
 
 
 
 
 



Colophon 
 
 
Ilya Skachkov 
 
Microbubbles for molecular imaging and drug delivery 
 
Thesis, Erasmus University Medical Center 
January 20, 2016. 
 
ISBN 978-94-6233-208-9 
 
All rights reserved. No part of this publication may be reproduced, stored in a retrieval 
system, or transmitted, in any form, or by any means, electronic, mechanical, photocopying, 
recording, or otherwise, without the prior consent from the author, or when appropriate, from 
the publishers of the publications. 
 
 
© 2016, I. Skachkov except for the following chapters: 
Chapter 2, 3: Elsevier B.V., 2012, 2014
Chapter 5: IEEE, 2014
Chapter 6: Wiley Periodicals, Inc., 2015 
Chapter 8 (partly): Informa UK Limited, an Informa Group Company, 2015 
 
Cover designed by: Natalia Shirgina and Ilya Skachkov 
Printed in the Netherlands by Gildeprint. 
 
 
For a printed version please contact: 
Secretary Biomedical Engineering (January 2016: room Ee 2302) 
Erasmus Medical Center 
P.O. Box 2040
3000 CA Rotterdam
the Netherlands 
 

 

 
  



 
Microbubbles for Molecular Imaging and 

Drug Delivery 

 



 







 







Sound has been widely used in medicine since ancient times. The first documentation of this 
evidence belongs to Hippocrates describing how he would listen to the heart activity for 
diagnosis of disease (c. 460 – c. 370 BC). Since then physicians have used their ears as natural 
diagnostic equipment, listening to the sounds of various human organs for making diagnoses. 
This technique was named auscultation, based on the Latin verb auscultare that means, "to 
listen". Until the 19th century, doctors used this technique by directly putting their ears onto the 
patient’s body which was neither hygienic nor very efficient. In 1816 the French doctor René 
Laennec invented the first medical acoustical device: the stethoscope. The first echo 
examination appeared even earlier by the Austrian doctor Leopold von Auenbrugger in 1761. 
He invented the method of percussion, where the physician analyzes the sound tones coming 
from the thorax or abdomen after tapping on the surface of the patient with the physician’s 
fingers. According to some, a method similar to percussion to check the abdominal cavity was 
proposed even earlier by the Persian physician and philosopher Ali Abu Ibn Sina, also known 
as Avicena (980-1037), [1]. The first real of ultrasound in diagnostics was in 1949 by John 
Wild and the first B-mode scanner appeared in 1962 developed by Joseph Holmes, William 
Wright, and Ralph Meyerdirk. 

In 1968 the first ultrasound contrast agent was discovered by accident when an infusion of 
microbubbles in agitated saline significantly increased blood contrast in ultrasound [2]. The 
agitated saline was saturated with small air bubbles. Since then microbubbles (1-10 μm in size; 
see Figure 1) have been developed into clinical ultrasound contrast agents to aid diagnosis by 
ultrasound imaging [3]-[9]. Ultrasound contrast agents are widely used in echocardiography 
[10] for left ventricle delinearization and assessing heart perfusion for carotid artery diseases 
[11], for liver and kidney lesion diagnostics [12], and even for digestive tract imaging [13]. The 
uniqueness of the gas microbubbles is the scattering of ultrasound, which provides higher 
contrast imaging [7]. However, uncoated air microbubbles are not stable and their lifetime is 
just a few seconds after injection [2]. Therefore, microbubble stability has been improved 
mainly in two ways: encapsulating the gas microbubble by a shell and changing the gas core 
of the microbubble to a less soluble gas. Most commercial microbubble shells consist of lipids 
(Definity, SonoVue, Sonazoid, Lumason), and some with proteins (Albunex) or rigid polymers 
(PB127, BG1135). The air that we breathe has a very high solubility in blood and was therefore 
replaced by the inert sulfur hexafluoride or hydrophobic perfluocarbon [9], [14]. If the shell of 
the microbubble is flexible, the gas core oscillates in response to the ultrasound. This oscillation 
can cause different linear and non-linear effects which can be beneficial to ultrasound imaging 
[14], [15]. In response to the ultrasound, the microbubble can jet, oscillate spherically or non-
spherically, or induce micro-streaming [14]. Another valuable effect of this microbubble 
oscillation, a volumetric change in size, is their ability to effect the surrounding environment. 
It has been shown that these microbubble behaviors, when in the vicinity of a cell membrane, 
increase the membrane permeability, which is known as sonoporation [14], [16]. Sonoporation 



has various applications, such as increasing cell sensitivity to drugs or contributing to local 
drug delivery [17]-[21]. In addition to sonoporation, there are two other known mechanisms of 
microbubble-mediated drug delivery: endocytosis and cell-cell contact opening [14], [22]. 

Depending on the drug type, different uptake routes are needed while others need to be 
avoided. For example, gene delivery requires direct cytosolic uptake while avoiding 
endocytosis as this process degrades the gene, which can be achieved with microbubbles. Direct 
cytosolic uptake can be achieved by vibrating microbubble-induced sonoporation, which is 
reversible (if pore size is < 100 µm2) or irreversible cell membrane perforation [23] 

The microbubble shell can be modified by the addition of ligands that have a high affinity 
to cell membrane biomarkers, as illustrated in Figure 2. Disease-specific biomarkers appear on 
the endothelial cell surface during the growth of new vessels (for example �v�3 [24]), ischemia 
(for example P-selectin [25]), or inflammation (for example intercellular adhesion molecule-1, 
ICAM-1 [26]). Targeted microbubbles give rise to a new diagnostic tool, namely ultrasound 
molecular imaging [27], [28]. For example, BR55 (Bracco Research SA, Geneva, Switzerland) 
is a vascular endothelial growth factor receptor 2 (VEGFR2) targeted microbubble [29], [30]. 
After a successful phase 0 trial [31], BR55 is currently in a phase 1 clinical trial for prostate 
cancer diagnosis [32]. 

To study microbubble behavior for ultrasound imaging and drug delivery, a simple, cheap, 
and relevant model is desired. All the existing models can be divided into three big groups: in 
vitro, ex vivo and in vivo. To gather knowledge on the phenomenon of microbubble oscillation, 
in vitro setups usually consist of a thin-wall capillary [33], [34] or an ultrasound transparent 
chamber [35]-[37]. These in vitro models are suitable to understand basic physical phenomena 
of microbubble behavior in an ultrasound field. However, these models generally cannot take 
into consideration the interaction of microbubbles with the human internal environment, such 
as the blood pool and endothelial cells that line a vessel, as depicted in Figure 2. The 
temperature at which these experiments are performed is usually at room temperature, not body 

Figure 1. Different homemade lipid-shelled microbubbles. Microbubbles were made by sonication (A) and by 
agitation (B). Microscopic images (� 60) of lipid shell microbubbles labeled with DiI (1,1'-dioctadecyl-3,3,3'3'-
tetramethylindocarbocyanine perchlorate) in bright field (C) and fluorescence (D). Scale bar: 10 μm. 



temperature [14]. To truly study the effect of microbubble interactions with cells and the 
mechanisms of drug delivery, the microbubbles have to be insonified in the presence of live 
cells. The two main in vitro models of this approach is the insonification of a cell suspension 
mixed with microbubbles [38] and the microbubbles near or adherent to a cell monolayer [39]. 
The choice of cell type is also important for the model. Escoffre et al. [40] showed that two 
different cell lines had different sonoporation efficacy, while insonified at the same conditions. 
The most widely used cell types for the in vitro studies are different tumor cell lines [14]. 
However, the clinical administration route for microbubbles is intravenous, so upon injection 
in the blood flow the microbubbles are only in contact with circulating blood cells and 
endothelial cells that line the vessels (Fig.2) as they are too large to extravasate [8], [41]. These 
facts are the reason why endothelial cells are more relevant to use in in vitro sonoporation 
experiments. 

Ex vivo models aim to imitate the in vivo environment. These models utilize surgically 
dissected tissues obtained at autopsy or from freshly slaughtered animals. The most widely 
used ex vivo tissues for microbubble research are arteries [43], [44] or an entire organ, such as 
a liver [45], [46]. For optical imaging, the use of thin transparent tissue like mesentery [47] are 
often used. Although the vascular anatomy and vessels surrounding tissues remain intact in the 
ex vivo models, the blood inside the vessels is usually flushed away [47]. In addition, it is a 
challenge to keep a natural pressure in the vessels. As a consequence, the microbubbles can 
still not be studied in their in vivo environment within ex vivo models. This is why an 
appropriate in vivo model is required. 

Figure 2. Targeted microbubbles (MB) red blood cells (RBC), leucocytes (LC) and platelets (P) inside the vessel. 
EC – endothelial cells, SM – smooth muscles, CF – collagen fibers. R – receptor (biomarker) on endothelial cell 
membrane, Ab – antibodies specific to this receptor. (Adapted from [42] i. e. Chapter 8). 



One of the main requirements for an in vivo model is that it should be possible to study 
microbubble-cell interactions optically, among others, optical studies on microbubble behavior 
have brought the field forward. To be able to do optical studies, an optically transparent thin 
vascularized part of the animal should be placed under the microscope. There are several 
models available which fulfill these requirements, such as the mouse or rat cremaster muscle, 
hamster cheek pouch, dorsal skinfold model [48]-[51] and chicken embryo chorioallantoic 
membrane (CAM) model. The mouse or rat cremaster muscle and the hamster cheek pouch 
models are based on healthy animal tissues. The surgical trauma alone to expose the cremaster 
muscle can already upregulate the P-selectin biomarker [52]. Others induce ischemia [53] or 
inject substances like tumor necrosis factor � (TNF�) to induce inflammation and upregulate 
related biomarkers to make these in vivo models applicable to studying targeted microbubbles. 
The dorsal skinfold model can be combined with a subcutaneous tumor engraft, but this model 
requires a glass or plastic cover that is not acoustically transparent. It is therefore challenging 
to insonify the tissue and straight animal regulations are also applied to this model. By contrast, 
the latter is not the case for chicken embryos, for which the chorioallantoic membrane (CAM) 
has been used by several groups for studying different types of drug delivery systems [54], 
including microbubbles [54]-[56]. 

The CAM (Fig. 3) is one of the three extraembryonic membranes that protect and nourish 
the embryo, the other two being the yolk sac membrane and the amnion. They are all formed 
during development. The CAM is a temporary embryo organ used mainly for gas exchange, 
but also is involved in excretion. This organ is highly vascularized, contains arteries, veins, and 
an intricate capillary plexus. Until day 11, capillary proliferation is rapid [54]. In addition, the 
CAM becomes optically transparent when the yolk is removed without losing embryo viability, 
as we demonstrate in Chapter 2. The CAM vessel endothelial cells uniformly express the 
important angiogenic marker αvβ3-integrin [57]. This makes the CAM model very well suited 
to study ultrasound molecular imaging and targeted microbubble-mediated drug delivery of 
angiogenesis, relevant to both tumors and atherosclerosis. 

CAM vessels have shear rates of ~ 18-75 s-1 [58] which is similar to the shear rate in human 
veins [59]. A comparable heart beat rate of 60-70 beats per a minute [60] and a slightly lower 
hematocrit of ~ 24% [61] make the CAM very relevant for studying microbubble behavior in 
vivo. The total embryo blood volume at day 6, a stage where the CAM already comprises many 
vessels as shown in Figure 3, is ~ 170 µl [61], and because there is almost no microbubble 
clearance in the lungs and liver because of an immature immune system, the microbubbles stay 
in circulation for hours. The combination of the small blood volume with a long lifetime allows 
us to use small amounts of drugs and microbubbles. Moreover, the CAM is covering the yolk 
and no surgery is required to get access to the vessels. To access the vessels, only the eggshell 
has to be opened. Also anesthesia is not required during the entire procedure. This is important 
because previous research has shown that high oxygen concentrations used as an anesthesia 



carrier gas causes microbubble deflation [62]-[64]. Another advantage of the chicken embryo 
is that they can easily be genetically modified to express potentially any biomarker [65]. The 
chicken embryo model can also be used together with ultrasound because the yolk has a low 
scattering for ultrasound [56]. Additionally, since we used the chicken embryos at day 5-6, this 
model does not require laboratory animal regulation as long as the time period is before day 14 
after fertilization. 

For both imaging and drug delivery the microbubble behavior in response to the ultrasound 
is important. This behavior can be different in different conditions [14] and is not fully 
understood in vivo. The overall aim of my thesis was to study individual microbubbles and 
their capacity for imaging and drug delivery in the CAM model. The exception was the studies 
on sonoporation dynamics and MRI-contrast agent labeling for which fundamental in vitro 
studies with human umbilical vein endothelial cells (HUVEC) were still needed. 

For the majority of the chapters in my thesis, we used homemade lipid-shelled microbubbles 
(see Fig. 1). There are several advantages of using homemade microbubbles: 1) we can make 
both targeted and non-targeted microbubbles with the same lipid shell composition; 2) we can 
be sure to have the same size distribution; 3) they respond similarly to the ultrasound; 4) 
homemade microbubbles can be labeled with a fluorescent dye for easy identification under 
the microscope. 

To understand how MBs oscillate in response to the ultrasound in in vivo vessels with blood 
flow, heart pulsation, and circulating blood cells, ultra high-speed intravital microscopy is 
required. In Chapter 2 we study the microbubble oscillation while insonified at different 
ultrasound frequencies (microbubble spectroscopy) in the CAM model. The microbubble 
oscillations were recorded at 25 million frames per second with the ultrahigh-speed Brandaris 
128 camera [66]. 

The vessels in the CAM are unique because they are neovessels and thus resemble the 
neovessels of the atherosclerotic plaque. Atherosclerosis is a complex disease [67]. Being able 
to improve the diagnosis of an atherosclerotic plaque at risk for rupture in a patients is clinically 
important. Neovessels in a plaque are known to be a high risk for rupture [24], [68]. To resolve 
the composition of the vessel wall in arteries, intravascular ultrasound catheters (IVUS) are 
used [69]. However, conventional IVUS cannot resolve small neovessels in the plaque. It was 
suggested that microbubbles can help depict these vessels. In Chapter 3 we check this 
hypothesis first in vitro with a phantom with holes of different diameters. Nonetheless in 
conditions of real blood flow, the microbubbles could respond differently (see Chapter 2). The 
plaque neovessels are very similar to vessels in the chicken embryo chorioallantoic membrane 
(CAM) (see Fig. 3). In Chapter 3 we used the CAM model to investigate the feasibility of 
imaging neovessels with IVUS. 

To improve drug delivery, we have to know which ultrasound setting and microbubble type 
to use. Moreover, different therapeutic strategies, like killing tumor cells or delivering drugs 



and genes to a certain tissue, may require different levels of increased cell membrane 
permeability. In Chapter 4 we study the effect of ultrasound-activated targeted and non-targeted 
microbubbles on endothelial cell membrane permeability using different acoustical pressures 
and pulse lengths in vitro. The cell membrane permeability was correlated to cell death. 

In Chapter 5 we assess if ultrasound and targeted microbubbles can induce sonoporation in 
vivo. The CAM model was used again to assess how different local microbubble concentrations 
would increase the probability of sonoporation. This chapter shows the importance of a high 
local microbubble concentration, as this increases the sonoporation probability. One of the 
methods to increase the microbubble concentration is to use radiation force to push 
microbubbles to the vessel wall. If microbubbles are loaded with the drug, or a therapeutic cell, 
this approach could also increase the local drug concentration or therapeutic cell concentration. 

In Chapter 6 we study the effect of acoustical radiation force to position stem cells incrusted 
with microbubbles (StemBells) to the vessel wall in vivo using the CAM model. This 
positioning could potentially increase stem cell concentration in, for example, a myocardial 
infarction area. In addition, it could increase stem cell extravasation from the lumen of the 
vessel and their migration to the ischemic area. Because this extravasation might be more 
efficient in small vessels where the blood flow speed is not as high as in arteries and the distance 
to the wall is also smaller, the CAM model is very well suited to study the effect of radiation 
forces for propelling StemBells to the vessel wall in blood flow conditions. 

Microbubbles and ultrasound can be used for loading cells with drugs. Drugs can be small 
molecules (for example the chemotherapeutic Sunitinib [70], 398 Da (~1 nm in diameter based 
on [71]) but also large particles of 80-100 nm in size, such as liposome-encapsulated 
Doxorubucin [72]. Particles of different sizes require different mechanisms of microbubble-
mediated uptake as shown by Meijering et al. [35]: small particles can enter cells via 
sonoporation while large particles can enter via endocytosis. In Chapter 7 we study in vitro 
endothelial cell labeling with a large particle, namely an MRI contrast agent, which can 

 
Figure 3. Six-day old chicken embryo extracted from the egg shell. CAM – chorioallantoic membrane, EB – 
embryo body, VV – vitelline vein. Scale bar: 1 cm. 



potentially be used for in vivo cell labeling and tracking with MRI. We assess how different 
MRI contrast agent addition times in respect to the ultrasound exposure effect the loading 
efficiency at different acoustical pressures. 

In Chapter 8 we discuss the current status of using targeted microbubbles for molecular 
imaging and drug delivery. This includes the important physical and chemical properties of 
microbubbles for this purpose. A summary of all thesis chapters and the future prospective are 
given in Chapter 9. 
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Abstract—The dynamics of coated microbubbles was studied in an in vivo model. 
Biotinylated lipid-coated microbubbles were prepared in-house and were injected into a 
chick embryo chorioallantoic membrane (CAM) model on the fifth day of incubation. The 
microbubbles, ranging between 1.0 and 3.5 µm in diameter, were insonified in the 
frequency range of 4–7 MHz. Two amplitudes of acoustic pressure were applied: 300 kPa 
and 400 kPa. The fundamental and subharmonic responses were recorded optically with 
an ultra-fast camera (Brandaris 128) at 20 million frames per second. A subharmonic 
response was observed for 44% of the studied bubbles. From the data the frequency of 
the maximum fundamental and subharmonic response was derived for each individual 
bubble and resulted in the resonance curves of the microbubbles. All the bubbles showed 
shell (strain) hardening behavior for a higher acoustic pressure. We conclude that the 
subharmonic oscillations observed in this study belonged to the transmit at resonance 
(TR) regime. 

 
Key Words: Chicken embryo, Ultrasound contrast agent, Microbubbles, Subharmonic 
response, In vivo. 

Ultrasound contrast agents are used extensively in medical ultrasound imaging [69], [73]-
[85]. An ultrasound contrast agent consists of small encapsulated microbubbles, which scatter 
the ultrasound very efficiently[7], [86]. The contrast agent is introduced in the blood to increase 
the scattering properties from the blood pool. The fundamental understanding of the interaction 
of these bubbles with the ultrasound and its resulting nonlinear vibration dynamics, is an 
ongoing field of research, since the quantitative knowledge of characterization of the bubbles 
is essential for a better engineered and optimal agent for its use in the clinic. 

In-depth studies have been performed to quantify the acoustic response of the microbubbles 
acoustically, both in a bubble population [87]-[94] and for single bubbles[95], [96] as well as 
optically also for single bubble [36], [97]-[103]. Optical methods for acoustical 
characterization of contrast agent microbubbles have been a huge step forward in understanding 
the behavior of these bubbles in an ultrasound field. The physical properties of single bubbles 
reported for various contrast agents have shown that the acoustical response of a bubble is 
strongly size dependent [103], [104]. However, until now the physical influence of biological 
parameters, (e.g., blood flow, blood cells, vicinity or attachment to the vessel wall, floatation 
in the blood pool, etc.) on the dynamics of contrast agent microbubbles has been neglected or 
simplified. A genuine understanding of the acoustical behavior and resulting physical 
properties of the microbubbles can be achieved by investigating their acoustical response in 
vivo. For this purpose, we propose the chick embryo chorioallantoic membrane (CAM) model. 



Chicken embryo is a well known animal model, which has been extensively used in various 
areas of research such as angiogenesis and anti-angiogenesis [105], [106], wound healing 
[107], tissue engineering [108], biomaterials and implants [109]-[111], biosensors [112] and 
drug delivery systems [54], [113]. The increasing interest in the chick embryo model and 
specifically its CAM is due to its simplicity, ease of visualization and low cost compared with 
mammalian models. The CAM of a developing chicken embryo is an extra-embryonic 
membrane and has a very dense capillary network, which makes it suitable for the intravenous 
injection of contrast agent microbubbles [114] and is easily accessible with standard optical 
microscopy. Moreover, the vascular network of a CAM is located in the chick mesoderm, a 
transparent matrix, which does not significantly absorb or scatter the incident visible light. This 
allows for high-contrast and high- resolution imaging. 

It is reported that the vitelline network of a chicken embryo (extra-embryonic vessels, 
connecting the embryo to the yolk sac vasculature) is a good model for the human blood vessel 
network [58]. The CAM model is very often used in studying cardiac development and human 
birth defects because of similar structure and functionality between human and chicken 
embryonic hearts at early developmental stages [60], [115]. The chick during its morphogenesis 
undergoes true growth similar to the situation in the human embryo, whereas their developing 
organs increase dramatically in size. Therefore, the CAM model is considered to be one of the 
best model embryos for numerous in vivo manipulations such as, overexpressing secreted 
proteins and viral gene constructions [54], [115]. 

Another important aspect of using CAM models concerns studies on brain cancer tumors. 
Indeed, Hagedorn et al. [116] have proven that tumor growth with key features of human 
glioblastoma can occur in a highly reproducible manner on a CAM model. This opens a new 
option for preclinical in vivo testing of anti- cancer drugs, which to date is mainly performed 
in adult rodents, raising major ethical concerns. There are, however, several significant 
anatomic differences between chick embryo cardiovascular anatomy and the human fetal 
cardiovascular anatomy, such as the orientation of the heart within the chest cavity, which are 
explained in details by Schellpfeffer and Kolesari [117]. 

