rate of 77.9 ± 6.9 mW cm)2 and a
total dose of 54.4 ± 0.2 J cm)2. The mean fluence rate and
fluence delivered in the ALA-PDT group was 75.2 ± 6.0 and
54.6 ± 0.3 J cm)2, respectively. There was no significant
difference in either the mean fluence rate or fluence delivered
for the control and ALA-PDT group.
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at 675 and 652 nm with a full width half maximum (FWHM) of 27 and
15 nm, respectively. Though this second photoproduct at 652 nm is
not included nor observed in our previous PpIX photobleaching
analysis in the esophagus (6), it is consistent with the analysis of Finlay
et al. (11). To obtain a representative autofluorescence basis spectrum
for the region where PpIX fluorescence is dominant, we used a scaled
curve of elastin and collagen from the literature (18). Other endoge-
nous nonporphyrin fluorophores show a spectrally similar shaped
monotonic decrease above 600 nm (18).

In a small number of animals a distinctive narrow peak centered
at 623 nm was observed in the FDPS spectra. A fluorophore
expressing a similar peak was also observed in the rat skin (11).
We included a Lorentzian centered at 623 nm with an FWHM of
17.5 nm to our fit model to account for the presence of this
(unidentified) fluorophore.

Below 600 nm the differential autofluorescence spectra between
individual animals varied considerably. Besides a general monotonic
decrease in autofluorescence intensity as observed previously in the rat
esophagus and which is attributed to elastin and collagen, two distinct
peaks at 480 nm FWHM 160 and 530 nm FWHM 100 nm were
observed in a number of animals. The basis spectra for these peaks are
average spectra acquired from animals in which either of the two peaks
was dominating. As there was no direct relationship between the
intensities or the presence of the 480 and 530 nm peaks and
fluorescence attributed to elastin and collagen, they were considered
to originate from different fluorophores. The presence of two
individual peaks indicates the presence of two additional fluorophores
in the rat esophagus. Note that the presence or absence of these peaks
has no influence on the PpIX amplitude above 600 nm.

The long wavelength fluorescence spectra acquired in the wave-
length region from 660 to 825 nm using the isotropic probe were fitted
using three components—tissue autofluorescence, PpIX and its pho-
toproduct (pPpIX) centered on 675 nm with an FWHM of 27 nm.

PpIX photobleaching. In previous ALA-PDT experiments on mouse
skin and rat esophagus we have shown that PpIX photobleaching can
be described by a second-order function (7,19):
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Here [S0]t and [S0]t=0 are the photosensitizer concentration and the
initial photosensitizer concentration, respectively. Fluence rate per
time unit or dose is represented by the parameter D. The local
concentration of oxygen, [3O2], is a free parameter that is determined
by the balance between the supply of oxygen from the tissue
vasculature and the photodynamic and metabolic demand for oxygen.
In this approach it is assumed that the concentration of biologic
substrate, [A], remains constant during treatment. If it is further
assumed that the parameters a, the fraction of interactions between
triplet state sensitizer and ground state oxygen that leads to the
formation of singlet oxygen, /t, triplet quantum yield of the sensitizer,
r, the photosensitizer absorption cross section, jd, the monomolecular
decay rate of singlet oxygen, jos, the bimolecular rate of chemical
reaction between singlet oxygen and ground state photosensitizer, joa,
the chemical reaction between singlet oxygen and tissue, remain
constant, Eq. (3) can be simplified to:
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Here P is proportional to the local concentration of molecular
oxygen. During illumination the concentration of oxygen is influ-
enced by the decreasing photodynamic demand for oxygen caused by
PpIX photobleaching and variations in the vascular supply of
oxygen. It is possible that the supply of oxygen to the illuminated
volume will change throughout the illumination (19). In previous
experiments in the esophagus (6,7) we observed that a high initial
PpIX rate of photobleaching (below 2 J cm)2) is followed by a lower
rate of photobleaching for the remainder of the treatment. This was
further demonstrated by arbitrarily splitting the analysis of kinetics
of photobleaching into two parts, up to 2 J cm)2 and from 2 J cm)2

onward, and fitting these separately. In this approach it was assumed
(and emphasized) that variations in rate of photobleaching were

likely to be due to the availability of oxygen. In the present study we
have not made this arbitrary choice but analyzed the whole of the
measured photobleaching kinetics and fitted the data with one or
more functions of the form of Eq. (4), where both initial photosen-
sitizer concentration and the oxygen-dependent parameter were
regarded as free parameters.

Statistical analysis. Spectra are smoothed by binning pixels
(n = 10) and calculating the average value and standard error of the
mean. The smoothed spectra were then fitted using the standard error
of the mean as weight factor. The 68% confidence interval (or fitting
accuracy) of each of the fitted parameters is given by the square root of
the diagonal elements of the covariance matrix. The covariance matrix
is the inverse of the second derivative matrix of v2 with respect to its
free parameters and is exact if and only if the weight factors used in the
minimization routine are exact. However, in our case the standard
errors of the mean of the individual data points are not real
measurement uncertainties but mainly reflect spectrometer noise. In
this case, the true variance of the data must be estimated from the data
itself. The covariance matrix is then estimated by multiplying the
inverse of the second derivative matrix of v2 with respect to its free
parameters by v2 ⁄ m, with m the number of degrees of freedom. The 68%
confidence interval (or fitting accuracy) of each of the parameters is
then given by the square root of the diagonal elements of the estimated
covariance matrix under the assumption that the model (Eq. 2) is
correct.

The significance level for the differences in fitting of the rate of
photobleaching kinetics with a single and double second-order model
was tested with an F-test. Differences between groups were tested with
the nonparametric Mann–Whitney test.

RESULTS

General observations and histologic response to PDT

Catheter placement in the rat esophagus can trigger a reflex
that causes respiratory arrest. We encountered this in a small
number of animals and one animal died during the procedure.
One animal also died a day after PDT. No histologic
examination was performed in these animals. In a further
two animals a poor signal-to-noise ratio, caused by incomplete
contact between one or more of the probes and the mucosa,
did not allow a comparison between fluorescence photo-
bleaching data and histologic analysis.

At 48 h post-PDT, histology showed no PDT-related
response in the light-only controls while in the ALA-PDT
group nine out of 13 animals showed complete epithelial
ablation. In addition to the epithelial layer, severe damage up
to ablation was seen in the submucosa and muscularis propria.
Of the four nonresponding or partially responding animals,
one did not show any response, one had partial response in the
epithelial layer and two others showed damage in all layers
except the epithelial layer which remained viable.

Fluence rate

Figure 2 shows the average fluence rates as a function of dose,
measured during illumination, for the control and ALA-PDT
groups together with the standard deviations. There was no
change in the fluence rate during PDT. The control group
received a mean fluence rate of 77.9 ± 6.9 mW cm)2 and a
total dose of 54.4 ± 0.2 J cm)2. The mean fluence rate and
fluence delivered in the ALA-PDT group was 75.2 ± 6.0 and
54.6 ± 0.3 J cm)2, respectively. There was no significant
difference in either the mean fluence rate or fluence delivered
for the control and ALA-PDT group.
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supply of oxygen. It is possible that the supply of oxygen to the illuminated volume will 
change throughout the illumination (19). In previous experiments in the esophagus (6, 
7) we have observed that a high initial  PpIX rate of photobleaching (below 2 J cm-2)  is 
followed by a lower rate of photobleaching for the remainder of the treatment. This was 
further demonstrated by arbitrarily splitting the analysis of kinetics of photobleaching 
into two parts, up to 2 J cm-2 and from 2 J cm-2 onwards, and fitting these separately. In 
this approach it was assumed (and emphasized) that variations in rate of 
photobleaching were likely to be due to the availability of oxygen. In the present study 
we have not made this arbitrary choice but analyzed the whole of the measured 
photobleaching kinetics and fitted the data with one or more functions of the form of 
equation 4, where both initial  photosensitizer concentration and the oxygen dependent 
parameter were regarded as free parameters. 

Statistical analysis
Spectra are smoothed by binning pixels (n=10) and calculating the average value and 
standard error of the mean. The smoothed spectra were then fitted using the standard 
error of the mean as weight factor. The 68% confidence interval  (or fitting accuracy) of 
each of the fitted parameters is given by the square root of the diagonal elements of 
the covariance matrix. The covariance matrix is the inverse of the second derivative 
matrix of χ2 with respect to its free parameters and is exact if and only if the weight 
factors used in the minimization routine are exact. However, in our case the standard 
errors of the mean of the individual data points are not real  measurement uncertainties 
but mainly reflect spectrometer noise. In this case, the true variance of the data must 
be estimated from the data itself. The covariance matrix is then estimated by 
multiplying the inverse of the second derivative matrix of χ 2 with respect to its free 
parameters by χ 2/ν, with ν the number of degrees of freedom. The 68% confidence 
interval (or fitting accuracy) of each of the parameters is then given by the square root 
of the diagonal elements of the estimated covariance matrix under the assumption that 
the model (Eq. (2)) is correct. 
The significance level for the differences in fitting of the rate of photobleaching kinetics 
with a single and double second-order model were tested with an F-test. Differences 
between groups were tested with the non-parametric Mann-Whitney test.
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RESULTS
General observations and histological response to PDT
Catheter placement in the rat esophagus can trigger a reflex that causes respiratory 
arrest. We encountered this in a small  number of animals and one animal died during 
the procedure. One animal  also died one day after PDT. No histological  examination 
was performed in these animals. In a further two animals a poor signal to noise ratio, 
caused by incomplete contact between one or more of the probes and the mucosa, did 
not allow a comparison between fluorescence photobleaching data and histological 
analysis.  
At 48 hours post PDT histology showed no PDT related response in the light-only 
controls while in the ALA-PDT group 9 out of 13 animals showed complete epithelial 
ablation. In addition to the epithelial  layer, severe damage up to ablation was seen in 
the submucosa and muscularis propria. Of the 4 non- or partially responding animals, 
one did not show any response, one had partial response in the epithelial layer and 
two others showed damage in all  layers except the epithelial  layer which remained 
viable.

Figure 2. Mean measured fluence rates during illumination (thick lines) and their standard 
deviations (thin lines) for both the control group (gray) and ALA-PDT group (black).

Fluence rate
Figure 2 shows the average fluence rates as a function of dose, measured during 
illumination, for the control and ALA-PDT groups together with the standard deviations. 
There was no change in fluence rate during PDT. The control group received a mean 
fluence rate of 77.9 ± 6.9 mW cm-2 and total  dose of 54.4 ± 0.2 J cm-2.  The mean 
fluence rate and fluence delivered in the ALA-PDT group was  75.2 ± 6.0 mW cm-2 and 
54.6 ± 0.3 J cm-2, respectively. There was no significant difference in either the mean 
fluence rate or fluence delivered for the control and ALA-PDT group. 
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Fluorescence and reflectance spectroscopy

Figure 3a shows a typical long wavelength fluorescence
spectrum acquired approximately 1.5 J cm)2 after treatment
commenced. The spectrum was acquired during PDT, using

the 635 nm excitation light from the therapeutic light source.
Fitting was made based on three individual components,
autofluorescence, PpIX and its photoproduct centered on
675 nm. Also plotted is the residual between the total fit and
the acquired spectrum. Figure 3b shows a typical DF spectrum
acquired under 405 nm excitation at 21 J cm)2 after treatment
commenced. Also shown are the individual components on the
total fit and the residuals between the total fit and the acquired
spectrum. Figure 3c shows a typical differential reflectance
spectrum acquired during PDT with its fit and residual
between fit and data, approximately 7 J cm)2 after treatment
commenced. The characteristic absorption bands of blood,
around 415, 540 and 575 nm, are seen which are of importance
in determining the blood volume, saturation and the scattering
characteristics.

Figure 4 shows an example of the variation in saturation
and blood volume for two inflation and deflation cycles of the
balloon in one animal. During PDT with an inflated balloon a
constant saturation was observed throughout the treatment in
the esophagus and showed no evidence for delayed saturation
changes due to possible vasoconstriction of vessels. This means
the time between inflation and deflation on the saturation is
not an important factor and was on average 30 s. These
inflation ⁄ deflation measurements were conducted directly after
PDT in nine animals. In four out of nine animals there was a
significant decrease in blood volume when the balloon is

Figure 2. Mean measured fluence rates during illumination (thick
lines) and their standard deviations (thin lines) for both the control
group (gray) and ALA-PDT group (black).

Figure 3. Typical SVD component fit for (a) long wavelength fluorescence acquired with an isotropic probe under 635 nm excitation and (b) a
fluorescence spectrum as acquired with the FDPS probe under 405 nm excitation in the short interruptions during PDT. (c) A typical Levenberg-
Marquardt fit of the DPS signal.

Photochemistry and Photobiology, 2008, 84 1519

Figure 3. Typical SVD component fit for a) long wavelength fluorescence acquired with an 
isotropic probe under 635 nm excitation and b) a fluorescence spectrum as acquired with the 
FDPS probe under 405 nm excitation in the short interruptions during PDT.  c) shows a typical 
Levenberg-Marquardt fit of the DPS signal.

Fluorescence and reflectance spectroscopy
Figure 3a shows a typical long wavelength fluorescence spectrum acquired 
approximately 1.5 J cm-2 after treatment commenced. The spectrum was acquired 
during PDT, using the 635 nm excitation light from the therapeutic  light source. Fitting 
was done based on three individual  components, autofluorescence, PpIX and its 
photoproduct centered on 675 nm. Also plotted is the residual  between the total  fit and 
the acquired spectrum. Figure 3b shows a typical differential  fluorescence spectrum 
acquired under 405 nm excitation at 21 J cm-2 after treatment commenced. Also shown 
are the individual  components on the total  fit and the residuals between the total fit and 
the acquired spectrum. Figure 3c shows a typical  differential reflectance spectrum 
acquired during PDT with its fit and residual  between fit and data, approximately 7 J 
cm-2 after treatment commenced. The characteristic  absorption bands of blood, around 
415 nm, 540 nm and 575 nm, are seen which are of importance in determining the 
blood volume, saturation and the scattering characteristics. 
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Figure 4. The blood saturation (closed squares) and blood volume (closed triangles) and their 
standard deviations measured in one animal when the balloon was completely inflated and 
deflated in two cycles.

Figure 4 shows an example of the variation in saturation and blood volume for 2 
inflation and deflation cycles of the balloon in one animal. During PDT with an inflated 
balloon a constant saturation was observed throughout the treatment in the esophagus 
and showed no evidence for delayed saturation changes due to possible 
vasoconstriction of vessels. This means time between inflation and deflation on the 
saturation is not an important factor and was on average 30 seconds. These inflation/
deflation measurements were conducted directly after PDT in 9 animals. In 4 out of 9 
animals there was a significant decrease in blood volume when the balloon is deflated 
while the saturation remains relatively constant. There was no significant change in 
either blood volume or saturation in 3 animals. Two animals showed the opposite 
effect; a high blood volume when the balloon is inflated and low blood volume when 
deflated. In conclusion, there can be a significant change in blood volume when 
pressure is exerted on the esophagus wall while the blood saturation remains constant.

Monitoring esophageal PDT 
To correct for small variations in fluence rate, the fitted PpIX component of the long 
wavelength fluorescence emission above 660 nm was divided by the fluence rate, 
measured at 635 nm with the same isotropic probe at the corresponding time point. 
The corrected PpIX fluorescence decreases rapidly during the therapeutic  illumination. 
Figure 5(a-f) shows PpIX photobleaching, physiological parameters and tissue optical 
properties monitored during PDT in two animals. The left column (panels a, b, c) shows 
data from an animal  that showed significant two phased photobleaching. The right 
column (panels d, e, f) shows data from an animal that also showed two phased 
photobleaching, although this effect is not statistically significant. The photobleaching 
kinetics shown in figures 5 a and d are both fitted with a single as well  as the sum of 2 
second order functions. The corresponding residuals for both fits are shown in each 
figure. The residuals for the sum of 2 second order functions are smaller and more 
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evenly distributed around 0. In the ALA-PDT group as a whole the sum of 2 second 
order functions resulted in a better fit to the measured photobleaching kinetics curve 
than a single second order fit.  In one animal this reached statistical significance as 
determined by an F-test statistic  (p<0.05). The transition point between the two phases 
is defined as the point at which the calculated fractional  bleaching for both phases are 
equal and this is at a fluence of 2.8 ± 0.9 J cm-2, range 1.7 - 4.8 J cm-2. The overall 
extent of photobleaching measured in these animals is representative of all of the 
animals in the ALA-treatment group, which was between 70% and 80%.

Figure 5. Measured long wavelength fluorescence together with DPS measured physiological 
and tissue optical parameters plotted against in vivo measured dose for two animals of which 
one shows statistically significant two phased bleaching (panels a, b and c). a) and d) long 
wavelength fluorescence (open circles) fitted with a single second order model (thick gray line) 
and a double second order model (thick black line). Also plotted are the residuals of  the 
individual fits with the data (thin lines).  b) and e) DPS measured saturation (closed squares), left 
axis, and blood volume (closed diamonds), right axis, with confidence intervals during 
illumination. c) and f) absorption coefficients at 630 nm (closed squares) and 705 nm (closed 
triangles) with confidence intervals and scattering amplitude at 630 nm (open squares) and 705 
nm (open triangles) both with confidence intervals.

deflated while the saturation remains relatively constant. There
was no significant change in either blood volume or saturation
in three animals. Two animals showed the opposite effect; a

high blood volume when the balloon is inflated and low blood
volume when deflated. In conclusion, there can be a significant
change in blood volume when pressure is exerted on the
esophagus wall while the blood saturation remains constant.

Monitoring esophageal PDT

To correct for small variations in fluence rate, the fitted PpIX
component of the long wavelength fluorescence emission
above 660 nm was divided by the fluence rate, measured at
635 nm with the same isotropic probe at the corresponding
time point. The corrected PpIX fluorescence decreases rapidly
during therapeutic illumination. Figure 5a–f shows PpIX
photobleaching, physiologic parameters and tissue optical
properties monitored during PDT in two animals. The left
column (panels a, b, c) shows data from an animal that showed
significant two-phased photobleaching. The right column
(panels d, e, f) shows data from an animal that also showed
two-phased photobleaching, although this effect is not statis-
tically significant. The photobleaching kinetics shown in
Fig. 5a,d are both fitted with a single as well as the sum of
two second-order functions. The corresponding residuals for

Figure 4. The blood saturation (closed squares) and blood volume
(closed triangles) and their standard deviations measured in one
animal when the balloon was completely inflated and deflated in two
cycles.

Figure 5. Measured long wavelength fluorescence together with DPS-measured physiologic and tissue optical parameters plotted against in vivo-
measured dose for two animals of which one shows statistically significant two phased bleaching (panels a, b and c). (a, d) Long wavelength
fluorescence (open circles) fitted with a single second-order model (thick gray line) and a double second-order model (thick black line). Also plotted
are the residuals of the individual fits with the data (thin lines). (b, e) DPS-measured saturation (closed squares), left axis, and blood volume (closed
diamonds), right axis, with confidence intervals during illumination. (c, f) Absorption coefficients at 630 nm (closed squares) and 705 nm (closed
triangles) with confidence intervals and scattering amplitude at 630 nm (open squares) and 705 nm (open triangles) both with confidence intervals.
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Figures 5 b and e show the esophageal saturation and blood volume for the two 
animals plotted as a function of the delivered fluence. The saturation in both animals at 
the start of treatment is approximately 71% which increases to 90 % during the first 
15-20 J cm-2 and remains relatively constant for the remainder of treatment. The 
absolute blood volume for each animal at the start of treatment is 2.4% and 0.6% 
respectively (the range within the treatment group is 3.7% to 0.1%). The blood volume 
increases by approximately 35% during the first 10 J cm-2 and subsequently decreases 
by 30% and 17%, respectively (compared to the starting value). In figures 5 c and f the 
calculated absorption coefficient (closed symbols) and scatter amplitude (open 
symbols) at 635 (squares) and 705 nm (triangles) are plotted as a function of the 
delivered fluence. The absorption coefficient was calculated based on the blood 
volume percentage and the ratio of oxy- and deoxyhemoglobin and is dependent on 
variations in the saturation and blood volume, assuming that hemoglobin is the main 
absorber in tissue. Based on the extinction coefficients of oxy- and deoxyhemoglobin in 
the 600-800 nm wavelength range it is expected that variations in the ratio between 
oxy- and deoxyhemoglobin causes higher variability in the absorption coefficient at 635 
nm than at 705 nm. The scatter amplitude at 635 nm and 705 nm was calculated as 
the value of the differential  reflectance signal at those particular wavelengths. Figure 5 
c shows a relatively high scatter amplitude compared to figure 5 f and has a sudden 
increase of 26% at 25 J cm-2 after which it decreases to its initial value during the 
remainder of treatment. The scatter amplitude in figure 5f shows a decrease of 28% 
with a minimum at approximately 27 J cm-2, followed by an increase to its initial value. 

Figure 6. a) mean saturation with standard error of the mean (SEM) against dose for the control 
(gray) and ALA-PDT animals (black); b) mean blood volumes with SEM against dose for the 
control (gray) and ALA-PDT animals (black).

both fits are shown in each figure. The residuals for the sum of
two second-order functions are smaller and more evenly
distributed around 0. In the ALA-PDT group as a whole the
sum of two second-order functions resulted in a better fit to the
measured photobleaching kinetics curve than a single second-
order fit. In one animal this reached statistical significance as
determined by an F-test statistic (P < 0.05). The transition
point between the two phases is defined as the point at which
the calculated fractional bleaching for both phases are equal
and this is at a fluence of 2.8 ± 0.9 J cm)2 (range 1.7–
4.8 J cm)2). The overall extent of photobleaching measured in
these animals is representative of all of the animals in the
ALA-treatment group, which was between 70% and 80%.
Figure 5b,e shows the esophageal saturation and blood
volume for the two animals plotted as a function of the
delivered fluence. The saturation in both animals at the start of
treatment is approximately 71% which increases to 90%
during the first 15–20 J cm)2 and remains relatively constant
for the remainder of treatment. The absolute blood volume for
each animal at the start of treatment is 2.4% and 0.6%,
respectively (the range within the treatment group is 3.7–
0.1%). The blood volume increases by approximately 35%
during the first 10 J cm)2 and subsequently decreases by 30%
and 17%, respectively (compared to the starting value). In
Fig. 5c,f the calculated absorption coefficient (closed symbols)
and scatter amplitude (open symbols) at 635 (squares) and
705 nm (triangles) are plotted as a function of the delivered
fluence. The absorption coefficient was calculated based on the
blood volume percentage and the ratio of oxyhemoglobin and
deoxyhemoglobin and is dependent on variations in the
saturation and blood volume, assuming that hemoglobin is
the main absorber in tissue. Based on the extinction coeffi-
cients of oxyhemoglobin and deoxyhemoglobin in the 600–
800 nm wavelength range, it is expected that variations in the
ratio between oxyhemoglobin and deoxyhemoglobin cause
higher variability in the absorption coefficient at 635 than at
705 nm. The scatter amplitude at 635 and 705 nm was
calculated as the value of the differential reflectance signal at
those particular wavelengths. Figure 5c shows a relatively high
scatter amplitude compared with Fig. 5f and has a sudden
increase of 26% at 25 J cm)2 after which it decreases to its
initial value during the remainder of treatment. The scatter
amplitude in Fig. 5f shows a decrease of 28% with a minimum
at approximately 27 J cm)2, followed by an increase to its
initial value. Figure 6a shows the average saturation for all of
the animals in the control (h) and ALA-PDT ()) groups. In
the ALA-PDT group the saturation is relatively constant
during illumination, while in the control group the saturation
first decreases over the first 10 J cm)2 and then stays constant.
There is no significant difference in the average saturation
during illumination for the ALA-PDT and control animals,
79 ± 8% and 63 ± 20%, respectively (P > 0.1). Figure 6b
shows the average blood volumes for the ALA-PDT animals
()) and the control animals (h). In the ALA-PDT group the
average blood volume increases during the first 10 J cm)2,
stays relatively constant for the next 8 J cm)2 followed by a
slight decrease which stabilizes after a dose of 35 J cm)2. In the
control group the average blood volume is relatively constant.
Overall, there was a significant difference in blood volume
during illumination between ALA-PDT and control animals,
1.28 ± 0.65% and 0.43 ± 0.22%, respectively (P < 0.05).

Figure 7a shows the average PpIX fluorescence kinetics for
all ALA-PDT animals during PDT for the long wavelength
fluorescence data ()) and the DF data (h). There are clear
differences in the kinetics of PpIX photobleaching measured
using the two different fluorescence detection techniques.
There is a statistically significant higher rate of photobleaching
measured (during the first 4 J cm)2) using the long wavelength
fluorescence compared with the DF (P < 0.01). The average
rate of photobleaching in both FDPS and the second phase of

Figure 6. (a) Mean saturation with standard error of the mean (SEM)
against dose for the control (gray) and ALA-PDT animals (black); (b)
mean blood volumes with SEM against dose for the control (gray) and
ALA-PDT animals (black).

Figure 7. (a) Mean normalized fluorescence with SEM against dose
for the ALA-PDT animals for the long wavelength fluorescence using
630 nm excitation (open diamonds) and FDPS measured using 405 nm
excitation (open squares). (b) Average PpIX fluorescence photo-
bleaching and SEM of the responders (closed circles) and non-
responders (open squares).
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Figure 6a shows the average saturation for all of the animals in the control (□) and 
ALA-PDT (◇) groups. In the ALA-PDT group the saturation is relatively constant during 
illumination, while in the control  group the saturation first decreases over the first 10 J 
cm-2 and then stays constant. There is no significant difference in the average 
saturation during illumination for the ALA-PDT and control  animals, 79 ± 8% and 63 ± 
20%, respectively (P>0.1). Figure 6b shows the average blood volumes for the ALA-
PDT animals (◇) and the control animals (□). In the ALA-PDT group the average blood 
volume increases during the first 10 J cm-2, stays relatively constant for the next 8 J 
cm-2 followed by a slight decrease which stabilizes after a dose of 35 J cm-2. In the 
control  group the average blood volume is relatively constant. On the overall treatment 
there was a significant difference in blood volume during illumination between ALA-
PDT and control animals, 1.28 ± 0.65% and 0.43 ± 0.22%, respectively (P<0.05). 

Figure 7. a) Mean normalized fluorescence with SEM against dose for the ALA-PDT animals for 
the long wavelength fluorescence using 630 nm excitation (open diamonds) and FDPS 
measured using 405 nm excitation (open squares). b) average PpIX fluorescence 
photobleaching and SEM of the responders (closed circles) and non-responders (open squares).

Figure 7a shows the average PpIX fluorescence kinetics for all  ALA-PDT animals 
during PDT for the long wavelength fluorescence data (◇) and the differential 
fluorescence data (□). There are clear differences in the kinetics of PpIX 
photobleaching measured using the two different fluorescence detection techniques. 
There is a statistically significant higher rate of photobleaching measured (during the 
first 4 J cm-2) using the long wavelength fluorescence compared to the differential 
fluorescence  (P<0.01). The average rate of photobleaching in both FDPS and the 
second phase of the long wavelength fluorescence measurements are not significantly 
different. Figure 7b shows the FDPS photobleaching data for animals that showed 
complete epithelial ablation (■) and animals in which the epithelium remained intact 

both fits are shown in each figure. The residuals for the sum of
two second-order functions are smaller and more evenly
distributed around 0. In the ALA-PDT group as a whole the
sum of two second-order functions resulted in a better fit to the
measured photobleaching kinetics curve than a single second-
order fit. In one animal this reached statistical significance as
determined by an F-test statistic (P < 0.05). The transition
point between the two phases is defined as the point at which
the calculated fractional bleaching for both phases are equal
and this is at a fluence of 2.8 ± 0.9 J cm)2 (range 1.7–
4.8 J cm)2). The overall extent of photobleaching measured in
these animals is representative of all of the animals in the
ALA-treatment group, which was between 70% and 80%.
Figure 5b,e shows the esophageal saturation and blood
volume for the two animals plotted as a function of the
delivered fluence. The saturation in both animals at the start of
treatment is approximately 71% which increases to 90%
during the first 15–20 J cm)2 and remains relatively constant
for the remainder of treatment. The absolute blood volume for
each animal at the start of treatment is 2.4% and 0.6%,
respectively (the range within the treatment group is 3.7–
0.1%). The blood volume increases by approximately 35%
during the first 10 J cm)2 and subsequently decreases by 30%
and 17%, respectively (compared to the starting value). In
Fig. 5c,f the calculated absorption coefficient (closed symbols)
and scatter amplitude (open symbols) at 635 (squares) and
705 nm (triangles) are plotted as a function of the delivered
fluence. The absorption coefficient was calculated based on the
blood volume percentage and the ratio of oxyhemoglobin and
deoxyhemoglobin and is dependent on variations in the
saturation and blood volume, assuming that hemoglobin is
the main absorber in tissue. Based on the extinction coeffi-
cients of oxyhemoglobin and deoxyhemoglobin in the 600–
800 nm wavelength range, it is expected that variations in the
ratio between oxyhemoglobin and deoxyhemoglobin cause
higher variability in the absorption coefficient at 635 than at
705 nm. The scatter amplitude at 635 and 705 nm was
calculated as the value of the differential reflectance signal at
those particular wavelengths. Figure 5c shows a relatively high
scatter amplitude compared with Fig. 5f and has a sudden
increase of 26% at 25 J cm)2 after which it decreases to its
initial value during the remainder of treatment. The scatter
amplitude in Fig. 5f shows a decrease of 28% with a minimum
at approximately 27 J cm)2, followed by an increase to its
initial value. Figure 6a shows the average saturation for all of
the animals in the control (h) and ALA-PDT ()) groups. In
the ALA-PDT group the saturation is relatively constant
during illumination, while in the control group the saturation
first decreases over the first 10 J cm)2 and then stays constant.
There is no significant difference in the average saturation
during illumination for the ALA-PDT and control animals,
79 ± 8% and 63 ± 20%, respectively (P > 0.1). Figure 6b
shows the average blood volumes for the ALA-PDT animals
()) and the control animals (h). In the ALA-PDT group the
average blood volume increases during the first 10 J cm)2,
stays relatively constant for the next 8 J cm)2 followed by a
slight decrease which stabilizes after a dose of 35 J cm)2. In the
control group the average blood volume is relatively constant.
Overall, there was a significant difference in blood volume
during illumination between ALA-PDT and control animals,
1.28 ± 0.65% and 0.43 ± 0.22%, respectively (P < 0.05).

Figure 7a shows the average PpIX fluorescence kinetics for
all ALA-PDT animals during PDT for the long wavelength
fluorescence data ()) and the DF data (h). There are clear
differences in the kinetics of PpIX photobleaching measured
using the two different fluorescence detection techniques.
There is a statistically significant higher rate of photobleaching
measured (during the first 4 J cm)2) using the long wavelength
fluorescence compared with the DF (P < 0.01). The average
rate of photobleaching in both FDPS and the second phase of

Figure 6. (a) Mean saturation with standard error of the mean (SEM)
against dose for the control (gray) and ALA-PDT animals (black); (b)
mean blood volumes with SEM against dose for the control (gray) and
ALA-PDT animals (black).

Figure 7. (a) Mean normalized fluorescence with SEM against dose
for the ALA-PDT animals for the long wavelength fluorescence using
630 nm excitation (open diamonds) and FDPS measured using 405 nm
excitation (open squares). (b) Average PpIX fluorescence photo-
bleaching and SEM of the responders (closed circles) and non-
responders (open squares).

Photochemistry and Photobiology, 2008, 84 1521

Chapter 6

94        



(□). There is a clear difference between the average kinetics of photobleaching for 
animals that showed ablation and animals that did not respond. Animals that show 
epithelial ablation show higher rates of photobleaching and this is particularly evident 
over the first 20 J cm-2 of the illumination period.

the long wavelength fluorescence measurements is not signif-
icantly different. Figure 7b shows the FDPS photobleaching
data for animals that showed complete epithelial ablation ( )
and animals in which the epithelium remained intact (h).
There is a clear difference between the average kinetics of
photobleaching for animals that showed ablation and animals
that did not respond. Animals that show epithelial ablation
show higher rates of photobleaching and this is particularly
evident over the first 20 J cm)2 of the illumination period.

Fluorescence microscopy

Figure 8a,b shows an H&E-stained section and a fluorescence
image of a nontreated control animal. Figure 8c,d shows a

fluorescence and H&E-stained image of a nontreated ALA-
administered animal. The superficial keratinized layer of the
esophagus of a control animal shows a weak autofluorescence
emission that we were able to attribute to PpIX autofluores-
cence using spectral imaging (see Fig. 8e). A similar fluores-
cence signal was also present in the residual contents of the
esophagus. All other layers, including the squamous epithe-
lium, showed no presence of PpIX. Fluorescence spectra
confirmed the presence of PpIX in all esophageal layers in the
ALA-PDT animals. Figure 8f shows a PpIX fluorescence
intensity line profile, depicted in Fig. 8d, across all esophageal
layers. For graphical purposes the epithelial and keratinized
layer were allowed to saturate in order to have a better signal-
to-noise ratio for the mucosal and muscular layers.

Figure 8. (a) H&E-stained section from the esophagus of a control rat and (b) its corresponding PpIX fluorescence image at 50· magnification. (c)
H&E-stained section of an ALA-administered rat and (d) the PpIX fluorescence image at 50· magnification. (e) Fluorescence spectra from the
superficial keratinized esophageal layer (black) and epithelium, submucosa and muscularis propria (all gray), acquired at 400· magnification. (f)
PpIX fluorescence line profile of the esophagus in an ALA-administered rat across the line depicted in (d). The epithelium and keratinized layer
were allowed to saturate in order to show the more subtle PpIX fluorescence in the other esophageal layers.
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Figure 8. a) H&E stained section from the esophagus of  a control rat and b) its corresponding 
PpIX fluorescence image at a 50 X magnification. c) H&E stained section of an ALA-
administered rat and d) the PpIX fluorescence image, at a 50 X magnification. e) fluorescence 
spectra from the superficial keratinized esophageal layer (black) and epithelium, submucosa and 
muscularis  propria (all gray), acquired at a 400 X magnification. f) PpIX fluorescence line profile 
of the esophagus in an ALA-administered rat across the line depicted in figure 8d. The 
epithelium and keratinized layer were allowed to saturate as to show the more subtle PpIX 
fluorescence in the other esophageal layers.
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Fluorescence microscopy
Figures 8 a and b show an H&E stained section and a fluorescence image of a non-
treated control animal. Figures 8 c  and d show a fluorescence and H&E stained image 
of a non-treated ALA administered animal. The superficial  keratinized layer of the 
esophagus of a control animal shows a weak autofluorescence emission that we were 
able to attribute to PpIX autofluorescence using spectral imaging, see figure 8e. A 
similar fluorescence signal was also present in the residual  contents of the esophagus. 
All  other layers, including the squamous epithelium showed no presence of PpIX. 
Fluorescence spectra confirmed the presence of PpIX in all esophageal  layers in the 
ALA-PDT animals. Figure 8f shows a PpIX fluorescence intensity line profile, depicted 
in figure 8d, across all esophageal layers. For graphical purposes the epithelial and 
keratinized layer were allowed to saturate in order to have a better signal  to noise ratio 
for the mucosal and muscular layers. 

DISCUSSION
The aim of the present study was to investigate the existence of phased PpIX 
fluorescence photobleaching and whether this effect was due to the spatial  distribution 
of PpIX and/or tissue oxygenation. This was accomplished by extending our previous 
attempts to monitor ALA-PDT in the esophagus by combining monitoring long 
wavelength PpIX fluorescence photobleaching with the simultaneous measurement of 
blood saturation, blood volume and tissue optical properties using differential 
pathlength spectroscopy (DPS)14, and by combining these measurements with 
fluorescence differential pathlength spectroscopy (FDPS) of PpIX photobleaching 
(manuscript submitted). 

Monitoring the kinetics of PpIX photobleaching
The acquisition and interpretation of PpIX photobleaching measurements in-vivo is a 
complex task and studies in the literature addressing these issues are somewhat 
conflicting6-8,10,11,20-22. The intrinsic mechanism of photobleaching has been shown to 
be photosensitizer specific23-27. This has important consequences for the general 
interpretation of photobleaching as a dose metric for PDT28. If we only consider PpIX, 
which has been shown to undergo self-sensitised photobleaching mediated by the 
production of 1O2 11, there remain critical issues regarding how fluorescence signals 
are acquired and how they are interpreted27. Of particular importance are the effects of 
the specific  measurement geometry, the influence of tissue optical properties and the 
relationship between the microscopic distribution of PpIX, molecular oxygen and the 
treatment volume.
Here one of our specific aims was to determine the mechanism underlying the kinetics 
of PpIX photobleaching in the esophagus. In both normal and Barrett’s esophagus we 
have previously measured large differences in rates of photobleaching during PDT in 
animals that showed complete epithelial ablation6. Our previous attempts to monitor 
the multiple phases of PpIX photobleaching were hampered by the low temporal 
resolution of our spectral  measurements acquired under 405 nm excitation during short 
interruptions to the therapeutic illumination. In the present approach we have repeated 
these types of measurement (with the incorporation of FDPS) and utilized the 
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therapeutic illumination at 635 nm to monitor the long wavelength emission of PpIX 
above 660 nm. The advantage of this detection strategy, besides the increase in 
temporal  resolution of monitoring photobleaching, is that there is no need for 
interruption of therapeutic  illumination. This type of spectrally resolved long wavelength 
photobleaching measurements has been performed previously in the skin12. Recently 
Sheng et al. have also used the therapeutic illumination to monitor PpIX 
photobleaching in the esophagus using a photomultiplier in combination with a 690 nm 
long pass filter8. However, measurements with a filtered photomultiplier do not provide 
sufficient information to account for differences in tissue autofluorescence and to 
correct for the influence of fluorescent photoproducts of PpIX on the fluorescence 
emission. Data, presented in figure 3a, shows a substantial  influence of 
autofluorescence on the total measured fluorescence. Although the autofluorescence 
stays relatively constant during PDT (data not shown) its intensity varies between 
animals. Moreover, during PpIX photobleaching a fluorescent photoproduct, centered 
around 675 nm, is formed which in turn is also photobleached. The influence of the 
variation in intensity of the photoproduct is significant above 690 nm. In our opinion 
these intra- and inter animal variations in intensity of the different components, 
necessitate the use of spectral decomposition to determine the actual  PpIX intensity 
and recover an accurate rate of photobleaching during PDT. Notwithstanding these 
findings, it is interesting that Sheng et al.8 were able to show different phases of PpIX 
photobleaching as we have shown here (figures 5a and d) and in our previous 
studies6,7.
The fluorescence excitation and detection ‘mode’, (i.e. short wavelength excitation with 
relatively long time intervals between measurements or long wavelength detection 
without interruptions) presents an interesting trade off between high temporal 
resolution and signal to noise ratio. It is important to recognize that in order to actually 
determine the kinetics of photobleaching (whether they contain one or more phases) it 
is necessary to have sufficient temporal  resolution and signal to noise ratio. For 
example based on our previous experiments6 we require sufficient data over at least 
the first 5 J cm-2, thus acquiring data during the therapeutic illumination is 
advantageous. However, measuring at longer wavelengths where PpIX fluorescence is 
less intense means that the fit accuracy and fit confidence intervals per parameter 
become more dependent on the signal to noise ratio of the detector/measurement. The 
fact that we made only a crude estimate of the relative importance of these effects 
probably explains why we were only able to show a statistically significant separation 
between the initial and later phases of photobleaching in one animal in the present 
study. Furthermore, since the number of data points in the second phase is much 
greater than in the first phase, the chi-square (the goodness-of-fit parameter) of the fit 
will  change little when fitting the second order model compared to the single second 
order model. This means that the standard statistical tests to determine significance 
between two groups, like the F-test, might be too strict for our data. It is possible that 
similar issues have led to some of the confusion on the exact kinetics of 
photobleaching of PpIX postulated by a number of authors8,21,22. Specifically, with good 
evidence for the second order function as a physical model  for PpIX photobleaching it 
remains unclear why exponentials and double exponentials are used to describe the 

Monitoring ALA-induced PpIX PDT in the rat esophagus

         97



photobleaching process, in particular as there is no underlying physical background for 
this type of analysis. Parameter values of (double) exponential functions have limited 
value even when there is no significant difference between the (double) exponential 
and (the sum of two) second order fits. Another critical  issue that is closely related to 
the choice of excitation and detection mode is the volume (depth) over which 
fluorescence is excited and collected, which is discussed in detail below.

The mechanism underlying phased PpIX photobleaching in the esophagus
As described previously our intention was to determine the mechanism underlying the 
differences in rate of photobleaching between the observed first and second phase. By 
using differential  pathlength spectroscopy tissue physiological  parameters, such as 
blood volume and saturation, can be monitored and combined with the data from PpIX 
fluorescence photobleaching. Our data (illustrated in figure 5) clearly indicates the 
phases of photobleaching are not simply due to a change in the tissue saturation. 
Indeed both saturation and blood volume increase over the period in which the rate of 
photobleaching decreases between the initial  and later phase in PpIX photobleaching. 
We did not find a systematic  correlation between overall  extent of photobleaching and 
the average esophageal saturation and/or blood volume. Interestingly, we found a 
significant difference in blood volume between the control  and ALA administered 
animals which might be correlated to blood pressure effects due to the administration 
of systemic ALA29. Importantly, significant differences between photobleaching kinetics 
are observed when 405 nm excitation FDPS data are compared with those measured 
using the therapeutic illumination combined with long wavelength detection (Figure 7).
We believe that these results are consistent with a heterogeneous spatial distribution of 
PpIX and tissue oxygenation. The heterogeneous spatial distribution of fluorescence is 
immediately evident from the microscopic distribution of PpIX shown in figure 8. The 
esophagus consists of a number of layers that surround the lumen; squamous 
epithelium, submucosa and the muscularis propria. In the rat, and most animals, the 
most superficial layer of the epithelium is keratinized. The submucosa can be divided 
into two layers separated by the muscularis mucosa. The muscularis propria also 
consists of two layers of muscle fibers orientated perpendicularly. Our results show that 
after the administration of ALA, PpIX accumulates in different amounts in all of these 
layers. We have also shown that PpIX accumulates in the most superficial  keratinized 
cell  layer of the squamous epithelium in control animals, that have not received ALA. 
This is most likely due to endogenous porphyrins from the Harderian gland that are 
adsorbed as a result of grooming behavior. These porphyrins are however restricted to 
the most superficial cell layer and do not result in any PDT induced damage in the 
epithelium. In contrast, the human esophagus does not show significant levels of 
endogenous PpIX30. For the present discussion we consider 4 layers; a thin layer of 
keratinized epithelium, the epithelial layer, the submucosa and the muscularis propria. 
Previous research concluded that PpIX accumulation in the rat is predominantly 
epithelial and submucosal and negligible (at or very near background levels) amounts 
of PpIX are present in the muscle layers4,31. However in the present study, using 
fluorescence microscopy we observe PpIX in all esophageal  layers including the 
muscularis propria. We believe that this inhomogeneous distribution of PpIX 
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fluorescence explains the phased bleaching that has been observed and that this has 
important consequences for the interpretation of fluorescence photobleaching signals 
for monitoring ALA-PDT. There is unlikely to be a significant variation in depth 
distribution of fluence rate using 635 nm illumination in the rat esophagus. In this case, 
assuming sufficient biological substrate, the rate of photobleaching is dependent on the 
ratio of photosensitizer concentration and the local tissue oxygen concentration. For 
example at the same oxygen concentration, with increasing photosensitizer 
concentrations, the rate of photobleaching will decrease. In an opposite way low 
photosensitizer concentrations combined with (more than) sufficient oxygen supply will 
yield an increase in the rate of photobleaching. It is obvious that these processes are 
dynamic and that there is a photosensitizer concentration below which the total 
deposition of singlet oxygen limits local PDT response. It is also clear that the deep 
lying muscularis propria shows low PpIX concentrations but is probably well perfused, 
whereas the squamous epithelium shows high PpIX concentration but is dependent on 
the diffusion of oxygen from vessels in the submucosa. Microscopy showed that on 
average, the first vessels are encountered at a depth of 100 µm below the esophageal 
surface. These effects accompanied with the relative thicknesses of the epithelium and 
submucosa and the fact that in the long wavelength excitation and collection mode 
PpIX fluorescence is collected from all of the esophageal  layers means that a 
substantial  quantity of fluorescence is collected from areas of low PpIX concentration 
and high oxygen saturation. Considering these effects we believe that the spatial 
distribution of PpIX and tissue oxygenation are responsible for phased PpIX bleaching 
kinetics we observe. PpIX is essentially partitioned between two locations, the 
epithelium and the deeper layers, and this results in two phases of photobleaching 
where the signals from the epithelium are reported by the second slower phase of 
photobleaching. This second slower phase predominates because PpIX is 
preferentially localized in the squamous epithelium and the relative contribution of the 
deeper layers is small. An interesting observation in the present study is that the 
fluence at which the kinetics of photobleaching transitions between phases is not fixed, 
this may be a consequence of different inter-animal PpIX distribution.

Optical spectroscopy and tissue optical properties
The incorporation of a correction for the influence of tissue optical properties on the 
measured fluorescence photobleaching kinetics is an important issue that we and other 
have addressed previously6,12,24. The long wavelength fluorescence data is divided by 
the fluence rate as a first approximation for correction in optical properties, though 
figures 5 c  and f show changes in optical properties during PDT which are somewhat 
different in magnitude between the excitation wavelength at 635 nm and the long 
wavelength emission peak of PpIX at 705 nm. We note that the magnitude of these 
variations in the optical properties appear to have a small impact on the kinetics of 
photobleaching for the long wavelength fluorescence measured with the isotropic 
probe (figure 5). Hence no attempts were made to correct the long wavelength 
fluorescence data for variations in optical properties as measured with DPS. 
The fluorescence photobleaching data from FDPS (figure 7) strongly supports our 
hypothesis regarding the heterogeneous depth distribution of PpIX and tissue oxygen. 
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As described FDPS is a quantitative measure of fluorescence independent of optical 
properties that interrogates a small volume of tissue that is approximately equal  to the 
fiber diameter. Therefore instead of collecting signal  from all  esophageal layers it 
measures fluorescence photobleaching predominantly within the squamous epithelium 
and submucosa. In this configuration the rate of PpIX photobleaching measured with 
FDPS is significantly less than that of the long wavelength mode and shows no 
distinctive phases in the photobleaching kinetics. It is important to note that while the 
FDPS pathlength is known and the variation of the differential signal with tissue optical 
properties is well understood, these dependencies have, to date, only been 
investigated in homogenous tissue phantoms (manuscript submitted). It is therefore 
difficult to be absolutely certain about the actual  depth probed in layered tissues. In 
particular effects that relate to the specific  probe geometry we have used in the present 
study have yet to be fully elucidated and is clearly an area for future study. 
FDPS of the esophagus showed significant differences in tissue autofluorescence 
between 430-600 nm between individual  animals. Peaks observed at 480 nm and 530 
nm are somewhat similar to NaDH and FAD18, respectively. Some animals showed 
systematic variations in autofluorescence components during PDT. While it would be 
interesting to investigate this in greater detail, the animal numbers in the present study 
that showed these variations were too small to correlate with the effects of PDT. 
Further investigation is required to determine the exact origin of these peaks, inter-
animal differences in autofluorescence and if there is a correlation between the 
variation in autofluorescence components and PDT.

Monitoring PDT using fluorescence and reflectance spectroscopy
The kinetics of PpIX photobleaching that we observe in the esophagus are significantly 
different from those in the skin of pre-clinical models. Here different phases of PpIX 
photobleaching have not been observed. This is almost certainly a consequence of the 
use of topical ALA application and the thickness of the skin of normal animal 
models32,33. It is notable that a recent study investigating PpIX photobleaching 
measured in thicker non-melanoma skin tumors reported phased photobleaching 
kinetics21. It is unclear if these data were considered in the same way we have done in 
the present study and it seems that there remain issues surrounding the use of an 
appropriate model for PpIX photobleaching and the correction for changes in tissue 
optical  properties during therapy11,12. It is important to highlight the fact that the phased 
PpIX photobleaching kinetics we observe in the esophagus should be separated from 
observations of phased photobleaching with other photosensitizers, such as mTHPC24 
and AlPc426 where it is evident that more complicated processes are occurring. A 
recent in vitro study using different cancer cell lines showed mono and bi-exponential 
bleach kinetics which were attributed to different intracellular localisation of ALA-
induced PpIX34. While there remains very little in-vivo evidence of large variations in 
intracellular PpIX distribution at early time points after the administration of ALA, these 
effects cannot be discounted. We would like to emphasize, however, the use of 
appropriate physical  models for the mechanism underlying PpIX photobleaching and 
that fitting parameters and measurement errors be incorporated in the analysis of 
photobleaching kinetics.
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The use of reflectance spectroscopy to monitor changes in blood content and 
saturation during PDT is not new15,21,35. A significant advantage of DPS is that it 
provides a quantitative measure of the physiological constituents of tissue. This is 
important since, for example, the absolute blood saturation and volume measured in-
vivo have the potential to be linked to singlet oxygen deposition, fluorescence 
photobleaching and tissue response. This is difficult if only relative measurements are 
possible. We have previously demonstrated the feasibility of DPS type measurements 
during topical ALA-PDT in mouse skin19. The mouse ear was chosen because the 
thickness of skin at this location facilitated both the measurement procedure and the 
analysis of reflectance spectra. We observed correlations between the rate of PpIX 
photobleaching and microvascular saturation modulated by variations in fluence rate. 
Not surprisingly we found that the microvasculature of the mouse ear was very 
sensitive to ALA-PDT such that at a fluence rate of 50 mW cm-2 the saturation 
decreased from 30% to 0% within 50 seconds after the start of the illumination. In the 
present study a fluence rate of 75 mW cm-2, in the esophagus, did not result in oxygen 
depletion. While the differences in response to PDT are clearly related to differences in 
the physiology of each tissue, data from the mouse ear does illustrate an important 
phenomenon. DPS measurements at moderate fluence rate showed low saturations 
combined with large increases in blood volume. This illustrates that blood supply (flow) 
is also an important consideration that is not addressed in our present approach.