In vivo characterization of the microbubble dynamics is important for contrast-enhanced 
ultrasound imaging methods. The outcome of this type of studies defines the essential 
parameters for a suitable diagnostic imaging method such as the insonifying frequency and the 
acoustic pressure, in which microbubbles are more responsive to. So far, the results of in vitro 
experiments have been used as the reference. However, in vitro set-ups lack the complexity of 
a clinical environment and the physical effect of the major biological parameters such as blood 
plasma, red blood cells and proteins are simply neglected. Moreover, an in vivo study of the 
microbubble behavior has the advantage of testing the bioeffects, which contrast- enhanced 
diagnostic ultrasound can induce (e.g., capillary damage, cell sonoporation and hemolysis) 
[118]-[121]. 

To date, observations of bubble dynamics in actual vessels have been focused on the 
transient interaction of ultrasound-activated microbubbles and the blood vessel, by means of 
cavitation and microjetting phenomena [47], [121]-[123]. However, all these studies have been 



performed ex vivo and the blood in the vessels was replaced with another fluid (e.g., saline 
mixed with ink), which does not represent a real clinical environment. 

In the present study, the dynamics of ultrasound- activated microbubbles are studied in real-
time. Home-made microbubbles are injected into a chick embryo CAM whilst, for the first 
time, investigating their in vivo fundamental and subharmonic responses at two different 
acoustic pressures. The dynamic response of a single bubble to pressure pulses driven at 
frequencies of 4–7 MHz is recorded optically using an ultra high- speed camera system. 
Microbubble spectroscopy techniques [36], [101], [103] were applied at acoustic pressures of 
300 and 400 kPa to characterize the physical properties of the bubbles. The results are 
compared with in vitro experiments reported in the literature using the very same experimental 
technique. 

Biotinylated lipid coated microbubbles with a C4F10 gas core were made by sonication as 
described by Klibanov et al. [124]. Biotinylation has no influence on the dynamics of 
microbubbles [125] and it is generally applied as a preparation step to functionalize the bubbles 
for targeting, which was not in the scope of this study. 

The coating was composed of DSPC (59.4 mol%; P 6517; Sigma-Aldrich, Zwijndrecht, The 
Netherlands); PEG-40 stearate (35.7 mol%; P 3440; Sigma-Aldrich); DSPE-PEG (2000) (4.1 
mol%; 880125 P; Avanti Polar Lipids, Alabaster, AL, USA) and DSPE-PEG (2000)-biotin (0.8 
mol%; 880129 C; Avanti Polar Lipids). A measurement of 600 mg of DiI (Molecular Probes, 
Leiden, The Netherlands) fluorescent lipid dye dissolved in 20 mL of absolute ethanol was 
added to the lipid solution before sonication. 

As an animal model, the chicken embryo chorioallantoic membrane (CAM) was used and 
specifically prepared for ultra high-speed imaging under a microscope. Fertilized White 
Leghorn chicken eggs (Gallus gallus domesticus) were purchased from a supplier (Drost BV 
Loosdrecht, The Netherlands). After 5 days of incubation in a humidified incubator (Heraeus; 
Thermo Scientific, Erembodegem-Aalst, Belgium) at 37̊ C (stage HH27-271) according to 
Hamburger and Hamilton [126] criteria, the embryo was taken out of the eggshell. Then, 5 mL 
of the microbubble solution was injected in one of the vitelline veins using a home-made 
capillary glass needle and a commercial injection system (VisualSonics, Toronto, Canada). 
Next, the yolk was removed to enhance the transparency of the embryo [127]. The upper part 
of an OptiCell chamber (NUNC, Wiesbaden, Germany) was cut out and the space was filled 
with 1% agarose (Sigma Aldrich, Zwijndrecht, The Netherlands). The yolkless embryo was 
placed on the agarose and incubated in the humidified incubator for 5 min to allow the contrast 
agent to redistribute in the blood. Then, the embryo was transferred to the experimental set-up 
and covered with acoustically transparent polystyrene cover slip made out of OptiCell 
membrane. Figure 1 shows a chicken embryo before the yolk was removed. 



Figure 2 shows the schematic view of the set-up. The yolkless embryo placed on an OptiCell 
was fixed on a triangular water tank at the focal area of the transducer. The temperature of the 
water was kept at 37˚ C using a heating element. A wide band transducer (V311; 3–13 MHz, 
Panametrics, Aarselaar, Belgium, or PA076; 1–9 MHz, Precision Acoustics, Dorchester, UK) 
was used for transmission. The transducer was connected to a power amplifier (150A100B; 
Amplifier Research, Limerick, Ireland), which amplified the pulse generated by an arbitrary 
waveform generator (8026; Tabor Electronics Ltd., Tel Hanan, Israel). Bursts of a 25-cycle 
sinusoidal wave were transmitted. Microbubbles were insonified at 4–7 MHz with a frequency 
step of 200 kHz. Two acoustic pressures of 300 kPa and 400 kPa were applied at the focus for 
each experiment. These pressure values were calibrated in the same setup at the position of the 
embryo before placing the CAM model, using a 0.2 mm PVDF probe hydrophone (Precision 
Acoustics Ltd., Dorchester, UK). The region of interest was illuminated with three optical light 
guides (SCHOTT AG, Mainz, Germany) from below and two sides. The light guides were 
connected to a Xenon flash lamp (A-260; Vision Light Tech, Uden, The Netherlands). An 
Olympus microscope (Olympus; Zoeterwoude, The Netherlands) with a 340 water- immersed 
objective (NA 5 0.7) was focused on the microbubbles in the chicken embryo. The total 
magnification of the system was further increased to ×80 by using an additional ×2 
magnification lens inside the microscope. 

Before insonification the microbubbles were tracked in the vitelline vessels using a mercury 
lamp light source and fluorescent light (510–550 nm) excitation and a 590 nm long-pass 
emission filter cube (U-MWG2; Olympus Zoeterwoude, The Netherlands). With the 
fluorescent light we were able to differentiate the real microbubbles from other flowing 

  
Figure 1. (a) Injection of microbubbles into a vitelline vein of a chicken embryo with a capillary glass needle. (b) 
The zoomed in area of part of the vein where the microbubbles were injected. 



particles in the blood. Figure 3 shows the bright field and the fluorescent snapshot of a 
microbubble (2.3 µm diameter) floating inside the vessel. The images were taken with a high 
sensitivity CCD camera (LCL-902K; Watec, Orangeburg, NY, USA) connected to the 
microscope. The red blood cells and vessel walls are also evident in the bright field image (Fig. 
3a). 

Different from an in vitro setting, the pulsation of the blood flow and the circulation of red 
blood cells add more complexity to the tracking of the bubbles. Keeping a bubble fixed and in 
focus for a single microbubble spectroscopy is very challenging. To overcome these 
difficulties, we had to look for bubbles mostly floating inside smaller capillaries with slower 
blood flow, relatively far from the heart or in the vicinity of a vessel wall, to avoid the vibrations 
and have a more stable focus. Very often the focus had to be adjusted simultaneously during 
the recordings. 

The radial responses of the insonified bubbles were recorded with an ultra-fast recording 
camera, the Brandaris 128 [66] at a frame rate of 20 million frames per second. The camera 

  
Figure 2. Schematic view of the set-up. 

 
Figure 3. (a) Bright field and (b) fluorescent snapshots of three microbubbles, floating in a chicken embryo vein. 
The microbubble in focus is 2.3 μm in diameter. The other two microbubbles are out of focus. 



was set to record 33 movies of 128 frames in a single run. The first recording was always done 
without ultrasound to estimate the resting radius of the bubbles and the noise level of the 
system. In the subsequent movies, the frequency was swept in 16 200-kHz steps in ascending 
order from 4 to 7 MHz at an acoustic pressure of 300 kPa, followed by 16 200-kHz frequency 
steps at 400 kPa. As an example, we display 12 time frames from the recording of a 2.3 µm 
bubble depicting the vibration at a driving frequency of 4.0 MHz and acoustic pressure of 300 
kPa (Fig. 4). The bubble is located next to the right vessel wall and the red blood cells in the 
blood flow in the vicinity of the microbubble are also evident in the recorded frames. 

From each individual movie, the diameter of the microbubble as a function of time (DT-
curve) was measured using custom-designed image analysis software [101], [103]. The 
Discrete Fourier transform of the DT-curves was then calculated, which gives the maximum 
amplitude of radial excursion of the bubble at that given frequency and pressure. Plotting the 
maximum amplitude as a function of the frequency gives the resonance curve of the bubble. 
Both the fundamental and the subharmonic (at half the driving frequency) resonance curves of 
a bubble were measured in a single experiment. The resonance frequency and the maximum 
subharmonic response were extracted using the same procedure explained by Faez et al. 
[103].In this method, a Lorenzian function with a functional form displaying a single absolute 
maximum is used to fit each resonance curve. 

A total of 80 individual bubbles were recorded and their response was analyzed. As a typical 
example we display five DT-curves (out of the set of 16) of a 2.8 µm diameter bubble in Figure 
5. The transmit frequency in these selected graphs increases from 4 MHz to 5.6 MHz with a 
frequency interval of 400 kHz. The amplitude of the acoustic pressure is 300 kPa. The 
maximum amplitude in the Fourier transform of the first recording from each bubble, which 
was done without ultrasound, was set as the noise level (gray area in Fig. 5). The corresponding 
power spectra show a peak at the driving frequency and at the subharmonic frequency. In this 
example the fundamental amplitude decreases with increasing driving frequency, which 
indicates that all driving frequencies are above the resonance frequency of the bubble. At a 
driving frequency of 4.8 MHz the subharmonic amplitude reaches a maximum. 

Figure 4. Twelve time frames out of 128 frames with 50 ns inter-frame time of a 2.3 μm bubble, indicating its
radial oscillations, and red blood cells in a vessel. The driving frequency and acoustic pressure are 4 MHz and 300 
kPa respectively. 



For all the recordings, the amplitude of excursion at the driving frequency and subharmonic 
frequency were extracted from the DT-curves and plotted versus frequency. As an example, 
the resonance curve and subharmonic response curve of a 2.3 µm bubble are presented in Figure 
6 for two amplitudes of acoustic pressures of 300 kPa and 400 kPa. Figure 6a shows that a 2.3 
µm bubble in diameter has a resonance frequency around 4.5 MHz at a driving acoustic 
pressure of 300 kPa. The resonance frequency shifts slightly to 4.6 MHz by increasing the 
amplitude of the acoustic pressure to 400 kPa. The same bubble shows a subharmonic peak 
amplitude at a driving frequency of 6 MHz, which also tends to increase when driven at a 
frequency of 6.2 MHz when increasing the amplitude of the acoustic pressure from 300 kPa to 
400 kPa (Fig. 6b). 

In the studied bubble population (1.0–3.5 µm in diameter), 44% of the microbubbles showed 

subharmonic responses in the applied driving frequency range, similar to the in vitro results 
reported previously [103]. The bubbles with a subharmonic response had a size between 1.7 
µm and 3.5 µm in diameter. In this size range, for microbubbles with a diameter smaller than 

 
Figure 5. (a) Selected DT-curves and (b) corresponding power spectra of a microbubble with 2.8 μm diameter.
The selected driving frequencies range between 4–5.6 MHz with a frequency step of 400 kHz. The applied acoustic
pressure is 300 kPa. The sampling time is 50 ns. The gray area in the power spectra indicates the noise floor. 

 
Figure 6. (a) The fundamental amplitude as a function of the driving frequency and (b) the subharmonic amplitude 
as a function of the subharmonic frequency (half the driving frequency) for a 2.3 mm bubble at acoustic pressures
of 300 kPa and 400 kPa. Data on the abscissa have an uncertainty of 60.1 MHz. 



1.9 µm, only the fundamental resonance was detectable. For bubbles larger than 2.65 µm, only 
the subharmonic response peaks could be extracted as their resonance frequencies were below 
4 MHz, which was the lower limit of our transmitted frequencies. However, only for bubbles 
between 2 µm and 2.65 µm in diameter, both a fundamental and a subharmonic peak in the 
applied driving frequency range could be clearly identified. The resonance frequency and the 
frequency of maximum subharmonic response of microbubbles vs. their diameters are 
presented in Figure 7. 

To estimate a relation between the resonance frequency and the maximum subharmonic 

response frequency of the microbubbles, the ratio of these two frequencies is depicted for the 
bubble diameters between 2 µm and 2.65 µm in Figure 8. It can be seen that in the mentioned 
diameter range the maximum subharmonic response never occurs at a frequency which is twice 
the resonance frequency, but slightly lower. Overall, the fundamental to subharmonic 
frequency ratios vary between 1.21 ± 0.07 and 1.66 ± 0.07 for acoustic pressure of 300 kPa. At 
400 kPa, these ratios change from 1.24 ± 0.07 to 1.83 ± 0.07. 

The fundamental and subharmonic behaviors of home made biotinylated lipid coated 
microbubbles were studied in vivo in the frequency range of 4–7 MHz. 44% of the total studied 
bubble population showed a subharmonic response in the applied driving frequency range. 
Similar to previous in vitro experiments [103] all the microbubbles showed asymmetrical 
oscillations known as compression-only behavior (Fig. 5a). The main difference between this 
in vivo study and the former in vitro experiments was the required higher amplitude of the 

  
Figure 7. Resonance frequency and maximum subharmonic response frequency as functions of bubble size for
acoustic pressure amplitudes of 300 kPa and 400 kPa. Vertical dashed lines indicate the diameter range that was
used to calculate the data plotted in Figure 8. 



acoustic pressure. At lower acoustic pressures (<100 kPa) no clear bubble oscillation could be 
detected for the bubbles inside the chicken embryo. We hypothesize that the main reason for 
this difference is due to the higher viscosity of the blood compared to water and the presence 
of the red blood cells [61]. The supporting argument for this assumption is the quantitative 
estimation of the total damping from the measured resonance curves of the microbubbles, 
which gives an indication of the viscous contributions of the liquid surrounding the bubble 
[101]. Comparing the resonance curves of a 2.3 µm bubble in vivo (presented in Fig. 6a) and 
in vitro (Fig. 5, van der Meer et al. [101]), indicates that the width of the resonance curve in 
vivo is approximately twice that of the one in vitro. This results to a higher damping coefficient, 
which can be attributed to a higher viscosity of the liquid for bubble oscillations in vivo. Since 
the measured resonance curves in our study were not covered completely in the applied 
frequency range (Fig. 6a), a quantitative estimation of the values of the contributions arising 
from the blood viscosity was not possible. For this purpose further experiment in a wider 
frequency range is required. 

Moreover, to study the effect of the acoustic pressure on the bubble oscillations, two 
amplitudes of acoustic pressure were applied (300 kPa and 400 kPa). The increase of the 
acoustic pressure by 100 kPa, or 33%, resulted in a slight increase of the resonance frequency 
and that of the subharmonic response, by 100 kHz on average, which is known as shell (strain) 
hardening (Fig. 6). This phenomenon was observed before for the subharmonic resonance 
frequency of BR14 (Bracco Research S.A., Geneva, Switzerland) microbubbles below 3 µm in 
diameter [103]. 

The estimated resonance frequencies of the bubbles as a function of bubble size in this 
experiment (Fig. 7), are in a very good agreement with the reported values for the BR14 
microbubbles in the literature [101], [103]. The composition of the home made bubbles used 
in this study is very similar to the BR14 and SonoVue (Bracco Research S.A., Geneva, 
Switzerland) microbubbles. Therefore, a similar range of resonance frequencies compared with 
the mentioned commercial microbubbles was expected. However, the values of the resonance 
frequencies derived in this study are slightly higher than the reported values, which can be 
attributed to the higher acoustic pressures applied in our case and the shell hardening 
phenomenon observed for increasing acoustic pressures. The differences between an in vivo 
and an in vitro medium in which the microbubbles are exposed can also play an important role. 
And finally, even though the composition of these two groups of microbubbles is very similar, 
the shell properties of them can be significantly different due to variations in the shell 
composition of the individual microbubbles, see Sijl et al. [102]. The combination of these 
factors can affect the physical properties of our microbubbles including resonance frequency 
and shell properties. 



Disregarding the slight increase in the estimated resonance frequencies of biotinylated lipid 
coated and BR14 microbubbles, it is noted that the current values of the resonance frequencies 
presented in Figure 7 are in the same range as the subharmonic resonance frequencies reported 
recently by Faez et al. [103]. In that study, the driving frequency was set to approximately twice 
the resonance frequency of BR14 microbubbles. It is known that subharmonic oscillations are 
categorized in two regimes [128]; transmit at resonance (TR) subharmonic and transmit at twice 
resonance (T2R) subharmonic. The TR subharmonic oscillations are predicted to occur when 
a bubble is insonified at its resonance frequency. T2R subharmonic emission is predicted to 
occur when the transmit frequency is at twice the resonance frequency of a bubble. Therefore, 
the subharmonic oscillations observed in that experiment belonged to T2R subharmonic 
category. Consequently, the subharmonic response frequencies indicated in our study (Fig. 7) 
belong to the TR subharmonic regime.  

The occurrence of TR and T2R subharmonic responses has been reported by Chomas et al. 
[128] and theoretically predicted by Katiyar and Sarkar [129]. Simulations based on 
Marmottant et al. [98] model are able to predict both categories of subharmonic oscillations: 
T2R at MI z, 0.05 and TR at MI z. 0.05 [130]. The experimental evidence on the occurrence of 
TR subharmonics was also reported before for BR14 bubble population [130]. However, for 
single bubbles in vivo this phenomenon is reported for the first time in this study.  

Calculating the ratio between fundamental resonance and subharmonic response of 
microbubbles in the size range of 2–2.65 µm indicates that TR subharmonic response never 
occurs exactly at half the resonance frequency of a microbubble. Instead, this ratio varies from 
1.2 to 1.8 for different bubbles. This observation is also in accordance with the theory [129]. 
The comparison between the present in vivo study and a similar in vitro experiment [103] is 
summarized in Table 1. 

 
 

  
Figure 8. Fundamental to subharmonic response frequency ratio of microbubbles with the size range between 2–
2.65 μm for acoustic pressure amplitudes of 300 kPa and 400 kPa. 



Table 1. The comparison between the in vitro and in vivo microbubble spectroscopy 
 Microbubble spectroscopy In vitro In vivo 

Input 
parameters 

Microbubble coating 
Driving frequency (MHz) 
Acoustic pressure (kPa) 

Phospholipid 
(BR14) 
8–11 
50–120 

Phospholipid (Home-
made) 
4–7  
300–400 

Output  

Radial oscillation 
Subharmonic response (%) 
Subharmonic regime 
Resonance frequency (MHz) 
Fundamental 
(bubble diameter: 2–2.5 µm) 
Subharmonic 
Shell elasticity 
Shell viscosity (kg/s) 
Total damping (bubble diameter: 2.3 
µm) 

Compression-only 
40 
T2R 
— 
5–4.5 
Strain hardening 
~10-9 

~0.25 

Compression-only 
44 
TR 
5.6–4.1 
3.2–2.8 
Strain hardening 
~109 
~0.5 

 
Microbubble spectroscopy in vivo provides more accurate information concerning the 

bubble behavior and physical properties of contrast agent microbubbles. Shell properties such 
as elasticity and viscosity can also be extracted from this kind of experiments, similar to what 
has been done previously in several in vitro experiments [101]. Very often, the influence of 
biological aspects on the dynamics of microbubbles such as the blood flow, pulsation of the 
arteries, circulation of red blood cells and the vicinity of vessel walls, etc. are neglected or 
simplified in similar in vitro models. Compared to in vitro set-ups, the chicken embryo model 
is one step closer to the clinical case, which therefore makes the outcome of this kind of 
preclinical studies much more reliable and realistic. 

More interestingly, several cases of surface modes [131] were recorded for the microbubbles 
confined in a vessel. As an example, five snapshots of a microbubble exhibiting surface modes 
of orders of 4, 5 and 6 are presented in Figure 9. Comparison between our in vitro and in vivo 
experiments has shown that surface modes occur more frequently in the latter case. This may 
be due to the additional perturbation present in the in vivo situation, possibly caused by the 
unsteady blood flow, the presence of the red blood cells or the rheological properties of blood 

such as viscoelasticity. However, this phenomenon certainly deserves further investigations. 
Also, biological and physical phenomena involving the interaction of cells and 

microbubbles such as sonoporation [47], [132] can easily be investigated in similar set-ups. 
The following step is to characterize targeted bubbles for drug delivery purposes and 
experiments in this direction are currently underway.  

Figure 9. Surface modes of a 3 μm bubble in orders of 4, 5 and 6. 



The fundamental and subharmonic response of home made microbubbles were measured in 
a chicken embryo CAM by means of microbubble spectroscopy at 4–7 MHz. Forty-four percent 
of the microbubbles exhibited subharmonic response that belonged to the TR subharmonic 
regime. All the microbubbles showed shell hardening by increasing the amplitude of acoustic 
pressure. Chick embryo CAM proved to be an excellent model to study microbubble dynamics 
in vivo. 
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Abstract—Atherosclerotic plaque neovascularization was shown to be one of the 
strongest predictors of future cardiovascular events. Yet, the clinical tools for coronary 
wall microvasculature detection in vivo are lacking. Here we report an ultrasound pulse 
sequence capable of detecting microvasculature invisible in conventional intracoronary 
imaging. The method combines intravascular ultrasound with an ultrasound contrast 
agent, i.e., a suspension of microscopic vascular acoustic resonators that are small enough 
to penetrate the capillary bed after intravenous administration. The pulse sequence relies 
on brief chirp excitations to extract ultraharmonic echoes specific to the ultrasound 
contrast agent. We implemented the pulse sequence on an intravascular ultrasound probe 
and successfully imaged the microvasculature of a 6 days old chicken embryo respiratory 
organ. The feasibility of microvasculature imaging with intravascular ultrasound sets the 
stage for a translation of the method to studies of intra-plaque neovascularization 
detection in humans. 