PpIX photobleaching and the local response to therapy
As in our previous studies, we investigated the relationship between PpIX 
photobleaching and tissue response in histological sections 48 hours after therapy. 
This approach was also adopted in the recent study by Sheng et al. However, we 
examined the degree of ablation in individual cell  layers, mainly in the epithelial layer, 
using histological sections, whereas Sheng et al. determined the area of edema 
measured in histological sections stained with H&E. The relationship between these 
two methods of quantifying PDT response is not immediately clear. The formation of 
edema is a complex process that may or may not be associated with tissue ablation. 
We have previously observed that the relation between the amount of edema and local 
tissue ablation can change with the light treatment parameters36. In the current study 
we were careful  to adopt exactly the same treatment parameters, i.e. fluence (rate), 
treatment regime, balloon size and pressure as we have used previously6. We 
observed compete epithelial  ablation in 9 of 13 animals and this was accompanied by 
severe damage that included ablation in the submucosa and in the muscularis propria. 
Apparently even in the submucosa and muscularis there is sufficient PpIX and oxygen 
present to induce complete ablation. This observation is supported by our fluorescence 
microscopy data (figure 8). Of the 4 non or partially responding animals, one did not 
show any response, one had partial response in the epithelial layer and two others 
showed damage in all  layers except the epithelial layer which remained viable. All of 
the animals, including the non-responders, exhibited phased photobleaching kinetics 
when the long wavelength fluorescence mode was employed. As described previously 
this was a statistically significant effect in one animal. This result is somewhat different 
from our previous findings in normal rat esophagus where we observed that the 
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presence of a rapid initial phase in photobleaching was predictive of tissue response6,7, 
although it is difficult to compare these studies since fluorescence excitation and 
collection geometry were significantly different in our previous studies. 
Figure 7b shows the relationship between epithelial  ablation and fluorescence 
photobleaching measured using FDPS. While the error bars are large, the rate of 
photobleaching is greater in animals that show epithelial ablation and this difference is 
greatest over the first 20 J cm-2 of the illumination. Again this supports our hypothesis 
that the local rate of photobleaching is correlated with local  tissue response and that in 
some circumstances the supply of oxygen from the submucosa to the epithelium (or 
the high local  concentration of PpIX) may limit the local  response to therapy. It is clear 
that further studies are required to investigate the concepts surrounding the use of 
FDPS in layered media. In particular there are significant uncertainties that surround 
the correction of fluorescence spectra in which the fluorophore is heterogeneously 
distributed and when this distribution is significantly different from the background 
absorber.

Clinical therapeutic monitoring
Although the rat esophagus is an interesting model  to develop techniques to monitor 
PDT dosimetry, the diameter of the esophagus is prohibitively small and the thickness 
of esophageal layers is much less than those encountered in clinical PDT of Barrett’s 
esophagus. While the ablation of muscle layers is an interesting effect in the rat this is 
not a significant effect after ALA-PDT in larger animals or in humans. It is however very 
likely that a heterogeneous distribution of photosensitizer remains an important issue. 
An advantage of FDPS and DPS measurements is that the interrogation depth can be 
adjusted to match the relevant dimensions of the application by changing the diameter 
of the fibers within the FDPS-probe. In this way photobleaching signals can be used to 
selectively interrogate the relevant tissue volume and to avoid averaging 
photosensitizer concentrations over larger/smaller volumes by probing too deeply or 
too superficially in tissue. In addition there is the obvious opportunity of combining the 
advantages of the continuous data acquisition mode of the long wavelength 
fluorescence with FDPS by guiding a fraction of the therapeutic illumination through the 
excitation channel  of the FDPS probe. This would allow uninterrupted and unshielded 
therapeutic illumination. As we have discussed previously6 our attempts to monitor 
PDT in the esophagus remains to be point measurements and there are significant 
challenges in acquiring measurements from a sufficient area of the tissue to make 
these types of measurements clinically relevant. 

Conclusion
In conclusion we have observed phased bleaching kinetics in the rat esophagus during 
therapeutic illumination. The results obtained from the long wavelength fluorescence 
measurements, FDPS, fluorescence microscopy and the histological  damage 
assessment show that there is a complex relationship between PDT response and 
phased photobleaching kinetics in the rat esophagus. The data suggests that phased 
bleaching is due to a combination of spatial  distribution of PpIX and tissue 
oxygenation.
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Monitoring interstitial m-THPC-PDT in vivo using 
fluorescence and reflectance spectroscopy.



Abstract
In order to understand the mechanisms of photodynamic  therapy (PDT) it is important 
to monitor parameters during illumination that yield information on deposited PDT-
dose. The aim of this study is to investigate the possibility of monitoring implicit 
parameters, such as photobleaching, in addition to monitoring explicit parameters 
(fluence (rate), oxygenation, photosensitizer concentration) directly or indirectly. These 
parameters are monitored during PDT without interrupting the therapeutic illumination. 
Rats were injected with 0.3 mg kg-1 m-THPC. Sixteen hours after administration the 
abdominal muscle in rats was irradiated for 1500 seconds using clinically relevant 
fluence rates of 50, 100 and 250 mW cm-1 of diffuser length at 652 nm. In addition to 
the linear diffuser for delivering treatment light, isotropic fiber-optic probes and fiber-
optic probes for differential  path length spectroscopy (DPS) were placed on both sides 
of the muscle to monitor tissue physiological parameters, fluence rate and 
fluorescence.
The m-THPC treatment groups show a decrease in fluence rate throughout PDT of 
16%, 19% and 27% for the 50, 100 and 250 mW cm-1 groups, respectively. Both during 
and post PDT differences in vascular response between treatment groups and animals 
within the same treatment group are observed. Furthermore we show fluence rate 
dependent bleaching of m-THPC up to a measured fluence rate of 100 mW cm-1.
The data presented in this study show the possibility of simultaneously monitoring 
fluence (rate), fluorescence, hemoglobin oxygen saturation and blood volume during 
PDT without interruptions to the therapeutic illumination. Differences in saturation 
profiles between animals and treatment groups indicate differences in vascular 
response during illumination. Furthermore the relationship between fluence rate and m-
THPC fluorescence photobleaching is complex in an interstitial environment.
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INTRODUCTION 
In order to optimize and standardize clinical  photodynamic therapy (PDT) it is 
necessary to understand the mechanisms of action surrounding the deposition of PDT 
dose. The dose delivered during PDT is determined by the amount of reactive oxygen 
species that are generated. The generation of reactive oxygen species is dependent 
on the photosensitizer, its concentration, the local fluence (rate) and the availability of 
oxygen. However the dynamic nature of PDT means that things change continuously 
and the fact that there is a complex relationship between each of these parameters 
makes it difficult to determine the PDT dose deposited. This has led a number of 
investigators to explore, in addition to explicit dosimetry (fluence rate, oxygenation and 
photosensitizer concentration), methods of implicit dosimetry, such as fluorescence 
photobleaching, with the aim of standardizing and optimizing therapy1,2. Therefore a 
combination of both explicit and implicit parameters, monitored during PDT, would be 
valuable tools for understanding mechanisms underlying PDT. Preferably these 
parameters are monitored during PDT without disturbing the light treatment protocol.
Fluence rate and fluence are relatively simple explicit parameters to monitor in vivo 
and can be adapted during PDT if necessary. High fluence rates lead to faster 
depletion of tissue oxygen which is not favorable since it decreases PDT efficacy2,3. 
For this reason monitoring tissue oxygenation in combination with fluence (rate) may 
be a step forward in optimizing therapy. In addition a number of authors have 
suggested that monitoring tissue oxygenation during the course of treatment might 
yield information on vascular response (vasodilatation or constriction) and/or possible 
mechanisms of cell death4,5. Although there are a variety of methods for measuring 
oxygenation in cells which can be applied in vivo5,6, these methods are relatively 
difficult and often invasive to apply. Another (non-invasive but more indirect) way to 
determine the availability of oxygen is to monitor blood saturation using non-invasive 
optical techniques. 
Tissue oxygenation is dependent on the supply of oxygen by the vasculature, therefore 
saturation may be an indicator of tissue oxygenation. Several studies have used diffuse 
reflectance spectroscopy using visible or near infrared light to determine the saturation 
during superficial4,7,8 or interstitial PDT9,10,11. A difficulty of this approach is that the 
therapeutic  illumination interferes with the measurements by overexposing the 
spectrograph so that measurements can only be acquired during interruptions to PDT9 
unless the therapeutic  wavelength is outside the spectral  range of the detector7. 
Another important consideration is that diffuse reflectance spectroscopy is hampered 
by the lack of knowledge of the optical  path-length of light in vivo12,13. This is 
particularly important since the path-length of light in tissue depends on the tissue 
optical  properties which are known to change during PDT as a result of variations in 
saturation, blood volume and tissue scattering. To avoid these problems we have 
developed differential path-length spectroscopy (DPS) which measures saturation and 
blood volume by subtracting two signals that contain the same contribution from long 
path-length photons but different contributions from short path-length photons, to 
obtain a well-defined path-length that is insensitive to changes in tissue optical 
properties13-15. It is however, still  necessary to filter out the light at the therapeutic 
wavelength. As a solution to this problem a notch filter centered at the therapeutic 
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wavelength is placed in front of the spectrographs used for acquiring reflectance 
spectra. 
In addition to fluence (rate) and tissue oxygenation the amount of photosensitizer 
present is clearly an important factor in the deposition of PDT dose. The 
photosensitizer concentration can potentially be monitored using its fluorescence 
emission. The direct relationship between the concentration of photosensitizer and 
therapeutic outcome is complicated by the dynamic nature of the therapeutic dose 
delivered during PDT. Nonetheless in certain specific circumstances it can be 
advantageous to monitor the degradation of photosensitizer (photobleaching) as an 
implicit parameter. This is due to the fact that for some photosensitizers photobleaching 
is mediated by reactive oxygen species and can be related to the local therapeutic 
dose delivered during PDT2,3. Most photosensitizers investigated exhibit the most 
intense fluorescence peak at or near the clinical  therapeutic  wavelength. To date in 
most studies monitoring photosensitizer photobleaching the treatment is either 
interrupted at regular intervals16 or, mostly in pre-clinical  studies, a different treatment 
wavelength is chosen2. Another possibility is to monitor photosensitizer fluorescence at 
longer wavelengths, beyond the therapeutic wavelength17,18. 
Meta-tetrahydroxyphenylchlorin (m-THPC) or Foscan® is a potent second generation 
photosensitizer. Therefore m-THPC-PDT is currently under investigation as a potential 
treatment modality in addition to radiotherapy and surgery19-21. Especially good results 
in the head and neck region using (interstitial) PDT in combination with m-THPC19-22 
have been observed. This approach to PDT is not limited to the head and neck region. 
Various studies are underway investigating the use of m-THPC-PDT for the treatment 
of other malignancies in the prostate23, vulva24, lungs25, skin26 and anal canal27. 
Despite overall  positive results there are still  a number of patients that show no or 
partial response. A first step in understanding these variations lies in the understanding 
of the mechanisms underlying m-THPC-PDT. To our knowledge, no monitoring of 
explicit and/or implicit parameters are currently performed in interstitial m-THPC-PDT 
that can aid in standardizing and optimizing clinical  m-THPC-PDT. For this reason in 
the current study our first aim is to investigate the possibility of monitoring explicit 
(fluence(rate)) and implicit parameters (photobleaching, blood volume and saturation) 
during PDT in an interstitial environment to provide clinicians in the near future with 
tools to standardize and optimize clinical m-THPC-PDT. 
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Figure 1. a) Schematic outline of the experimental setup showing the therapeutic 652 nm laser, 
the 3-channel dosimetry device, the 690 nm long pass filtered spectrograph and the 3-channel 
DPS device of which two channels are filtered using a 650 nm notch filter. The two channels of 
the DPS device that are filtered detect (reflected) light via fiber-optic probes within the treatment 
area. The third DPS probe is used to monitor physiological parameters outside the treatment 
area; b) Shows a exploded schematic close up of the treatment area in its different  layers with 
the in vivo placement of the illumination fiber (linear diffuser),  the two isotropic probes and the 
two DPS probes. The shielding is layer is black plastic and prevents illumination of the intestines.

MATERIALS AND METHODS
Animals and treatment procedure
The experimental design for this study was approved by the animal experiment 
committee of the Erasmus University Medical  Center. Two weeks prior to the 
experiments, 31 normal  adult male Wistar rats were placed on a diet of chlorophyll free 
food (AB Diets, Woerden, the Netherlands) to minimize the influence of 
autofluorescence centered at 675 nm due to pheophorbide-α. The drug-light interval of 
the present study was chosen based on the pharmacokinetics of m-THPC in muscle. 
Between 12 and 120 hours after administration, the concentration of m-THPC remains 
relatively constant28,29. Sixteen hours before treatment rats were injected with 0.3 mg/
kg m-THPC i.v., except for control  animals which were injected with the injection 
vehicle (PEG400:ethanol:water, 2:3:5) not containing m-THPC. 
The m-THPC administered rats were divided into three groups of 7 animals each 
receiving fluence rates that are typical of interstitial PDT. Fifty, 100 and 250 mW cm-1 
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diffuser length were delivered over a time period of 1500 seconds. The 10 remaining 
animals were divided into two control  groups of 5 animals receiving fluence rates of 50 
and 250 mW cm-1, respectively.
At the time of treatment animals were anaesthetized using isoflurane and oxygen. A 
vertical incision was made through the skin and the abdominal muscle layer at the 
linea alba. Figure 1 shows the schematic  outline of the different tissue layers and the 
probe placement. Skin overlying the muscle layer was separated from the muscle 
layer. A sheet of black plastic  was placed between the muscle layer and the intestines 
of the animal  to prevent PDT induced damage to the intestines. Next a linear diffuser 
(length 1 cm, diameter 1 mm) (CeramOptec, Jena, Germany), DPS probe and isotropic 
probe were placed underneath the muscle layer, which is approximately 2.5-3 mm 
thick. The DPS and isotropic  probe were positioned at the centre of the linear diffuser 
and as close to it as possible. This measurement location will  be referred to as 
adjacent to the illumination fiber. A second isotropic probe and DPS probe were placed 
at the top side of the muscle layer, this second isotropic  probe is bifurcated to measure 
both fluence rate and fluorescence. Again the DPS-probe was placed as close to the 
isotropic probe as possible. This measurement location will be referred to as on the top 
of the muscle. The skin flaps overlying the abdominal muscle were drawn together and 
the incision in the muscle was closed as far as practicable. With the illumination and 
optical  monitoring fibers fixed in position the local blood physiological parameters were 
measured prior to, during, and after the therapeutic  illumination. A third DPS probe was 
placed outside the PDT illumination field, on the tongue of the animal, to monitor the 
systemic saturation and possible effects of anaesthesia during the treatment 
procedure. For a period of time after light source and probe positioning (between 10 
and 15 minutes) the local  blood physiological parameters measured using DPS varied 
significantly. On average these changes were characterised by a decrease in blood 
volume and variations in blood saturation. In each animal  these parameters were 
allowed to stabilise before the start of the illumination. PDT was performed using 652 
nm laser light from a diode laser (CeramOptec, Jena, Germany). During PDT  light 
dosimetry, reflectance and fluorescence spectroscopy were performed continuously as 
described below. For a period after the end of the illumination physiological parameters 
were measured at regular time intervals to monitor changes induced after PDT. After 
these measurements each animal was sacrificed using an overdose of pentobarbital.

Light dosimetry and fluorescence spectroscopy
Fluence rate was measured at each location; adjacent to the treatment fiber and  on 
the top of the muscle, using a 1 mm isotropic  probe on the distal end of a 400 micron 
fiber (Cardiofocus, formerly Rare Earth Medical, West Yarmouth MA, USA). The 
isotropic probe on top of the muscle layer had a fiber bifurcation (200/400 micron) in 
order to measure both fluence rate and m-THPC fluorescence. Fluorescence was 
measured in the long wavelength region, between 690 and 750 nm, using a 
spectrograph (USB 4000, Ocean Optics, Duiven, The Netherlands) in combination with 
a 690 nm long pass filter. Fluence rate was measured with a modular based multi-
channel dosimetry device that has been described in detail  previously22. The 
spectrometer for measuring fluorescence was incorporated in the dosimetry system 
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and both devices were controlled using the same LabView (National Instruments, 
Austin Texas, USA) based program. Fluorescence was measured directly after a 
fluence rate measurement. Typical  integration times for the spectrograph ranged 
between 2500 and 5000 ms. This allows a maximum sampling frequency of 24 
measurements a minute using an integration time of 2500 ms.

Differential path-length spectroscopy 
Differential path length spectroscopy (DPS) was used to obtain local information on 
physiological parameters, such as saturation and blood volume13,14,17. DPS was 
measured at two different locations on the abdominal muscle layer, adjacent to the 
treatment fiber and on top of the muscle, using two probes each containing two 400 µm 
fibers placed at a core-to-core distance of 440 µm. Both probes were polished at an 
angle of 15 degrees to minimize specular reflectance at the probe-tissue interface. The 
DPS system was modified to enable white light differential reflectance measurements 
during therapeutic illumination at 652 nm. This was achieved by coupling the end-fibers 
of the two individual  DPS-probes, leading to the 4 spectrographs, first into a 4-channel 
filter block containing a 650 ± 13 nm notch filter (03FIN149, Melles Griot, Didam, the 
Netherlands). We would like to note that we observed a second blocking region of the 
notch filter around 450 nm. No contribution due to the 652 nm light from the therapeutic 
light source was measured in the reflectance spectra. There was no measurable cross 
talk between the channels within the filter block. The white light used for acquiring 
reflectance spectra can interfere with the fluorescence signal acquired by the isotropic 
probe making the fluorescence spectra unsuitable for fitting. To allow acquisition of 
sufficient uncontaminated fluorescence spectra during PDT the sampling rate of the 
DPS system was set to acquire 4 reflectance spectra per minute at an maximum 
integration time of 100 milliseconds. The third DPS probe positioned on the tongue of 
the animal, used to monitor systemic saturation, contained 800 micron fibers.

Data processing
Fluorescence spectroscopy
To correct for variations in fluence rate during PDT the fitted long wavelength 
fluorescence was divided by the measured fluence rate17. Both fluence rate and 
fluorescence were monitored using the same isotropic probe. The corrected 
fluorescence spectra were described as a linear combination of basis spectra and fitted 
with a singular value decomposition algorithm3,17,30. Here the fluorescence was 
attributed to the combination of m-THPC fluorescence and tissue autofluorescence. 
The basis spectrum for the autofluorescence component was the normalized average 
fluorescence spectrum acquired in the control animals. The m-THPC fluorescence 
component was the normalized average of fluorescence measured in the m-THPC 
administered animals with subtraction of the autofluorescence signal.
One of the aims of the present manuscript is to investigate the suitability of performing 
fluorescence spectroscopy in combination with DPS measurements during illumination 
for interstitial  PDT. It is important to note that considerable effort has centered on 
understanding the mechanism by which m-THPC photobleaches and how these 
processes can be monitored using in vivo spectroscopy (31-35). A complete analysis of 
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these mechanisms lies outside the scope of this manuscript and will be presented 
elsewhere. It is however necessary to perform a preliminary analysis of the kinetics of 
photobleaching so that it is possible to present the data collected in the present study. 
M-THPC has previously been shown to undergo self sensitized photobleaching via a 
mechanism mediated by singlet oxygen32,33. This has led investigators to fit in vivo m-
THPC photobleaching with second order decay kinetics, an approach that we and 
others have adopted for other photosensitizers such as PpIX2,17. In the present 
manuscript we have continued with this approach. However the second order decay 
kinetics could not be used to fit the m-THPC bleach kinetics over the entire dose range 
measured. For this reason we used the second order decay kinetics to fit m-THPC 
photobleaching kinetics over the dose range of 0 – 10 J cm-2 under the assumption that 
the oxygenation of the tissue over this dose range is sufficient for m-THPC to undergo 
photobleaching predominantly via a singlet oxygen mediated mechanism. In a 
simplified formulation the second order model is given by19: 

   
     (1)

Here [S0]t and [S0]t=0 are the photosensitizer concentration and the initial 
photosensitizer concentration, respectively. The delivered light dose is represented by 
the parameter D and [3O2] is the local concentration of oxygen determined by the 
balance between the supply of oxygen from the tissue vasculature and the 
photodynamic and metabolic demand for oxygen. The constant C, as described 
previously17, consists of a group of parameters assumed to be constant.

Differential pathlength spectroscopy
Differential reflectance spectra were fitted according to a model described by Kruijt et 
al.17: 

by the isotropic probe making the fluorescence spectra
unsuitable for fitting. To allow acquisition of sufficient
uncontaminated fluorescence spectra during PDT, the
sampling rate of the DPS system was set to acquire
four reflectance spectra per minute at a maximum
integration time of 100milliseconds. The third DPS probe
positioned on the tongue of the animal, used to monitor
systemic saturation, contained 800 mm fibers.

Data Processing

Fluorescence spectroscopy. To correct for variations
in fluence rate during PDT the fitted long wavelength
fluorescencewas divided by themeasured fluence rate [17].
Both fluence rate and fluorescence were monitored using
the same isotropic probe. The corrected fluorescence
spectra were described as a linear combination of basis
spectra and fitted with a singular value decomposition
algorithm [3,17,30]. Here the fluorescence was attributed
to the combination of m-THPC fluorescence and tissue
autofluorescence. The basis spectrum for the autofluores-
cence component was the normalized average fluorescence
spectrum acquired in the control animals. The m-THPC
fluorescence component was the normalized average of
fluorescence measured in the m-THPC administered
animals with subtraction of the autofluorescence signal.
One of the aims of the present manuscript is to investigate

the suitability of performing fluorescence spectroscopy in
combinationwithDPSmeasurementsduring illumination for
interstitial PDT. It is important to note that considerable
effort has centered on understanding the mechanism by
which m-THPC photobleaches and how these processes can
be monitored using in vivo spectroscopy [31–35]. A complete
analysis of these mechanisms lies outside the scope of this
manuscript and will be presented elsewhere. It is however
necessary to perform a preliminary analysis of the kinetics of
photobleaching so that it is possible to present the data
collected in the present study. m-THPC has previously
been shown to undergo self-sensitized photobleaching via a
mechanism mediated by singlet oxygen [32,33]. This has
led investigators to fit in vivo m-THPC photobleaching
with second order decay kinetics, an approach that we and
others have adopted for other photosensitizers such as
protoporphyrin IX (PpIX) [2,17]. In the present manuscript,
we have continued with this approach. However, the second
order decay kinetics could not be used to fit the m-THPC
bleach kinetics over the entire dose rangemeasured. For this
reason,weused thesecondorderdecaykinetics tofitm-THPC
photobleaching kinetics over the dose range of 0–10Jcm!2

under the assumption that the oxygenation of the tissue over
this dose range is sufficient for m-THPC to undergo photo-
bleaching predominantly via a singlet oxygen mediated
mechanism. In a simplified formulation, the second order
model is given by [19]:
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the parameter D and [3O2] is the local concentration of
oxygen determined by the balance between the supply of
oxygen from the tissue vasculature and the photodynamic
and metabolic demand for oxygen. The constant C, as
described previously [17], consists of a group of parameters
assumed to be constant.
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The scattering function is modeled by a combination of
Mie scattering andRayleigh scattering, given by power law
functions with amplitudes a1 and a2 and wavelength
dependencies l!b and l!4, respectively. Ccor is a correction
factor that accounts for the inhomogeneous distribution of
blood in tissue and depends on the vessel diameter Dvessel,
r is the blood volume fraction, StO2 is the microvascular
blood oxygenation, mHbO2

a &l' is the absorption coefficient of
fully oxygenated whole blood, and mHbO

a &l' is the absorption
coefficient of fully deoxygenated whole blood.
Note that before fitting the reflectance spectra are

spectrally binned, meaning that, the average and standard
deviation are calculated over bins containing a number of
spectral data points, in this case 10 spectral data points.
This binning procedure is necessary to provide standard
deviations for the fit procedure. The fit procedure uses the
standard deviation of the average data points as aweighing
factor in the fit [36]. Outliers and poor signal to noise ratio
lead to average data points with high standard deviations
which are given a lowerweight in the fitting procedure. For
this reason, it is possible to accurately fit the data despite
the spectral blocking regions of the applied notch filter
around 450 and 650nm,where spectral points contain high
standarddeviationsandthusaregiven lowweights in thefit.