Key Words: Intravascular ultrasound, Ultrasound contrast agent, Contrast-enhanced 
ultrasound, Ultraharmonic, Pulse inversion, Microvasculature, Vasa vasorum.  

The progression of human coronary atherosclerosis is associated with increased arterial wall 
microvasculature density [133], [134]. This network of microvasculature, the vasa vasorum, 
originates from the adventitial layer of large blood vessels to supply the deeper media and 
intima layers with nutrients and oxygen [135]. In atherosclerotic arteries, erratic vasa vasorum 
neovascularization can occur (Fig. 1), leading to intra-plaque hemorrhage and ultimately 
plaque rupture [136], [137]. It is hypothesized that atherosclerotic plaque neovascularization 
density could serve as surrogate marker of plaque vulnerability [136]. However, existing 
clinical tools are unable to detect coronary vasa vasorum in vivo. Intravascular ultrasound 
(IVUS) in combination with an ultra sound contrast agent has demonstrated potential for 

  
Figure 1. Schematic cross section of a vulnerable atherosclerotic plaque, illustrating an outside-in proliferation of
the vasa vasorum into the atherosclerotic lesion. Other makers of atherosclerotic plaque vulnerability are
represented e.g., large necrotic core, thin fibrous cap, calcification and macrophage infiltration. 



vasa vasorum imaging [69], [79] but fails to reach clinical practice to date because of IVUS 
transducer limitations in frequency bandwidth and sensitivity [138]. To overcome these 
limitations, we developed ultraharmonic IVUS imaging, a narrow frequency bandwidth 
contrast detection method able to visualize subresolution microvascular networks without the 
blood flow velocity limitations of Doppler ultrasound [139].  

Ultrasound contrast agents are suspensions of high molecular weight gas microbubbles 
encapsulated by thin lipid shells [140]. Bubbles are typically designed to be of a size (1–10 
mm) that passes through capillary beds and are acoustically active at diagnostic ultrasound 
frequencies. The primary advantages of using ultrasound contrast agents are the improvement 
of the signal strength from blood, which becomes bright in echographic images (a parallel can 
be drawn with bright blood pulse sequences in magnetic resonance imaging), and the detection 
of slow micro-vascular flow in the presence of tissue motion[141]. Contrast ultrasound imaging 
techniques rely upon the stimulation of resonant microbubble behaviours to generate and detect 
harmonic ultrasound contrast agents’ backscattered signals [140] that differ from tissue 
backscattered signals. Current harmonic contrast ultrasound imaging methods are limited to 
second harmonic (echo at twice the transmit frequency) or subharmonic (echo at half the 
transmit frequency) imaging. However, second har- monic echoes are not ultrasound contrast 
agent specific, while the use of subharmonic echoes lowers image resolution [78]. Furthermore, 
detecting second or subharmonic echoes demands a transducer frequency bandwidth of 67%, 
which exceeds clinical IVUS transducers specifications [138]. Several contrast 
echocardiography studies relied on second order ultraharmonics at 2.5 times the transmit 
frequency [142], [143]. But this strategy requires very wideband systems (86% frequency 
bandwidth) and sensitive detection of these low amplitude harmonics is further limited by the 
frequency-dependent ultrasound attenuation in cardiac tissue (0.5 dB/cm/MHz).  

Our approach consisted in imaging contrast microbubbles using first order ultraharmonics 
that arise at 1.5 times the transmit frequency [140]. These signals are specific to ultrasound 
contrast agents and their proximity to the transmit frequency makes their capture possible with 
a transducer frequency bandwidth of 40% (Materials and Methods). Hence, ultraharmonic 
imaging allows for the emission and reception of ultrasound pulses within the sensitive 
frequency range of commercially available IVUS transducers. Furthermore, relying on 
contrast-specific ultraharmonic echoes prevents misclassifying tissue artefacts as microbubbles 
[144], as in the case of second harmonic imaging. For a given probe having a given bandwidth, 
it also provides an enhanced lateral image resolution compared to subharmonic imaging [78]. 
In practice, the ultrasound echoes backscattered by ultrasound contrast agents are dominated 
by signal at the transmit frequency. In order to isolate contrast agent ultraharmonics, we 
transmitted pairs of phase inverted chirp excitations, summed the backscattered echoes and 
filtered the residual signal in the ultraharmonic frequency range (Materials and Methods). This 
approach, known as pulse-inversion [145], suppresses transmit frequency signals while 
preserving most of harmonic signals. 



The frequency bandwidth BW required for harmonic contrast ultrasound imaging is defined 
as the difference between the transmit ultrasound pulse frequency fT and its harmonic echo 
frequency fH over the center frequency fc = (fT/fH)/2, 

For second harmonic (fH = 2 fT) and subharmonic imaging (fH = fT/2), the frequency 
bandwidth requirement is BW = 2/3 or 67%. For ultraharmonic imaging (fH =3 fT/2), the 
frequency bandwidth requirement is BW = 2/5 or 40%. The feasibility of a given harmonic 
contrast ultrasound imaging method depends on the frequency bandwidth of the ultrasound 
imaging probe utilized. 

We conducted this study with a miniaturized unfocused IVUS transducer [146] (34 MHz 
center frequency, 56% frequency bandwidth) assembled into a side-looking IVUS probe and 
actuated with a rotary stage (Steinmeyer DT105, Albstadt, Germany) (Fig. 2). The transmission 
circuit of the IVUS imaging system comprised an arbitrary waveform generator (Tabor 
Electronics WW2571 A, Tel Hanan, Israel), a custom-made expander and the IVUS probe. The 
receive circuit consisted of a custom-made limiter, a 43 dB low noise amplifier (Miteq 
AU1263, Hauppauge, NY, USA) and a 12 bit digitizer (Acqiris DP310, Geneva, Switzerland) 
(Fig. 3). The imaging system functioned as follows: short ultrasound pulses were coded and 
transmitted as 16V peak- peak electric signals by the arbitrary waveform generator. The 
expander stopped low voltage noise while letting the pulses go to the transducer. The transducer 
converted electric pulses into ultrasonic pressure pulses that propagated in the medium of 
interest. Ultrasound echoes back- scattered in the medium and hit the transducer surface back 
where they were continuously converted into an electric radio frequency (RF) signal. The 
limiter let the low amplitude RF signal go to the low noise amplifier, while blocking the 16 V 

 
Figure 2. Characterization of the IVUS transducer with a needle hydrophone (Precision acoustics, Dorchester,
UK). (top) Time impulse response recorded at the natural focus of the transducer (2 mm). (bottom) Frequency 
spectrum of the impulse response. The measured center frequency (red dot) and bandwidth (dotted lines) were in 
close agreement with the documented values (center frequency of 34 MHz, frequency bandwidth <60%). 



pulses transmitted by the wave- form generator. After amplification, the received RF signals 
were digitized and saved to a computer. The pulse/ delay generator synchronized all 
instruments. We performed cross-sectional scans by rotating the IVUS probe in 1̊  steps using 
a motorized rotary stage. Each IVUS image consisted of 360 evenly spaced pulse-echo RF lines 
digitized at a sampling frequency of 350 MHz. Conventional IVUS imaging was achieved by 
transmitting 35 MHz 60% bandwidth Gaussian envelope sine wave pulses. These full-band 
pulses transmitted at the transducer center frequency provide the highest resolution attainable 
with our IVUS system (axial resolution = 106 µm, lateral resolution = 272 µm). They were 
used to assess the microchannel’s detection capabilities of conventional IVUS imaging. 

The ultraharmonic pulse-inversion sequence investigated in vitro and in vivo consisted of 
three pairs of phase inverted [145] chirp excitations (23– 29 MHz linear frequency sweep, 0.3 
µs duration, 880 kPa peak negative pressure at focus in water, Tukey windowed with a 100% 
taper ratio) transmitted at each angular step. We extracted the ultraharmonic content of the 
digitized RF lines by summing the echoes received in response to the pairs of inverted 
excitations and digitally filtering the summed RF data from 33–47 MHz (Fig. 4). Frequency 
values were selected to operate in the most sensitive region of the IVUS transducer bandwidth 
(Fig. 2). Chirp excitations proved to enhance the ultraharmonic response of microbubble 
contrast agents by 2 dB compared to sine-bursts of identical center frequency, envelope and 
peak negative pressure (Fig. 5). The simulation of the pulse-inversion response of a single 
contrast agent [98] supported this observation (Fig. 6). 

The agar-based tissue mimicking material was characterized in the 10–47 MHz frequency 
range [147], covering our IVUS application. This ensured acoustic properties (speed of sound 
and attenuation) similar to those of human biological tissue. We designed a phantom geometry 
including a central lumen of 4 mm and two spiral arms of side channels of 500 µm and 200 µm 
diameters, respectively, positioned at increasing distance from the central lumen (see Fig. 8f). 

 
Figure 3. Configuration of the laboratory intravascular ultrasound electronic circuit. 



A chicken embryo model was used for in vivo validation of the ultraharmonic ultrasound 
method. By day 6, chicken embryos have developed a respiratory and waste elimination organ 
called the allantois. This organ appears as an extra-embryonic hollow sphere delineated by a 
thin membrane. The allantois membrane itself is webbed with a dense network of microvessels 
exhibiting cross sections (diameters <200 µm) of the order of human atherosclerotic plaque 
vasa vasorum [148]. Fertilized White Leghorn chicken eggs (Gallus gallus domesticus) were 
purchased from a local supplier (Drost BV, Loosdrecht, the Netherlands). After 6 d of 
incubation at 37̊ C in a humidified incubator (Thermo Scientific, Erembodegem-Aalst, 
Belgium) corresponding to stage HH27–29 according to the Hamburger and Hamilton criteria 
[126], the embryos were taken out of the eggshell and placed into the experimental setup (Fig. 
7). The optical reference measurements of the allantoic microvasculature imaged with IVUS 
were calibrated with a millimetric scale. Microvessel cross sections were measured in terms of 
pixel lengths using the ImageJ software (U. S. National Institutes of Health, Bethesda, MD, 
USA) and converted into metric units thereafter. 

 
Figure 4. Principle of the IVUS pulse sequence. Pairs of phase-inverted pulses noted p1 and p2 are transmitted by
the IVUS transducer (called a pulse-inversion sequence). Corresponding backscattered echoes e1 and e2 are 
received by the transducer. If the insonified medium is linear, (biological tissue) echoes stay symmetric and their
sum is zero. If the medium is non-linear, (ultrasound contrast agent) echoes are distorted and their sum leaves a 
residue. The residual frequency spectrum of a single contrast microbubble was simulated with the Marmottant
model [98] (1.3 μm diam- eter that resonates at 26 MHz, viscosity ks = 4.2.10-10, shell elasticity � = 0.75 N/m, 
initial surface tension �(R0) = 0.006 N/m). A range of harmonics are visible at multiples of the transmit IVUS 
frequency (26 MHz), including the first ultraharmonic response at 39 MHz, whereas the transmit frequency peak
is efficiently suppressed by the pulse- inversion sequence. The waveforms utilized in the simulation are displayed
in Figure 6. 



We used the commercial ultrasound contrast agent Definity (Lantheus Medical Imaging, N. 
Billerica, MA, USA). This contrast agent contains mostly microbubbles of diameters ranging 
from 1.1–3.3 µm, with 98% of the bubble population below 10 mm. Since a 1-µm diameter 
single Definity (Lantheus Medical Imaging) bubble resonates at 25 MHz [90], it is the micron- 
to submicron-sized bubbles that contribute mostly to the harmonic signal at IVUS frequencies. 

 
Figure 6. The response of a single Definity (Lantheus Medical Imaging) contrast microbubble to the sine-burst 
ultraharmonic pulse-inversion sequence (left column) and chirp ultraharmonic pulse-inversion sequence (right
column) was simulated using the Marmottant model [98] (diameter 1.3 mm, viscosity ks = 4.2.10210, shell
elasticity � = 0.75 N/m, initial surface tension �(R0) = 0.006 N/m). The transmitted phase inverted waveforms are
plotted in red and blue (top row). The frequency spectra of the waveforms scattered by a single bubble were
modeled and are displayed in red and blue (middle row). The scattered pulse-inversion spectra are plotted in black
(bottom row). The model predicted a 2.3 dB increase of the ultraharmonic amplitude with the use of chirps 
compared to sine-bursts. 

 
Figure 5. Comparison of the CTR per phantom microchannel (Fig. 8) of the ultrasound contrast agent in response 
to the sine-burst and chirp ultraharmonic pulse-inversion sequence. The CTR performance of the chirps was 
superior at every depth. 



In the phantom experiment, we activated the ultrasound contrast agent according to 
manufacturer’s recommendations (45 s controlled shaking) and diluted it in degassed water 
with a dilution ratio of 1:1000, which of the order of dilutions administered in human use [149]. 
Subsequently, the phantom was immersed in a tank containing the prepared contrast agent 
solution. 

In the in vivo experiment, we first performed a 10 min decantation of the contrast agent 
Definity (Lantheus Medical Imaging) after activation and subsequently extracted the bottom 
0.2 mL to preferentially retain small contrast microbubbles active at our frequency range [138]. 
We administered a 4±1 µL undiluted bolus of the ultrasound contrast agent in one of the 
vitelline veins of the chicken embryo using a home-made capillary glass needle and a 
commercial injection system (VisualSonics, Toronto, Ontario, Canada). This in vivo dose was 
shown to work in a previous chicken embryo study[117]. Due to the addition of the decantation 
step, however, the volumetric concentration of contrast microbubbles that we administered in 
vivo was lower [90]. In total, 14 embryos were imaged using the experimental protocol reported 
here.  

We first evaluated the ultraharmonic IVUS pulseinversion sequence by simulating [98] the 
scattering response of a single contrast microbubble to a pair of phase inverted chirp 
excitations. Transmitted IVUS chirp excitations had a 23–29 MHz frequency sweep, 
corresponding to a center frequency f0 equal to 26 MHz. The frequency response of the single 
microbubble after summing the pair phase-inverted backscattered echoes is reported (Fig. 4). 
The simulation result illustrates that the spectrum amplitude at the transmit frequency (f0 = 26 

 
Figure 7. Photograph of the 6 days old chicken embryo during ultraharmonic contrast IVUS scanning. The IVUS
probe was positioned next to the allantois membrane, which developed above the embryo. The bolus of ultrasound 
contrast agent was administered using an injection needle via the vitelline veins, upstream from the heart. 



MHz) and its odd multiples (third harmonic at 3 f0 = 78 MHz) are significantly suppressed 
whereas even harmonics (second harmonic at 2 f0 = 52 MHz) and ultraharmonics (1.5 f0 = 39 
MHz, 2.5 f0 = 65 MHz) are successfully extracted. As expected, the simulation also shows that 
the first ultraharmonic (1.5f0) has a higher amplitude than subsequent ultraharmonics (2.5f0, 
3.5f0). Note that ultrasound attenuation in cardiac tissue, not taken into account in the 
simulation (Fig. 4), further increases this amplitude difference because the first ultraharmonic 
is less attenuated than the 2nd ultraharmonic. Experimentally, we first investigated the 
performance of ultraharmonic contrast IVUS in vitro by imaging a custom coronary vasa 
vasorum phantom with our laboratory IVUS imaging system (Material and Methods, Fig. 8a). 

To ensure that phantom measurements are predictive of the performance of ultraharmonic 
IVUS in perivascular coronary tissue, we selected a tissue mimicking material [147] that 
realistically renders ultrasound properties in biological tissue (speed of sound, attenuation) at 
our frequency range (20–50 MHz). Therefore, tissue cancellation levels observed in the 
phantom experiment with the pulse-inversion sequence are good predictors of the in vivo 
situation. We first insonified the coronary artery vasa vasorum phantom with conventional 35 
MHz IVUS pulses in the absence of ultrasound contrast agent. As anticipated, the lumen 
contour and the 500 µm side channels were detected while the 200 µm channels, smaller than 
IVUS lateral resolution [150], remained undetected (Fig. 8b). Next, we immersed the coronary 
vasa vasorum phantom in a static ultrasound contrast agent suspension, using a realistic in vivo 

  
Figure 8. In vitro evaluation of ultraharmonic IVUS imaging. (a) Schematic setup depicting the IVUS probe 
actuated by the rotary stage, the arbitrary wave generator transmitting the pulse-sequence and the digitizer for data
acquisition. (b) 35 MHz conventional IVUS image of the coronary vasa vasorum phantom; only the 500 μm side
channels were detected. Scale bars in IVUS images represent 1 mm. (c) Conventional 26 MHz IVUS image in the 
presence of an ultrasound contrast agent. The lumen and side channels became echogenic and could not be 
distinguished from the phantom material. (d) Ultraharmonic IVUS image. The lumen and all of the side channels
filled with the ultrasound contrast agent were detected, including the 200 μm sub-resolution channels. On the
contrary, tissue signals were suppressed below noise level. (e) Mean CTRs of the 500 μm and 200 μm channels in 
the contrast mode image. The error bars represent one standard deviation. Note that the distances of the 500 and
200 mm channels to the probe are shifted because the IVUS probe was not at the center of the lumen. The plain 
blue line represents the mean CTR in conventional IVUS imaging. The blue dotted lines represent one standard
deviation. (f) Schematic cross section of the coronary vasa vasorum phantom channels. The lumen diameter is 4 
mm. 



dilution (106 microbubbles per mL). The acoustic pressure transmitted (of the order of 600 kPa 
at focus in tissue) is considered non-destructive for contrast microbubbles at IVUS frequency. 
This time, the phantom was insonified with the IVUS pulse sequence, consisting in pairs of 
chirp excitations with a center frequency of 26 MHz. As a result, the lumen and side channels 
echogenicity rose to tissue level, making the channels invisible in the conventional IVUS image 
(Fig. 8c). Application of the ultraharmonic signal processing revealed all side channels, 
including the 200 µm sub-resolution channels (Fig. 8d). We measured the intensity of the side 
channels in terms of contrast-to- tissue ratios (CTR). The CTR values were computed out of 
three consecutive measurements and plotted as mean values together with their respective 
standard deviations (Fig. 8e). In the contrast mode image (Fig. 8d), CTR values for the 500 µm 
channels arm reached a maximum of 10.4 dB at a distance of 3.3 mm before decreasing to a 
minimum 7.1 dB at a distance of 4.3 mm, following conventional unfocused transducer beam 
characteristics[151]. CTR values for the 200 µm channels arm reached a maximum of 8.6 dB 

 
Figure 9. In vivo evaluation of ultraharmonic IVUS imaging. (a) Conventional 35 MHz IVUS and co-registered 
ultrahar monic IVUS imaging of the ultrasound contrast agent spreading in the allantois membrane of a 6 days old 
chicken embryo. Before injection, the allantois membrane appears echogenic in conventional IVUS, but its
microvasculature is not resolved. In the corresponding ultraharmonic IVUS image, intrinsic tissue echogenicity is 
suppressed to noise level and the image appears black in the absence of contrast. After ultrasound contrast agent 
administration, ultraharmonics reveal the membrane perfusion over time. Micro-vascular structures clearly emerge 
after 6 min. Note that the conventional IVUS images are also enhanced, but one cannot disentangle microvessel 
echogenicity from the intrinsic membrane echogenicity. Scale bars in IVUS images represent 1 mm. (b) Schematic
of the setup. A bolus of contrast is injected using a capillary glass needle. The IVUS probe is positioned 
perpendicular to the allantois membrane for insonification. (c) In vivo pulse-inversion frequency spectra before
(black line) and after (blue line) contrast injection. Their subtraction (red line) reveals the ultraharmonic intensity 
backscattered by the ultrasound contrast agent. Frequency spectra were computed in the yellow outline depicted 
in Figure 3(a). 



at a distance of 2.8 mm before decreasing to a minimum 4.6 dB at a distance of 3.8 mm. For 
reference, the CTR and standard deviation in conventional IVUS imaging (Fig. 8c) was 
measured by selecting a contrast-filled region located at the inner edge of the lumen and a tissue 
region located at the same depth. We obtained a mean CTR value of -0.4 dB (Fig. 8e). Note 
that in the presence of a contrast-filled lumen, which is a more attenuating medium than blood, 
the ultraharmonic ultrasound imaging method detected microchannels up to a distance of 4.3 
mm from the transducer. This range is well adapted to the detection of intra-plaque coronary 
neovasculature in humans. The results also demonstrate that it is possible to perform 
ultraharmonic ultrasound imaging at IVUS frequency using the native size distribution of a 
commercial ultra- sound contrast agent. In light of these results, we subse quently performed 
an in vivo investigation of the ultraharmonic IVUS imaging. 

We translated the experiment in vivo to establish the capacity of ultraharmonic IVUS to 
image intricate microvasculature of vasa vasorum dimension. We selected a chicken embryo 
model as it enabled the optical registration of the insonified vascular geometry, contrary to 
former intravascular in vivo studies [69], [79]. By day 6, the chicken embryos developed a 
respiratory and waste elimination organ called the allantois. This organ appears as an extra-
embryonic hollow sphere delineated by a thin membrane. The allantois membrane itself is 
webbed with a dense network of microvessels exhibiting cross sections (diameters, 200 µm) of 
the order of human atherosclerotic plaque vasa vasorum [148]. We positioned the IVUS probe 
next to the allantois membrane for insonification (Figs. 7 and 9b). We first acquired a 35 MHz 
conventional IVUS image as well as an ultraharmonic IVUS image of the allantois membrane 
before administration of the ultrasound contrast agent (Fig. 9a). The allantoic membrane 
appears in the bottom left quadrant of the conventional IVUS image. Because of the membrane 
intrinsic echogenicity, the dense allantois microvasculature is not resolved in the image. The 
echogenic structures on the right hand side of the conventional IVUS image correspond to the 
yolk. In the ultraharmonic image, the echogenicity of the allantois membrane and the yolk is 
suppressed to noise level by the pulseinversion sequence. Next, a 4 mL bolus of ultrasound 
contrast agent was administered in the vitelline vein of the chicken embryo using a capillary 
glass injection needle. We acquired a set of conventional and ultraharmonic IVUS images of 
the allantois membrane at the same location with two min intervals (Fig. 9a). The spread of the 
ultrasound contrast agent though the allantois microvasculature was clearly visible in the set of 
ultraharmonic images, indicating that hemodynamics can be tracked. Note that an enhancement 
of the microvessels infused with contrast is also visible in the conventional IVUS images. By 
subtracting the pulse-inversion frequency spectra of the allantois membrane before and after 
contrast administration, we observed experimentally the appearance of an ultraharmonic 
frequency peak induced by the ultrasound contrast agent generation in response to the pulse-
inversion sequence (Fig. 9c). 

Complementary to these in-plane contrast dynamic observations, we performed an in-depth 
scan of the allantois membrane. Conventional IVUS images at 35 MHz and ultraharmonic 
IVUS images were acquired at five equidistant positions in depth, covering in total a distance 



of 800 µm (Fig. 10a). Microvessels infused with contrast appear in the ultraharmonic IVUS 
images, as seen at the 0 mm and 0.2 mm positions (Fig. 10a). We computed a mean intensity 
projection of the five planes imaged with both the conventional and ultraharmonic IVUS (Fig. 
10b). In the conventional IVUS image, the presence of microvessels can be suspected thanks 
to the enhanced echogenicity induced by the ultrasound contrast agent. However, based on 
echogenicity levels alone, it is not possible to disentangle the contrast-enhanced microvessels 
from the intrinsic echogenicity of the allantoic membrane. On the contrary, as the ultraharmonic 
IVUS image displays only the microvasculature filled with contrast agents, the allantois 
vascular plexus appears with a superior contrast. Quantitatively, for the embryo case reported 
here, the contrast to tissue ratio between a microvessel and the adjacent membrane was 
increased by a factor of up to 2 (12.5 dB in ultraharmonic IVUS image as opposed to 6 dB in 
the conventional IVUS image). Note that other embryos exhibited a similar contrast 
enhancement but the CTR could not be reliably assessed because of the uncer tain intersection 
of the IVUS plane with the allantois membrane. For reference, a photograph of the allantois 
microvasculature insonified with the IVUS probe was taken and corroborated the 
ultraharmonic ultrasound result with a strong agreement (Fig. 10c). Note that the photograph 
also displays deeper vessels that were outside of the volume insonified with IVUS. This result 
demonstrates the capacity of ultraharmonic IVUS to image a dense network of vasa vasorum 
sized vessels that would have been invisible in the absence of an ultrasound contrast agent (as 
in the conventional IVUS image before contrast injection in Fig. 10a).  

  
Figure 10. In vivo ultraharmonic IVUS scan across the allantois membrane microvasculature. (a) Conventional
and ultraharmonic IVUS imaging at five different depths, equally spaced by 200 microns. Positions in mm are 
labeled yellow. (b) Corresponding mean intensity projections. The ultraharmonic IVUS image reveals the allantois
microvasculature. (c) Zoomed in image of the membrane microvasculature imaged with ultraharmonic IVUS and 
comparison to an image of the same region of interest. Arrows indicate corresponding vessels in the two images. 
Scale bars in IVUS images represent 1 mm. 



Intra-plaque vasa vasorum density was shown to be one of the strongest predictors of 
atherosclerotic plaques at risk that require intervention[136]. Yet, there are no clinical tools at 
present for coronary vasa vasorum detection in vivo. Our results demonstrate that the 
implementation of an ultrasound contrast agent detection pulse sequence enhances the 
physiologic contrast of IVUS by enabling the detection of intricate vasa vasorum sized targets. 
Our strategy consisted in sensing contrast agent specific echoes at 1.5 times the transmit 
frequency, referred to as ultraharmonics. The in vivo echolocation of ultraharmonics with an 
IVUS probe revealed microvasculature infused with ultrasound contrast agents (Figs. 9 and 
10). The limited frequency bandwidth requirement of ultraharmonic ultrasound imaging made 
its implementation on a conventional IVUS transducer possible, contrary to other existing 
harmonic methods. We also show that one can augment the ultraharmonic response of an 
ultrasound contrast agent by relying on chirp excitations rather than conventional imaging 
pulses (Figs. 4 and 5).  

To date, ultraharmonic ultrasound imaging has received little attention in the field of medical 
ultrasound, probably because the amplitude of ultraharmonics is usually lower than the 
amplitude of subharmonics. Yet, the ability to transmit and receive ultrasound pulses within 
the bandwidth of commercially available transducers is a major advantage for imaging as it 
improves sensitivity[138] (Materials and Methods). We also report in the phantom experiment 
that despite its high frequency range, ultraharmonic IVUS could be performed without 
manipulating the size distribution of a commercial ultrasound contrast agent. Finally, contrary 
to ultrasound Doppler techniques for blood flow imaging, contrast-enhanced IVUS is not 
impaired tissue motion [141]. In light of these results, the next step will consist in performing 
intracoronary ultraharmonic IVUS imaging in a porcine model of atherosclerosis. A limitation 
of the method is that, despite its enhanced microvasculature detection capabilities compared to 
conventional IVUS, image resolution itself is not improved. A subresolution microvessel filled 
with contrast will still appear as big as the imaging system’s point spread function. This can be 
observed in Figure 10 (c). Accurate volumetric quantification of microvasculature relies on 
imaging resolution and remains a future target. Meanwhile, ultraharmonic IVUS fulfills its 
primary role of providing a metric of microvascular density in the coronary artery wall by 
successfully detecting small blood vessels.  

The dose of ultrasound contrast agent injected in the phantom experiment was in line with 
current medical guidelines. In the embryo case, it was one order of magnitude higher (107 
bubbles per mL). Assuming a mean embryo blood volume at 6 days of 170 mL [152], the 
contrast agent to blood ratio injected was 1:43. This remains inferior to contrast agent to blood 
ratios in mice (normative blood volume ranging from to 1.5–2.5 mL), which can be 1:25 or 
higher [153], [154]. For larger animal models of atherosclerosis and eventually in humans, the 
exact dose of contrast agent is still to be determined. From the point of view of imaging, it is 
critical that enough ultrasound contrast agents reach the vasa vasorum. As the vasa vasorum is 
mostly perfused from the outside in, through the external venous network, rather than from the 
artery lumen [135], bolus injections of contrast will need to be performed upstream from the 



site of interest. Studies need to be conducted to establish optimal ultrasound contrast guidelines 
for contrast IVUS investigations of coronary arteries. The CTR in real plaque microvessels at 
approved contrast agent concentration needs to be investigated. Note that we do not anticipate 
motion artifacts in ultraharmonic IVUS images. 20 µs are required to transmit and receive a 
pair of phase-inverted excitations in order to scan a depth of 8 mm. Lateral motion of the artery 
wall reaches peak velocity of a few cm/s. The effect of this motion within 20 µs is negligible. 

Analogous to the development of MRI blood detection sequences, IVUS will widen its scope 
by adopting blood detection pulse sequences like ultraharmonic ultrasound imaging. 
Ultraharmonic IVUS could not only help identifying vulnerable plaques requiring intervention 
but could also play a role in the follow-up of cardiac patients. The resurgence of atherosclerosis 
at stented sites is a growing concern in interventional cardiology and became a target for novel 
intravascular imaging techniques [155]. Here again, the vasa vasorum could be a valuable early 
risk predictor. Beyond the scope of IVUS, ultraharmonic ultrasound imaging could be 
implemented on conventional medical ultrasound scanners to study inflammatory processes of 
clinical importance.  
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Abstract — Vibrating microbubbles (MB) can increase cell membrane permeability, 
which is also known as sonoporation. Sonoporation can be both reversible or irreversible. 
When irreversible, severe cell damage is caused leading eventually to cell death. 
Reversible sonoporation could aid in drug delivery to cells, because the pores created in 
these cells are not lethal. Different therapeutic approaches may require reversible or 
irreversible sonoporation and there is always a balance between effectiveness and cell 
damage. The aim of this study was to investigate how targeted MB (tMBs) and non-
targeted MB (ntMBs) effect cell membrane permeability using different ultrasound (US) 
settings. 
Key Words: Ultrasound contrast agents, Targeted microbubbles, Sonoporation, Drug 
delivery. 

Microbubbles (MBs) are ultrasound contrast agents that consist of a gas core encapsulated 
by a stabilizing coating. Non-targeted microbubbles (ntMBs) are generally used as blood pool 
agents for contrast-enhanced ultrasound imaging [156], [157]. Targeted microbubbles (tMBs) 
are promising agents for molecular imaging and therapy in many areas, including cancer and 
inflammation [16], [28]. 

When microbubbles are insonified by ultrasound (US), they oscillate due to the pressure 
wave [14]. In close proximity to a cell membrane microbubbles can increase the permeability 
of the membrane and facilitate intracellular drug uptake, better known as sonoporation [14], 
[16]. Recent discoveries showed that sonoporation of the cell membrane can be either 
reversible or irreversible [23]. Irreversible sonoporation leads to significant cell damage and 
eventually cell death, while reversible sonoporation facilitates cellular drug uptake without 
causing lethal damage to the cell [18]. Different techniques can be used for monitoring cell 
membrane permeability such as transmembrane current or dye-uptake approaches. Deng et al. 
[158] used a patch clamp technique on Xenopus laevis oocytes and showed that oscillating 
microbubbles induce transient changes in transmembrane current. The change in current highly 
depended on the ultrasound settings that were used. Another study demonstrated that changes 
in cell membrane permeability could be monitored by the transmembrane current in 
combination with the uptake of propidium iodide (PI) [159]. This model drug is widely used to 
study sonoporation [159]-[164], as it can only pass the cell membrane of a live cell when it is 
disrupted. After entering the cell it binds to DNA and RNA where it becomes fluorescent. Fan 
et al. [159] showed that the fluorescence intensity is directly correlated to the amount of PI-
DNA and PI-RNA complexes that are formed in the cell. Although the exact mechanism of 
sonoporation is still not fully understood, Fan et al. [159] proposed a model to relate the 
fluorescent intensity in the cell to the size of the initial pore and the resealing of this created 
pore, which agreed well with their experimental results. However, they only varied US pressure 



in their experimental study on tMBs. In order to understand the influence of US parameters on 
the sonoporation dynamics, different parameters have to be investigated. In addition to the 
variability in US parameters, the mechanisms that result in sonoporation are expected to be 
different for tMBs and ntMBs due to respectively binding to the cell membrane and being in 
contact with the cell membrane. In addition, a bound tMB can have different microbubble 
dynamics as previously reported [125], [165]. Upon binding, the tMB in both studies had a 
lower maximum relative excursion meaning they oscillated less pronounced for the same 
acoustic pressure and frequency. Regarding the resonance frequency of the MBs, the two 
studies showed contradicting results: no change in resonance frequency upon binding of tMBs 
[165] versus a 30% lower resonance frequency for tMBs than for ntMBs [125]. Another study 
showed increased acoustic stability for streptavidin-tMBs in comparison to the ntMBs which 
were composed of the same lipid-coated shell but without the functionalization with 
streptavidin [42]. 

In this study we used both tMBs and ntMBs to investigate the effect of different US settings 
on cell membrane permeability and cell death. We used fluorescence microscopy to visualize 
real-time uptake of the model drug propidium iodide (PI) to study the sonoporation dynamics. 
The previously proposed model [159] was fitted to the experimentally obtained data to provide 
insights into pore sizes and resealing times, in order to differentiate reversible from irreversible 
sonoporation. 

Lipid-coated microbubbles with a C4F10 gas core (F2 Chemicals, Preston, UK) were made 
by sonication as described by Klibanov et al. [124]. 

The coating was composed of 1,2-distearoyl-sn-glycero-3-phosphocholine (DSPC; 59.4 
mol%; P6517; Sigma-Aldrich, Zwijndrecht, the Netherlands), polyoxyethylene-(40)-stearate 
(PEG-40 stearate; 35.7 mol%; P3440; Sigma-Aldrich), 1,2-distearoyl-sn-glycero-3-
phosphoethanolamine-N-carboxy(polyethylene glycol) (DSPE-PEG2000; MW 2000; 4.1 mol%; 
880125P; Avanti Polar Lipids, Alabaster, AL, USA), and 1,2-distearoyl-sn-glycero-3-
phosphoethanolamine-N-biotinyl(polyethylene glycol)(DSPE-PEG2000-biotin; MW2000; 0.8 
mol%; 880129C; Avanti Polar Lipids). Further preparation of tMBs was performed as 
previously described [162], [166]. Briefly, after three washing steps by centrifugation at 400 g 
for 1 minute, the concentration of the MBs was measured using a Coulter Counter (N=3; 
Multisizer 3; Beckman Coulter, Mijdrecht, the Netherlands) and 1 x 109 biotinylated MBs were 
incubated with 20 μg streptavidin (S4762; Sigma-Aldrich) on ice for 30 minutes. Following 
incubation, the streptavidin-conjugated MBs were washed once to remove non-bound 
streptavidin. Next, 5 μg of biotinylated anti-human CD31-antibody (BAM3567; R&D Systems, 
Abingdon, United Kingdom) was conjugated to DSPE-PEG(2000)-biotin in the MB shell by 
avidin-biotin bridging during incubation of 30 min on ice. Afterwards, tMBs were washed once 
to remove non-bound antibodies.  



The coating of the ntMBs consisted of the same components, but DSPE-PEG(2000)-biotin 
was replaced with DSPE-PEG(2000) (0.8 mol%; 880129C; Avanti Polar Lipids). The solution 
of MBs was washed three times after sonication using centrifugation for 1 minute at 400 g. 

After the last washing step of tMBs and ntMBs, just prior to the experiments, size and 
concentration were measured using a Coulter Counter (N=3; Multisizer 3; Beckman Coulter). 
The mean diameter of ntMB was 2.54±0.02 µm and 2.82±0.09 µm for tMB. 

Human umbilical vein endothelial cells (HUVECs; C2519A; Lonza, Verviers, Belgium) 
were cultured in EGM-2 medium (CC-3162; Lonza), in T-75 flasks (353136; BD Falcon Fisher 
Scientific, Breda, the Netherlands), and maintained in a humidified incubator under standard 
conditions (37°C, 5% CO2). Thereafter the cells were trypsinized using trypsin in EDTA (CC-
5012; Lonza) and replated on one side of an OptiCellTM (Thermo Scientific, NUNC GmbH & 
Co, Wiesbaden, Germany). Experiments were performed two days later once HUVECs 
achieved 100% confluence in the OptiCell. 

For both the tMBs and ntMBs, ~107 MBs were added to the OptiCell to obtain a cell to 
bubble ratio of 1:3. Just prior to the experiment, 25 μg/ml propidium iodide (PI; P-4864; Sigma-
Aldrich) and 5 µg/ml Hoechst 33342 (H1399; Invitrogen, Breda, The Netherlands) were added 
to the extracellular medium in the OptiCell. The OptiCell was placed in a 37°C incubator with 
the cells on the top membrane, in order for the MBs to adhere to the cells by flotation. After 
5 minutes, the OptiCell was placed into a 37°C water bath (Fig. 1A). For the experiments using 
tMBs, the OptiCell was placed with the cells on the bottom membrane, so any non-adhered 
microbubbles would float away from the cell surface, while the OptiCell for the ntMB 
experiments was placed with the cells on the top membrane to ensure close proximity of the 
ntMB to the cell membranes.  

Figure 1. Schematic illustrations and timing of the experimental set-up. (A) Representation of the combined
optical and acoustical set-up. (B) OptiCell insonification scheme. (C) Procedural time line for the sonoporation 
dynamic and cell viability assays. 



For the acoustical set-up, a 1 MHz single element, focused transducer (focal distance 7.5 
cm; V303; Panametrics-NDTTM, Olympus NDT, Waltham, MA, USA) was mounted in the 
water bath at a 45° angle below the sample (Fig. 1A). Each OptiCell was divided into eight 
acoustically non-overlapping areas (2 cm x 3 cm each; for schematic see Fig. 1B), which 
covered the beam area (-6dB beam width of 6.5 mm) at the focus of the transducer, as verified 
in advance with a calibrated 0.2 mm PVDF needle hydrophone (Precision Acoustics Ltd, 
Dorchester, UK). The acoustic focus was aligned with the optical focus. 

During the experiment, the position of the OptiCell was adjusted to place the center of each 
subsection in the focal zone. The sample was insonified by a single Gaussian tapered sine wave 
burst generated by an arbitrary waveform generator (33220A, Agilent, Palto Alto, CA, USA) 
and amplified using a broadband amplifier (ENI A-500, Electronics & Innovation, Rochester, 
NY, USA). The peak negative acoustic pressure (PA) of the single US burst (150, 300, or 500 
kPa) was kept constant for the entire Opticell, whereas the number of cycles in the single US 
burst (500; 1000; 2000; 5000; 10,000; 20,000; and 50,000) varied per OptiCell subsection (Fig. 
1B). For each Opticell one of the subsections was used as a control where no ultrasound was 
applied. 

For visualization of the MBs and HUVECs, the microscopic set-up consisted of a 
fluorescence microscope (Olympus, Zoeterwoude, the Netherlands) equipped with a 5× 
objective (LMPlanFl, NA 0.13, Olympus), a high sensitivity CCD camera (AxioCam MRc, 
Carl Zeiss, Germany), and a suitable set of fluorescent filters for the detection of propidium 
iodide (U-MWG2 filter, excitation 510-550/590nm, Olympus), Hoechst 33342 (U-MWU2 
filter, excitation 330-385/420nm, Olympus), and calcein-AM (U-MWIB2, 460-490/510 nm, 
Olympus). These filters were used for the detection of all cells (stained with Hoechst 33342), 
viable cells (stained with calcein), and sonoporated/dead cells (stained with PI). 

The Hoechst 33342 fluorescent dye was used to stain all HUVECs, living and dead, as it 
rapidly diffuses into all cells, binds specifically and quantitatively to DNA, and has low toxicity 
to viable cells [167]. Calcein-AM (C3100MP; Invitrogen; 0.25 μM from a 1 mM stock prepared 
in DMSO (Sigma-Aldrich)) passively crosses into cellular membranes, has high cell retention, 
and is only converted to fluorescent calcein in living cells [168]. Therefore, it was used as a 
live-cell stain in the cell viability assays. PI, which is cell-impermeable, was used to determine 
the presence and intensity of sonoporation, or disruption of cell membranes, since it only 
becomes fluorescent when bound to RNA and DNA inside cells [160]. After magnification of 
the MBs and HUVECs, the high-speed Redlake Motion Pro Camera (10K, San Diego, CA, 
USA), was used at 2000 fps to record MB behavior in response to US exposure.  

Following the experimental set-up, recordings using the CCD camera were taken using both 
fluorescent and non-fluorescent settings of a target subsection. The Redlake camera was started 
just prior to insonification of the MBs and ran for 62 milliseconds to record the MB behavior. 
This meant it recorded more frames after insonification for the lower single cycle burst than 



for the highest single cycle burst. After these 62 milliseconds, the CCD camera was used to 
record the fluorescence intensity change over time caused by cellular PI uptake after US 
application. This protocol was performed for 3 min after US application, with 1.5 sec exposure 
and at 5 sec time intervals (Fig. 1C). Detection of the entire cell nucleus was done with Hoechst 
33342 and increased cell membrane permeability with PI. This procedure was performed for 
each subsection and in triplicate. 

For each US setting, cell viability was determined by a calcein-AM assay. Cells were treated 
as described in the experimental set-up, except that there was no addition of PI and Hoechst 
33342. Fluorescent and non-fluorescent recordings were taken of each subsection with the 
CCD camera prior to insonification. After the US treatment of all 8 subsections of the OptiCell, 
it was incubated at 37°C, 5% CO2 for thirty minutes. Thereafter calcein-AM was added to the 
OptiCell chamber and incubated for another 30 minutes. After the final incubation, PI and 
Hoechst 33342 were added to the Opticell. This procedure was followed directly with 
microscopic and fluorescent examination using the same setup and filter sets as described in 
the optical set-up using the CCD camera. For each condition, five different fields of view were 
acquired within the 6 mm circle around the center of the insonified area.  All experiments were 
done in triplicate. 

All obtained images were analyzed using a custom built plugin for ImageJ (Rasband, W.S., 
ImageJ, U. S. National Institutes of Health, Bethesda, Maryland, USA). First, the position of 
every nucleus was extracted from the Hoechst nucleus staining images using the Find 
Maximum Function, this resulted in ~2500 nuclei in the field of view. To obtain the outlines 
of the cell membranes Voronoi Tessellation was used [169]. This function uses Voronoi 
diagrams, which are based on the theory that every point p has a distance to another point q 
that is less than or equal to its distance to any other point r. The lines of the Voronoi diagram 
are thus equidistant to two points in space and correspond to the most likely position of the cell 
boundaries. To find the closest points the automated thresholding method of Otsu [170]was 
used. The created Voronoi diagrams were transformed into a mask. This mask was combined 
with every frame of the PI fluorescence recording after the application of US, to quantify the 
PI intensity of every single cell.  

These intensity values were loaded into R, language and environment for statistical 
computing (R Foundation for Statistical Computing, Vienna, Austria), for further 
quantification. Fan et al. [159] derived an equation (Equation 1) to model sonoporation 
dynamics, based on resealing of the created pore and the diffusion rate of PI into the cell. 