Statistics

Confidence intervals on the individual parameters for
the individual measurements were determined based on
the covariancematrix generated for each fit as described by
Amelink et al. [36]. Differences between animals and
groups were tested using the non-parametric Mann–
Whitney test.

RESULTS

Directly after the surgical procedureDPSmeasurements
showed significant changes in local blood volume and
saturation of the abdominal muscle structure. PDT was
startedwhen both saturation and blood volume signals had
stabilized after the surgical procedure, on average this took
approximately 10minutes. The third DPS probe, placed on
the tongue, showed no blood volume or saturation varia-
tions in either the control or m-THPC administered groups
before, during, and after PDT.
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  (2)
The scattering function is modelled by a combination of Mie scattering and Rayleigh 
scattering, given by power law functions with amplitudes a1 and a2 and wavelength 
dependencies λ-b and λ-4, respectively. Ccor is a correction factor that accounts for the 
inhomogeneous distribution of blood in tissue and depends on the vessel  diameter 
Dvessel, ρ is the blood volume fraction, StO2 is the microvascular blood oxygenation, 
µaHbO2(λ) is the absorption coefficient of fully oxygenated whole blood, and µaHb(λ) is the 
absorption coefficient of fully deoxygenated whole blood.
Note that before fitting the reflectance spectra are spectrally binned, meaning that, the 
average and standard deviation are calculated over bins containing a number of 
spectral  data points, in this case 10 spectral data points. This binning procedure is 
necessary to provide standard deviations for the fit procedure. The fit procedure uses 
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been shown to undergo self-sensitized photobleaching via a
mechanism mediated by singlet oxygen [32,33]. This has
led investigators to fit in vivo m-THPC photobleaching
with second order decay kinetics, an approach that we and
others have adopted for other photosensitizers such as
protoporphyrin IX (PpIX) [2,17]. In the present manuscript,
we have continued with this approach. However, the second
order decay kinetics could not be used to fit the m-THPC
bleach kinetics over the entire dose rangemeasured. For this
reason,weused thesecondorderdecaykinetics tofitm-THPC
photobleaching kinetics over the dose range of 0–10Jcm!2

under the assumption that the oxygenation of the tissue over
this dose range is sufficient for m-THPC to undergo photo-
bleaching predominantly via a singlet oxygen mediated
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Mie scattering andRayleigh scattering, given by power law
functions with amplitudes a1 and a2 and wavelength
dependencies l!b and l!4, respectively. Ccor is a correction
factor that accounts for the inhomogeneous distribution of
blood in tissue and depends on the vessel diameter Dvessel,
r is the blood volume fraction, StO2 is the microvascular
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spectrally binned, meaning that, the average and standard
deviation are calculated over bins containing a number of
spectral data points, in this case 10 spectral data points.
This binning procedure is necessary to provide standard
deviations for the fit procedure. The fit procedure uses the
standard deviation of the average data points as aweighing
factor in the fit [36]. Outliers and poor signal to noise ratio
lead to average data points with high standard deviations
which are given a lowerweight in the fitting procedure. For
this reason, it is possible to accurately fit the data despite
the spectral blocking regions of the applied notch filter
around 450 and 650nm,where spectral points contain high
standarddeviationsandthusaregiven lowweights in thefit.

Statistics

Confidence intervals on the individual parameters for
the individual measurements were determined based on
the covariancematrix generated for each fit as described by
Amelink et al. [36]. Differences between animals and
groups were tested using the non-parametric Mann–
Whitney test.

RESULTS

Directly after the surgical procedureDPSmeasurements
showed significant changes in local blood volume and
saturation of the abdominal muscle structure. PDT was
startedwhen both saturation and blood volume signals had
stabilized after the surgical procedure, on average this took
approximately 10minutes. The third DPS probe, placed on
the tongue, showed no blood volume or saturation varia-
tions in either the control or m-THPC administered groups
before, during, and after PDT.
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the standard deviation of the average data points as a weighing factor in the fit36. 
Outliers and poor signal to noise ratio lead to average data points with high standard 
deviations which are given a lower weight in the fitting procedure. For this reason it is 
possible to accurately fit the data despite the spectral  blocking regions of the applied 
notch filter around 450 nm and 650 nm, where spectral  points contain high standard 
deviations and thus are given low weights in the fit.  

Statistics
Confidence intervals on the individual parameters for the individual measurements 
were determined based on the covariance matrix generated for each fit as described 
by Amelink et al.36. Differences between animals and groups were tested using the 
non-parametric Mann-Whitney test.
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RESULTS
Directly after the surgical procedure DPS measurements showed significant changes 
in local blood volume and saturation of the abdominal muscle structure. PDT was 
started when both saturation and blood volume signals had stabilized after the surgical 
procedure, on average this took approximately 10 minutes. The third DPS probe, 
placed on the tongue, showed no blood volume or saturation variations in either the 
control or m-THPC administered groups before, during and after PDT. 

Figure 2. Normalised average fluence rates measured at the detection side as function of 
fluence (over a range of 0-60 J cm-2) for the 50 mW cm-1 m-THPC (◇), 100 mW cm-1 m-THPC 
(□) and 250 mW cm-1 m-THPC (△) treatment groups. The error bars represent standard error of 
the mean (SEM).

Figure 2 shows the variation in normalised fluence rate as a function of fluence over a 
range of 0-60 J cm-2, measured at the top surface of the muscle for all  groups. The 
absolute measured fluence rate at this side is dependent on the thickness of muscle 
tissue which varies between animals. Average measured fluence rates at the top 
surface of the muscle for the experiment groups were 17 ± 9, 42 ± 14 and 117 ± 68 
mW cm-2 for the 50, 100 and 250 mW cm-1 groups, respectively. The control  groups 
show a constant fluence rate during therapeutic  illumination, whereas the m-THPC 
treatment groups show a decrease in fluence rate of 10% over 0-60 J cm-2 for all 
treatment groups, respectively. Fluence rates measured with the isotropic  probe 
adjacent to the linear diffuser show average measured fluence rates of 45 ± 13, 93 ± 
20 and 211 ± 32 mW cm-2 for the 50, 100 and 250 mW cm-1 groups, respectively. The 
m-THPC treatment groups show a decrease in fluence rate of 7% (data not shown) 
over 0-60 J cm-2 for the 50 and 100 mW cm-1 groups. The 250 mW cm-1 group shows 
constant fluence rate over the range of 0-60 J cm-2.
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Figure 3. a) Typical SVD component fit (black solid line) of long wavelength fluorescence 
acquired using an isotropic probe under 652 nm excitation (open circles).  Also the individual 
components for m-THPC (dark grey line) and autofluorescence (light grey line) are shown. The 
residual between fit  and data is plotted separately underneath. Note that the fluorescence signal 
was not corrected for the transmission of the optical system. b) typical fit (solid black line) of the 
differential reflectance signal (open circles) using a Levenberg-Marquardt fit algorithm with Eq.2 
as model to fit the data. The residual between fit and data is plotted separately underneath. Note 
the discontinuities in the spectrum at 652 nm and 450 nm due to the notch filter.

Figure 3a shows a typical fitted long wavelength fluorescence spectrum with the 
residual and the individual  components, m-THPC and tissue autofluorescence, 
acquired approximately 2 J cm-2 after the start of treatment. These fluorescence 
spectra were acquired during illumination using the 652 nm therapeutic light as 
excitation. Especially the autofluorescence shows an increase in fluorescence followed 
by a decrease as a function of wavelength since these fluorescence spectra (and basis 
spectra) are not corrected for the system transmission. For this reason the basis 
spectra utilized can only be used to fit fluorescence data acquired with the current 
system.
Figure 3b shows a typical differential  reflectance spectrum acquired during PDT with its 
fit and residual between fit and data, approximately 2 J cm-2 after treatment 
commenced. The presence of the notch filter is observed by the measured noise in the 
reflectance spectrum around 450 and 650 nm. 
Figure 4 shows the fluorescence and physiological  parameters, saturation and blood 
volume, as a function of treatment time. Figure 4a shows the normalized fluorescence 
against time over the whole treatment time. Figures 4b and c show the measured 
saturation for the control  and m-THPC-groups as a function of time for the probes 
located adjacent to the linear diffuser and on top of the muscle, respectively. As 
expected the control groups maintain constant high saturation throughout treatment at 
both sides. The 50 mW cm-1 m-THPC-group shows high saturation during PDT but has 
more variation at both measurement sides as compared to the control  groups. The 
saturation in the 100 mW cm-1 m-THPC-group also starts at 90-100% saturation but 
shows a gradual decrease in saturation during illumination measured on top of the 
muscle. Adjacent to the fiber the decrease in saturation is more rapid until halfway into 
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the treatment where it maintains low saturation until the end of treatment. In the 250 
mW cm-1 m-THPC-group the saturation shows a rapid decrease at both measurement 
locations immediately after the start of illumination and remains low until the end of 
treatment.
Figures 4d and e show the normalized blood volumes for all groups again measured 
both on top of the muscle and adjacent to the linear diffuser, respectively. Blood 
volumes for all  groups at both measurement sides are relatively constant during PDT. 
Only on top of the muscle for the 50 mW cm-1 m-THPC-group an increase in blood 
volume is observed over the first 270 seconds. 
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Figure 4. Normalised average fluorescence, measured at the detection side, as function of 
treatment  time for the 50 mW cm-1 (◇), 100 mW cm-1 (□) and 250 mW cm-1 (△) m-THPC 
groups (a). Average saturation for the three m-THPC groups and the control groups, 50 mW cm-1 
(◆) and 100 mW cm-1 (■), as a function of treatment time for the two measurement locations, 
the detection side (b) and the illumination side (c).  Average blood volume fractions for the same 
groups as a function of  treatment time also for both the detection side (d) and illumination side 
(e). The error bars represent SEM.
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Figure 5. Saturation measured as a function of  treatment time for two individual animals from 
the 50 mW cm-1 (■) and 100 mW cm-1 (●) m-THPC groups with similar measured fluence rates 
at the detection side, 19.4 ± 0.7 mW cm-2 and 18.7 ± 2 mW cm-2, respectively. b) Saturation as 
function of treatment time for two individual animals from the 100 mW cm-1 (◆) and 250 mW 
cm-1 (▲) m-THPC groups with measured fluence rates of 52.5 ± 2 mW cm-2 and 49.5 ± 5 mW 
cm-2, respectively. Error bars represent SEM.

Although we plotted the average values for the saturation per measurement group it is 
also instructive to investigate saturation plots of individual  animals. Figure 5a shows 
the individual saturation profiles measured at the detection side during PDT for two 
animals from the 50 mW cm-1 and 100 mW cm-1 groups. The measured fluence rate at 
the detection sides for these animals is similar, 18.7 ± 2 and 19.4 ± 0.9 mW cm-2 for the 
50 and 100 mW cm-1 animals, respectively. Though the measured fluence rates are 
similar a constant saturation profile is observed for the animal  in the 50 mW cm-1 group 
while the animal in the 100 mW cm-1 group shows a periodic  decrease in saturation 
followed by a recovery, where the saturation minimum after every successive decrease 
becomes lower. Different saturation profiles are also observed in animals from the 100 
and 250 mW cm-1 treatment groups in figure 5b, where both animals also show similar 
measured fluence rates at the detection side, 52.5 ± 2.5 and 49.5 ± 4.5 mW cm-2, 
respectively.  33 
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Figure 6. Saturation as function of time during and post PDT for two individual animals  of  the 100 
mW group measured. The vertical line represents the end of therapeutic illumination.

To investigate if the saturation would return to its pre-illumination value or possibly 
indicate on a delayed PDT-induced vascular effect, saturation was monitored by 
acquiring DPS-reflectance spectra for a time period after PDT. Figure 6 shows the 
saturation of two individual animals from the 100 mW cm-1 group both during and after 
PDT. One animal shows constant high saturation of 100% during illumination, however 
directly after illumination the saturation decreases to 75%. The saturation of the second 
animal starts at 100% but already decreases during illumination. Directly after 
illumination the saturation starts to increase again, showing that both increasing and 
decreasing saturation are possible effects post illumination.

Figure 7. Normalised average fluorescence, measured at the detection side, as a function of 
fluence, over a range of 0 – 30 J cm-2 for the 50 mW cm-1 (◇), 100 mW cm-1 (□) and 250 mW 
cm-1 (△) m-THPC groups. The error bars represent SEM.
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In figure 7 the average normalised m-THPC fluorescence kinetics for each of the three 
m-THPC-groups is plotted as a function of fluence over the range 0 - 30 J cm-2. The 
error bars show the variation in measured fluorescence due to differences in measured 
fluence rates in individual animals. However it is clear that the 250 mW cm-1 m-THPC 
group has a lower rate of photobleaching than the 50 and 100 mW cm-1 m-THPC 
groups. Though not significant, the 50 mW cm-1 m-THPC group shows slightly faster 
bleaching than the 100 mW cm-1 m-THPC group. A lower rate of photobleaching for 
high fluence rates is expected since PDT performed at higher fluence rates leads to 
increased oxygen consumption and faster depletion of tissue-oxygen. 

Figure 8. The bleach rate as function of fluence rate for the individual animals of the 50 mW cm-1 
(◇), 100 mW cm-1 (□) and 250 mW cm-1 (△) m-THPC groups. The bleach rate of the individual 
animals  are determined by fitting the measured m-THPC photobleaching characteristics using 
Eq.1 over the first 10 J cm-2.  The vertical error bars are the calculated confidence intervals of the 
bleach rate and the horizontal error bars show the standard deviation on the measured fluence 
rate over the first 10 J cm-2 of illumination of the individual animals.

To quantify the rate of photobleaching for the individual animals, the second order 
model is used to fit the bleach curves over the dose range of 0 - 10 J cm-2. This under 
the assumption that for the first 10 J cm-2 m-THPC photobleaching mediates entirely 
via a type II reaction. An important parameter in this approach to modelling 
fluorescence photobleaching is a parameter that is dependent on the balance between 
the supply and demand of oxygen, [3O2] in Eq. 1. Given this we refer to the term C 
[3O2] in Eq. 1 as an oxygen dependent parameter. The parameter quantifying the initial 
photosensitizer concentration is around 1 because the normalized fluorescence is 
fitted. In figure 8 for every animal  the fitted value for the oxygen dependent parameter 
from the second order model is plotted as a function of the average fluence rate per 
animal over the 0 – 10 J cm-2 fluence range. Figure 8 shows a general decrease in 
value of the oxygen dependent parameter at an increase in fluence rate. For fluence 
rates above 100 J cm-2 the oxygen dependent parameter is relatively constant.
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DISCUSSION
The aim of this study was to investigate the potential  for monitoring interstitial  m-
THPC-PDT by measuring the delivery of light to tissue (fluence rate) and monitoring 
photosensitizer fluorescence photobleaching in combination with quantitative 
reflectance spectroscopy during interstitial  PDT without interrupting the therapeutic 
illumination. Our long term goal is to determine the applicability of these types of 
measurements in the clinical environment and potentially provide clinicians with tools 
to optimize and standardize clinical PDT.
So far the acquisition of reflectance spectra during PDT was limited by the therapeutic 
illumination which interferes with the spectroscopic  measurements4,8,9. This means that 
either the acquisition of reflectance spectra are limited to directly pre and post PDT or 
the illumination is interrupted for the acquisition of reflectance spectra. In the latter 
case this also means an alteration of the intended light treatment parameters. We 
overcame this problem by placing a notch filter centered at the treatment wavelength in 
front of the spectrographs measuring reflectance spectra. This allows acquisition of 
differential  reflectance measurements during PDT  without interruptions to the 
illumination. Figure 3b shows the model  is still  able to accurately fit the reflectance data 
despite spectral blocking around 450 and 650 nm due to the notch filter. 
Another important point is that the notch filter blocks light in the spectral  region above 
600 nm, which contains no distinctive spectral features of tissue absorption. Based on 
this approach the same method is applicable for monitoring PpIX fluorescence during 
illumination using a notch filter centered at 630 nm. However for therapeutic 
wavelengths lower than 600 nm this method can lead to inaccurate saturation values 
since the blocking band of the notch filter might interfere with the spectral  features of 
hemoglobin.  
In addition to quantitative reflectance spectroscopy we monitored m-THPC 
fluorescence using the same principle as we and others have done previously using 
PpIX3,17,30. For m-THPC we monitored long wavelength fluorescence beyond 690 nm. 
In this region m-THPC exhibits a (second) distinctive fluorescence peak around 720 
nm. For photosensitizers that do not exhibit distinctive features in the long wavelength 
region the principle is still  applicable though technically more challenging. The data 
presented in this study demonstrates the possibility of simultaneous monitoring of light 
treatment parameters and long wavelength fluorescence together with monitoring of 
blood volume and saturation during PDT without interruptions to the therapeutic 
illumination.
There are a number of important considerations regarding the model that we have 
used in the present study. It is clear that our present approach is a first step towards a 
true interstitial illumination geometry. A potential  problem for monitoring interstitial PDT 
is possible bleeding due to insertion of the fiber-optic probes. Blood films covering 
these probes may cause artefacts in blood volume and blood saturation measurements 
during the course of treatment. In this case short path-length measurements of DPS 
will  predominantly measure blood saturation and blood volume signals of blood that is 
not contained in the vascular system of the tissue. In the present study we have 
avoided possible artefacts by placing the probes between tissue layers rather than 
inserting them into the muscle. The influence of blood films is an important area for 
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further investigation.  We have also chosen to first investigate monitoring normal 
tissue. This was done to understand our measured signals in tissue with expected 
normal vascular physiology. Tumor tissue is likely to be more complex in terms of both 
vascular physiology and oxygenation. The following step is to investigate monitoring 
tumour tissue using reflectance and fluorescence spectroscopy.

DPS during therapy
We began saturation and blood volume measurements directly after probe placement 
following surgery. These measurements before the therapeutic illumination show 
variations in blood volume and saturation which can be attributed to the surgical 
procedure (data not shown). 
During illumination both control groups show a constant saturation and blood volume 
for both measurement locations. No change in saturation and blood volume are 
expected in the control groups since there is no photosensitizer present. During 
illumination of the m-THPC administered animals we observe an inter-individual 
variable attenuation in fluence rate measured at the top of the muscle which can be 
attributed to inter-individual variations in muscle thickness and tissue optical properties. 
For the majority of m-THPC administered animals we observe a gradual  decrease in 
fluence rate during illumination, which is consistent with previous (clinical) studies 
monitoring fluence rate22,31. 
The saturation monitored during illumination shows a pattern where a higher percent 
decrease in saturation is observed for increasing applied fluence rates. This varies 
from random variations within 25% for the 50 mW cm-1 treatment group to an 
immediate decrease of saturation to 40% within the first 200 seconds of illumination in 
the 250 mW cm-1 treatment group. Several studies using different photosensitizers, 
have observed a decrease in saturation when illumination commenced7-9,11. In addition 
one of these studies using aluminium disulphonated phtalocyanine as a 
photosensitizer also showed a faster decrease in saturation at increasing fluence rates 
7 as is observed in the current study using m-THPC. This shows that an increase in 
fluence rate leads to an increase in oxygen consumption or vascular response 
(constriction and dilatation) that can be monitored by measuring the saturation during 
illumination.
Although we observe trends in saturation in the three different treatment groups the 
relatively large error bars indicate large inter-animal variations within the treatment 
groups. Inter-individual  differences in physiology can influence the effective local  PDT 
dose deposited in individual animals. This might lead to inter-individual differences in 
vascular response during the course of treatment which might be exhibited by the 
measured saturation. Inter-individual variations in saturation have been reported 
previously and are reflected in large standard deviations between animals in the same 
treatment group7 or even different locations within the tumor volume11. Inter-individual 
differences in vascular response and availability of oxygen as shown in figure 5, can be 
ascribed to PDT induced vascular effects, such as vasodilatation and –constriction, in 
combination with the vasculature responding to the extra demand of oxygen during the 
illumination which can be different per animal  due to inter-individual  biological 
variations.
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A possible biological  complication in measuring oxygen saturation of hemoglobin in 
muscle tissue is the presence of myoglobin. Due to the subtle spectral  differences 
between hemoglobin and myoglobin in the visible spectrum37,38 the DPS fitting 
algorithm will fit any myoglobin present as if it were hemoglobin. Depending on the 
amount of myoglobin present the determined value for saturation may be biased since 
the ratio between the 540 nm and 575 nm absorption intensities are slightly different for 
hemoglobin and myoglobin (1 and 0.8, respectively)38. However for the rat abdominal 
muscle we consider the contribution of myoglobin to be small compared to the 
hemoglobin absorption. The myoglobin content in rat abdominal  muscle tissue has 
shown to be 0.7 ± 0.4 mg/g 39, or 0.07%, while the blood volume fraction measured 
using DPS was 10%. Another issue to bear in mind is that hemoglobin is tetrameric 
and myoglobin is monomeric, meaning that the optical  measured absorbance for 
myoglobin is 4 times lower than for hemoglobin.
A number of other studies monitored saturation during superficial or interstitial  PDT in 
vivo using diffuse reflectance spectroscopy with either visible/white light7,8 or near 
infrared light9,11. A potential source of error in diffuse reflectance spectroscopy is that 
the path-length and hence the interrogated volume are strongly wavelength dependent. 
Thereby tissue optical  properties can vary during PDT making the wavelength 
dependent path-length also variable in time. In contrast  DPS used in this study to 
determine saturation and blood volume where the path-length is known and insensitive 
to changes in optical properties. This makes DPS more advantageous to utilize during 
PDT than other reflectance spectroscopy techniques.
Another important issue is that the interrogated volume in diffuse reflectance 
spectroscopy is larger than in DPS where it is approximately the fiber diameter 
used13,14. In large tissue volume measurements there may exist wide variations in 
fluence rate, dose deposition and possibly variations in photosensitizer concentration 
over the interrogated volume during illumination. All  these variations are averaged out 
over the interrogated tissue volume together with potentially important local PDT-
induced effects. DPS measures smaller volumes over which the variations in fluence 
rate, deposited dose and photosensitizer concentration are smaller. In addition DPS is 
able to monitor possible important local vascular effects, making DPS more suitable as 
a tool for understanding the mechanisms of PDT than diffuse reflectance spectroscopy. 
However by measuring over small volumes using DPS it will be necessary to use 
multiple probes to map saturation within the treated tissue volume. This can be costly 
and has its practical (and ethical) limitations by the amount of optic  fibers to be inserted 
in the treatment volume.

DPS post PDT
Figure 6 shows the potential for monitoring physiological parameters directly after 
therapeutic illumination. Variations in these parameters monitored post-illumination can 
provide information on delayed vascular effects due to PDT as observed in figure 6 
where the saturation during illumination is constant and decreases after illumination 
(closed triangles). It can also show if the saturation remains low after illumination or is 
able to recover (closed circles). Monitoring the vascular response after illumination 
may additionally provide information on the status of vascularization and possible cell 
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death4,5. For practical and ethical reasons it is often difficult to have monitoring fibers in 
or near the treatment volume for a period of time after PDT and surgery. Most often it 
will  require an additional (surgical) procedure to remove the monitoring fibers with an 
increased risk of adverse post surgical effects, such as inflammation.