   Eq. 1, 

where F(t) is the fluorescence intensity as a function of time,  � is a coefficient that relates 
the amount of PI molecules to the fluorescence intensity of PI-RNA and PI-DNA. This 
coefficient is determined by the sensitivity of the fluorescence imaging system. The other 
parameters are the diffusion coefficient of PI, D, the extracellular PI concentration, C0, the 



initial radius of the pore, r0, the pore resealing coefficient, β, and time, t. The maximum 
intensity is determined by the pore size coefficient (α·π·D·C0·r0) over β, i.e., the factor that is 
multiplied with the exponential. 

To obtain the pore size coefficient, α·π·D·C0·r0, and the pore resealing coefficient, β, a 
nonlinear least square curve was fitted to the experimentally obtained PI intensities over time 
based on Equation 1.  To classify the cells into two groups namely “high PI intensity” and “low 
PI intensity”, Principal Component Analysis (PCA) [171], [172] was performed on the 
distribution of the pore size coefficient (α·π·D·C0·r0) and pore resealing coefficient ( ). We 
chose PCA as this method captures as much of the variation in the data as possible by 
computing eigenvectors (for determining the direction in which the data has largest variance) 
and corresponding eigenvalues (to determine how much variance there is in the data in that 
direction). The principal components (PCs) are uncorrelated with each other as the eigenvectors 
are perpendicular to each other. In this data set there were only two variables (pore size 
coefficient (�·4·D·C0·r0) and pore resealing coefficient ( )), so we had two PCs. For fine-
tuning, the classification thresholding was applied on both the PCs resulting in the final 
classification in two groups. This threshold was determined based on the results of cell death 
in the viability assays. 

To determine whether and to which degree sonoporation took place as a function of the 
different US settings, pressure and cycle combinations, we began with analyzing individual 
cells. Before US exposure, bright field imaging was used to discern MB locations (Fig. 2A). 
The black dots in figure 2A are the MBs. The background of the image is grey and has spherical 
structures that are raised. These are the nuclei of the endothelial cells in the monolayer. 
Therefore every MB is in contact with a part of the cellular membrane. Additionally, 
fluorescence microscopy established HUVEC membrane integrity by the absence of PI 
fluorescence (Fig. 2B) and individual cell nuclei locations by Hoechst 33342 staining (Fig. 2C). 
After insonification, the majority of MBs either were displaced from the field of view or 
dissolved (Fig. 2D). Intracellular PI uptake was observed by increase of fluorescence, thus 
indicating US-stimulated microbubble sonoporation allowing the influx of the otherwise 
membrane-impermeant molecule (Fig. 2E). Diverse MB displacement was observed in each 
US treated OptiCell subsection (Fig. 2F). Sonoporation-induced PI uptake was heterogeneous 
among the different cells within each subsection (Fig. 2E,G). When the fluorescence intensity 
was analyzed for individual cells, variances were found among the cells both in total amount 
of PI uptake and in the rate of uptake. Some cells attained 90% maximum fluorescence intensity 
quicker than others as illustrated by Figure 2G. Qualitative assessment of the maximum 
intensity projection images showed that the cells with a faster uptake rate and a higher amount 
of PI uptake, directly corresponded with more and closer to the cell nucleus displacement of 
the microbubble. 



The influence of varying acoustical settings in relation to ntMBs and tMBs on cellular 
responses was evaluated by the number of sonoporated cells and sonoporated-induced cell 
death as illustrated in Figure 3. Sonoporation was confirmed by PI influx after insonification, 

 
Figure 2. Optical recordings of microbubbles and HUVECs monolayer for sonoporation analysis. (A) Bright
field image of tMBs microbubble locations before US exposure; the tMBs are the black dots in the image of which 
four are indicated by an arrow; the three white arrows point to a MB on the cytoplasmic part of the cell membrane 
whereas the red arrow denotes a MB on the nuclear part of the cell membrane. (B) Fluorescence image of PI uptake
before insonification. (C) Hoechst 33342 fluorescent staining of HUVEC nuclei. (D) Bright field image after US
treatment; all bubbles were dissolved (E) Fluorescence image of cells after ultrasound treatment; red stained
nucleus from PI uptake. (F) Microbubble displacement using maximum intensity projection summed over all 
frames. (G) Relative fluorescence intensity over 3 minutes after US treatment (colored circles) and model fitted 
(solid lines); black circles on the lines indicate 90% of maximum PI intensity. These cells are marked with yellow 
circles in Fig 2A-F. US settings: PA= 300 kPa, 20.000 cycles. Scale bar 30 μm. 



whereas the cell viability assay cell death measured the presence of PI fluorescence signal after 
insonification and the calcein fluorescence signal. By looking at the total population of cells in 
each experimental subsection, Figure 3 confirms that as the acoustical pressure and the amount 
of cycles increased, both the number of sonoporated cells (A, C) and cell death (B, D) 
increased. This trend was seen for both ntMBs (Fig. 3A, B) and tMBs (Fig. 3C, D), although 

 
Figure 3. Targeted and non-targeted microbubble-mediated sonoporation and cell death after ultrasound exposure 
at varying PA (150, 300, and 500kPa) and varying number of cycles (500 – 50,000). (A) Mean number of ntMB
sonoporated cells. (B) Cell death after insonification with ntMBs.  (C) Mean number of tMB sonoporated cells.
(D) Cell death after insonification with tMBs. Columns, means; bars, ± SEM.  



ntMBs resulted in more sonoporative responses for all cycles at 300 kPa and 500 kPa. At the 
lowest pressure of 150kPa, sonoporation and cell death was seen in only � 5% of the total 
number of cells regardless of the number of US cycles that was used (Fig. 3).  

There was more sonoporation than cell death for all experimental settings. For tMBs, the 
amount of sonoporated cells was only a couple percentage points more than the amount of cell 
death at almost all settings. However, ntMBs, above 1000 cycles and 150kPa, produced up to 
~18% higher sonoporation compared to the amount cell death for the same experimental 
settings.  

The influence of the pore size and resealing coefficients on sonoporation-induced uptake 
was evaluated by PCA analysis. Within a population of cells experiencing sonoporation, there 
exists different sonoporation uptake dynamics, as indicated by Figure 4. 

Using the pore size coefficient and pore-resealing coefficient derived from Eq. 1, two 
populations could be distinguished from the data indicated by the red and blue circles (Fig. 
4A). These populations correspond to cells with either high (red circles) or low (blue circles) 
PI uptake (Fig. 4B). The time intensity curves (Fig. 4B) were fitted to the model (Eq. 1) and it 
was mathematically derived that the initial slope corresponds with the pore size coefficient. 
This coefficient is also the scaling factor for the exponential increase. Therefore, a steep initial 
slope corresponded to a larger pore size. Derived from Eq. 1, the overall slope follows 

, with  determining the time to reach the asymptotic value of the 
maximum PI intensity. This asymptotic maximal PI intensity value is given by the inverse 
relationship of the pore size and pore resealing coefficients: . Therefore, a cell 

with a high pore resealing coefficient quickly reaches the asymptotic value, resulting in a quick 
resealing of the pore. 

 
Figure 4. Nuclear propidium iodide uptake dynamics produced by microbubble-induced sonoporation as a
function of pore size and resealing time in HUVECs. (A) PCA classification of cell populations by taking pore
size coefficient as a function of the pore resealing coefficient as derived from Eq. 1; every dot represents one cell
with red circles indicating high uptake and blue circles low uptake. (B) Fluorescence time-intensity curves of 4 
cells with different pore resealing and pore size coefficients. The cells in this example were insonified with PA=
500 kPa, 50.000 cycles in the presence of ntMBs. 



The impact of acoustical pressure and the number of cycles in a single burst sine wave on 
sonoporation-induced uptake is illustrated in Figure 5. The two populations, high and low PI 
uptake cells, that were elucidated by PCA analysis (Figure 4A) from the sonoporation dynamic 

 
Figure 5. Comparison of cells with high and low PI uptake to the amount of cell death under varying 
experimental acoustical pressures and cycles. (A) Cellular response to ntMBs for 150 kPa. (B) Cellular response
to tMBs for 150 kPa. (C) Cellular response to ntMBs for 300 kPa. (D) Cellular response to tMBs for 300 kPa. (E)
Cellular response to ntMBs for 500 kPa. (F) Cellular response to tMBs for 500 kPa. 



assays were compared against the cell death determined in the cell viability assays for each 
corresponding treatment. At 150 kPa, the percentage of sonoporated cells was minor (~2-3%) 
over all cycles, however this percentage had a slightly increasing trend as the pulse cycle 
increased for both ntMBs (Fig. 5A) and tMBs (Fig. 5B). The trend of increasing sonoporation, 
as well as cell death, over cycle increase was seen over all experiments for both cell 
populations, with 500kPa having the largest percentages in both ntMBs and tMBs experimental 
groups. However, the amount of low uptake cells was overall smaller than the amount high 
uptake cells for both ntMBs and tMBs at all pressures and cycle settings above 1000. The 
difference between these two cell populations at 300 kPa was larger for the ntMBs treatment 
(Fig. 5 C-D) for all cycle settings. For tMBs, the amount of sonoporation cells increased slightly 
for both cell populations, while ntMBs demonstrated steeper increases of high and low uptake 
cells.  Both types of MBs, at 300 and 500 kPa, had a plateauing effect of sonoporation in low 
uptake cells after 10,000 cycles (Fig. 5 C-F). Above 10,000 cycles, the amount of low uptake 
cells plateaued or even decreased, while the amount of high uptake cells and cell death 
continued to increase (Fig. 5 C, D). 

Sonoporation-induced cell death from tMBs and ntMBs at 300 kPa and 500 kPa was highly 
correlated (R2 > 0.9) to the amount of high PI uptake cells at all cycles (Fig. 5 C-F). However, 
tMBs had a closer correlation between high uptake cells and cell death than ntMBs, where cell 
death was consistently slightly higher than the amount of cells with high PI uptake. 

To the best of our knowledge, this is the first study that directly compares tMBs versus 
ntMBs-mediated sonoporation in primary endothelial cells in vitro. The real-time observed 
uptake patterns of the cell impermeable PI were fitted using a previously reported diffusion 
model [159]. Cell viability highly correlated with the different patterns of PI uptake derived 
from this model. 

For all US settings we observed two cell populations with different PI uptake profiles: one 
population had high uptake of PI, whereas the other population had low PI uptake. One 
indication for these differences in total uptake of PI can be explained by microbubble 
displacement (Fig. 2). Qualitative assessment of the displacement of MBs reveals higher PI 
uptake when MBs displace more. This phenomenon has been described by de Cock et al. [173], 
where they observed a bubble that is propelled into a cell with high speed and results in a high 
uptake of PI. Equation 1 shows us that a higher intracellular PI intensity is determined by the 
pore size coefficient divided by the pore resealing coefficient. Translating this to the 
displacement of bubbles and the higher uptake of PI, this indicates that the pore size coefficient 
is higher (i.e. a larger pore).  In addition to this, Fig. 4A shows that a higher pore size coefficient 
is correlated to a lower pore resealing coefficient. The combination of a large pore and slow 
resealing is likely to result in irreversible sonoporation. Taken altogether, more MB 
displacement suggests a higher incidence of irreversible sonoporation and thus cell death. 

When we compare the displacements of tMBs and ntMBs, the latter have larger 
displacements. Following this reasoning, ntMBs should cause a higher uptake of PI, which is 



in fact illustrated by Figures 3 and 5.  Additionally this suggests that MB displacement causes 
more cells to be sonoporated than oscillation of the MBs alone. This corresponds to ntMBs 
causing higher levels of PI uptake and cell death because they are free floating against the cells 
and therefore can displace more easily, whereas tMBs are cell-bound and their bond has to be 
broken before they can displace[174]. This would suggest that ntMBs are better at sonoporating 
cells than tMBs, however this is an in vitro situation without flow conditions. Under flow, 
ntMBs could sonoporate cells as they move along the cells, or when pressed against a thrombi 
occluding a blood vessel, as in the case of sonothrombolysis [175], [176]. In order for 
sonoporation to occur the MBs need to be within close proximity to the cell membrane [160], 
[177]. For therapies requiring sonoporation of specific cells under flow, ntMBs would need to 
be replaced with tMBs. Therefore, the use of ntMBs versus tMBs is highly dependent on the 
application for drug delivery.  

We must also take into account the low and high uptake populations and how they 
correspond with cell death. At 150 kPa, the pressure is too low to cause predictable and 
substantial sonoporation. For treatments where cell death is desired, for example in cancer 
therapies, Figures 3 and 5 suggest that maximum acoustical pressures and cycles would be 
desired.  However when cell viability is desired after high levels of sonoporation, there seems 
to be a limit. For these experiments, anything above 10,000 cycles only increased cell death for 
the high uptake population while maintaining the cell viability in the low uptake population. 

Our findings that ntMBs induce a higher PI uptake than tMBs are contradicting to other in 
vitro studies that report tMBs to be more efficient for drug delivery than ntMBs. The five 
reported in vitro studies [178]-[182] all show that the lipid-shell tMBs are 1.1 [182] to 7.7[178] 
fold more efficient for drug delivery than ntMBs.  Four out of these five studies are on drug-
loaded microbubbles (paclitaxel or plasmid DNA), the other is on co-administration of PI 
[181]. A direct comparison between our and the five reported studies is difficult due to the 
differences in experimental set-up. None of these studies assessed MB-mediated drug delivery 
in endothelial cells. Instead, smooth muscle [179] or cancer cells were used. The study that 
reported the highest fold difference between tMBs and ntMBs, rinsed the cells to remove free 
MBs that did not attach. As a result, the ntMBs would almost all have been washed away, 
which could explain the large fold difference. Another study treated cancer cells in suspension 
[180], whereas we treated a monolayer of endothelial cells. Two studies [180], [182]even used 
a ntMBs with a different microbubble shell composition and smaller mean diameter in 
comparison to the tMBs which without doubt results in differences in microbubble behavior 
[14], [183]. The orientation of the MBs in respect to the cells was either not mentioned or the 
MBs were on top of the cells with US applied from the MB-side [178] or the tMBs and ntMBs 
were pushed towards the cells by the ultrasound [181]. In addition, one study reported that the 
5.5 fold higher uptake could only be achieved with 70% confluent cells[179]. Consequently, 
more studies are needed on the difference between tMBs and ntMBs-mediated drug delivery. 

To study ntMB-mediated drug delivery, buoyancy has to be used in order for the ntMB to 
have contact with the cells. This is the configuration that we used in the present study and the 
ntMBs were insonified from the MB-side at a 45 degree angle to prevent the US from reflecting 



against the objective lens. As we wanted to be sure that our tMB were indeed targeted to the 
cells, we chose to reverse the Opticell after the tMB adhered to the cells via buoyancy. Any 
non-adherent tMB would then float up, also during the experiment, and not be in contact with 
the cells anymore. In our set-up this meant that the US came from the cell-side, again at a 45 
degree angle. Because of these choices, the ntMBs could have been pushed to the cells by the 
US while the tMBs could have been pushed away from the cells. This alone may have an 
influence on the sonoporation efficiency and has to be investigated further. 

We functionalized our tMBs with CD31 antibodies via streptavidin-biotin binding. On the 
other hand, we did not add streptavidin nor control-antibodies to our ntMBs as clinical ntMBs 
would not have this too. We did however study tMBs and ntMBs with an identical lipid shell 
with DSPC as the main lipid. For the same DSPC microbubbles, an identical resonance 
frequency and an increased elasticity has been reported after streptavidin functionalization [42]. 
This implicates a stiffer shell which likely lowers the maximum relative excursion of 
functionalized MB [14], [42], which could also explain why our tMBs were less efficient for 
sonoporation. Another limitation to our study is CD31 as ligand on our tMBs as this is a 
constitutively expressed adhesion molecule on endothelial cells [184]. It can therefore not be 
used in vivo as CD31-tMBs would adhere to the entire vasculature. In vivo the MBs circulate 
within the vasculature, while we performed our studies under static conditions. Flow is 
expected to have  an influence on the sonoporation effiency as ntMBs will be taken away by 
the flow, while tMBs will still adhere to the cell under flow and can even bind to cells under 
flow [185]. A higher sonoporation effiency for tMBs is therefore expected and shown [50], 
[186], [187] under in vivo conditions. 

This study shows the feasibility of real-time sonoporation measurements using time-lapse 
fluorescent recordings in combination with a diffusion model. Different patterns of PI uptake 
derived from this model highly correlate with cell viability and could be used to estimate cell 
death in studies when direct cell viability assays are not applicable. The fact that low PI uptake 
cells reach the plateau with increasing amount of cycles suggests that lower ultrasound pulse 
durations should be used for drug delivery, where a high level of cell viability is required. 
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Abstract—Ultrasound contrast agents as drug delivery systems are an emerging field. 
Recently, we reported that targeted microbubbles are able to sonoporate endothelial cells 
in vitro. In this study we investigated whether targeted microbubbles can also induce 
sonoporation of endothelial cells in vivo, thereby making it possible to combine molecular 
imaging and drug delivery. Live chicken embryos were chosen as in vivo model. αvβ3-
targeted microbubbles attached to the vessel wall of the chicken embryo were insonified 
at 1 MHz at 150 kPa (1× 10.000 cycles) and at 200 kPa (1× 1.000 cycles) peak negative 
acoustic pressure. Sonoporation was studied by intravital microscopy using the model 
drug propidium iodide (PI). Endothelial cell PI uptake was observed in 48% at 150 kPa 
(n=140) and in 33% at 200 kPa (n=140). Efficiency of PI uptake depended on the local 
targeted microbubble concentration and increased up to 80% for clusters of 10-16 
targeted microbubbles. Ultrasound or targeted microbubbles alone did not induce PI 
uptake. This intravital microscopy study reveals that sonoporation can be visualized and 
induced in vivo using targeted microbubbles. 
Keywords— Sonoporation, ultrasound, targeted microbubbles, intravital microscopy, 
chorioallantoic membrane (CAM) model. 

Ultrasound contrast agents (UCA) are widely used for increasing the ultrasound scattering 
of the blood pool. In cardiology, the contrast for example improves endocardial border 
delineation and allows quantification of myocardial perfusion [188]. In radiology, it, amongst 
others, can be used for detecting tumor perfusion [189], [190]. UCA are gas encapsulated 
microbubbles, which oscillate in response to ultrasound [15]. Currently, microbubbles with 
specific ligands attached to their coating, known as targeted microbubbles, are under 
investigation as contrast agents for ultrasound molecular imaging of cardiovascular disease and 
cancer [191], [192]. 

Microbubbles are also a promising concept as ultrasound-triggered local drug delivery 
system. In general, an oscillating microbubble can increase the permeability of adjacent cell 
membranes and facilitate cellular drug uptake. This is known as sonoporation and can be crucial 
for cellular uptake of cell-impermeable drugs. Sonoporation has mostly been studied using non-
targeted microbubbles. The mechanism still remains unknown [18], [175], [193]. Sonoporation 
has only been reported in cells adjacent to oscillating microbubbles [160], [177], which can be 
a challenge in vivo because microbubbles circulate in the vasculature [8], [41]. Recently, we 
reported that targeted microbubbles, which adhered to the cell, can induce sonoporation in vitro 
[161]. At the same time, it has been reported that cells grown under flow are less susceptible 
to sonoporation [194]. Therefore, reliable models for studying the mechanism and efficacy of 



sonoporation are a perquisite. Currently, intravital in vivo models exist for studying 
microbubble rheology and adherence of targeted microbubbles like rat or mouse cremaster 
muscle and dorsal skin-fold chamber, and hamster cheek pouch [49]-[51], which potentially 
can be used for studying sonoporation. However, these models are complicated and also fall 
under strict animal experiment legislation regulations. This is not the case for chicken embryos, 
for which the chorioallantoic membrane (CAM) has been used by several groups for studying 
different types of drug delivery systems, including microbubbles [54], [56]. In this study we 
investigated if we could use the chorioallantoic membrane (CAM) model to in real time study 
targeted microbubble sonoporation in vivo. The microbubbles were targeted to �v�3-integrin, 
since this integrin is constitutively expressed by chicken embryo endothelial cells [57]. Using 
intravital microscopy, we studied the uptake of the model drug propidium iodide by ultrasound-
activation of adherent targeted microbubbles. 

Biotinylated lipid-coated microbubbles with a C4F10 gas core were made by sonication as 
described by Klibanov et al [124]. The coating was composed of DSPC (59.4 mol %; P 6517; 
Sigma-Aldrich, Zwijndrecht, the Netherlands); PEG-40 stearate (35.7 mol %; P 3440; Sigma-
Aldrich); DSPE-PEG(2000) (4.1 mol %; 880125 P; Avanti Polar Lipids, Alabaster, AL, USA) 
and DSPE-PEG(2000)-biotin (0.8 mol %; 880129 C; Avanti Polar Lipids). The purity of all 
lipids was >99%. The fluorescent lipid dye DiI (Invitrogen, Bleiswijk, the Netherlands) was 
added to the lipid solution before sonication. Biotinylated anti-mouse �v�3-antibody (R&D 
Systems, Europe, Abingdon, United Kingdom) was conjugated to the biotinylated 
microbubbles via avidin-biotin bridging by subsequent incubation of microbubbles with 
streptavidin and biotin (30 min each step) on ice as described by Lindner et al [166] with the 
exception that less streptavidin and biotinylated antibody were added to 1 × 109 microbubbles, 
namely 20 µg and 5 µg respectively. By Coulter Counter (Multisizer 3, Beckman Coulter, 
Mijdrecht, the Netherlands) measurements we determined that the MB mean diameter was 2.5 
µm. 

Fertilized White Leghorn chicken eggs (Gallus gallus domesticus) were purchased from 
Drost BV (Loosdrecht, the Netherlands). After 6 days of incubation in a humidified incubator 
at 37°C (stage HH27 according Hamburger-Hamilton criteria [126]), the embryo was taken out 
of the eggshell. Then, 7 µl of targeted microbubbles (1×108 targeted microbubbles/ml) were 
mixed with 2 µl of PI (final concentration 0.2 mg/ml Sigma Aldrich, Zwijndrecht, the 
Netherlands) and 1 µl of Hoechst 33342 (final concentration 1 mg/ml Invitrogen) at room 
temperature just before the injection. Five μl of this mixture was injected in one of the vitelline 
veins using a capillary glass needle and the Visualsonics injection system (VisualSonics Inc., 
Toronto, ON, Canada). After injection, the embryo was placed back in the incubator for 15 min 
to allow targeted microbubbles to circulate and adhere to the vessel wall. Then, the yolk was 
removed [127] to increase embryo transparency. The upper part of an OptiCell chamber 



(NUNC, Wiesbaden, Germany) was cut out and the space was filled with 1% agarose (Sigma 
Aldrich, Zwijndrecht, the Netherlands). The yolkless embryo was then placed on the agarose, 
pinned with entomology pins (size 000) and put in the experimental setup, with implemented 
heating system to keep the embryo at 37°C, see Fig. 1. 

The Olympus microscope was equipped with a high sensitivity CCD camera (LCL-902K, 
Watec, Orangeburg, NY, USA), a 40× water-immersed objective (LUMPlanFI, NA 0.8, 
Olympus) and fluorescent filter sets suitable for detection of DiI and PI (U-MWG2 filter, 
excitation 510-550nm, emission 590nm, Olympus), and Hoechst (U-MWU2 filter, excitation 
330-385nm, emission 420nm, Olympus). Targeted microbubbles were insonified with a 1 MHz 
single element transducer (V302; Panametrics-NDTTM, Olympus NDT, Waltham, MA, USA) 
using a single burst of a 10.000 cycle sine-wave at 150 kPa peak negative acoustic pressure 
(P_) or a single burst of a 1.000 cycle sine-wave burst at P_ = 200 kPa. Prior to the study the 
transducer was calibrated with a 0.2 mm PVDF needle hydrophone (Precision Acoustics Ltd, 
Dorchester, UK). The -6dB diameter of the insonified area in focus was found to be 7.2 mm. 
To be sure that insonified areas were not overlapping every microbubble-vessel wall complex 
was studied in different parts of the CAM and no more than four microbubble-vessel wall 
complexes were studied per embryo. 

Before, during and after insonification, images were recorded with a high-sensitivity CCD 
video camera (25 frames/second; LCL-902K, Watec). The total field of view (FOV) was 78×58 
µm. The cell membrane impermeable dye PI was used as indicator for sonoporation. The 
nuclear dye Hoechst 33342 was used to find the focal plane of the endothelial cell nuclei before 
insonification. Sonoporation was studied in CAM vessels of more than 50 µm in diameter. The 
duration of the experiment with one embryo was no longer than two hours. 

In all experiments, microbubbles were considered a cluster, when they were no more than 3 
µm apart, which was the average single microbubble diameter. Targeted microbubbles laying 
more than 10 µm (i.e. an average nucleus size) apart from each other were considered as a 
separate cluster, and therefore excluded from the experiment, as we wanted to study single 
microbubble or single cluster-vessel wall complexes. 

 
Figure 1. Experimental setup (not drawn to scale). 



Immunofluorescent �v�3-integrin staining of a vitelline vein was done on a 6-day old chicken 
embryo. Fluorescent Oregon Green 488 streptavidin (1 mg/ml; Invitrogen) was mixed with 
biotinylated �v�3 antibody (0.5 mg/ml; R&D Systems; see 2A) or corresponding biotinylated 
IgG1 � antibody (BD Biosciences, Breda, the Netherlands) in 1:1 volume ratio and incubated 
for 30 min at room temperature under agitation (30 RPM on an orbital rotator PTR-35, Grant-
bio, Shepreth, UK). A glass capillary needle was placed in a vitelline vein as described before 
and the vessel was cut ~0,5 cm upstream and downstream to the injection site. Then, the vessel 
was perfused with 5 µl of the fluorescent streptavidin antibody mixture and the needle was 
taken out. Perfusion with antibody only or streptavidin only was used as control. After 5 min, 
the vein was flushed with 5 µl of PBS by inserting the capillary needle downstream into the 
lumen. Then ~1 cm2 CAM tissue piece was cut and fixated with 4% formaldehyde for 5 min. 
After fixation, the sample was washed three times with PBS and embedded in Mowiol (Merck, 
Darmstadt, Germany). Confocal fluorescent microscopy was performed with an inverted 
microscope (LSM510META; Carl Zeiss, Germany), 10× lens (Plan-Neofluar, NA 0.3), 
excitation of 488 nm, and emission of 530-600 nm. 

Fig. 2 shows �v�3-integrin immunofluorescent staining in chorioallantoic membrane veins 
of 6 day-old chicken embryos. �v�3-integrin staining was observed throughout the vessel (Fig. 
2 A) indicating the targeted microbubbles could bind at different locations within the 
vasculature. The fluorescent signal was present only in the vein (see Fig. 2 B), because only 
the vein was perfused with the fluorescent streptavidin - �v�3-integrin antibody complex. The 
fluorescent streptavidin - control antibody conjugate perfusion did not show significant 

fluorescence (Fig. 2C). When the vein was perfused with fluorescent streptavidin alone or with 
antibody alone, we did not observe any fluorescent staining. 

 
Figure 2.  �v�3-integrin expression in 6 day-old chicken embryos veins. Immunofluorescent (A, C) and 
corresponding bright field (B, D) image of veins (V), arteries (A) and surrounding tissue (T) of CAM vein perfused 
with fluorescent streptavidin �v�3-integrin (A, B) and control antibody (C, D) conjugates. Scale bar 100 μm. 



Sonoporation was only studied in embryos that had stable and continuous blood flow. In 
total we studied 280 targeted microbubble-vessel wall complexes that were randomly selected 
(n = 80 embryos) at least ~100 µm away from branches avoiding oscillatory blood flow. Only 
microbubble-vessel wall complexes at the top of the vessel could be studied as the red blood 
cells obscured other vessel wall locations. 

We observed that different numbers of targeted microbubbles adhered to the vessel wall, 
ranging from 1 to 16. An example of six targeted microbubbles attached to the vessel wall is 
shown in Fig. 3. In Fig 3A the bright field image shows the six attached targeted microbubbles 
before insonification. Fluorescent staining with Hoechst 33342 highlighted all cell nuclei of 
the vessel wall surrounding the targeted microbubbles, as shown in Fig 3B. Fig. 3C shows the 
same six targeted microbubbles in fluorescence before ultrasound application. It also shows 
that the endothelial cells did not contain PI before ultrasound application. No microbubbles 
were observed in the FOV after ultrasound application (200 kPa, 1.000 cycles). After 
insonification, PI uptake was detected in the nuclei of two endothelial cells as displayed in 
Fig. 3D. Only the cells to which the six targeted microbubbles adhered demonstrated PI uptake, 
indicating these cells got sonoporated. 

In total, endothelial cell PI uptake was observed in 48% at 150 kPa (10.000 cycles; n=140) 
and in 33% at 200 kPa (1.000 cycles; n=140). In all cases, we did not observe any microbubbles 
in the FOV after the ultrasound application. The uptake of PI as a function of the number of 
adherent targeted microbubbles is shown in Fig. 4. When 1 or 2 targeted microbubbles adhered, 
we observed no uptake for 150 kPa and 5% of PI uptake for 200 kPa. The sonoporation 
efficiency increased when more targeted microbubbles adhered. For both P_, PI uptake 
increased up to 80% when 10-16 targeted microbubbles adhered. In addition, a higher local 

 
Figure 3. PI uptake by endothelial cells in live chicken embryo (35x35 μm cropped images). (A) Bright field
image of targeted microbubbles adhering to the vessel wall; (B) Nuclei of endothelial cells stained with Hoechst 
33342; (C) Fluorescence image before ultrasound application; (D) Fluorescence image 3 min after ultrasound
application. Image C and D were made with the same light filter settings. Applied ultrasound: 1 MHz, 200 kPa, 
1.000 cycles. Scale bar 10 μm. 



concentration of targeted microbubbles increased the probability of sonoporation of more than 
one cell as also shown in Fig. 4. Sonoporation of different number of cells is indicated by the 
colors in the staked columns: blue for one single sonoporated cell, red for two cells, green for 
three cells and purple for four sonoporated cells. When 1-5 targeted bubbles adhered, we only 
observed single cell sonoporation at both P_. At 150 kPa, clusters of 6-10 targeted 
microbubbles sonoporated one cell (15.4%), two cells (30.8%), three cells (38.5%), and four 
cells (15.4%). For clusters of 10-16 targeted microbubbles this was 26.7%, 40%, 33.3%, and 
0% respectively. At 200 kPa, clusters of 6-10 targeted microbubbles induced sonoporation of 
one cell (27.3%), two cells (54.5%), and three cells (18.2%). For 10-16 adherent targeted 
microbubbles, this was 18.8%, 50%, and 31.2% respectively. 

Extravasation of red blood cells or vessel rupture was not noticed at these low acoustic 
pressures. There was no significant difference in mean heart rate before (80±15 beats per 
minute) and after the experiment (82±18 beat per minute), suggesting no vasculature damage. 
Ultrasound or targeted microbubbles alone did not induce PI uptake. 

To the best of our knowledge, this is the first study that shows that targeted microbubbles 
can induce sonoporation in vivo. In addition, we showed the suitability of the CAM model to 
study sonoporation in real time using intravital microscopy. 

 
Figure 4. Efficiency of PI uptake as function of the number of adhered targeted microbubbles (tMB) (n=280
separate FOV). For every condition 20 single cell microbubble complexes were observed for 1, 2, 3, 4, 5, 6-10, 
and 10-16 adhered targeted microbubbles. Colors in stack columns indicates: blue - one cell, red - two cells, green 
- three cells, and purple - four cells sonoporated after sonication of one microbubble-vessel wall complex. 



In this study we used two DNA binding dyes: Hoechst 33342 and PI. Hoechst is a cell 
membrane permeable non-intercalating dye, which binds to the minor groove of DNA and 
stains nuclei of live cells [195]. PI binds to DNA and RNA by intercalating between the bases 
[196]. In addition, PI is impermeable for live cells and can only permeate live cells when the 
cell membrane is compromised. Because these two dyes have different DNA binding sites, it 
is unlikely that we underestimated sonoporation due to simultaneous use of these dyes. 

In our study we applied low acoustical pressure ultrasound to targeted microbubble-vessel 
wall complexes. We observed similar sonoporation efficiencies at 150 kPa (1×10.000 cycles) 
and 200 kPa (1×1.000 cycles), suggesting both are equally well suited for inducing 
sonoporation in vivo in the CAM model. As Mannaris et al. [34] showed a gradual decrease in 
the scattered ultrasound by lipid-coated microbubbles at 200 kPa and 1 MHz, this may suggest 
our microbubbles were not responding anymore beyond 1.000 cycles and thus could explain 
why we found similar results. 

We found that sonoporation efficiency increased when more targeted microbubbles adhered 
to the vessel wall. A higher local microbubble concentration also increased the chance of 
sonoporating more than one cell. This could be explained by more microbubbles having a larger 
interaction area with the cells, thus probably inducing more pores. Another reason could be 
that the multiple microbubbles oscillated as one cluster. A microbubble cluster may have a 
different resonance frequency which could have been closer to the transducer excitation 
frequency of 1 MHz [197]. This could have resulted into larger microbubble oscillations as 
microbubbles at resonance have a maximum amplitude of oscillation [15].  

Recently, other groups have identified drug-loaded targeted microbubbles to be up to 5.5 
times more effective than non-targeted microbubbles [50], [179], [180], [186], [187]. As we 
found the local targeted microbubbles concentration to be an important factor for efficiency of 
targeted microbubble sonoporation, getting enough microbubbles to adhere at the site of 
treatment is important. Studies are ongoing to improve adherence of targeted microbubbles 
which include dual targeting [198], [199], varying ligand linker length  [200], deflating 
microbubbles [201], or changing microbubble shell composition [202], whilst models reveal 
an optimal microbubble radius of 1-2 μm [199]. Furthermore, targeted microbubbles can be 
pushed towards the vessel wall to increase binding under flow conditions by acoustic radiation 
force [203], [204] or a magnetic field [205]. 

In our current study, we observed all microbubbles to be gone from the field of view after 
ultrasound application. This may be due to microbubble deflation, but for microbubble clusters 
could also have been due to microbubble detachment as it was previously reported that 
neighboring microbubbles attract one another. This attractive force detaches one of the 
microbubbles when it exceeds the binding force [174]. 

The dose of targeted ultrasound contrast agent used in our study was 5 µl of 1×108 
microbubbles/ml. Assuming the total HH27 chicken embryo blood volume is 170 µl [152], the 
final targeted microbubbles concentration in the embryo blood was 2.8×106 microbubbles/ml. 
This concentration is similar to the recommended concentration in blood of the ultrasound 
contrast target-ready MicroMarker® by VisualSonics® for molecular imaging studies in mice. 



In our study we did not notice red blood cell extravasation, which can be a side effect or 
desired bio-effect of ultrasound-activated microbubble therapy. Stieger et al. [56] observed real 
time dextran (150 kDa; 8.5 nm) extravasation and using electron microscopy identified 
intracellular and intercellular gaps and extravasation of blood in the CAM model. They used 
higher acoustic pressures than we did, namely 500 kPa and higher. The authors attributed this 
to jetting of microbubbles, which is one of the proposed microbubble behaviors needed to 
stimulate drug uptake. As the mechanism of stimulated drug uptake by ultrasound-activated 
microbubbles is still unknown [175], the CAM model seems a promising model to in real time 
study microbubble-cell interactions to unravel the mechanism. Depending on therapeutic goals, 
this will allow control over the type of stimulated drug uptake so vessel damage can be avoided 
when desired. 

We previously reported that sonoporation by targeted microbubbles in vitro depended upon 
the amplitude of oscillation as we found a threshold above which the microbubbles had to 
oscillate to induce sonoporation. To visualize the oscillations of the microbubbles, we used the 
Brandaris 128 high-speed camera in that study [161]. In another study we reported about the 
feasibility of using the yolkless CAM model to characterize microbubble oscillations in vivo 
with the Brandaris 128 [206]. Our future research will focus on combining in vivo targeted 
microbubble behavior and real time sonoporation using the CAM model. 

The main limitation of our study is using chicken embryos as in vivo model as the embryonic 
vessels may not resemble the clinical situation. For example, they have has less tight 
endothelial cell junctions [207], making these neovessels more permeable and hence maybe 
more easily affected by ultrasound-activated microbubbles. However, neovessels are also 
associated with tumors and atherosclerotic plaques[68], [208], [209], which may make the 
CAM model a relevant in vivo model for studying ultrasound and microbubble-mediated 
therapy to treat these diseases. 

In conclusion, this is the first study that shows that targeted microbubbles are able to induce 
sonoporation in vivo using the low acoustic pressure of 150kPa and 200 kPa at 1 MHz. This 
method can be used to combine molecular ultrasound imaging with drug delivery for the 
detection and treatment of cardiovascular diseases and cancer. 
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ABSTRACT: The use of stem cells for the repair of damaged cardiac tissue after a 
myocardial infarction holds great promise. However, a common finding in experimental 
studies is the low number of cells delivered at the area at risk. To improve the delivery, 
we are currently investigating a novel delivery platform in which stem cells are 
conjugated with targeted microbubbles, creating echogenic complexes dubbed StemBells. 
These StemBells vibrate in response to incoming ultrasound waves making them 
susceptible to acoustic radiation force. The acoustic force can then be employed to propel 
circulating StemBells from the centerline of the vessel to the wall, facilitating localized 
stem cell delivery. In this study, we investigate the feasibility of manipulating StemBells 
acoustically in vivo after injection using a chicken embryo model. Bare stem cells or 
unsaturated stem cells (<5 bubbles/ cell) do not respond to ultrasound application (1 MHz, 
peak negative acoustical pressure P_ = 200 kPa, 10% duty cycle). However, stem cells 
which are fully saturated with targeted microbubbles (>30 bubbles/cell) can be propelled 
toward and arrested at the vessel wall. The mean translational velocities measured are 61 
and 177µm/s for P_ = 200 and 450kPa, respectively. This technique therefore offers 
potential for enhanced and well-controlled stem cell delivery for improved cardiac repair 
after a myocardial infarction. 
KEYWORDS: acoustic radiation force; microbubble; mesenchymal stem cell; ultrasound; 
stem cell delivery; StemBell 

Myocardial infarctions are a major burden on society and its public health systems, 
especially in the Western world. Continuous developments in the treatment of myocardial 
infarctions, have led to a growing number of patients that survive a myocardial infarction. 
Nevertheless, the loss of cardiac muscle cells and the formation of inflexible scar tissue makes 
this group of patients prone to develop congestive heart failure [210]. Restoration and repair of 
damaged cardiac tissue is therefore crucial for this group of patients.  

Regeneration of the heart has been debated as early as the 19th century [211]. Zebrafish, for 
example, have the ability to fully regenerate their heart after a substantial loss of ventricular 
myocardial tissue [212]. Although there is evidence that the human heart is also capable of self-
renewal [213], its regenerative capabilities as such are not sufficient to restore the contractile 
functioning of the heart after a myocardial infarction. Therefore, cardiologists started to 
investigate more interventional approaches like stem cell therapy, creating the field of cardiac 
repair. The use of mesenchymal stem cells to regenerate and repair damaged cardiac tissue 



seems appealing. Besides their capacity for cardiomyogenesis [214], stem cells have the 
potential to differentiate into smooth muscle cells and endothelial cells, therefore stimulating 
neovascularization [215]. Furthermore, stem cells secrete a protein cocktail which has salutary 
effects on the microenvironment, promoting tissue protection, repair, and regeneration [216], 
[217]. 

Despite the potential of stem cell therapy for cardiac regeneration, the technique is currently 
hampered by the lack of persistence of a high number of stem cells at the area at risk. Typically, 
only a small fraction of the transplanted cells engraft within the diseased myocardium following 
injection, regardless of the route of administration [218],[219],[220]. However, the reduction 
in infarct-size and long-term improvement in cardiac functioning have been shown to correlate 
with the amount of cells engrafted within the infarct zone [214]. Low stem cell engraftment 
rates therefore limit the regenerative potential of stem cell therapy. 

The cardiac microvascular endothelium (CMVE) plays an important role in the homing and 
migration of circulating stem cells to the myocardium [221]. In a first step, circulating stem 
cells need to adhere to the target proteins at the endothelial cells for which direct contact with 
the microvascular endothelium is necessary. Several methods have been proposed to augment 
stem cell homing. One approach used is priming of the target tissue, which includes vibrating 
microbubbles [222], shock waves [223] or cytokines [224]. Other methods focus on the active 
targeting of the stem cells harnessing bispecific antibodies [225], bioactive molecules [226] or 
mRNA-transfection of the stem cells to express homing ligands [227]. All these techniques rely 
on the ability of stem cells to make contact with the target endothelium. However, circulating 
cells will predominantly be localized around the centerline of the vessel [228], an effect known 
as “axial drift” [229]. This effect will therefore limit the number of stem cells that are able to 
adhere to the target endothelium, especially in the larger vessels of the microcirculation. A 
method to force the stem cells into direct and continuous contact with the vessel wall is 
therefore needed in order to enhance binding, retention and engraftment of stem cells in the 
infarcted area. Ideally, the delivery technique should be minimally invasive to avoid increased 
risks for morbidity and mortality.  

In the field of molecular ultrasound imaging, targeted microbubble contrast agents are 
currently under investigation [230], [231]. Typically, these microbubbles are 1–10 µm in size 
and consist of a gas core stabilized by a thin lipid, polymer or protein shell equipped with 
ligands against specific molecular markers. Microbubbles scatter ultrasound very effectively 
giving them a superior echogenicity compared with the surrounding tissue. Moreover, in 
contrast to tissue, the acoustic response of microbubbles can be very non-linear, which can be 
exploited to discriminate between echoes originating from microbubbles and tissue  [145], 
[232]. To improve the delivery of functionalized microbubbles to target sites on the vascular 
endothelium, the use of low- intensity ultrasound application has been proven advantageous 
[203], [204], [233]. This increased delivery of microbubbles can be ascribed to the effect of 
acoustic radiation force  [234], propelling microbubbles away from the transducer towards the 
vessel wall, bringing them into contact with the vascular endothelium [235]. 



Inspired by these findings, we have proposed a new technique to direct stem cells after 
injection by decorating the stem cells with functionalized microbubbles [236], [237]. We 
hypothesized that the conjugation with the microbubbles creates echogenic complexes, named 
StemBells, which are susceptible to acoustic radiation force. This force could then be employed 
to push the StemBells locally toward the vessel wall, arrest them in the damaged area of the 
heart and increase stem cell delivery. 

The scope of this study is to investigate the feasibility of the ultrasonic manipulation of the 
position of StemBells within blood vessels in the presence of blood particles and pulsatile flow. 
We use intravital microscopy in a chicken embryo, which allows the direct optical observation 
of the effects of the acoustic radiation force in vivo. Translational dynamics were measured for 
different saturation grades (bare stem cells, unsaturated StemBells, and saturated StemBells) 
and acoustic pressures.  

Cells from the stromal vascular fraction of human subcutaneous adipose tissue were cultured 
in low glucose Dulbecco’s modified Eagle’s medium (DMEM; Gibco, Life Technologies 
Europe, Bleiswijk, the Netherlands) containing 5 U/mL heparin (Leo Pharma, Amsterdam, The 
Netherlands), 100 U/mL penicillin (Gibco), 100 mg/mL streptomycin (Gibco), 2 mM L-
glutamine (Gibco) and 5% human platelet lysate in a humidity incubator with 5% CO2 as 
described previously  [238]. Cells from passage 2–5 were used for the experiments. Figure 1A 
shows the size distribution of the stem cells (passage 5). The median diameter was 18 mm.  