Monitoring the kinetics of m-THPC photobleaching
In addition to performing quantitative reflectance spectroscopy, we have demonstrated 
that it is possible to simultaneously measure m-THPC fluorescence in the long 
wavelength region, ranging from 690-800 nm, without interrupting therapeutic 
illumination at 652 nm. This approach is similar to that we and others have adopted for 
monitoring ALA-PDT17,40. While a full analysis of the relationship between these 
parameters is outside the scope of the present manuscript there are a number of 
important observations on the kinetics of photobleaching during interstitial PDT of 
normal muscle. 
We have shown that the group average rate of m-THPC photobleaching increases as 
the input fluence rate of groups is reduced from 250 mW cm-1 to 100 mW cm-1 and to 
50 mW cm-1 (figure 7). This trend is consistent with what we and others have reported 
for other photosensit izers that are known to undergo self-sensit ized 
photobleaching2,14,17,40,41. We did not observe clear discontinuities in the kinetics of 
photobleaching between groups or in individual animals (data not shown). The kinetics 
of m-THPC fluorescence photobleaching have been measured in vivo in two previous 
studies. Forrer et al.18 reported monitoring m-THPC photobleaching in clinical 
treatments in the esophagus and in the oral cavity and Finlay et al.31 investigated m-
THPC photobleaching in normal  rat skin over a range of fluence rates. Both studies 
used a drug-light interval between 72 and 96 hours. The latter study found that the 
kinetics of photobleaching in rat skin are complex: at least two phases of 
photobleaching exist where an initial fluence-rate-independent phase is followed by a 
second phase that shows fluence-rate-dependent bleaching characteristics. 
Photobleaching in this second phase is then limited by a fraction of m-THPC that is 
relatively resistant to further degradation. It seems clear that the photobleaching 
kinetics in normal muscle are significantly different than in rat skin. It is probable that 
these differences are related to the differences in photosensitizer localization between 
the two types of tissue at the significantly different drug light intervals. In addition to the 
overall kinetics of photobleaching we observed a significantly lower initial rate of 
photobleaching in muscle. At an input fluence rate of 100 mW cm-1 (which results in a 
measured local fluence rate of 47 mW cm-2)  we observe a reduction in normalized m-
THPC fluorescence of approximately 28% after a fluence of 4 J cm-2. In skin at a 
fluence rate of 50 mW cm-2  there is a 52% decrease in m-THPC fluorescence for the 
same delivered fluence. This comparison between superficial  illumination and detection 
of m-THPC fluorescence with interstitial illumination and detection and illustrates a very 
important phenomenon. Fluorescence collected by the isotropic  probe originates from 
different distances within the irradiated tissue volume. This means that photobleaching 
signals are collected from tissues that are being illuminated with a various range of 
fluence rates. Clearly this is a confounding factor since these variations in kinetics will 
not be resolved by this type of volume averaged measurement. 
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To further investigate the fluence rate dependence of interstitial  m-THPC 
photobleaching we have determined the initial rate of photobleaching with respect to 
fluence for individual animals (Figure 8). To determine this initial  rate we have assumed 
that  the photobleaching of m-THPC follows relatively simple kinetics2,18. This model is 
based on self-sensitized photobleaching of photosensitizer by singlet oxygen and 
assumes that the rate of photobleaching is predominantly dependent on the availability 
of oxygen. According to this model an increase in fluence rate leads to a decrease in 
available oxygen and hence a lower rate of photobleaching. In figure 8 we determined 
the rate of m-THPC photobleaching over the first 10 J cm-2 using the second order 
model and plotted these values versus the in vivo  measured fluence rates for the 
individual animals. It is immediately clear that for a given input fluence rate there is a 
wide range of measured fluence rates, but there is a trend of increasing rate of 
photobleaching for decreasing measured fluence rate. The data also suggest that there 
may be a more complex relationship between the rate of photobleaching and fluence 
rate. For example we expected to observe a lower rate of photobleaching in animals 
with measured fluence rates above 100 mW cm-2. Given the small  number of data 
points in this part of the figure it is difficult to make strong conclusions from the results 
of the present study alone. Again it is important to note that these data from individual 
animals are also confounded by the range of fluence rates over which m-THPC 
fluorescence is collected. In future studies we intend to incorporate a technique that is 
able to monitor photosensitizer fluorescence over smaller defined volumes that can be 
chosen to coincide with the volume over which quantitative reflectance spectroscopy is 
acquired42.

Conclusion
In conclusion we have shown that it is possible to simultaneously monitor fluence 
(rate), m-THPC photobleaching, saturation and blood volume during PDT without 
interruptions to the therapeutic  illumination. We observe a decrease in saturation with 
increasing fluence rates. More interestingly significant differences in saturation profiles 
during the course of treatment between treatment groups and animals within the same 
treatment group are observed which indicate differences in vascular response. 
Furthermore the relationship between fluence rate and m-THPC photobleaching 
monitored using an isotropic probe is complex in an interstitial  geometry. For future 
studies investigating the mechanisms of action of m-THPC-PDT  it will  be necessary to 
incorporate monitoring these explicit and implicit parameters during PDT in 
combination with determining the efficacy of therapy using clinical  relevant light 
treatment parameters. 
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Abstract
In order to understand the mechanisms of action in m-THPC-PDT it is important to 
monitor parameters of importance during PDT and investigate the induced tissue 
response. The aim of this study is to examine PDT-induced response following PDT 
using clinical relevant treatment parameters. In addition several parameters such as 
fluence (rate), fluorescence, saturation, blood volume and differential  fluorescence are 
monitored.
Rats were injected with 0.3 mg kg-1 m-THPC. Sixteen or 96 h after m-THPC 
administration the abdominal muscle was illuminated through a interstitial placed linear 
diffuser, up to a dose of 5 or 20 J cm-2 using clinical  relevant fluence rates of 100 and 
250 mW cm-1. During PDT several parameters were monitored via fiber optic probes 
located on top and bottom of the abdominal muscle. Forty-eight hours following 
illumination the abdominal muscle was examined for PDT-induced response.
Response data showed higher response for necrosis in the groups with a 16 h drug 
light interval. An interesting observation was that no nuclei were observed in 
predominantly animals with a 16 h drug light interval. Despite the differences in 
observed tissue response, the measured parameters during PDT showed no or little 
variation.
We made a first step in quantification of tissue response following PDT in an interstitial 
treatment geometry. The response is scored both in intensity of different type of PDT-
induced response and in distance from the treatment fiber. However, more 
investigation is necessary to relate the parameters measured during PDT with the 
observed response.

Cover: microscopic image of PDT induced response in muscle
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Introduction
Meta-tetrahydroxyphenylchlorin (m-THPC) or Foscan® is a second generation 
photosensitizer currently under investigation as a (palliative) treatment modality for 
several malignancies in the head and neck region1-3, prostate4, vulva5, lungs6, skin7, 
and anal cavity8. In many circumstances, in particular for large tumors, it is not possible 
to illuminate the whole of the tumor volume using superficial  illumination. In these 
cases optical fibers are interstitially inserted into the treatment volume and used to 
deliver the treatment light using linear diffusing sources. This approach was adopted in 
some of the earliest applications of clinical PDT9 and has been used for the treatment 
of a range of tumor types. In the Head and Neck interstitial m-THPC-PDT is under 
investigation for the palliative treatment of large tumors such as those in the tongue 
base1-3. The clinical response after interstitial PDT is encouraging but there are a 
significant number of tumors that show a partial or no response3. PDT light treatment 
planning and in vivo light dosimetry are under development in the Head and Neck10. 
The current clinical state of the art involves the manual placement of illumination fibers, 
fixed distances apart, using a combination of pre-treatment MR imaging and palpation 
of the tumor when fiber-carrying catheters are inserted immediately before therapy. All 
tumors including those that show complete response, partial  or no response are 
treated using the same pre-treatment planning protocol. However, given that it is well 
known that there can be significant differences a range of parameters that influence the 
PDT dose delivered, such as tissue optical  properties11, photosensitizer 
pharmacokinetics12,13 tumor vascular physiology14 and that these can vary between 
patients, between tumors and potentially within tumors. It is therefore not unreasonable 
to assume that inter-individual differences in spatial  fluence rate and the PDT-dose 
deposited may lead to differences in tissue response and clinical  outcome. For these 
reasons a number of groups are pursuing strategies to measuring the magnitude of 
these variations and working towards techniques that are aimed at compensating for 
their influences so that the PDT dose is adequate within the treatment volume and is 
standardized between individual tumors and patients15,16.
An important factor underlying these optimization and individualization efforts is an 
understanding of the mechanism(s) of action surrounding the deposition of PDT-dose 
and knowledge of how this relates to the PDT induced response. For mTHPC-PDT a 
number of pre-clinical studies have investigated the role of light fluence, 
photosensitizer dose, pharmacokinetics and drug light interval17,18, relatively less 
attention has been given to the influence of light fluence rate and the vascular and 
physiological response of tissue during PDT. The aim of the present study is to 
investigate these later two parameters during interstitial mTHPC-PDT.
In order to investigate the relationship between the PDT-dose deposited and the PDT-
induced tissue response it is necessary to quantify tissue response. Several studies 
have investigated response following therapeutic illumination using different 
photosensitizers and in different treatment geometries19-25 Tissue response can be 
quantified macroscopically and/or microscopically. Macroscopic  measures of tissue 
response, such as those used in skin response models where the severity of response 
is quantified22 have the advantage that the tissue response can be followed in time. 
However this method is limited to exposed tissue and does not provide information on 
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response of deeper tissue layers. Another macroscopic  quantification of response is 
tumor growth delay19-21. In these types of experiments a relatively large volume of 
tissue (on the order of 2-5 cm3) is illuminated using either a superficial  or interstitial 
illumination and the response to PDT is determined measuring the growth of the tumor 
in time after illumination compared to the growth of an untreated tumor. One potential 
confounding factor in these types of studies is that it can be difficult to deliver the same 
PDT-dose throughout the whole treatment volume. In these circumstances the spatial 
distribution of PDT dose deposited in the treatment volume is not taken into account in 
the overall  quantification of response. Histological measures of PDT response make it 
possible to quantify response based on the mode of PDT cell death, i.e. necrosis and/
or apoptosis and combine this with an assessment of the induction of an 
immunological  response to PDT25. Here it is also possible to quantify the response with 
respect to different tissue structures such as layers and investigate boundaries 
between tumor and normal tissue. One disadvantage of these approaches is that in 
most circumstances microscopic quantification of response does not allow for temporal 
quantification of response in a single animal, it is often preferred in situations where the 
tissue is not already exposed. One notable exception is the use of intra-vital  methods26 
here however most treatment geometries mean that it is difficult to combine interstitial 
light delivery with intra-vital models.
In the present study we have therefore chosen to deliver PDT  using an interstitial 
geometry and investigate the histological  response to PDT. In this type of approach 
there is a spatial distribution of PDT dose deposited that is dependent on the fluence 
rate, the availability of oxygen and photosensitizer concentration but also from the 
distance from the illumination source. As a result we expect to find a spatial distribution 
of microscopic response.
In combination with this investigation of the microscopic  response following mTHPC-
PDT we have also extended our previous dosimetric and monitoring techniques; 
monitoring fluence (rate), fluorescence photobleaching, blood saturation and blood 
volume during illumination to this true interstitial  geometry using clinically relevant light 
treatment parameters.

Chapter 8

132      



2 Materials and Methods
Animal and treatment procedure
The animal  experiment committee of the Erasmus University Medical Center approved 
the experimental  design for this study. Two weeks prior to the experiments 45 normal 
adult male Wistar rats were placed on a diet of chlorophyll free food to minimize the 
influence on autofluorescence centred at 675 nm due to pheophorbide-α. All animals 
were injected with 0.3 mg kg-1 m-THPC i.v., dissolved in PEG400:ethanol:water with a 
ration of 3: 2: 5, except for five control  animals which were injected with the control-
solution not containing m-THPC. The m-THPC administered animals were divided into 
8 PDT-groups as shown in table 1.

Table 1. Illumination groups (n=5 animals in each).

Group Drug light interval/h Incident fluence rate/mW cm-1 Flunece/J cm-1

1 16 100 5

2 16 100 20

3 16 250 5

4 16 250 20

5 96 100 5

6 96 100 20

7 96 250 5

8 96 250 20

After a drug-light interval  of either 16 or 96 hours, animals received a light dose of 5 or 
20 J cm-1, at a fluence rate of 100 or 250 mW cm-1 diffuser length. The remaining 5 
animals received a light dose of 20 J at 250 mW cm-1 diffuser length 96 h after injection 
with the control solution not containing any m-THPC. Two different incubation times 
were chosen to investigate possible differences in PDT induced damage due to 
different compartmental localizations of m-THPC.
At the time of treatment a vertical  incision was made through the skin and the 
abdominal muscle layer at the linea alba. Skin overlying the muscle layer was 
separated from the muscle structure for probe placement. Figure 1 shows a schematic 
outline of the probe placement between the different tissue layers. To prevent PDT 
induced damage to the intestines located directly underneath the muscle layer, a black 
plastic sheet was placed between the muscle layer and the intestines. A polyurethane 
catheter (BD Venflon pro 18GA, Helsingborg, Sweden) was placed perpendicular from 
the incision at the linea alba through the muscle layers towards the linea semilunaris. 
The linear diffuser, with a length of 2 cm and diameter of 500 micron (MedSpecLab, 
Toronto, Canada) was placed into the catheter. On both top and bottom side of the 
muscle FDPS and isotropic  probes (Cardiofocus, formerly Rare Earth Medical, West 
Yarmouth MA, USA) were positioned at the centre of the linear diffuser and as close to 
it as possible. FDPS probes were used to locally monitor saturation, blood volume and 
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fluorescence. The two isotropic probes located at the bottom and top of the muscle are 
both bifurcated to monitor fluence (rate) and long wavelength fluorescence with the 
same probe.

Figure 1. Schematic detailed outline of  the placements of the linear diffuser to deliver the 
treatment  light to the tissue, and the measurement probes (FDPS and isotropic probes) on top 
and bottom of the muscle tissue.

We had previously observed significant variations in blood volume and saturation for a 
period of time directly after surgery and probe placement. Therefore these 
physiological parameters were allowed to stabilize in each animal before the start of 
illumination. On average it took 10-15 minutes for the blood volume and saturation to 
stabilize. Therapeutic  illumination was performed using 652 nm light from a diode laser 
(CeramOptec, Jena, Germany). During the course of treatment light dosimetry, 
fluorescence spectroscopy and FDPS were measured continuously without disturbing 
the light treatment protocol. After the end of the illumination PDT-induced vascular 
effects were monitored by measuring blood volume and saturation for a period of 300 
seconds. After these post illumination measurements the optical fibers were removed 
and the muscle layer was sutured together. For orientation during histology the 
polyurethane catheter was left in the muscle structure after illumination. To minimize 
discomfort at possible disfunctionality of muscle tissue during the 48 hour post 
treatment period, Premilene® mesh (Braun Medical, Oss, the Netherlands), normally 
used in the clinic for treatment of hernia inguinalis, was sutured on top of the 
illuminated muscle tissue.

Light dosimetry and fluorescence spectroscopy
Fluence rate and photosensitizer fluorescence above 690 nm were measured at both 
top and bottom side of the abdominal  muscle structure, using an 1 mm isotropic  probe 
at the distal end of a 400 micron fiber. The fiber-probes were then coupled into a 
200-400 micron bifurcated fibers to give optimal signal for the fluorescence 
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measurements measured with the larger fiber diameter while still  having sufficient light 
for accurate fluence rate measurements. The 200 micron arms were coupled directly in 
a modular-based multi-channel dosimetry device27. Both 400 micron arms were 
coupled into a two-channel  spectrograph controlled by the dosimetry device. In front of 
this spectrograph a 690 nm long pass filter was placed enabling measurements of long 
wavelength m-THPC fluorescence during PDT without interruption to the treatment 
light. After every fluence rate measurement fluorescence spectra were acquired. The 
integration times used for the two-channel  spectrograph varied between the 2000 and 
4000 milliseconds, allowing a maximum sampling rate of 15 measurements per minute 
at an integration time of 2000 milliseconds for a two-channel spectrograph.

Fluorescence differential pathlength spectroscopy 
Fluorescence differential pathlength spectroscopy (FDPS) is used to acquire local 
information on physiological parameters, such as saturation and blood volume28, tissue 
optical  characteristics and fluorescence all  over the same tissue volume. FDPS was 
measured at both top and bottom side of the muscle tissue using a fiber probe 
containing two 600 micron fibers placed at a core-to-core distance of 660 micron and 
polished under an angle of 15 degrees to minimize specular reflection at the probe-
tissue interface. Excitation light for the fluorescence measurements was split out from 
the treatment laser using a tri-furcated fiber of which a 600 micron leg lead to the 
treatment fiber and the two 200 micron legs lead to two individual 150 micron 
bifurcated fibers of the two FDPS probes. The second leg of this 150 micron bifurcated 
fiber was coupled into a white light source for DPS measurements. The distal  end of 
the 150 micron bifurcated fiber was coupled into one of the arms of a 300 micron 
bifurcated fiber, the other arm is coupled into a channel of the 4-channel spectrograph. 
The distal  end of the 300 micron bifurcated fiber is coupled into one of the 600 micron 
fibers of the FDPS-probe which forms the delivery and collection (dc) fiber. The second 
600 micron fiber of the FDPS probe, the collection (c) fiber, was coupled directly into 
the 4-channel  spectrograph. To enable measurements during the therapeutic 
illumination a 4-channel filter-block containing a notch filter centered on 650 nm was 
placed directly in front of the spectrographs. Differential fluorescence measurements 
were acquired directly after differential  reflectance measurements. Integration times for 
the differential fluorescence measurements varied between the 250 and 1000 
milliseconds. To maximize the temporal  resolution low integration times were used for 
PDT with high fluence rate and low dose. Since the white light used for acquiring 
reflectance spectra can interfere with the fluorescence signal measured using the 
isotropic probe the sampling rate for FDPS was set at 2 measurements/min.

Histology and PDT response 
Forty-eight hours after illumination the animals were sacrificed after which the muscle 
tissue on both the right and left side of the linea alba (treated and untreated, 
respectively) were excised and fixed in formalin. This provided histological sections of 
both normal and PDT-treated muscle tissue for each animal. Before embedding the 
tissue in paraffin the polyurethane catheter and Premilene® mesh were removed from 
the treated tissue side to prevent artifacts when sectioning the tissue. Sections were 
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stained with hematoxylin and eosin and subsequently scanned at 40x magnification 
using a digital scanning microscope (Nanozoomer digital pathology, Hamamatsu).
From the center of treatment concentric  circles with 1 mm intervals up to 7 mm were 
drawn in the tissue sections. Within these 1 mm successive circular bands the tissue 
damage was scored for three PDT induced responses of tissue; (a) tissue edema, (b) 
inflammation and (c) necrosis. The presence of edema was scored based on the 
separation between muscle fibers due to presence of intercellular fluids. The presence 
of an inflammatory infiltrate (mainly neutrophils) was used to score the severity of 
inflammatory response in and around the muscle fibers. Non-viable muscle fibers were 
scored as necrosis. The viability of muscle tissue was assessed according to their 
morphology. In normal viable muscle ‘fiber striping’ is observed due to the myofibrilles. 
Absence of this striping indicates non-viable muscle fiber and was considered necrotic. 
The severity of each response was scored on a scale of 0 – 3 corresponding to the 
percentage of the tissue that exhibited the score within each 1 mm concentric ring 
where 0 corresponds to no response; 1 for 10-40%; 2 for 40-70%; and 3 for over 70% 
response. For each circular ring three scores are given for necrosis, inflammation and 
edema respectively. The values per ring were averaged for each treatment group. 
Tissue sections were scored by two investigators blinded from the drug light interval 
and light treatment parameters.

Data processing
Fluorescence spectroscopy
As we and others described previously long wavelength fluorescence spectra acquired 
by the isotropic  probe were analyzed as a linear combination of basis spectra using a 
singular value decomposition (SVD) algorithm29,30. The fluorescence signal  was 
described by a combination autofluorescence, m-THPC fluorescence and residual 
laser light. Due to the width of the laser peak some fraction of laser light was 
attenuated but not completely filtered out. This made it necessary to incorporate an 
additional  component in the fit. Basis spectra for the components were extracted from 
in vivo measured spectra. The basis spectrum for the autofluorescence is the average 
from fluorescence spectra acquired in the control animals corrected for the residual 
laser light. The basis spectrum for m-THPC is extracted from the m-THPC injected 
animals with subtraction of the autofluorescence signal  and correction for the residual 
laser light.

Fluorescence differential path-length spectroscopy
Before every experiment the FDPS system was calibrated as described previously31. A 
differential  reflectance spectrum was acquired before every fluorescence measurement 
by subtraction of the signals acquired by the dc- and c-fibers. Values on blood volume 
and saturation were acquired by fitting the DPS spectrum according to the same model 
as described previously18. A differential fluorescence spectrum (DFmeas) is obtained by 
subtraction of the fluorescence spectral  signal  measured by the c-fiber from the 
fluorescence spectral  signal measured by the dc-fiber. The measured differential 
fluorescence signal is corrected for day-to-day variations in laser output. Furthermore 
the differential fluorescence signal  is corrected for absorption by multiplying DFmeas by 
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the ratio of the reflectance at the excitation wavelength without and with absorption 
present. At the excitation wavelength, 652 nm, there are no significant absorption 
artifacts in the measured reflectance, hence the ratio between reflectance signal 
without and with absorption present at this particular wavelength equals 1. The 
differential  fluorescence signal is relatively insensitive to variations in tissue scattering. 
For this reason no corrections were made to account for variations scattering. The 
absorption-corrected differential  fluorescence spectra were analyzed using the same 
SVD algorithm as for the long wavelength-fluorescence measurements. Here the 
fluorescence was described by a combination of m-THPC fluorescence and 
autofluorescence.

Statistics 
Confidence intervals on fit parameters were determined based on the covariance 
matrix as described previously32. Differences between animals and groups were tested 
using the non-parametric Mann-Whitney test.
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Results
General observations and histological response to PDT
In all  animals, the right side of the abdominal muscle was treated and the left side 
served as a m-THPC no-light and no-catheter control. For the majority of m-THPC 
PDT animals the illuminated tissue was more rigid and thicker than the control tissue. 
Macroscopically the average thickness of the illuminated tissue per treatment group 
was measured by measuring the width of the fixed and stained sections. On average 
the PDT treated sections were 14.6 mm long and 4.2 mm thick, the control  sections 
13.8 mm and 3.9 mm, respectively. There was no significant change in thickness due 
to PDT treatment between the sections of the different PDT  groups or within the control 
groups.

Figure 2. a) abdominal muscle cross-section of a control animal (no m-THPC) which received 20 
J at 250 mW cm-1 at a magnification of 25X. The open circular shape in the center is the place 
where the treatment fiber was located during illumination; b) abdominal muscle cross-section of 
a PDT treated animal,  20 J at 100 mW cm-1. The concentric lines with 1 mm separation around 
the location of the treatment fiber are the regions within which tissue response was scored.

We observed no PDT-induced effects in the untreated side of the muscle. Figure 2a 
shows a tissue section at a 25x magnification of an animal that was injected with the 
control  solution not containing m-THPC that received 20 J cm-1 at a fluence rate of 250 
mW cm-1 per length of diffuser. For the animals in this control group we observed 
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edema formation, inflammation and sometimes necrosis close to the location of the 
catheter (and treatment fiber) due to the insertion of the catheter. Figure 2b shows a 
typical tissue section at a 25x magnification of a PDT treated m-THPC animal with a 
drug light interval  of 16 h and a dose of 20 J cm-1 at a fluence rate of 100 mW cm-1. In 
sections of the treatment groups also edema formation, inflammatory response and 
necrosis were observed. The extent (distance from the treatment fiber) and intensity of 
damage was different depending on the drug light interval, delivered dose and fluence 
rate. An additional  interesting observation was the loss of nuclei  in muscle cells. This 
was apparent in all animals with a 16 h drug light interval and only in two out of 20 
animals with a 96 h drug light interval.
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Figure 3. Quantatively scored tissue response differentiated between 16 h (closed symbols) and 
96 h (open symbols) and type of response, for all groups; 5 J at  100 mW cm-1 (◆,◇) and 250 
mW cm-1 (▲,△);  20 J at 100 mW cm-1 (■,□) and 250 mW cm-1 (●,○); and the control group 
(X). Average score on edema as function of distance from the treatment  fiber for the 16 h (a) and 
96 h (b) treatment groups. Average score on the inflammatory response as function of distance 
from the treatment fiber for the 16 h (c) and 96 h (d) treatment groups. Average score on the 
necrosis as function of distance from the treatment fiber for the 16 h (e) and 96 h (f) treatment 
groups.
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Figure 3 shows the values scored for edema (a, b), inflammation (c, d) and necrosis (e, 
f) as a function of distance from the treatment fiber for the control group and the eight 
treatment groups. Overall the control group shows mild edema formation, inflammation 
and sometimes necrosis close to the treatment fiber that all decreases as a function of 
distance from the treatment fiber. Figures 3a and b show the values scored for edema 
for the 16 h and 96 h treatment groups, respectively. For all  treatment groups a similar 
decrease in edema formation as a function of distance from the treatment fiber are 
observed as for the control  group. However the scores for edema in the treatment 
groups are higher than for the control  group. Figures 3c and d show the inflammatory 
response for 16 h and 96 h treatment groups. While the control group shows a 
decrease in inflammatory response as function of distance of the treatment fiber, the 
16 h treatment groups show an increase in inflammatory response as a function of 
distance. The 96-hour treatment groups show a relative constant inflammatory 
response as function of distance from the illumination fiber. An interesting observation 
is that close to the treatment fiber the average score on inflammation is lower in the 
both 16 h and 96 h treatment groups than in the control group. Figure 3c  shows the 
average score for necrosis for all groups as a function of distance from the treatment 
fiber. Figures 3e and f show the score on necrosis for the 16 h and 96 h treatment 
groups, respectively. There is a clear difference in spatial  distribution of necrosis is 
observed between the two different drug-light intervals. For the treatment groups with a 
16 h drug light interval there is an increase in necrosis up to 5 mm from the treatment 
fiber after which it starts to decrease. An interesting observation is that in these 
treatment groups the groups which received a dose of 5 J cm-1 reach a maximum 
score for necrosis approximately 1 mm closer to the treatment fiber than the groups 
receiving 20 J cm-1. The 16 h drug light interval and 20 J cm-1 groups show a higher 
score for necrosis over the over the first 5 mm from the illumination fiber for the 250 
mW cm-1 treatment group than for the 100 mW cm-1 treatment group.
In the treatment groups with a drug light interval of 96 h a similar decrease in necrosis 
as function of distance from the treatment fiber is observed as in the control groups. 
The treatment groups that received 20 J cm-1 show higher scores for necrosis than the 
5 J cm-1groups. The scores for necrosis in the 5 J cm-1 treatment groups are within the 
standard deviations of the control group. It is noteworthy that differences in necrosis 
score between groups with the same fluence but different fluence rates are within 
standard deviations of the measurements.