Fabrication of Targeted Microbubbles  

  
Figure 1. A: Size distribution of adipose derived stem cells (passage 5); the median diameter was 18 mm. B: Size 
distribution of CD90-targeted microbubbles; the median diameter was 3.0 μm. Both distributions were obtained
using the Coulter principle. C: Molecular architecture of a StemBell: a stem cell decorated with targeted
microbubbles. Targeted microbubbles are linked to the stem cell via antibodies against the cell surface protein 
CD90. 



Biotinylated microbubbles with a perfluorobutane (C4F10) gas core were made by sonication 
[124], [174]. The coating was composed of DSPC (59.4 mol%; Sigma-Aldrich, Zwijndrecht, 
the Netherlands), PEG-40 stearate (35.7 mol%; Sigma-Aldrich), DSPE- PEG(2000) (4.1mol%; 
Avanti Polar Lipids, Alabaster, AL) and DSPE-PEG(2000)-biotin (0.8 mol%; Avanti Polar 
Lipids). Antibodies against the surface protein CD90, constitutionally expressed by the stem 
cells, were conjugated to the microbubbles using biotin-avidin bridging, as described by 
Lindner et al. [166]. Biotinylated microbubbles were washed three times at 400g for 1min 
(Heraeus Biofuge, Thermo Scientific, Etten Leur, the Netherlands). After these three washing 
steps, the concentration of the microbubble solution was ~1×109 microbubbles/mL; 0.5 mL of 
this microbubble solution was incubated with 20µg of streptavidin (S4762; Sigma-Aldrich) for 
30 min on ice, after which the bubbles were washed twice and incubated with 5mg of the 
biotinylated monoclonal mouse anti-human CD90 antibody (BD Biosciences, Breda, the 
Netherlands) on ice for another 30 min. Afterwards, bubbles were washed once again and the 
concentration and size distribution was measured using a Multisizer 3 Coulter Counter 
(Beckman Coulter, Woerden, the Netherlands). The range of microbubble sizes within the 
solution varied between 1 and 8 µm, with a median diameter of 3.0 µm (see Fig. 1B). 

The stem cells were fluorescently labeled with the nucleic acid stain Hoechst 33342 (Life 
Technologies Europe, Bleiswijk, the Netherlands). Subsequently, cells were trypsinized, 
washed and mixed with the CD90-targeted microbubbles by continuous rotation at 2 rpm for 
30 min at room temperature (Rotator PTR-35, Grant-bio, Shepreth, UK). The mixing ratios 
(stem cell: microbubble) to get unsaturated (<5 microbubbles/cell) and saturated StemBells 
(>30 microbubbles/cell) were 1:10 and 1:200 respectively. Figure 1C shows the molecular 
architecture of the StemBells used in this study. 

Fertilized White Leghorn chicken eggs (Gallus gallus domesticus) were purchased from 
Drost BV (Loosdrecht, the Netherlands). After 5 days of incubation in a humidified incubator 
at 37_C (Heraeus, Thermo Scientific, Erembodegem-Aalst, Belgium), corresponding to stage 
HH 27-27+ according to the Hamburger–Hamilton criteria [126], the embryo and containing 
egg yolk was taken out of the eggshell and transferred to the experimental setup. The cup 
holding the chicken embryo was embedded in a water bath kept at 37̊ C throughout the 
experiment using a heating element equipped with a thermostat. For the infusion of the samples, 
a custom-made catheter was used. The tip of the catheter, with an inner and outer diameter near 
40 and 60µm respectively, was pulled from a 1.2mm glass capillary (World Precision 
Instruments, Berlin, Germany). The tip was glued into an infusion line and connected to a 1 
mL syringe. A metal wire, partly wrapped around the tubing, facilitated easy handling of the 
catheter. After filling the catheter with the sample (500,000 cells/mL), it was placed into one 
of the vitelline veins after which the position was fixed using multi-silicone grease (OKS 
Spezialschmierstoffe, Maisach, Germany). Injections were done manually using a 
micromanipulator. Typically, a few microliter of sample was infused per single injection. Due 



to the use of a catheter, multiple infusions and experiments could be conducted in a single 
vessel. 

The setup was positioned under a microscope (Olympus, Zoeterwoude, the Netherlands), 
equipped with a 5 objective (LMPlanFL, NA 0.13, Olympus) and an AxioCam MRc color 
camera (Carl Zeiss B.V., Sliedrecht, the Netherlands). The water tank was also holding a 
calibrated single element piston transducer (V303, Panametrics, Inc., Waltham, MA) used for 
the application of acoustic radiation force (1 MHz, 10% duty cycle, 10 s, peak negative 
acoustical pressure P– 1⁄4 200 kPa or 450 kPa). The optical and acoustical foci were aligned 
prior to each experiment. A schematic representation of the experimental setup is shown in 
Figure 2.  

Experiments were performed in the far-field (Fraunhofer zone) at 60 mm from the surface 
of the transducer to assure a uniform acoustical intensity field within the optical field of view 
(FOV) (see Fig. 3). The maximum FOV used in this study was 1.8×1.3 mm2, in which the 
maximum variation in the acoustical intensity was measured to be 0.4dB, corresponding to less 
than 5% variation in acoustical pressure. 

The optical field of view during the experiment was located downstream with respect to the 
position of the catheter. Shortly after the start of the infusion, as soon as the first fluorescently 
labeled cells passed by, image acquisition was initiated; ultrasound application was then 
automatically triggered with a time-delay of 5s. The embryo could be maneuvered 
independently from the ultrasound transducer and microscope objective in the xyz-direction, 
allowing change of the region of interest during the experiment. All experiments were 
performed in vessels with a diameter between 150 and 400 mm. 

  
Figure 2. Experimental setup used for intravital microscopy. A 5-day-old chicken embryo was placed in a cup
equipped with an acoustic window for the application of the acoustic radiation force. The transducer was mounted 
at a 20˚  angle with the horizontal axis and was acoustically coupled to the cup via a heated water bath. The optical
focus of the objective lens was confocal with the acoustical focus of the ultrasound transducer. Samples were
injected with a custom-made catheter in a vein upstream of the treated area (see inset).  



The radial displacement of the fluorescently labeled stem cells following acoustic forcing 
(1 MHz, P_ = 200 kPa, 10 s, 10% duty cycle) as a function of the saturation grade was studied 
using intravital time-lapse fluorescence microscopy. A total of 44 cells were analyzed. Figure 
4A shows representative brightfield images of the three grades studied: a bare stem cell (n = 
21), an unsaturated StemBell (n = 11) and a saturated StemBell (n = 12) fully decorated with 
microbubbles. Single cells that were propelled away from the transducer toward the vessel wall 
after onset of the ultrasound were classified as “responders;” cells that did not respond were 
classified as “non-responders.” Figure 4B shows typical radial displacement–time curves 
obtained for responders (black curve) and non-responders (red curve). The purple bar indicates 
the time-window of ultrasound application. Both the bare stem cell and unsaturated StemBell 
population were not responsive to ultrasound application. However, 67% of the saturated 
StemBells responded and were propelled toward the vessel wall after onset of the ultrasound. 
The results are summarized in the table in Figure 4A. 

After onset of the ultrasound, responding saturated StemBells exhibited a linear increase in 
traveled distance with time, until being immobilized at the vessel wall opposite to the location 
of the transducer. Figure 5 shows an example of the immobilization of three individual 
saturated StemBells following ultrasound application; Figure 5B shows the position of 
individual StemBells just before ultrasound application. The direction of the ultrasound and 
blood flow are shown in the schematic of Figure 5A. Application of ultrasound (P_ = 200 kPa) 
propels the StemBells across the 240µm sized vessel, bringing them into contact with the distal 
vessel wall. Figure 5C shows the position of the StemBells after the ultrasound is turned off. 

 
Figure 3. Radiation force experiments were performed in the far field at 60 mm from the transducer surface in the 
area indicated by the dashed box (field of view, FOV). The maximum variation in the acoustic intensity within the 
FOV was 0.4 dB, corresponding to less than 5% variation in acoustical pressure. 



For each of the responding saturated StemBells, the radial velocity Vr was determined by 
differentiating the displacement curve with respect to time. Velocities were measured for P_ 
=200kPa (n = 8) and P_ = 450kPa (n = 4). Because the imaging by the CCD camera is not time-
resolved, this velocity reflects the time-averaged non-instantaneous velocity of the complexes. 
At P_ = 200 kPa the StemBells were propelled with a mean velocity of 61±41 mm/s. Increasing 
the pressure to P_ = 450 kPa increased the radial velocity of the StemBells by a factor of three 
up to 177±105 mm/s (see Fig. 6).  

 
Figure 4. A: Brightfield images of a bare stem cell, unsaturated StemBell and saturated StemBell. The response
rates are summarized in the table below. B: Typical radial displacement–time curves obtained for responders 
(black) and non-responders (red), both obtained using P_ = 200 kPa. The blue bar indicates the time window of
ultrasound (US) application. 

  
Figure 5. A: Schematic of the situation before ultrasound application. B: Snapshot �showing the fluorescently 
labeled saturated StemBells before ultrasound application. C: Snapshot showing the StemBells in contact with the 
vessel wall right after low intensity ultrasound application (10 s, P- 1⁄4 200 kPa, 10% duty cycle). The scale bar
corresponds to 100 mm. See also Video S1 online. 



Stem cell therapy holds the potential to transform the treatment of heart failure. Current 
therapies for treating heart failure only delay the progression of the disease [239]. The 
possibility to repair damaged myocardium using stem cells would change the course of the 
disease. However, so far clinical trials on stem cell therapy have shown disappointing and 
contradicting results, complicating the assessment of the effectiveness of the therapy in general. 
A major issue of stem cell therapy is the lack of an effective delivery of stem cells at the site 
of interest. Because functional recovery of the heart correlates with stem cell engraftment [214], 
a reliable and controlled method to increase the homing of stem cells to the target tissue is 
needed.  

By using intravital microscopy we have shown that stem cells saturated with microbubbles 
(i.e., saturated StemBells) can be pushed in a highly localized position to the wall of small 
microvessels using acoustic radiation force. Evidently, in case of unsaturated StemBells, the 
sum of the radiation forces acting on the few microbubbles attached to the cells is insufficient 
to propel the entire complex. Increasing the acoustical pressure will most likely at some point 
also induce displacement of the unsaturated StemBell population. However, increased 
acoustical pressure also increases the likelihood of microbubble destruction [240], which may 
counteract the effect of the increased radiation force on the bubbles [233]. Moreover, a low 
acoustical pressure also minimizes the occurrence of any negative bioeffects. Based on our 
present findings, we therefore argue that saturated StemBells require the lowest pressure for 
acoustic forcing in vivo, and are therefore most favorable for ultrasound-mediated localized 
stem cell delivery.  

Although the majority of the cells within the saturated StemBell-group responded to the 
acoustic radiation force, about 33% was found to be irresponsive at P_= 200 kPa (see table in 
Fig. 4A). By increasing the pressure to P_ = 450 kPa, the percentage of non-responders in the 
same group decreased to 20%. The fact that not all cells within the saturated StemBell-group 
were propelled by the acoustic radiation force can be explained by some degree of sample 
heterogeneity, with a small portion of the cells having no or only a few microbubbles attached. 

  
Figure 6. Mean radial velocity of saturated StemBells propelled by the acoustic radiation force for P_ = 200 and
450 kPa. 



This effect can also be seen in the supplementary video, showing the presence of both 
acoustical responders and non-responders within the same sample. 

Following a myocardial infarction, reperfusion therapy of the coronary artery restores the 
blood flow and oxygen supply to the infarct area of the cardiac muscle. Stem cell based 
therapies aim to promote cardiac repair of the injured and damaged area by the delivery of stem 
cells to the microvessels in the infarct area. The size of these microvessels varies between 10 
and 500 µm [241]. The effect of the acoustic radiation force on the delivery of StemBells will 
be most beneficial in the larger vessels of the coronary circulation, in which the distance 
between the StemBells and the injured endothelial lining can be several hundreds of microns.  

In this study we have shown that, by using 1MHz ultrasound bursts, saturated StemBells 
can be propelled to the wall of tiny vessels with radial velocities of 61mm/s (P_ = 200 kPa) and 
177 µm/s (P_ = 450 kPa). Similar to other particulate flows, for example, red blood cells and 
micro- bubbles, the majority of the StemBells can be expected to be distributed around the 
centerline of the cardiac microvessels [228]. Based on the radial velocities measured here, the 
StemBells need to be in the volume of the interrogating ultrasound beam for several seconds 
to facilitate optimal stem cell delivery in all the microvessels. This is feasible considering the 
rather low physiological blood flow velocities in the cardiac microcirculation, which are on the 
order of 1 mm/s [242]. It is important to emphasize that the time-averaged translational 
velocities measured in this study were obtained by using a ultrasound duty cycle of only 10%. 
In fact, the velocities can be further boosted by increasing the pulse length of each ultrasound 
burst, up to a factor 10 when using continuous irradiation. This would then reduce the 
insonification time needed for effective stem cell delivery with the same factor.  

The size of a myocardial infarct typically covers ~30% of the left ventricle [243]. Therefore, 
to optimize stem cell delivery in the entire infarcted area, the ultrasound beam has to be scanned 
across the infarcted volume during the inflow of the StemBells. This can be easily overcome 
by the use of a 2D-matrix of transducers, facilitating simultaneous and continuous treatment of 
the infarcted area. 

The main goal of the present work was a proof of the working principle of a novel stem cell 
delivery technique in vivo and to study the translational dynamics of the stem cells as a function 
of the saturation grade (Fig. 4) and acoustic pressure (Fig. 6). The initial results look highly 
promising, however several aspects need further detailed studies in order to translate this 
technique into clinical practice. 

One aspect is the long-term attachment efficiency of the StemBells which are continuously 
exposed to the shear forces of the blood flow. Long-term attachment is important for providing 
a time window for extravasation of the stem cells. Coating the stem cells with dual-targeted 
microbubbles, which besides the CD90 antibody, are also equipped with an antibody against a 
specific protein expressed on the injured endothelium, might be beneficial to further improve 
the delivery efficiency [237]. 



Another aspect is the migrational capacity of the StemBells, which is crucial for delivery 
and engraftment of the stem cells in the infarcted area. After being arrest at the vessel wall, 
StemBells have to cross the endothelial lining. Like leukocytes, bare stem cells have been 
shown to transmigrate over an endothelial barrier [244]. The extravasation of leukocytes is 
regulated via a process known as diapedesis, in which the cells squeeze through the endothelial 
border in a very active multi-step process [245], involving among others remodeling of the 
cytoskeleton. Although a similar mechanism has been proposed for the transmigration of stem 
cells [246], there is recent evidence that stem cells cross the endothelium via a process 
involving endothelial pocketing and vascular expulsion [247]. During this process, the 
extravasating cells themselves are rather passive and the entire process lasts up to 72h. 
However, the question remains whether the stem cells can already extravasate while still being 
surrounded by a layer of microbubbles. If not, there will be an idle period up to a few hours, 
dependent on the microbubble lifetime in vivo [248], [249], causing a delay in the onset of the 
transmigration. In that case, a microbubble destruction pulse at a high mechanical index (MI) 
to destroy the bubbles after the delivery of the StemBells might be beneficial to speed up the 
extravasation. Interestingly, microbubble destruction has been shown to improve 
transendothelial migration of stem cells in the myocardium [222]. Destruction of the 
microbubbles around the stem cell might therefore not only be a requisite, but even promote 
stem cell migration across the endothelium afterwards. However, in all the scenarios, the 
presence of the microbubbles around the cell will be temporary. The lifetime of the 
microbubbles is relatively short compared to the extravasation time reported for stem cells. 
Therefore, we do not anticipate any microbubbles present around the cell after the 
transendothelial passage or any interference with the engraftment at a later stage.  

Finally, the effects of acoustic radiation force are known to be optimal at the resonance 
frequency of the microbubbles [250], [251]. Although the resonance frequency of a single lipid 
shelled microbubble can be expected between 1 and 4 MHz [101], the close proximity of 
neighboring microbubbles is known to affect the bubble dynamics and resonance frequency 
[252]. We therefore studied the vibrational response of Stembells as a function of the ultrasound 
driving frequency to further optimize our cell delivery technique. The exact details of the 
vibrational dynamics, both experimental and theoretical, will be the subject of a forthcoming 
paper. 

We have developed a new method for localized stem cell delivery using ultrasound radiation 
force and StemBells: stem cells decorated with targeted microbubbles. As proof of concept, 
StemBells were successfully delivered at the endothelium of microvessels in a chicken embryo. 
This ultrasound-mediated stem cell delivery technique therefore offers potential to increase the 
homing of stem cells to their target tissue in a minimally invasive manner.  
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Abstract – In vivo cell tracking of therapeutic, tumor, and endothelial cells is an emerging 
field and a promising technique for cardiovascular disease and cancer. The aim of this 
study was to find optimal ultrasound parameters for ultrasound contrast agent-mediated 
superparamagnetic iron oxide (SPIO)-labeling of endothelial cells at low mechanical 
index (MI) for future applications of MRI tracking. Optimal SPIO-labeling by CD31 
targeted ultrasound contrast agents (microbubbles) at 1 megahertz ultrasound frequency 
was observed when the ultrasound parameters were 40 kilopascal peak negative pressure 
(MI 0.04), 10,000 cycles, and 20 hertz pulse repetition frequency, applied for 30 seconds 
just before SPIO addition. Compared to the control, this resulted in an approximate 12 
times increase of SPIO uptake in endothelial cells in vitro with 85% cell viability. 
Therefore, ultrasound-activated targeted ultrasound contrast agents show great potential 
for effective labeling of endothelial cells with SPIO for MRI tracking. 
Key Words: Ultrasound contrast agents, Targeted microbubbles, Cell tracking, SPIO, MRI. 

In vivo cell tracking is a very promising technique to visualize cells of interest inside the 
body. It allows tracking of motile therapeutic cells like immune cells, stem cells, and 
endothelial progenitor cells to sites of inflammation, cancer, or ischemia  [253] [254], [255]. 
Additionally, this technique can be used to track tumor cells [253], tumor vasculature [256], or 
endothelial cells in tissue engineered valves [257] and vascular grafts [258].  

After labeling the cells of interest with an imaging probe, they can be tracked by an imaging 
modality, for example magnetic resonance imaging (MRI), positron emission tomography 
(PET), single-photon emission computed tomography (SPECT), or ultrasound. Each modality 
has its advantages and disadvantages. Ultrasound-based cell tracking is relatively safe and 
inexpensive, but inappropriate for whole body imaging. PET and SPECT are very sensitive 
techniques, and radioactive tracers can be accurately located when combined with x-ray 
computed tomography (CT), but cannot be used often because of ionizing radiation. MRI is the 
most advantageous, since it is precise, harmless, and thus better suited for longitudinal studies, 
but in vivo cell labeling is challenging[253], [259]-[261]. In addition, single cell tracking is 
possible by MRI [262], [263]. 

To increase the contrast in an MRI-image, MRI contrast agents are used. Two types of MRI 
contrast agents consist: 1) T1-shortening contrast agents and 2) T2- and T2*-shortening 
contrast agents [264]. For cell labeling, the T2 and T2*-shortening contrast agent 
superparamagnetic iron oxide nanoparticles (SPIO) of 80-180 nm in size [265] are often used 
[266]. They are relatively safe compounds [267]-[269], but most of the in vitro cell labeling 
techniques currently for SPIO are not applicable in vivo, because of their high toxicity and 



broad systemic effects [270]. Therefore, there has been growing interest in safe, site-specific 
cell labeling techniques. One potential method involves using ultrasound contrast agent, which 
are comprised of microbubbles. The microbubbles have a low diffusible gas core (e.g. C4F10), 
vary in diameter from 1-10 μm, and are encapsulated by a coating material (e.g. phospholipids). 
When ultrasound is applied, the microbubbles oscillate due to sequential compression and 
expansion caused by pressure variations in the surrounding medium. The oscillation of 
microbubbles has been shown to increase cell membrane permeability and capillary 
permeability, allowing the delivery of therapeutic materials into cells and interstitial tissue [16], 
[271] [14]. Up till now there is no consensus on the mechanism of the enhanced uptake. One 
of the theories is a phenomenon called sonoporation, when reversible or non-reversible cell 
membrane pores are generated upon microbubble oscillations or violent collapse [23], [160]. 
Recently, it was reported that the efficacy of cellular uptake of therapeutic agents can be 
improved by up to 7.7-fold in vitro [178] and up to fivefold in vivo [50] when using targeted 
microbubbles (tMB) versus non-targeted microbubbles (non-tMB). The tMB have a ligand 
added in their lipid coating by which they can adhere to the disease-specific cell membrane 
biomarkers [50], [179], [272]. 

Successful SPIO tumor cell labeling using ultrasound and non-tMB has been reported in 
vitro [273]. However, microbubbles are blood pool agents. Endothelial cells, which form the 
inner lining of vessels, are therefore the main target of intravascular administered 
microbubbles, not tumor cells [8], [41]. Exceptions are tumors that invade into the vasculature, 
as reported for hepatocellular cancer (i.e. a primary liver tumor) [261] and colorectal cancer 
[274]. On the other hand, microbubbles were shown to target ovarian cancer cells preclinically 
by an alternative administration, namely intraperitoneal injection [275]. Additionally, tMB are 
preferable instead of non-tMB since they can be specifically targeted to the cells of interest and 
upon binding are close to the endothelium, which is a perquisite for the microbubble-mediated 
drug delivery effectiveness [14]. The in vivo study by Gao et al. demonstrated arterial wall 
uptake of SPIO particles using non-tMB and ultrasound[276], but only under one acoustic 
setting (3.5 MPa acoustic pressure, 8.5 MHz frequency, Mechanical Index (MI) of 1.2), which 
induced considerable arterial wall damage. To the best of our knowledge, no in-depth studies 
have been performed to characterize the parameters (e.g., the acoustic settings, the addition 
time and incubation time of SPIO) that strongly influence the efficacy and safety of SPIO-
labeling of endothelial cells using tMB at low MI (<0.2).  