Light Dosimetry and Optical Spectroscopy
Optical measurements; fluence rate, reflectance, and fluorescence spectroscopy were 
acquired at two locations, on top of and beneath the illuminated abominable muscle. 
Since the exact distance between the therapeutic light source and the linear diffuser 
are important considerations for the measured fluence rate and the interrogation 
volume of the optical spectroscopy the location of the catheter (linear diffuser) was 
determined in control animals at the time of sacrifice. Due to the unknown distance 
between the measurement probes above and below the muscle regarding the linear 
diffuser for illumination it was assumed that the average distance for each of 
measurement probes regarding the linear diffuser is on average the same. For this 
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reason optical measurements above and below the muscle were averaged. It is 
important to distinguish between the input fluence rate, defined by the calibrated output 
of the linear diffuser prior to the insertion of the fiber into the animal (either 100 or 250 
mW cm-1) from the measured fluence rate in the measured in tissue. The average 
measured fluence rate was 81 ± 44 mW cm-2 and 149 ± 75 mW cm-2  for 100 and 250 
mW cm-1, respectively. The measured average fluence rate was relatively constant 
throughout PDT in the majority of animals, with variations of less than 10%. In two 
animals we observed an increase of 29% and 40% for the isotropic  probe located at 
the top of the muscle.

Figure 4. The measured saturation as function of treatment time for the 16 h (a) and 96 h (b) 
treatment groups depicted in the legend as follows: DLI\fluence rate\dose.

FDPS
Fluorescence differential path length spectroscopy was used to monitor blood 
saturation, blood volume and m-THPC fluorescence using 652 nm excitation. Figure 4 
shows the average saturation during PDT as a function of treatment time for the 16 h 
(a) and 96 h (b) treatment groups and the control  group. The saturation of the control 
group remains constant during illumination, whereas a decrease in saturation is 
observed in the 16 h treatment groups (Fig 4a) except in the group that received 5 J 
cm-1 at 100 mW cm-1 length of diffuser. This treatment group shows an increase in 
saturation during illumination. For the 96 h treatment groups (Fig 4b) we also observe 
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a decrease in saturation in all  groups except the group that received 5 J cm-1 at 100 
mW cm-1. Both groups that were illuminated with a fluence rate of 250 mW cm-1 show a 
steeper decrease in saturation than the other 96 h treatment group and the 
corresponding 16 h treatment groups. The measured blood volume in all treatment 
groups remained constant during illumination and was on average 4% ± 2. During the 
period immediately after the illumination (300 seconds) the measured blood volume 
remained constant for all  groups. In figure 5 the saturation post illumination as a 
function of time is shown for the 16 h (a) and 96 h treatment groups (b). In three out of 
four 16 h treatment groups (fig 4a) show an increase in saturation post illumination 
sometimes increasing above initial pre-illumination saturation values. The 16 h group 
that received 5 J cm-1 at 250 mW cm-1 showed a decrease in saturation down to 40% 
100 seconds after the end of illumination. For the 96 h treatment groups also an 
increase in saturation is observed post illumination increasing up to the pre-illumination 
saturation values for all  but the group that received 20 J cm-1 at 250 mW cm-1. Both the 
100 and 250 mW cm-1 groups that received 5 J show a steep increase 50 seconds 
after the end of illumination. Whereas the group receiving 20 J cm-1 at 250 mw cm-1 
shows a decrease after 50 seconds. 

Figure 5. The measured saturation function of time post  illumination for the 16 h (a) and 96 h (b) 
treatment groups depicted in the legend as fol lows: DLI\ f luence rate\dose.
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Figure 6. Measured differential fluorescence signal (●) consisting of autofluorescence, m-THPC 
fluorescence and contribution from the therapeutic laser peak. Clearly the blocking effect of the 
notch filter is observed around 650 nm. The profile of the laser peak is also shown (solid gray 
line). 

Figure 6 shows a differential  fluorescence spectrum (closed circles) and the peak 
position of the laser (grey solid line). The differential fluorescence spectrum contains a 
small fraction of laser light of the tail  of the laser emission that is only partially filtered 
by the notch filter. The signal above 690 nm is predominantly fluorescence measured 
in the animal.

Fluorescence spectroscopy
Long wavelength fluorescence and fluence rate were measured using the same 
isotropic probe at both locations on the muscle. These data were used to (i) calculate 
the average initial intensity of m-THPC fluorescence before the start of therapy 
between animals in groups with a drug light interval  of 16 and 96 hours and (ii) 
investigate the kinetics of photobleaching during illumination. The intensity of m-THPC 
fluorescence was 59 ± 57 and 20 ± 13 for the 16 h and 96 h treatment groups, 
respectively. Despite the high standard deviation the non-parametric Mann-Whitney 
test show a significant difference in the amount of fluorescence between the 16 h and 
96 h treatment groups (P<0.00006). To investigate the fluence rate dependence of m-
THPC photobleaching we averaged m-THPC fluorescence signals within pre-defined 
fluence rate ranges based on the accompanied measured fluence rate. Four ranges of 
fluence rate were defined to average corresponding photobleaching signals; 0-49, 
50-99, 100-149, >150 mW cm-2.
Figure 7 shows the m-THPC photobleaching characteristics over a fluence range of 15 
J cm-2 for the 16 h (a) and 96 h treatment groups (b). The mean measured fluence rate 
within the 0-49, 50-99, 100-149 and <150 mW cm-2 fluence rate ranges for the 16 h 
DLI animals were 30 ± 9 (n=5), 73 ± 17 (n=13), 126 ± 13 (n=11) and 201 ± 31 mW cm-2 
(n=8), respectively. It is important to note that it was not possible to acquire adequate 
signals in 8 animals. For these four fluence rate ranges we observe fluence rate 
dependent rate of m-THPC photobleaching where the highest rate of photobleaching is 
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observed for animals in the lowest fluence rate range (0-49 mW cm-2). The difference 
in rate of photobleaching for fluence rates above 50 mW cm-2 are small and within the 
standard errors of the mean. For the 96 h DLI animals the mean measured fluence rate 
within the 0-49, 50-99, 100-149 and <150 mW cm-2 fluence rate ranges were 34 ± 15 
(n=6), 73 ± 14 (n=13), 114 ± 9 (n=8) and 211 ± 53 mW cm-2 (n=13), respectively. Here 
we also observe fluence rate dependent m-THPC photobleaching with the highest rate 
of photobleaching for animals in lowest fluorescence rate range. Again, small 
differences in rate of photobleaching are observed for fluence rates above 50 mW 
cm-2.

Figure 7. The m-THPC fluorescence photobleaching characteristics measured using the 
isotropic probes for animals with a 16 h (a) and 96 h (b) DLI. Photobleaching characteristics 
were categorized and averaged within 4 fluence rate ranges as depicted in the legends based on 
the in vivo measured fluence rate accompanying every individual photobleaching profile.
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Figure 7.  
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Discussion
The aims of this study were to investigate the therapeutic response following interstitial 
m-THPC-PDT using clinical light treatment parameters and combine this with optical 
monitoring of the therapy. To our knowledge this is the first study quantifying the 
microscopic  tissue response in optically thick tissues using a linear diffuser to deliver 
the therapeutic  illumination. We have shown that the determination of the volume 
averaged microscopic  response in tissues of the order of 1 cm is complex: In optically 
thick tissue the depth dependence or spatial distribution of fluence rate distribution is 
dependent on the optical  properties in combination with the distance from the 
treatment fiber. At different distances a different dose is delivered at a different fluence 
rate in the tissue. For this reason differences in tissue response can be expected 
based on distance from the treatment fiber. A small number of studies for example 
Rovers et al  have investigated the response of thick tissues such as liver to m-THPC 
PDT. This study was only focused on tumor response and the illumination was not 
performed interstitially using a linear diffuser. In the rat-esophagus depth dependent 
response was observed and quantitatively assessed for different tissue layers 
(epithelium, submucosa and muscularis propria)25,33. However the total thickness of the 
rat-esophagus is approximately 800 micron28 and over this thickness the spatial 
fluence rate distribution can be regarded constant. In the case of the esophagus the 
difference in response was determined by a combination of spatial  distribution of 
photosensitizer and tissue oxygen28. 
Our approach in quantifying tissue response was to score on PDT induced effects such 
as edema formation, inflammatory response and necrosis, as a function of distance 
from the interstitial fiber. Differences in inflammatory response and necrosis as a 
function of distance from the treatment fiber are observed between the treatment 
groups with a drug light interval  of 16 and 96 h. The 16 h groups generally show an 
increase in inflammatory response in distance and an overall higher necrosis score 
than the 96 h groups. According to pharmacokinetic  studies12,13 the concentration of m-
THPC is relatively constant in muscle tissue for these drug light intervals. However this 
does not take into account of the m-THPC present in the vasculature. Serum values for 
m-THPC have been shown to be higher for a 16 h than for a 96 h drug light interval. So 
based on this the overall concentration of m-THPC present in both muscle and 
vascular compartment is higher for the 16 h drug light interval than for the 96 hour drug 
light interval. This is confirmed by the fluorescence measurements which shows a 
higher m-THPC fluorescence intensity at the start of treatment for the 16 h drug light 
interval. The difference in total  m-THPC concentration between the two drug light 
intervals may account for the difference in response.
Another interesting result of the present study is the fact that the observed necrosis in 
the 96 h treatment groups is low and not significantly higher than necrosis observed in 
the control. It is important to note that we have treated normal muscle tissue and 
pharmacokinetic  studies show low accumulation of m-THPC in normal muscle tissue 
which accounts for the relatively low score on necrosis for the 96 h groups. 
An interesting observation regarding the inflammatory response is that all  treatment 
groups show lower scores on inflammation close to the fiber compared to the control 
group (Fig. 3b&d). Henderson et al. investigated the PDT-induced inflammatory 
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response in tumors at different fluence rates and doses. They observe more 
inflammation for low fluence rate PDT and subscribe this to a longer survival  period of 
the (micro) vasculature. This allows cells of the immune system to infiltrate the 
treatment volume in which the surviving cells exhibit increased expression of 
inflammatory mediators34. This mechanism can be a possible explanation for the fact 
that we observe more inflammation in the control  group (no m-THPC) compared to the 
treatment groups treated with relatively high fluence rates of 100 and 250 mW cm-2. 
In addition to the three types of PDT-induced response (edema formation, inflammation 
and necrosis), we also observe the absence of cell  nuclei. This effect has not been 
reported previously in vivo. It is also interesting that the absence of nuclei is 
predominantly observed after PDT in the treatment groups with a 16 h DLI (n=20 and 
n=2 for DLI’s of 16 h and 96 h, respectively). Several  in vitro studies show sub-cellular 
localisation and accumulation of m-THPC within the perinuclear region35 predominantly 
in the endoplasmatic reticulum and Golgi aparatus after an incubation time of 3 h 36. 
Incubation times longer than 24 h show a decrease of m-THPC accumulation in the 
Golgi apparatus and an enhanced presence of m-THPC in the endoplasmatic 
reticulum37. For the in vivo  situation it may be that at the relatively short in vivo 
incubation time of 16 h m-THPC on even sub-cellular level  is predominantly localised 
in the peri-nuclear region, inducing photodynamic damage within this region upon 
illumination. For longer in vivo  incubation times the amount of m-THPC present in the 
peri-nuclear region might decrease and be distributed in other subcellular regions. This 
may explain the absence of cell  nuclei in the treatment volume of animals with a 16 h 
DLI.

For the difference in response between the 5 and 20 J cm-1 groups a similar spatial 
distribution, at lower scores for the low dose group, up to a certain distance from the 
treatment fiber was expected after which the amount of response would decrease for 
the low dose group. This is observed for necrosis in the 96 h group. However in the 16 
h group we observe a different spatial  distribution in necrosis between the groups 
treated with a dose of 5 and 20 J cm-1. For the different fluence groups the maximum 
score of necrosis occur 1 mm closer to the treatment fiber for the low dose, 5 J cm-1, 
groups. The overall extent of necrosis in the 5 J cm-1 group is less than in the 20 J cm-1 
group. Also a slightly lower inflammatory response is observed for the 20 J cm-1 group 
2-6 mm distance from the treatment fiber. Again the higher inflammatory response in 
the low dose groups, 5 J cm-1, can be subscribed to a longer survival  period of the 
vasculature34 at a low dose compared to the high dose. Inflammatory can be a 
reversible effect but also can lead to irreversible damage to tissue. The difference in 
inflammatory response in combination with spatial difference in PDT-dose deposited 
may also account for the different spatial distribution of necrosis between the 5 and 20 
J cm-1 groups at a 16 h drug light interval

A potential weakness in our current method of assessing the microscopic response to 
PDT is that we have not considered boundary effects in tissue response at the start 
and end regions of the linear diffuser delivering the treatment light. Although the 
position of the linear diffuser in the tissue is clearly marked and visible after 
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histopathological processes, it is more difficult to demarcate start and end of the 
diffuser.

FDPS during illumination
As we have reported previously, variations in measured saturation and blood volume 
values are observed in the measurements following probe placement after surgery and 
before starting illumination in all  groups (both treatment and control groups). These 
variations can be attributed to the surgical procedure. For this reason illumination was 
started when saturation and blood volume values had stabilized, which took between 
10-15 minutes.
During illumination the control  group show constant values for saturation and blood 
volume. Since the control group was administered with the control-solution not 
containing m-THPC, no variations in saturation and blood volume were expected. Also 
the fluence rate during illumination is constant for the control group. However in the 
treatment groups the fluence rate was relatively constant over the treatment time with a 
measured variation of 10%. This is in agreement with our previous study considering a 
same time period after the onset of illumination. In the current study there are no 
significant variations in decrease of measured fluence rate between the different 
fluence rate regimes within the applied treatment times. 
However, in all  but two treatment groups a decrease in saturation is observed for both 
16 h and 96 h drug light interval. For a delivered fluence of 20 J cm-1 a different 
decrease in saturation is observed in the 96 h groups but not in the 16 h group. 
Whereas in our previous study different saturation profiles were observed at a drug 
light interval  of 16 h between the 100 and 250 mW cm-1 groups. However these 
differences were observed over a longer treatment time, 1500 seconds (and thus 
higher delivered dose) than in the current study. Notwithstanding the difference in 
decrease between 100 and 250 mW cm-1 is observed in the 96 h group. It might be 
that due to the difference in m-THPC localisation that the effect of fluence rate on 
saturation is more apparent for a 96 h compared to the 16 h drug light interval.

There are two groups that show an increase in saturation during illumination, these 
groups with a 16 h and 96 h drug light interval  both had a delivered dose of 5 J cm-1 at 
100 mW cm-1. We did not observe an increase in saturation anywhere during the 
illumination in the other treatment groups. A possible explanation is that the last 
saturation measurement for some animals might be after therapeutic illumination 
ended. At this time a recovery or a delayed vascular response to increase the supply of 
oxygen to overcome the extra demand of oxygen due to PDT  can lead to the increase 
in saturation. In the future for these short treatment times the temporal  resolution for 
measuring saturation should be increased. This was not possible with the current setup 
due to additional differential fluorescence measurements.
The differential fluorescence signal in the present study was hampered by a low signal 
to noise ratio, which made determination of m-THPC fluorescence unreliable. 
Optimizing the system for fluorescence by increasing signal to noise ratio and reducing 
exposure times will also be beneficial  for the temporal  resolution of saturation and 
blood volume measurements done with the same system. The first step in improving 
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the signal to noise ratio is to replace the current grating which is inefficient in the high 
wavelength regions, for a grating with improved efficiency in the high wavelength 
region.

DPS post illumination
In a previous study we showed delayed PDT-induced vascular effects and recovery 
directly after the end of illumination. Monitoring saturation post illumination may 
additionally provide information on vascular response38,39. In the current study it was 
not possible to measure for  a long time period post-illumination since the animal 
needed to recover and survive for 48 hours. Despite the relatively short measurement 
time-period post illumination we observe recovery of saturation sometimes above the 
initial  pre-illumination saturation values after illumination in the majority of treatment 
groups. As soon as the therapeutic  light is switched off there is no extra demand for 
oxygen anymore for the PDT mechanism. Assuming that the vasculature is intact the 
saturation has the ability to recover to its initial  values. A recovery above the initial 
saturation value might be explained by vasodilitation in combination with increased 
blood flow.

Monitoring m-THPC photobleaching
In addition to monitor FDPS we also monitored fluorescence using an isotropic probe 
in the same way as we did before18. In every animal the fluorescence and fluence rate 
were measured using the same isotropic  probe at two locations, top and bottom of the 
muscle. We and others showed fluence rate dependent m-THPC photobleaching 
characteristics were high fluence rates show a lower rate of photobleaching than for 
low fluence rates due to the fast depletion of tissue oxygen. In this study due to the 
variation in thickness of muscle tissue means there are 80 different measured fluence 
rates accompanied by 80 possible different rates of m-THPC photobleaching. For this 
reason we averaged the m-THPC photobleaching characteristics within pre-determined 
fluence rate ranges based on the measured in vivo fluence rate. For both 16 and 96 h 
groups fluence rate dependent m-THPC photobleaching is observed, where on 
average a decrease in rate of m-THPC photobleaching is observed for increasing 
fluence rates. However for the three fluence rates above 50 mW cm-2 the differences in 
rate of m-THPC photobleaching are surprisingly small  and within standard error of the 
means. In our previous study we used the second order model, under the assumption 
that during the first 10 J cm-2 m-THPC photobleaching mediated predominantly through 
singlet oxygen, to quantify the rate of m-THPC photobleaching. This showed a relative 
constant rate of m-THPC photobleaching beyond 75 mW cm-2. This implies that the 
rate of m-THPC photobleaching is partially independent on fluence rate above a 
certain value and might indicate that m-THPC photobleaching mediates via other 
photochemical  mechanisms than singlet oxygen alone. Further studies should 
investigate the paths via which m-THPC photobleaches to understand the relation 
between fluence rate, photobleaching and oxygen availability. 
The next step in a interstitial  pre-clinical model  is move towards a tumor model. Where 
the tumor is induced in the tissue. An issue to consider is that the m-THPC 
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concentration, vascularity and the demand for oxygen is different for tumors. For this 
reason the kinetics of photobleaching are potentially very different from normal tissue.

Conclusion
We have made the first step into quantification of tissue response in optically thick 
tissue undergoing interstitial  m-THPC-PDT using a linear diffuser to deliver the 
treatment light. In addition we measured several  parameters, such as fluence (rate), 
fluorescence, saturation and blood volume, during the course of treatment. The relation 
of the measured parameters regarding the observed response is complex due to the 
treatment geometry, a three dimensional  geometry with spatial distribution of fluence 
rate and PDT-dose deposition, in combination with the interrogation volumes of the 
various measurement techniques. The response is assessed over a cross-section 
while it is difficult to determine exactly at what distance in vivo the measurement 
probes were located. In the clinic this problem can be overcome by marking the probes 
with something that can be imaged under CT or MR imaging. On the other hand this 
study is one out of two studies investigating the possibility of measuring parameters 
during the course of treatment and assessing PDT induced response. More 
investigation is necessary for understanding the mechanisms underlying m-THPC-
PDT but also more investigation into the relation between measured explicit and 
implicit (dose metric) parameters, and their interrogation volumes, and response in a 
three dimensional treatment geometry. For a following study these measurements 
need to be repeated in a pre-clinical tumor model.
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ABSTRACT
The objective of this study was to develop an applicator for delivery of light and 
monitoring of photodynamic therapy (PDT) in the anal cavity for treatment of anal 
intraepithelial neoplasia grade III (AIN III), which can progress to invasive anal cancer.
Forty-eight hours before treatment, patients participating in the study were injected with 
0.03 (n=2) or 0.075 (n=2) mg kg-1 m-THPC. For light delivery and monitoring of PDT, 
an applicator based on standard anoscopy equipment was developed which facilitates, 
in addition to a light treatment fiber, fiber optic probes to monitor blood saturation, 
blood volume, fluorescence and fluence (rate) at two different locations in situ. Patients 
were given a light dose of 10-17 J cm-2 at a fluence rate of 45-50 mW cm-2 based on in 
situ measured light treatment parameters.
We demonstrate that the applicator does not influence the fluence rate profile of the 
light treatment fiber. Furthermore this study shows the possibility of monitoring blood 
saturation, blood volume, fluorescence and fluence (rate) during therapeutic 
illumination without changing the light treatment protocol.  

Cover: ‘underneath the shiny thing,’ Chicago 2007.
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INTRODUCTION
Currently, we are investigating the feasibility of m-THPC mediated photodynamic 
therapy (PDT) as a treatment modality for perianal and intra-anal, anal intraepithelial 
neoplasia grade 3 (AIN III), which can progress to invasive anal cancer. Our goal is to 
screen for AIN III and treat it before it can progress to invasive anal cancer.
To date the management of AIN III is unclear and lacks accepted treatment protocols. 
Current treatment modalities for AIN III are immunomodulation1, laser ablation2,3, and 
excision4,5. However the latter treatment modality can have severe long-term side 
effects, such as strictures, faecal incontinence and colostomy4 while laser ablation can 
only be used to treat small lesions. Currently there is little long-term data on therapies 
based on immunomodulation. Another possible treatment modality, that has the 
potential  for curative treatment of AIN III with less long-term side effects, is PDT6,7,8. An 
additional  and significant advantage of PDT  is that it allows therapeutic illumination of 
the whole surface of the anal cavity in a single treatment session. This is of importance 
since other treatment modalities show, based on their high recurrence rates of up to 
50% 6, that it is difficult to determine exactly where to treat for AIN III in the anal cavity.
Photodynamic therapy has been successfully used for superficial, intraluminal and 
interstitial treatment of (pre) malignant lesions in among others skin9, esophagus10, 
lung11, head and neck12,13, prostate14 and vulva15. There are a small number of clinical 
reports on PDT in the anal  region for treatment of perianal  AIN III 6 and carcinoma in 
situ7 using topical  or systemically administered ALA. Light delivery for perianal lesions 
was done using a light delivery device that uses a mirror to direct treatment light onto 
the treatment area6. For intra-anal treatment of carcinoma in situ a rectal speculum 
was used to expose the mucosa7. Subsequently a linear diffuser was placed in the 
center of the speculum for therapeutic illumination. Since the speculum shields half of 
the tissue, two illuminations are necessary with the speculum rotated 90 degrees for 
the second illumination. Recently we reported a clinical study performed in patients 
with AIN III using m-THPC in a gel based solution, Fosgel ®, which can be applied 
topically8. Light delivery was done either superficially (perianal  lesions) or using a 
transparent inflatable balloon (intra-anal) as previously used for ALA-PDT of the 
esophagus10. 
Currently applicators used for PDT  of the anal cavity only facilitate the delivery of light 
to either the perianal  or intra-anal region and do not facilitate (fiber-optic) probes to 
monitor explicit parameters (fluence (rate), photosensitizer concentration, tissue 
oxygenation) and/or implicit parameters (fluorescence photobleaching). Since the 
deposited PDT dose depends on the concentration of photosensitizer, light treatment 
parameters and the tissue oxygen concentration, monitoring these parameters can 
give information not only on delivered PDT dose but also provide insight into the 
relationship between PDT dose and tissue response. For this reason monitoring of 
explicit and implicit parameters can aid in optimizing and standardizing PDT.
In this study, we demonstrate the clinical use of a dedicated light applicator for 
treatment of perianal  and intra-anal  AIN III using m-THPC. For convenience of both 
patient and doctor, this light applicator is based on standard anoscopy equipment. A 
phantom study shows homogeneous light distribution along the applicator for the 
length of diffuser used for treatment. Furthermore we show it is possible to monitor 

Light delivery and monitoring of PDT of intra-anal intraepithelial neoplasia

    155



fluence (rate), fluorescence, saturation and blood volume at two different locations 
without changes to the clinical light treatment protocol. For treatment of the patients 
light treatment parameters were standardized based on the measured fluence (rate) at 
the treatment location.

MATERIALS AND METHODS
Treatment procedure
Only patients with biopsy proven clinical intra-anal  AIN III were included in this study. 
Patients gave written informed consent to participate in the study. Local hospital ethics 
committee approved the study.
Forty-eight hours before illumination patients (n=4) were administered with 0.03 or 
0.075 mg kg-1 intravenous m-THPC (Biolitec AG, Jena, Germany). The low drug dose 
was used in the first two patients, and based on their results the drug dose was 
increased to 0.075 mg kg-1. During the 48 hours between administration and 
therapeutic illumination, patients were send home with a lux meter (Voltcraft, 
Oldenzaal, the Netherlands) and instructions to maintain under subdued light 
conditions. At the time of treatment a special  designed applicator was placed in the 
anal  cavity. Figure 1 shows the applicator (a) and a schematic cross section of the 
applicator (b) showing the channels for the fiber optics. During treatment this applicator 
contains the treatment fiber, in this case a 5 cm linear diffuser (CeramOptec, Jena, 
Germany), and four fiber optic probes, 1 cm linear diffusers (CeramOptec, Jena, 
Germany) and fluorescence differential  pathlength spectroscopy (FDPS) probes. The 1 
cm linear diffusers are used to monitor fluence (rate) and fluorescence and the FDPS 
probes are used to monitor saturation, blood volume, and local  quantitive fluorescence 
during therapeutic illumination. The applicator is placed with the treatment fiber and the 
two linear diffusers to measure fluence (rate). After placement of the applicator FDPS 
probes were placed to prevent damage or perforation of the anal mucosa upon 
insertion due to the steel casing of these probes. Finally an occluding cloth was applied 
at the base of the applicator to prevent illumination of normal  skin around the perianal 
region.
Before illumination saturation and blood volume were measured to acquire pre-
illumination values. Based on the size of the lesion, a linear diffuser of appropriate 
length was chosen to insert in the treatment channel of the applicator, in this case a 
linear diffuser with a length of 5 cm . The fluence rate was measured in situ at the anal 
wall and adjusted to 45-50 mW cm-2 which took on average 10 seconds. Illumination 
was stopped when the desired dose, measured in situ at the anal  wall, had been 
delivered. Based on the response in these patients the delivered dose was increased 
from 10 to 17 J cm-2. Fluence (rate) is measured at two opposite locations; treatment 
was stopped as soon as with one of the probes the desired fluence was reached. This 
to prevent possible overtreatment of tissue which can possibly lead to negative side 
effects, such as perforations or anal dysfunction. After illumination the applicator was 
removed and as a precaution the patient stayed in overnight to monitor response. The 
acute response and the side effects associated by PDT were assessed in the days 
following therapy.
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Figure 1. a) Picture of the applicator with all fiber optics in place. The notch in longitudinal 
direction is used to position the 1 cm linear diffusers to monitor fluence (rate) and fluorescence. 
At the end of this notch the FDPS needle probe protrudes from the applicator under an angle of 
35 degrees. At the base of the probe clearly the cylindrical spacers are seen used to set the 
insertion depth of the FDPS needle probes. b) shows a schematic longitudinal cross section of 
the applicator showing all fiber optic channels in the applicator.

Applicator
The applicator used to deliver treatment light and to monitor PDT was based on a 
clinical  anoscope. The white diffusing plastic  hollow cylinder of an anoscope with a 
total  length of 13 cm. (Sapimed, Alessandria, Italy) was filled with medical grade 
silicone leaving a 1 mm channel in the center for the light delivery fiber and 4 additional 
channels for measurement probes. Figure 1a shows a schematic  cross-section of the 
applicator with all channels and figure 1b shows an image of the applicator together 
with all fiber optic  probes. Two measurement channels are opposite each other at the 
surface of the applicator and parallel to the treatment channel. These two channels or 
notches are used to place small 1 cm linear diffusers (CeramOptec, Jena, Germany) to 
measure fluence rate and fluence at the anal mucosa. The other two measurement 
channels are under a slope of 35 degrees to facilitate contact of the FDPS 
measurement probes with the anal  wall. The distal  ends of the FDPS probes are 
polished under an angle of 35 degrees to minimize specular reflection between the 
probe-tissue interface. Adjustable spacers were placed on the FDPS needle probes to 
prevent damage to the anal mucosa by inserting the FDPS-probes too far.
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Light dosimetry and long wavelength fluorescence
Light dosimetry and long wavelength fluorescence were measured as described before 
(16,17) with the difference that here linear diffusing tips of 1 cm were used instead of 
an isotropic tip at the distal  end of a 400 micron fiber. The other end of the fiber was 
split using a 200/400 micron bifurcated fiber for acquiring optimal fluorescence signal 
through the 400 micron fiber while still collect sufficient signal  through the 200 micron 
fiber to accurately monitor fluence (rate). The 200 micron arm of the bifurcated fiber 
was coupled into a modular based multichannel  dosimetry device18. The 400 micron 
arm was coupled into a long pass filtered, >690 nm, channel of a two-channel 
spectrograph (Ocean Optics, Duiven, the Netherlands). 

FDPS
Two FDPS needle probes were designed for this application. The stainless steel 
needles contained two 400 micron fibers placed at a core-to-core distance of 440 
micron and polished under an angle of 35 degrees to minimize specular reflection at 
the probe-tissue interface. This angle was chosen to optimize probe-tissue contact in 
the current measurement/treatment geometry in combination with the used treatment 
applicator.
Excitation light from a 650 nm diode laser (Diomed, Cambridge, United Kingdom), for 
fluorescence measurements was split to deliver light to both FDPS probes. Shutters 
(Ocean Optics, Duiven, the Netherlands) in the individual light tracts allowed control of 
the excitation light for each probes. The excitation light was then coupled into a 100 
micron bifurcated fiber, the other arm was coupled into a white light source for DPS 
measurements. The distal end of the 100 micron bifurcated fiber was coupled into a 
200 micron bifurcated fiber of which the other arm was coupled into the first channel of 
a 650 nm notch filtered (03FIN149, Melles Griot, Didam, the Netherlands) two-channel 
spectrograph. The distal end of the 200 micron bifurcated fiber was coupled into the 
light delivery and collection (dc) fiber of the FDPS needle. The collection (c) fiber was 
coupled directly into the second channel of the 650 nm notch filtered two-channel 
spectrograph. During illumination FDPS spectra were acquired with an interval of 2-10 
seconds.

Data processing
Fluorescence spectroscopy
Long wavelength fluorescence spectra were analyzed as a linear combination of basis 
spectra using a singular value decomposition (SVD) algorithm as we and others 
described previously16,17,19. The fluorescence was described by a combination of 
autofluorescence and m-THPC fluorescence. The  autofluorescence basisspectrum is 
the average of acquired spectra measured in a patient before m-THPC was 
administered. The m-THPC basisspectrum is the average of spectra acquired in m-
THPC administered patients with subtraction of the autofluorescence signal. 
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Fluorescence differential path-length spectroscopy
Differential fluorescence spectra were analyzed using the same SVD as for the long 
wavelength fluorescence with the addition of a third component. The differential 
fluorescence spectra contain a contribution from the therapeutic laser. The residual 
laser light in the fluorescence spectra were described by a Gaussian, peak at 648 nm 
width 12.3 nm. The autofluorescence basisspectrum is the average of spectra acquired 
in a patient before m-THPC was administered. The m-THPC basisspectrum is the 
average of spectra acquired in m-THPC administered patients with subtraction of the 
autofluorescence and residual laser light. The differential reflectance signal was fitted 
using the same model  as described previously (16,17) to obtain values on saturation 
and blood volume.

Figure 2.  The normalized fluence rate as a function of length is shown for measurements along 
the applicator with all fiber optics at the correct position (open triangles and squares). 
measurements were done on the side were the measurement fiber optics  were located (open 
squares) and on a side where no measurement fiber optics were located (open triangles). The 
solid line represents the fluence rate profile of  the linear diffuser, used for treatment, itself  (i.e. 
measured outside the applicator).

RESULTS
Reponse
To prevent potential  strictures or anal dysfunction, the first two patients were treated 
using a drug dose of 0.03 mg kg-1. Based on the low to non response of the tissue after 
therapeutic illumination it was decided to increase the drug dose to 0.075 mg kg-1. This 
drug dose was used in combination with a light dose between 10 and 17 J cm-2. The 
acute response following PDT, the side effects of therapy and the long-term response 
of AIN III are being evaluated and will be presented elsewhere.
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Figure 3. The measured fluence rate as a function of delivered dose measured in situ at two 
locations (black and gray lines) in a single patient.

Light distribution of the applicator
The light distribution of the applicator was investigated by measuring along the 
applicator when immersed in scattering phantom (100 ml  intralipid 20% diluted in 25 L 
water), with all  measurement and treatment fibers inserted. Figure 2 shows the 
normalized measured fluence rate as function of distance along the applicator, with the 
linear diffuser located in the center channel of the applicator. Fluence rate was 
measured in a longitudinal  direction along the applicator at two sides, one side where 
no measurement probes are located (open triangles) and one side where 
measurement probes were located (open squares). The filled circles represents the 
profile of the linear diffuser itself (i.e. profile of the linear diffuser outside the applicator 
in the same phantom). The two fluence rate profiles measured at the surface of the 
applicator at two different sides both overlap with the fluence rate profile of the linear 
diffuser on itself. Figure 2 shows that the applicator has little influence on the fluence 
rate profile of the linear diffuser used for delivering the therapeutic light. 

Figure 4. Saturation (open diamonds) and blood volume (open triangles) as a function of  time 
measured during the course of treatment in a patient. The vertical lines indicate start and end of 
therapeutic illumination. In this patient the delivered dose was 17 J cm-2.
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Light dosimetry
Figure 3 shows the measured fluence rate as a function of delivered light dose for two 
opposite locations (black and gray lines) in a single patient. In all patients and 
locations, the fluence rate was found to be constant, or gradually increasing or 
decreasing during therapeutic  illumination. However the amounts of increase or 
decrease in fluence rate were within 10% in all locations except at one location in a 
single patient, where a decrease in fluence rate of 17% was observed.

Figure 5.  Differential fluorescence spectrum (open circles) with its fit (solid line) and residual. 
Also the individual components are shown. 

FDPS during illumination
FDPS allows monitoring of saturation, blood volume and fluorescence over the same 
volume. Figure 4 shows the measured saturation (open diamonds) and blood volume 
(open triangles) at a single location during the course of treatment, i.e. before, during, 
and after therapeutic illumination. The vertical  lines indicate start and end of 
therapeutic illumination. This particular patient received a light dose of 17 J cm-2. The 
saturation shows to be relatively constant during illumination for this patient while the 
blood volume shows oscillating behavior.
Figure 5 shows the fit and components of a measured differential fluorescence 
spectrum and its residual. The shallow peak at 720 nm is due to the presence of m-
THPC. 

Long wavelength fluorescence
Figure 6 shows a fluorescence spectrum and its fit with the individual components and 
the residual, acquired with the 1 cm linear diffusers on the opposite sides of the 
applicator. In contrast to the differential  fluorescence, the long wavelength fluorescence 
measured by the linear diffusers interrogates an unknown but larger volume than the 
FDPS signal. Since a different optical filter was used in this setup it was not necessary 
to include a component for the laser light in the SVD. The Gaussian estimate for the 
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autofluorescence component shows to yield a good fit in combination with the in vivo 
measured m-THPC component. 

Figure 6. A long wavelength fluorescence spectrum acquired by a 1 cm linear diffuser (open 
circles), used for monitoring fluence (rate) and fluorescence, with its fit (solid line) and residual. 
Also the individual components are shown.

Discussion
Fluence rate
The designed applicator for PDT-treatment of anal intraepithelial neoplasia grade III, 
facilitates fibers for therapeutic  illumination and monitoring of fluence (rate), 
fluorescence, saturation and blood volume. The ability of measuring fluence rate at the 
treatment location allows for in situ setting of the treatment fluence rate. Currently the 
applied fluence rate is based on the setting of the treatment laser which is set the 
same for all  treated patients. Several  studies have shown that the actual  measured 
fluence rate at the treatment location can vary up to a factor 4 between different 
individuals while the intended fluence rate according to the pre-determined laser 
settings was kept constant. These inter-individual  variations in fluence rate are caused 
by inter-individual variations in tissue optical  properties20. These inter-individual 
variations in light treatment parameters can lead to variations in deposited dose and 
with that variations in tissue response and treatment outcome. By standardizing light 
treatment parameters based on fluence (rate) measurements in situ, inter-individual 
variations in deposited dose and tissue response are minimized. Standardizing light 
treatment parameters based on in vivo measured fluence rate has been done before in 
pre-clinical models such as the rat esophagus16,21.
The applicator itself shows to have no significant influence on the fluence rate profile of 
the linear diffuser that is inserted into the applicator for treatment. Potentially the 
fluence rate profile can be more evenly distributed in length by using better or custom 
made linear diffusers.
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During illumination the fluence rate showed to be relatively constant, the observed 
gradual increase or decrease in fluence rate were usually within 10%. Other (pre) 
clinical  studies, where the fluence rate was monitored at the treatment location in (pre) 
clinical studies also show, for some individuals, constant fluence rate during 
illumination using m-THPC or ALA induced PpIX16,20. However, a decrease of over 30% 
in fluence rate during illumination has also been reported in these studies. Variations in 
fluence rate are attributed to changes in predominantly tissue absorption which is 
mainly affected by changes in the amount of hemoglobin present and the saturation 
(ratio between oxy and deoxyhemoglobin)20,22. The saturation is influenced by the 
amount of oxygen consumed during illumination and is dependent on the fluence rate 
(increase in fluence rate means an increase in oxygen consumption). In addition PDT-
induced vascular responses (vasodilation and vasoconstriction) influence the amount 
of blood present. Using a relatively low fluence rate, 45-50 mW cm-2, compared to 
other clinical  studies, 100-245 mW cm-2, might prevent rapid oxygen depletion and low 
blood saturations during illumination. This in combination with less severe vascular 
effects at lower fluence rates, this might explain the relatively constant measured 
fluence rates observed in this study.

FDPS
In addition to measuring light treatment parameters we have also shown the potential 
for monitoring saturation, and blood volume during illumination without changing the 
therapeutic  light treatment protocol. The applied notch filter in front of the 
spectrographs blocks all light at the treatment wavelength and prevents overexposure 
due to the treatment light. A previous study showed that the region of the light that is 
blocked by the notch filter in the differential reflectance spectra has no significant 
influence on the fit which is used to determine blood saturation and blood volume. 
Knowledge of these parameters during illumination can provide real  time feed-back on 
oxygen consumption and vascular response during PDT. These parameters can give 
insight in the mechanisms of response in m-THPC-PDT. In addition pressure exerted 
from the applicator on the anal  mucosa can have an influence on the saturation and 
blood volume in the mucosa. In the rat esophagus we observed significant variations in 
blood volume due to the pressure exerted on the esophageal wall  by the treatment 
balloon16. For this reason it is also important to monitor saturation and blood volume 
directly after insertion of the applicator and before illumination to determine if there are 
pressure induced changes in saturation and blood volume.
The setup used for monitoring saturation and blood volume also allowed measuring 
fluorescence over the same volume using 652 nm excitation light. By monitoring m-
THPC fluorescence during illumination it is possible to monitor photobleaching of m-
THPC. For PpIX the photobleaching characteristics can be used as an implicit dose 
metric parameter indicative for deposited PDT-dose16,21,23. Photobleaching of m-THPC 
may also contain information indicative of PDT dose deposited, although several 
studies have shown that photobleaching characteristics of m-THPC are more 
complicated than PpIX17,24,25. The differential spectra clearly show a fluorescence 
contribution due to m-THPC which is possible to fit with a SVD algorithm (fig 5). 
However, the fit ting procedure can be improved by the addition of in vivo measured 
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autofluorescence. The current data set is relatively small and does not contain a 
control  group (i.e. spectra without contributions due to m-THPC). This makes it difficult 
to extract individual components from the in vivo measured fluorescence spectra. In 
the future we will acquire fluorescence spectra in patients that will  undergo anoscopy 
before m-THPC is administered. 
For measuring saturation, blood volume and differential fluorescence the FDPS fiber 
optic needle probes need to be in contact with the tissue. The risk of causing 
perforation to the anal cavity means that the FDPS needle should not protrude 
significantly beyond the surface of the applicator. This procedure makes it slightly more 
difficult to ensure probe-tissue contact than in other studies were we utilized the 
(F)DPS technique.

Although this applicator is designed for intra-anal treatment of AIN III, it might also be 
utilized for treatment of AIN III in the perianal region. Currently an occluding cloth is 
used to prevent PDT-induced response of normal  skin around the perianal  region. In 
addition by removing the occluding cloth the perianal region can also be treated. For 
AIN III limited to the perianal region the intra-anal  region can be shielded from the 
treatment light for an appropriate length of the applicator. In this case the risk for a 
possible short-term side effect is the treatment of normal  skin in a small region around 
the perianal region.

Conclusion
In conclusion, we demonstrate that the light distribution along the applicator is the 
same as the linear diffuser applied in the applicator. 
Furthermore we demonstrate the possibility of monitoring fluence (rate), fluorescence, 
saturation and blood volume during therapeutic  illumination without changing the light 
treatment protocol by using, where necessary, a notch filter in front of the 
spectrographs to block light at the treatment wavelength. By monitoring fluence (rate) 
at the treatment location we standardized light treatment parameters based on in situ 
measured fluence rate and delivered dose. This is a first step in optimizing and 
standardizing clinical PDT.
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General discussion

The aim of this thesis was to investigate methods for monitoring photosensitizer 
pharmacokinetics, performing PDT dosimetry and monitoring therapy without 
interrupting the therapeutic illumination. This required the development and 
investigation of techniques such as fluorescence differential  path length spectroscopy 
(FDPS) and laser speckle imaging. This thesis includes several studies investigating 
the mechanisms of action in PDT and the relationship between parameters measured 
during illumination and the  therapeutic  response following PDT. An understanding of 
these mechanisms may in the future give insight into the reasons why in clinical  PDT 
some individuals do not or partially respond to therapy. This may allow for the 
optimization of PDT to induce an optimal response in all individuals.

Chapter 2 investigates the possibility of monitoring relative blood flow during PDT. 
Monitoring of blood flow possibly in addition to measurements on blood volume and 
blood saturation can provide an estimate of oxygen consumption during therapeutic 
illumination. Information on oxygen consumption provides information on reactive 
oxygen species produced during PDT and this may contribute to the determination of 
deposited PDT dose. The rat window chamber model was used to investigate the full 
field laser speckle imaging technique which utilizes the variations in the laser speckle 
pattern induced by scattering erythrocytes to determine relative blood flow. Since the 
laser speckle pattern of the treatment laser can be used the technique can be applied 
during therapeutic illumination. This study showed that the variation in speckle pattern, 
induced by variations in optical  path length of light scattering from erythrocytes, is 
influenced by variations in optical  path length due to variations in tissue optical 
properties during therapeutic  illumination. Hence the variations in tissue optical 
properties have an unknown contribution to the relative estimate of flow, which is not 
related to blood flow. Another confounding factor in this type of approach is that in 
tissue it is difficult to determine the contribution to the relative flow from individual 
vessels when multiple vessels are present in depth. Until  these issues are solved, laser 
speckle imaging is of limited value for blood flow monitoring during therapeutic 
illumination. 

Chapters 3, 4, and 5 describe the process of validation from a phantom study to an in 
vivo model for a technique that allows quantitative fluorescence spectroscopy, namely 
fluorescence differential pathlength spectroscopy (FDPS), which is based on 
differential  path length spectroscopy. Quantitative fluorescence spectroscopy allows for 
inter-individual comparison of fluorescence data since these are corrected for tissue 
optical  properties and the optical transmission of the measurement setup. In addition 
they can give quantitative information on photosensitizer concentration for fluorescing 
photosensitizers, such as PpIX and m-THPC.
The FDPS concept and its ability to measure fluorescence quantitatively was first 
validated in a series of phantom experiments in which the absorption, scattering and 
the concentration of the fluorescing agent were controlled and varied (chapter 3). This 
study showed that within the expected variation of tissue optical properties, tissue 
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scattering had no significant influence on the acquired fluorescence. It was necessary 
to correct the fluorescence signal for the tissue absorption at the excitation wavelength.
The step to validate the FDPS concept in vivo requires an additional  measurement 
technique to determine true photosensitizer concentration in tissue. With these 
measurements a calibration curve can be obtained from which it is possible to relate 
the measured fluorescence to actual  photosensitizer concentration. This step is 
required only once to determine the calibration curve for a certain type of tissue. 
However, small differences in environment in different types of tissue can affect the 
fluorescence quantum yield and may require to repeat this step for each individual 
tissue type in which the photosensitizer concentration is to be measured. An accurate 
method of determining true photosensitizer concentration in tissue is through chemical 
extraction. This method determines the photosensitizer concentration by chemically 
dissolving the tissue and acquiring a fluorescence spectrum in a dilute solution. 
Although the different steps in chemical extraction process are relatively simple, 
variations in the concentration of solvent and the duration of incubation between 
photosensitizer and solvent can influence outcome. Chapter 4 investigated the different 
steps in the chemical extraction process and its influence on the determination of the 
photosensitizer concentration. This study showed that accurate and reproducible 
measurements of photosensitizer concentration can be obtained when solvent 
concentrations are kept constant and when the procedure is performed within a 
specific time frame.

In chapter 5 FDPS was used to determine m-THPC pharmacokinetics in the rat liver. 
FDPS measured photosensitizer fluorescence was then compared to true 
photosensitizer concentration determined using chemical extraction. According to m-
THPC pharmacokinetics of the liver, different m-THPC concentrations were obtained 
by measuring at 4 different drug light intervals. A correlation coefficient of 0.87 was 
found between the actual  in vivo m-THPC concentration and the measured quantitative 
fluorescence measurements. More interesting was that for the short drug light intervals 
the measured differential fluorescence showed strong correlation with the measured 
blood volume fraction. For longer drug light intervals there was a decrease in 
correlation coefficient between measured differential  fluorescence and the blood 
volume fraction. This is in agreement with the pharmacokinetics of m-THPC which 
show that m-THPC is primarily localized in the vascular compartment for short drug 
light intervals and diffuses from the vascular compartment to the cellular compartment 
for longer drug light intervals. Variations in standard deviations between the differential 
fluorescence and the m-THPC concentration determined by chemical  extraction were 
attributed to the intra-animal microscopic variations in m-THPC distribution and the 
difference in interrogation volumes of both methods (0.2 mm3 and 102 mm3 for FDPS 
and chemical  extraction, respectively). This intra-animal microscopic  variation in m-
THPC distribution was confirmed by fluorescence microscopy.

Quantitative fluorescence measurements allow non-invasive concentration 
measurements of fluorophores in vivo. Another potential  field of interest is to monitor 
quantitative fluorescence photobleaching of photosensitizers during therapeutic 
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illumination. During therapy the tissue optical properties can vary significantly. This can 
strongly influence standard methods of acquiring fluorescence and fluorescence 
photobleaching kinetics in vivo. Measuring quantitative fluorescence allows more 
accurate bleaching profiles that may aid the understanding of the mechanisms via 
which photosensitizers photobleach during illumination.

Chapter 6 investigates the phased photobleaching characteristics that are observed in 
ALA-PDT of the rat esophagus. In this study fluence rate and long wavelength 
fluorescence, i.e. fluorescence measured in the wavelength region beyond the 
therapeutic wavelength, were monitored during therapeutic illumination. Differential 
fluorescence, blood saturation and blood volume fraction were acquired during regular 
short interruptions to the therapeutic illumination. Monitoring saturation in combination 
with fluorescence should indicate if phased photobleaching characteristics can be 
ascribed to variations in oxygen availability during therapeutic  illumination. Whereas 
the comparison between the long wavelength fluorescence and differential 
fluorescence can show depth related fluorescence information since these methods 
have different interrogation volumes. In addition the histological response of the 
esophagus to PDT is examined to investigate whether there is a difference in response 
between animals that do or do not exhibit phased photobleaching characteristics. 
Finally fluorescence microscopy of the esophagus was performed to investigate the 
PpIX distribution and relate this to the treatment outcome and the measured 
parameters during PDT.
The histological response of this study showed similar severe response of the deeper 
muscle layers in all animals but variations in the epithelial  response. Fluorescence 
spectroscopy showed that PpIX predominantly accumulates in the epithelial layer and 
part of the submucosa in the esophagus. However PpIX was present at lower 
concentrations in the deeper layers of which the muscle layer. In addition the 
morphology of the esophagus showed that the epithelial layer is dependent on oxygen 
diffusion from vasculature that is located on average 100 microns below the 
esophageal lumen. The muscle layers showed high vascular density. The distribution 
of PpIX and oxygen can explain the observed response and phased photobleaching 
characteristics. 
In the epithelial layer with its high concentrations of PpIX and its dependence on 
oxygen from deeper vessels there is an increased risk of oxygen depletion during PDT 
decreasing the treatment efficacy and increasing the risk of incomplete treatment. 
Whereas in the deeper layers there is less PpIX and sufficient oxygen, here there is no 
risk of oxygen depletion and the response is determined by the amount of PpIX 
present. In terms of fluorescence it can be that the rate of photobleaching is different 
for each esophageal layer. Monitoring fluorescence over all  esophageal layers with 
different PpIX and oxygen distributions may result in photobleaching characteristics 
with multiple rates of photobleaching. This is observed in the long wavelength 
fluorescence data in all animals. Furthermore, as expected the differential  fluorescence 
which measures fluorescence predominantly over the epithelial  layer and part of the 
submucosa does not show these phased photobleaching characteristics. Based on the 
measurements during PDT, fluorescence microscopy and histological examination it 
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was concluded that phased photobleaching characteristics in the esophagus originates 
from a complex interrelationship between photosensitizer distribution and oxygen 
supply to the illuminated volume.
A potential weakness of this study is the regular interruptions to PDT to monitor blood 
saturation, blood volume and differential fluorescence. For clinical PDT it would mean a 
change in the light treatment protocol and it is unclear whether regular interruptions to 
the therapeutic light significantly influence the treatment outcome. It would therefore be 
an advantage to investigate if it is possible to monitor blood saturation, blood volume 
and differential fluorescence during PDT without interruptions to the therapeutic 
illumination. 

Chapter 7, illustrates the possibility of monitoring fluence rate, fluorescence, blood 
saturation and blood volume during PDT without changing the light treatment 
parameters. The study presented in Chapter 6 demonstrated the possibility of 
monitoring photosensitizer fluorescence in the long wavelength region beyond the 
therapeutic wavelength for PpIX. Since m-THPC has a similar characteristic  second 
fluorescence peak beyond the therapeutic  wavelength this could be repeated with 
slight modifications to the filter settings. To monitor DPS, which provides information on 
the blood saturation and blood volume, during PDT a notch filter was placed before the 
detectors to filter out light at the therapeutic  wavelength to allow differential reflectance 
measurements when the treatment light is on. This pre-clinical study was designed as 
a first step to monitor these parameters in an interstitial m-THPC PDT environment. 
This is important because interstitial PDT using m-THPC is gaining acceptance in the 
clinic and to date there have been very few studies investigating mechanisms of action 
of PDT and the difficulties of in particular an interstitial setting. These studies focusing 
on monitoring interstitial  PDT are necessary to explain variations in response 
encountered in clinical  PDT and understand the mechanisms of action in PDT in order 
to optimize and standardize clinical PDT. 

This study showed variations in vascular response during the course of treatment both 
between different fluence rate groups and animals within the same fluence rate group. 
For this reason it may be useful for following (pre) clinical studies to monitor the 
vascular response during the course of treatment and compare this to PDT induced 
tissue response. Another interesting observation was significant photobleaching at very 
low measured saturations. In addition fitting of the photobleaching curves of all animals 
suggest fluence rate independent photobleaching for fluence rates higher than 100 
mW cm-2. These observations indicate that m-THPC may bleach via other mechanisms 
than those mediated by the generation of singlet oxygen (type II) alone. A limitation of 
this study was that the treatment fiber that delivers the therapeutic light was not 
interstitially inserted in tissue but it was completely ‘surrounded’ by tissue. In the 
following study (chapter 8) the treatment fiber was inserted in the abdominal tissue to 
have a more realistic  interstitial model. In addition differential  fluorescence was 
incorporated by including a notch filter to allow fluorescence measurements during 
therapeutic illumination. 
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The emphasis of this study lay in quantitatively determining PDT induced response 
after interstitial m-THPC-PDT using clinical relevant fluence (rates) Interstitial  PDT in 
this pre-clinical  model  was performed according to the general  accepted protocols for 
clinical  PDT. Despite the fact that clinical interstitial PDT using linear diffusers has been 
applied for many years, prior to this study there were no investigations regarding PDT-
induced histological tissue response following interstitial PDT using linear diffusers to 
deliver the treatment light. Clinically the locations of the treatment fibers within the 
treatment volume in clinical  PDT are based on an assumed necrosis area to be 
induced around the treatment fiber. However, in large interstitial treatment volumes 
fluence rate and therefore PDT-induced response, become dependent on distance 
from the treatment fiber. It seems essential to take this in to account to prevent 
possible over- or under treatment.

Chapter 8 shows different types of PDT-induced histological response as a function of 
distance from the treatment fiber. In general the necrosis data shows more severe and 
extended necrosis profiles for the short drug light interval  of 16 hours compared to the 
long drug light interval of 96 hours. There is no significant difference in m-THPC 
concentration in muscle according to the pharmacokinetics. However plasma values 
for m-THPC between these two drug light intervals are significantly higher at 16 hours 
than at 96 hours, which may explain the differences in response between these two 
drug light intervals.

Despite the significant variations in response observed between the two drug light 
intervals and the two fluence rate regimes the blood volume and blood saturation 
measured during therapeutic illumination in these groups do not show significant 
variations. In addition the m-THPC photobleaching characteristics, based on the long 
wavelength fluorescence, show no significant differences in rate of photobleaching for 
measured fluence rate ranges over 50 mW cm-2. Unfortunately the differential 
fluorescence could not be used due to the poor signal to noise ratio of the detectors in 
the wavelength range above 690 nm. The complex mechanisms of action in m-THPC 
PDT especially combined with the interstitial  geometry requires further investigation to 
relate the observed response to the parameters monitored during PDT. This requires 
passive monitoring of m-THPC-PDT in (pre-) clinical  settings where possible preferably 
with quantitative determination of induced response following PDT.

Chapter 9 illustrates that monitoring during PDT can be implemented during clinical 
PDT In this study m-THPC-PDT of anal  intraepithelial neoplasia grade III (AINIII) is 
monitored using the techniques developed, validated and utilized as described in 
previous chapters. In contrast to the previous chapter for this study different 
spectrographs with better signal to noise ratio for the higher wavelengths were used to 
acquire FDPS signals.
Since the treatment geometry differs from the interstitial  or superficial  skin illuminations 
a dedicated light delivery and monitoring applicator was developed in order to 
circumferentially treat AINIII in the anal cavity. This applicator was able to hold the fiber 
to deliver the treatment light and several fiber optic probes for monitoring PDT.
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By monitoring fluence (rate), among other parameters, during PDT it was possible to 
standardize light treatment parameters in situ. This ensures the same fluence rate and 
light dose is delivered in situ to all individuals. 
Although we monitored parameters such as fluorescence, blood volume, blood 
saturation and differential fluorescence it is currently too early to be able to relate these 
parameters to the long term response.

In summary, this thesis shows the possibility of monitoring several explicit and implicit 
parameters of potential importance to PDT. These parameters can be monitored during 
therapeutic illumination without changing the light treatment protocol. However, the 
FDPS technique needs further investigation and development for application during 
PDT to yield good signal  to noise ratio and accurate differential  fluorescence 
measurements.
Monitoring PDT is necessary to understand mechanisms of action in PDT as shown in 
chapter 3 where monitoring PDT led to understanding of phased photobleaching 
characteristics in ALA-PpIX PDT. For m-THPC-PDT relating the induced response with 
parameters monitored during PDT is more complex due to the mechanisms via which 
m-THPC-PDT relates to response. This necessitates further investigation into the 
mechanisms of m-THPC-PDT especially considering the expanding clinical application 
and investigation of m-THPC-PDT for superficial, intra-luminal and interstitial treatment 
geometries. 
Based on the results of the studies in this thesis it can be concluded that:

1. Monitoring during the course of treatment in PDT is necessary for better 
understanding mechanisms of action in PDT.
2. Further work is needed to develop new techniques to monitor parameters of 
importance in PDT and to enhance current techniques such as FDPS and possibly 
laser speckle imaging.
3. Further work is needed on clinical implementation of monitoring techniques.

Clinical monitoring will  aid in the understanding of the mechanisms of action in PDT 
and in addition may give an explanation for the variable response in patients 
undergoing PDT. In the future passive monitoring as done currently may become more 
active, where monitored parameters can provide real-time feed-back on variable 
treatment parameters such as the light treatment parameters. For example fluence rate 
might be adjusted if the monitored parameters indicate premature oxygen depletion.
The ultimate goal  for PDT monitoring  and understanding its mechanisms of action is to 
yield maximum treatment outcome while minimizing (long term) side effects. It is not 
unthinkable that for some malignancies, such as those in the Head and Neck region, 
PDT could become a first line treatment modality in addition to surgery and 
radiotherapy. 
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SUMMARY

Chapter 2 describes a full field imaging technique, laser speckle imaging, to monitor 
relative blood flow during therapeutic  illumination. This technique uses the variation in 
the laser speckle pattern, induced by moving scattering particles (erythrocytes), to 
determine relative blood flow. Laser speckle imaging was used in the rat skin-fold 
observation chamber, a model suitable to investigate vascular changes during the 
course of treatment. This study illustrates the potential of monitoring blood flow during 
therapeutic illumination. However, the unknown variations in optical  path-length during 
illumination also contribute to the variation in laser speckle pattern. Based on this it can 
be concluded that the information provided by  laser speckle imaging is of limited value 
until changes in blood flow and variations in optical path-length can be separated.

Chapters 3, 4, and 5 shows the development of a new quantitative fluorescence 
spectroscopy technique, fluorescence differential path length spectroscopy (FDPS). 
Quantitative fluorescence spectroscopy allows absolute estimates on fluorophore 
concentrations in solutions and tissue. In chapter 3 the concept of the FDPS technique 
is investigated in a series of optical phantoms. In these series the scattering and 
absorption properties of the phantoms are varied at different fluorophore 
concentrations. The next step to investigate FDPS in vivo requires a standard to 
determine the actual fluorophore concentration in the interrogated tissue.
Chapter 4 describes an adapted chemical extraction method to determine actual 
fluorophore concentrations in tissue. For this method the tissue containing the 
fluorophore is completely dissolved using the substance Solvable. In a following step 
the optical  density of the liquefied tissue solution is decreased to <0.1 to minimize self-
absorption effects. This study demonstrated that for the photosensitizer m-THPC 
current chemical extraction methods can be improved by accounting for the tissue/
solvent fluorescence background using spectroscopy and by keeping the same 
environment by diluting solutions with Solvable in stead of water.
In chapter 5 the FDPS technique is investigated in vivo in the rat liver using m-THPC. 
Different m-THPC concentrations are obtained by measuring FDPS at different time 
points after m-THPC administration based on the m-THPC pharmacokinetics in rat 
liver. The method of chemical extraction, described in chapter 4, was used to 
determine true in vivo m-THPC concentrations in the liver. FDPS measured m-THPC 
fluorescence was then compared to the true measured m-THPC concentration. This 
study showed a R2 value of 0.87 between the FDPS measured m-THPC fluorescence 
and true m-THPC concentration in liver. Furthermore m-THPC concentrations as low 
as 169 ng g-1 could be measured. An interesting observation was that there was a 
strong correlation between blood volume and m-THPC fluorescence for short drug light 
intervals and there was a decrease in correlation coefficient for longer drug light 
intervals. 

In chapter 6 ALA-PpIX PDT in the rat esophagus is monitored using reflectance and 
fluorescence spectroscopy to investigate the phased photobleaching characteristics 
and where it originates from. Another aim of this study was to compare the reflectance 
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and fluorescence spectroscopy techniques used to monitor monitor ALA-PpIX PDT in 
the rat-esophagus, with histological observed response.
ALA was orally administered to the animals and two hours after administration they 
were illuminated to a dose of 54 J cm-2 at a fluence rate of 75 mW cm-2. Fluence (rate) 
and fluorescence were measured during therapeutic illumination. Blood saturation, 
blood volume and quantitative fluorescence were measured during short interruptions 
to the therapeutic  illuminations at regular intervals. 48 hours after illumination the 
esophagus was histologically examined and scored for PDT-induced damage. In 
contradiction to previous studies, no clear correlation was found between phased 
photobleaching and histologic  tissue response. Based on the results it can be 
concluded that the phased photobleaching is related to a complex interrelationship 
between PpIX distribution and the supply of oxygen to the illuminated volume.

Chapter 7 investigates the possibility of monitoring reflectance and fluorescence 
spectroscopy without interruptions to the therapeutic illumination in a pre-clinical 
interstitial treatment geometry using m-THPC. For this normal  muscle tissue was 
treated using clinical relevant fluence rates of 50, 100 and 250 mW cm-1 sixteen hours 
after m-THPC administration. This study showed the possibility to monitor fluence rate, 
fluorescence, blood saturation and blood volume in vivo during PDT. Differences in 
vascular response during the course of treatment were observed between treatment 
groups and between animals of the same treatment group. Fluence rate dependent m-
THPC photobleaching was observed up to a measured fluence rate of 100 mW cm-1. 
This shows that the relationship between fluence rate and m-THPC photobleaching is 
complex in an interstitial environment.

In chapter 8 the pre-clinical interstitial  model as described in chapter 7 is extended. In 
addition to the previous study, it incorporates differential  fluorescence measurements 
by FDPS during illumination and investigating histologic PDT-induced response after 
therapeutic illumination using clinical  relevant fluence rates and dose. In addition to 
different fluence (rate) groups also two different drug-light intervals of 16 and 96 hours 
were investigated. For histologic examination of response the treated muscle was 
excised and assessed 48 hours after therapeutic illumination. The PDT-induced 
response showed to be significantly greater in groups with a drug light interval of 16 h 
than groups with a drug light interval of 96 h. An interesting observation was the 
absence of nuclei in muscle cells in predominantly individuals with a 16 h drug light 
interval. Despite the variation in observed response, blood saturation and blood 
volume monitored during therapeutic  illumination remained relatively constant. 
Photobleaching characteristics of m-THPC at different measured fluence rates showed 
little difference in rate of photobleaching for fluence rates higher than 50 mW cm-1.

In chapter 9 the reflectance and fluorescence spectroscopy techniques are 
incorporated in a dedicated light delivery applicator for clinical treatment of AIN III. To 
date there are no accepted treatment protocols for AIN III which is a pre-malignant 
condition and can progress to invasive anal cancer. 
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Forty-eight hours before therapeutic illumination m-THPC is administered to the 
patients. In this study the light treatment parameters are standardized by adjusting the 
fluence rate in situ to 45-50 mW cm-2. The treatment is stopped when the desired light 
dose, measured in situ, has been delivered. Initial results are promising, however, 
further monitoring is required to understand the mechanisms of action in m-THPC-PDT. 

Chapter 10 the results of these studies are discussed and future perspectives are 
presented.

SAMENVATTING

Hoofdstuk 2 beschrijft een beeldtechniek, laser speckle imaging, voor het monitoren 
van de relatieve stroomsnelheid van bloed gedurende therapeutische belichting. Deze 
techniek gebruikt de variatie in het laser speckle patroon, welke wordt geïnduceerd 
door bewegende verstrooiende deeltjes (erytrocyten), om de relatieve stroomsnelheid 
van het bloed te bepalen. Laser speckle imaging is hier gebruikt in het zogenaamde 
kamertjes model, welke geschikt is om variaties in vascularisatie gedurende de PDT 
behandeling te onderzoeken. De studie illustreert het potentiaal van het monitoren van 
de stroomsnelheid van bloed gedurende de behandeling. Echter, onbekende variaties 
in optische pad lengte dragen ook bij  aan de variatie in het laser speckle patroon en 
hebben dus invloed op de relatieve waarde voor de stroomsnelheid. Gebaseerd op 
deze resultaten kan worden geconcludeerd dat de informatie gegeven door laser 
speckle imaging beperkende waardevolle bijdrage kan leveren, totdat variaties in 
optische pad lengte en veranderingen in de stroomsnelheid van het bloed gescheiden 
kunnen worden. 

Hoofdstukken 3, 4 en 5 laten de ontwikkeling zien van een nieuwe quantitatieve 
fluorescentie spectroscopie techniek, fluorescentie differentiële pad lengte 
spectroscopie (FDPS). Quantitatieve fluorescentie spectroscopie maakt het mogelijk 
om absolute waarden te bepalen van concentraties van fluorophoren in oplossingen en 
weefsel. In hoofdstuk 3 wordt het concept van FDPS onderzocht in een serie optische 
fantomen. In deze fantoomseries worden de verstrooiende en absorberende 
eigenschappen van het fantoom gevarieerd bij verschillende fluorophor concentraties. 
De volgende stap om het FDPS concept in vivo te onderzoeken vereist een standaard 
om de daadwerkelijke fluorophor concentratie in weefsel te bepalen.
Hoofdstuk 4 beschrijft een aangepaste chemische extractie methode om de 
daadwerkelijke fluorophor concentratie in weefsel te bepalen. Bij  deze methode wordt 
het weefsel  dat het fluorophor bevat volledig opgelost gebruikmakend van het 
oplosmiddel Solvable.  In een volgende stap wordt de weefseloplossing dusdanig 
verdund zodat de optische dichtheid van de oplossing <0.1, dit om effecten 
zelfabsorptie te reduceren. Deze studie liet zien dat voor de lichtgevoelige stof meta-
tetrahydroxyphenylchloride (m-THPC) de huidige chemische extractie methoden 
verbeterd konden worden door rekening te houden met de fluorescentie achtegronden 
van het weefsel/oplosmiddel gebruikmakend van spectroscopie en door de chemische 
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omgeving gelijk te houden door oplossingen te verdunnen met Solvable in plaats van 
water.
In hoofdstuk 5 wordt de FDPS techniek in vivo in de lever van de rat toegepast en 
onderzocht gebruikmakend van de lichtgevoelige stof m-THPC. Verschillende m-THPC 
concentraties werden verkregen door op verschillende tijdsintervallen na injectie, 
gebaseerd op de farmacokinetiek van m-THPC in lever, met de FDPS methode te 
meten. De methode van chemische extractie, zoals beschreven in hoofdstuk 4, werd 
gebruikt om de daadwerkelijke m-THPC concentratie in de lever te bepalen. De 
waarden voor m-THPC fluorescentie gemeten met FDPS werden vervolgens 
vergeleken met de daadwerkelijke m-THPC concentratie. Dit onderzoek liet een R2  
waarde zien van 0.87 tussen de FDPS gemeten fluorescentie en daadwerkelijke m-
THPC concentratie. Daarnaast was het mogelijk om concentraties tot 160 ng g-1 te 
meten met FDPS. Een interessante observatie was dat er een sterke correlatie 
bestond tussen het gemeten bloed volume en m-THPC fluorescentie voor de korte 
tijdsintervallen en deze correlatie nam af naarmate het tijdinterval langer werd.

In Hoofdstuk 6 wordt ALA-PpIX-PDT in de ratten oesophagus geobserveerd middels 
reflectantie en fluorescentie spectroscopie teneinde het fenomeen van de gefaseerd 
bleken van PpIX te onderzoeken en waar de grondslag van het gefaseerd bleken van 
PpIX ligt. Een tweede doel van dit onderzoek was om de gegevens van de gemeten 
reflectantie en fluorescentie spectroscopie in de ratten oesophagus te vergelijken met 
de histologische respons op de behandeling.
ALA werd oraal toegediend bij  de dieren en twee uur na toediening werden zij  belicht 
tot een lichtdosis van 54 J cm-2 bij een fluence rate van 75 mW cm-2. De fluence (rate) 
en fluorescentie werden gemeten tijdens de belichting. Bloed saturatie, bloed volume 
en quantitatieve fluorescentie werden gemeten tijdens regelmatig korte intervallen van 
de therapeutische belichting. Achtenveertig uur na de belichting werd de behandelde 
oesophagus histologisch onderzocht en quantitatief beoordeeld op PDT-geïnduceerde 
weefselschade. In tegenstelling tot voorgaande studies, was er geen heldere correlatie 
tussen het gefaseerd bleken van PpIX en de histologische respons. Gebaseerd op de 
resultaten van dit onderzoek kan worden geconcludeerd dat het gefaseerd bleken van 
PpIX is gerelateerd aan een complexe afhankelijke verhouding tussen PpIX distributie 
en de aanvoer van zuurstof binnen het belichtte weefsel volume.

Hoofdstuk 7 onderzoekt de mogelijkheden van het monitoren van reflectantie en 
fluorescentie spectroscopie tijdens therapeutische belichting, zonder deze te 
onderbreken, in een pre-klinisch interstitiële belichtingsgeometrie gebruikmakend van 
de lichtgevoelige stof m-THPC. In deze studie werd normaal spierweefsel  behandeld 
16 uur na m-THPC toediening gebruikmakend van klinisch relevante fluence rates van 
50, 100 en 250 mW cm-1. Deze studie demonstreert de mogelijkheid om fluence (rate), 
fluorescentie, bloed saturatie en bloed volume in vivo gedurende PDT. Verschillen in 
vasculaire respons werden geobserveerd tussen en binnen de verschillende fluence 
rate groepen. Fluence rate afhankelijke m-THPC bleking werd geobserveerd tot een 
fluence rate van 100 mW cm-1. Dit laat zien dat de relatie tussen fluence rate en m-
THPC bleking complex is in een interstitiële belichtingsgeometrie.
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In hoofdstuk 8 wordt het pre-klinische model zoals beschreven in hoofdstuk 7 verder 
uitgebreid. Als aanvulling op de voorgaande studie wordt nu ook quantitatieve 
fluorescentie gemeten tijdens de behandeling en wordt de histologische respons 
onderzocht na een PDT  behandeling waarbij gebruik gemaakt wordt van klinisch 
relevante fluence rates en licht dosis. Hierbij werd ook gekeken naar twee 
verschillende tijdsintervallen tussen administratie van m-THPC en belichting, van 16 en 
96 uur. Voor het histologisch onderzoek werd de behandelde spier 48 uur na PDT 
verwijderd en beoordeeld. Het histologisch onderzoek liet zien dat de schade door 
behandeling significant groter was in de groepen met het 16 uur tijdsinterval dan in de 
groepen met het 96 uur tijdsinterval. Een interessante observatie was het afwezig zijn 
van celkernen in voornamelijk individuen behandeld 16 uur na m-THPC toediening. 
Ondanks de variatie in histologische respons, bleven de gemeten waarden voor bloed 
saturatie en bloed volume tijdens de behandeling relatief constant. De bleking 
karakteristieken van m-THPC bij verschillende gemeten fluence rates lieten weinig 
verschil zien in snelheid van bleking voor fluence rates hoger dan 50 mW cm-1.

In hoofdstuk 9 worden de reflectantie en fluorescentie spectroscopie technieken 
toegepast in een speciale ontwikkelde applicator voor het toedienen van therapeutisch 
licht voor het behandelen van AIN III. Tot op heden zijn er geen geaccepteerde 
behandelprotocollen voor AIN III, terwijl AIN III kan leiden tot invasieve anale kanker.
Achtenveertig uur voor therapeutische belichting kregen de patienten m-THPC 
toegediend. In deze studie werden de belichtingsparameters gestandaardiseerd door 
de fluence rate in situ bij  te stellen tot een waarden tussen de 45 en 50 mW cm-2. De 
behandeling werd gestopt zodra de vooraf vastgestelde lichtdosis, ook gemeten in situ, 
was afgeleverd. De voorlopige resultaten zijn veelbelovend. Echter, verder onderzoek 
en monitoren is nodig om de mechanismen van m-THPC-PDT te begrijpen.

In hoofdstuk 10 worden de resultaten van de bovenstaande studies bediscussieerd en 
toekomstige perspectieven worden gepresenteerd. 
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