The aim of our in vitro study was to find optimal parameters for non-invasive, microbubble-
mediated, SPIO-labeling of endothelial cells for the future application of MRI tracking of tumor 
vasculature and tissue engineered vasculature structures. We used lipid-shelled microbubbles 
targeted against CD31 (platelet/endothelial cell adhesion molecule-1 (PECAM1)), a biomarker 
constitutively expressed on endothelial cell membranes [277]. Iron specific Prussian Blue 
staining in combination with Calcein AM based cell viability assays were applied to define the 
most efficient and safe conditions for SPIO-labeling of endothelial cells in vitro. Concerning 
the acoustic setting, a fixed ultrasound driving frequency of 1 MHz was used, and the pulse 
length and a series of low acoustical pressures (<200 kPa; MI<0.2) were varied. In our study 



we used 1 MHz as the ultrasound frequency as this is the most common used frequency for 
microbubble-mediated drug delivery studies, and is also within the resonance frequency of 
microbubbles [14]. 

Human umbilical vein endothelial cells (HUVECs) (Lonza, Verviers, Belgium) were 
cultured in EGM-2 (Lonza) medium in T75 flasks (BD, Breda, the Netherlands) in a humidified 
incubator at 37°C with 5% CO2. Cells were detached with 0.25% Trypsin in EDTA (Lonza) 
and replated on one side of the acoustically transparent OptiCellTM (NUNC, Wiesbaden, 
Germany) chambers. HUVECs were cultured as described before [161], for two days until 70% 
confluence to resemble neovasculature endothelial cells. 

Biotinylated lipid-coated microbubbles consisting of a coating of DSPC (59.4 mol %; P 
6517; Sigma-Aldrich, Zwijndrecht, the Netherlands), PEG-40 stearate (35.7 mol %; P 3440; 
Sigma-Aldrich), DSPE-PEG(2000) (4.1 mol %; 880125 P; Avanti Polar Lipids, Alabaster, AL, 
USA), and DSPE- PEG(2000)-biotin (0.8 mol %; 880129 C; Avanti Polar Lipids) with a 
perfluorobutane (C4F10) gas core were made by sonication as described by Klibanov et al. 
[124]. Biotinylated anti-human CD31-antibody (R&D Systems, Europe, Abingdon, United 
Kingdom) was conjugated to the microbubbles via avidin-biotin bridging as previously 
described [162], [166]. 

The concentration of tMB was evaluated by Coulter Counter (Beckman Coulter, Mijdrecht, 
the Netherlands) measurements. Ten million tMB were added to an OptiCellTM chamber with 
cells plated on the bottom, which was turned upside down to let microbubbles adhere to the 
cells by flotation (Fig. 1B). The cell to bubble ratio was 1:3. Then the chamber was incubated 
at 37°C for 5 min before the experiment. SPIO nanoparticles (Endorem™, Gerber S.A., Paris, 
France) were added at four time-points: 5 min before, immediately before (0 min), 5 min after, 
and 15 min after insonification as illustrated in Figure 1A, at a final concentration of 22.4 µg 
Fe/ml. Each OptiCellTM chamber was divided into six acoustically non-overlapping areas (2.5 
cm x 3 cm each; see Fig. 1C), which covered the beam area (6.5 mm for -6dB beam width) at 
the focus of the 1.0 MHz transducer (V303; Panametrics-NDTTM, Olympus NDT, Waltham, 
MA, USA), as verified in advance with a calibrated 0.2 mm PVDF needle hydrophone 
(Precision Acoustics Ltd, Dorchester, UK). The OptiCell chamber was placed into a 37 °C 
water bath and connected to a 2D micropositioner (Fig. 1 D). The 1 MHz focused transducer 
was configured at a 45° angle below the sample and the acoustic focus was aligned with the 
center of each subsection. 

During the experiment, the position of the OptiCell chamber was manipulated so that the 
center of each subsection was insonified in sequence at a predefined pressure (10 to 160 kPa, 
Fig. 1C). A prolonged burst of 10,000 cycles with a pulse repetition rate of 20 Hz was applied. 
The first subsection, without the application of ultrasound application, was used as the control. 



The effect of the different total insonification time was determined (1 sec, 10 sec, and 30 sec) 
at 40 kPa, 80 kPa, and 160 kPa. To investigate the effect of the incubation time with SPIO, the 
OptiCells were incubated at 37°C for 5 min, 1 h, and 3 h after insonification with adding SPIO 
5 min prior to insonification. To check the effect of insonification of HUVECs without the 
presence of tMBs on SPIO uptake, the OptiCells were insonified at 40 kPa, 80 kPa, and 160 kPa 
for 30 sec, while SPIO was added 5 min prior to insonication (n=2). All other experiments were 
repeated three times. Results were derived by averaging all three datasets and the standard 
deviation is indicated by the error bars. 

After the treatment described above (see also Fig. 1A), cells were rinsed three times with 
phosphate-buffer saline (PBS; Invitrogen, Groningen, the Netherlands) and fixated with 4% 
formaldehyde (Sigma-Aldrich, Zwijndrecht, the Netherlands) for 10 minutes. After fixation, 
the cells were washed three times with PBS and then incubated with Prussian Blue solution for 
30 min (aqueous solution of 10% hydrochloric acid (Sigma-Aldrich) and 5% potassium 
ferrocyanide (Sigma-Aldrich)) to assess the SPIO-labeling [278]. Next, the cells were washed 
three times with PBS and the nuclei were stained with 0.1% nuclear fast red solution (Sigma-
Aldrich). Thereafter the OptiCells were dried for 48 hours and microscopically examined using 
a microscope (Olympus, Zoeterwoude, the Netherlands) equipped with x20 Plan (NA 0.4) 
objective (Olympus) and a color camera (Axiocam MRc, Carl Zeiss, Germany). SPIO uptake 
was assessed by manually counting Prussian Blue positive cells among ~500 cells (acquired in 
5 fields of view) located within a circle of 6 mm diameter around the center point of each 
insonified area. 

 
Figure 1. (A) Timing diagram of the experiment. The time of insonification (0 min) was used as the reference 
time. Targeted microbubbles (tMB) were added 5 min before the ultrasound was applied; SPIO was added 5 min 
before, 0 min, 5 min, and 15 min after insonification. Cells were fixated 60 min after SPIO addition. (B) Schematic 
representation of the tMB adhering to HUVECs. (C) Scheme of insonification subsections of the OptiCellTM 
chamber (to scale). (D) The experimental setup. 



For each SPIO uptake measurement, cell viability was determined by Calcein AM and 
propidium iodide (PI) assays in parallel. Cells were treated with SPIO, tMB and ultrasound as 
described before (Fig. 1). Thirty minutes after SPIO addition, Calcein AM was added to the 
OptiCell chamber (C3100MP; Invitrogen; 0.25 μM from a 1 mM stock prepared in DMSO 
(Sigma-Aldrich)) and incubated for 30 minutes. Thereafter PI (25 μg/ml P4864, Sigma-
Aldrich) and Hoechst 33342 (Invitrogen; 5 μg/ml) were added to the Opticell chamber. 
Microscopic examination was performed directly after the PI and Hoechst addition with a 
fluorescent microscope (Olympus) equipped with the same setup as applied for SPIO labeling 
measurements, only that a ×5 LMPlanFl (NA 0.13) objective (Olympus) was used here. For 
each condition five different fields of view were acquired within the 6 mm circle around the 
center of the insonified area. Different filter sets (U-MWU2, 330-385/420 nm; and U-MWIB2, 
460-490/510 nm, Olympus; U-MWG2, 510-550/570 nm, Olympus) were applied for detecting 
all cells (stained with Hoechst), viable cells (stained with Calcein AM), and dead cells (stained 
with propidium iodide) respectively. All images were automatically analyzed in ImageJ 
(Rasband, W.S., ImageJ, U. S. National Institutes of Health, Bethesda, Maryland, USA, 
http://imagej.nih.gov/ij/, 1997-2014.). The Find Maxima function in ImageJ was used to define 
the exact number of cells. To find an appropriate tolerance for the Find Maxima function in 
every image, the number of local maxima was defined for tolerance parameters of 0 to 200 in 
steps of two. We analyzed the differences in number of maxima between the steps. When the 
difference became smaller than 20, this point was considered as the correct tolerance and the 
corresponding number of cells as correct number of cells. This approach was validated by 
selective manual counting of number of cells (n=10). The difference between manual and 
automatic counting was 2.1±0.4%. 

During all studied ultrasound bursts, we observed displacement and disappearance of tMB. 
This was most pronounced for the 30 sec insonification period, as shown in Figure 2. During 
insonification, tMB also clustered (Fig. 2, B-D). After the 30 sec insonification period, no tMB 
were observed in the field of view (Fig. 2E), suggesting they had been destroyed. 

In the absence of ultrasound, less than 2% of cells intracellularly incorporated SPIO 
naturally (Fig. 3, A and B), and iron particles were detected as small aggregates distributed in 
the cytoplasm (Fig. 3B). By contrast, ultrasound and microbubble treated cells demonstrated 
much higher SPIO uptake as shown in Fig. 3, C and D. Iron particles were detected as large or 
small aggregates in the cytoplasm (Fig. 3D). 



Figure 4 shows the efficacy of SPIO uptake by HUVECs and the corresponding cell viability 
as a function of the acoustic pressure and the total sonication duration (1, 10, or 30 seconds) at 
low MI (<0.16). The total ultrasound exposure time was a key factor for SPIO uptake efficacy. 

 
Figure 2. tMB displacement, destroyment, and clustering during insonication (1MHz, 80 kPa, 10,000 cycles,
PRF 20 Hz, 30 sec treatment). Scale bar = 10 μm. 

 
Figure 3. Prussian Blue staining of SPIO uptake in the control cells (A and B; i.e. no ultrasound) and in the 
ultrasound and tMB treated HUVEC (C and D; 80 kPa, 1 hour of incubation, SPIO was added 5 min prior to 
insonification). B and D are zoomed in from A and C as illustrated by the dashed rectangles. In B and D, one
example of a SPIO aggregate is indicated by an arrow. Scale bar = 20 μm. 



This was demonstrated by the amount of SPIO positive cells not exceeding 4% for 1 second 
and 6% for 10 seconds of sonication, but with 30 seconds of insonification the amount of SPIO 
positive cells increased to more than 10%. Additionally, the pressure also influenced SPIO 
uptake significantly. With 30 seconds of insonification, the proportion of SPIO positive cells 
increased dramatically with the pressure (e.g., from ~10% at 40 kPa to ~16% at 160 kPa). At 
the same time, cell viability (Fig. 4B) decreased with both the increasing acoustical pressure 
and the insonification time. For example at 80 kPa, the cell viability decreased from ~70% for 
10 s of insonation to ~60% for 30 sec of insonification. For an exposure time of 30 sec, the cell 
viability dropped by nearly two-fold from 40 kPa to 160 kPa. In general, the cell viability 
remained high for the pressure up to 40 kPa. Specifically, insonification for 30 sec 
demonstrated the best SPIO uptake and was selected for further experiments. We did not 
investigate a longer insonification time because after 30 seconds all tMB were destroyed (see 
Fig. 2E). 

The influence of the SPIO incubation time (5 min, 1 h or 3 h) after the treatment with 
ultrasound and tMB on SPIO uptake and cell viability is illustrated in Figure 5. In general, 
SPIO uptake increased prominently with the incubation time, for example for 180 kPa SPIO 
uptake increased from below ~4% to ~22%. The largest ratio between control and treated 

  
Figure 4. The effect of the duration of ultrasound insonification time on intracellular SPIO uptake efficiency (A)
and cell viability (B). 

  
Figure 5. The effect of SPIO incubation time on intracellular SPIO uptake efficiency (A) and cell viability (B)
after 30 sec of sonication. 



uptake was at 1 h of incubation for all pressures. Cell viability (Figure 5B) remained high 
(>75%) at 40 kPa for all incubation times. It decreased with the pressure (80-160 kPa) for both 
1 h and 3 h of incubation time. A longer incubation time did not lower cell viability, as cell 
viability was slightly higher after three hours of incubation than after one hour of incubation. 
Based on the results from this experiment, 1 h of incubation with SPIO was selected for further 
investigations. 

In Fig. 6 the percentage of SPIO positive cells and cell viability are plotted for four different 
times between insonification and SPIO addition for different acoustic pressures. Similar to the 
previous measurements, no ultrasound application resulted in less than 2 % of SPIO positive 
cells. In addition, ultrasound application without tMBs present showed no significant 
difference in SPIO uptake in comparison to the control without ultrasound application for all 
studied pressures when the SPIO were added 5 min prior to insonfication. For both additions 
of SPIO at 5 minutes prior (-5 min) and just before (0 min) the ultrasound application, we 
obtained a relatively large percentage of SPIO positive cells (~>10%) for acoustic pressures 
above 20 kPa. Moreover, the percentage of SPIO positive cells increased up to ~12-15 % with 
higher pressures for SPIO addition before the insonification. In contrast, SPIO addition at 5 
and 10 minutes after ultrasound application resulted in much lower SPIO uptake (<8%). 
Similarly, the cell viability remained above 50% for all settings. 

Fig. 7 illustrates typical individual examples of SPIO distribution within the cell, indicated 
by Prussian Blue staining. The intensity of the stain indicates the concentration of the SPIO 
particles within the area qualitatively. The staining patterns can be either small (sub-micron) 
with a high SPIO concentration (A) or comparatively large (several microns) with a low SPIO 
concentration in the cytoplasm (B). 

Tracking of endothelial cells is important for cancer and cardiovascular disease. There are 
several ways of SPIO cell labeling in vitro [269], [279]. Most of these techniques require 
different transfection agents, which cannot be used in vivo due to the associated high toxicity 
and systemic effects. We therefore studied a technique, based on ultrasound-activated 

  
Figure 6. The effect of SPIO addition time on intracellular SPIO uptake efficiency (A) and cell viability (B). At 
fixed parameters: sonication time and SPIO incubation time. 



ultrasound contrast agents that will be in vivo compatible. Our results show the potential of 
using this technique for efficient in vitro SPIO endothelial cell labeling for MRI tracking. 

Our study shows that ultrasound-activated tMB can greatly enhance SPIO uptake by 
endothelial cells in vitro at low MI (<0.2). The acoustic settings (the driving pressure and 
insonification time) showed a significant effect on the efficacy of SPIO labeling. 

Oscillating microbubbles are known to induce three drug uptake routes, namely pore 
formation, stimulated endocytosis, and opening of cell-cell contacts [14]. The three different 
drug uptake routes may require different microbubble oscillation dynamics. Although the exact 
link between the type of microbubble behavior and drug uptake is not known [14], it was 
reported that endocytosis was stimulated at longer (3,250-10,000 cycles) acoustic cycles [35], 
[280]. SPIO are 80-150 nm [265] nanoparticles which may require uptake by endocytosis, as 
this has been shown to be the main uptake mechanism for therapeutics larger than ~17 nm in 
radius [35]. This is the reason why we chose to study 10,000 acoustic cycles. 

We found an increasing trend of both SPIO positive cells and cell death with the acoustic 
pressure increase. Note that we studied acoustic pressures up to 160 peak negative pressure, a 
regime in which the amplitude of radial oscillations increases with pressure [125], [281]. A 
previous study by Vos et al. [33] has reported that highly non-spherical bubble vibrations can 
be induced at pressures as low as 100 kPa for bubbles at resonance. At this stage the acoustic 
streaming generated by vibrating microbubbles and the produced shear stresses [282]-[285] 
can be one of the mechanisms for enhanced permeability of the cell membrane. As was 
expected, the total duration of insonification also showed an effect on the SPIO uptake. It was 
reported that at a low mechanical index (MI<0.1), a bubble can repeatedly oscillate for the full 
duration of the prolonged pulse; while with higher MI, the bubbles are destroyed before the 

 
Figure 7. Different intracellular SPIO distribution patterns. (A) Small SPIO aggregates distributed in the
cytoplasm (-5 min SPIO addition 10 kPa); (B) A large SPIO aggregate in the nuclear area (15 min SPIO addition 
160 kPa). SPIO were stained by Prussian Blue and the nuclei of cells by Nuclear Fast Red. Scale bar represents 10
μm. 



ultrasound is turned off [34]. We indeed observed microbubbles still present up to 30 seconds 
at 80 kPa peak negative pressure (MI=0.08) (Fig. 2).  The improved uptake with prolonged 
insonification may be related with the persistent effect produced by microstreaming generated 
by bubble vibrations as formulated earlier. Moreover, we noticed displacement of tMB with 
subsequent bubble clustering and merging driven by secondary radiation force over the 
prolonged burst, as illustrated by Fig. 1. Previously, tMB detachment due to the attractive 
secondary Bjerknes force between two tMB has been reported [174], [286]. The displacement 
of detached MBs and the aggregation of bubbles formed bigger bubble clusters, which have a 
lower resonance frequency than individual bubbles [287]. At a low driving frequency (e.g., 1 
MHz as applied in this study), bubble clusters with a higher response close to resonance, which 
could have contributed to the enhanced SPIO uptake. 

It was previously shown [273] that microbubbles with SPIO incorporated in their shell in 
combination with ultrasound could lead to an about three fold increase of SPIO labeling in 
vitro, without compromising cell viability. Yang et al. used a polymer shell microbubble, which 
has been shown to behave differently than a lipid shell microbubble when exposed to 
ultrasound. Polymer microbubbles have a stiff shell, which can respond to ultrasound exposure 
under a high MI (>1) by cracking and releasing the encapsulated gas. On the contrary, lipid 
shelled microbubbles will oscillate at low MI and can also fuse [14]. They can therefore have 
a more prolonged interaction with cells than polymer microbubbles. This could explain why 
we found a ~12 fold increase in SPIO labeling comparing to the control group. 

It was previously shown that SonoVue lipid-shelled non-tMB and ultrasound could be used 
to extravasate SPIO in vivo into the brain (28-kHz ultrasound with 100-ms burst length and 1 
Hz pulse repetition frequency (PRF) at 4.8-6.0 MI for 5 min; 45-60 nm SPIO (Resovist); MRI 
performed 3 h after treatment) [288]) and the aortic arch (8.5 MHz ultrasound at 1.2 MI; 120-
180 SPIO (Feridex); MRI performed 1 h after treatment) [276]). However these studies do not 
cover cell labeling, but they do demonstrate the possibility of using the co-administration 
approach for labeling underling tissues and MRI imaging of the SPIO. 

Aortic arch: also used Feridex + SonoVue, but only under one acoustic setting (3.5 MPa 
acoustic pressure, 8.5 MHz frequency, Mechanical Index (MI) of 1.2), which induced 
considerable arterial wall damage. First assessment also 1 hour (also 24 h, 48 h and 72 h). 

Although the natural uptake of SPIO (by HUVECs) was previously reported by van Tiel et 
al. [289], the percentage of labeled cells is not sufficient for cell tracking. In our study, 
HUVECs showed ~1% natural uptake after one hour of incubation, and this value increased to 
~5% after three hours. The treatment with ultrasound and tMB leads to a dramatic increase of 
~10-fold SPIO uptake after 1 hour incubation. We also observed that the SPIO labeling efficacy 
was influenced by the SPIO addition time in respect to the time of treatment with tMB and 
ultrasound. We observed the highest efficacy when SPIO were added with the tMB (0 min) for 
acoustic pressures up to 80 kPa. When SPIO were added 5 or 15 minutes after treatment, SPIO 



uptake was lower, but still significantly higher (more than 5 fold) than natural uptake. This may 
suggest different uptake mechanisms than sonoporation, since resealing of pores created by 
ultrasound activated microbubbles have been reported on a relatively short time scale of up to 
a minute [23], [159]. One of the theories is stimulated endocytosis, when the macromolecules 
are actively taken up by the cells via cell membrane invagination. Our results may also suggest 
that both uptake by pore formation and stimulated endocytosis occurred when SPIO were added 
5 minutes before or just before (0 min) treatment. This is supported by an earlier study by 
Meijering et al. [35]. They reported uptake by both pore formation and endocytosis using 
similar acoustic settings. They addressed the influence of particle size on the uptake route for 
dextran. For dextran larger than ~17 nm in radius, the primary uptake route was endocytosis 
instead of pore formation. On the other hand, pore sizes between 1 nm  [290] and > 100 µm2 
[23] have been observed. Pores < 100 µm2 could still reseal, according to a recent study [23]. 
The SPIO colloid with low molecular weight dextran coating in EndoremTM are 120-180 nm in 
size[291] so they could enter cells via resealable pores. The reason why Meijering et al. [35] 
observed dextran particles larger than ~17 nm mainly to be taken up by endocytosis, could be 
the different type of microbubble used (SonoVue versus tMB in our study) and/or the type of 
cells studied (bovine aortic endothelial cells versus HUVECs in our study). Moreover, induced 
pores >100 µm2 do not tend to reseal [23] which may lead to cell death. This could explain why 
higher acoustic pressures (e.g., 
 80 kPa) correspond to increased cell death. 

The amount of SPIO positive cells was almost two times higher when SPIO were added five 
instead of fifteen min after insonification. This suggests a relatively short temporal window 
when the drug can be actively taken up after microbubble insonifcation, especially when 
compared to the study by Yudina et al. who reported a temporal window of 24 hours [39]. The 
difference could be due to the type of microbubble (SonoVue versus tMB in our study), type 
of cells (C6 rat glioma cells versus HUVECs in our study) and/or the therapeutic compound 
studied (small 1.4 kDa molecule TOTO-3 dye versus the 120-180 nm SPIO in our study). 

In our study, we defined a cell as SPIO positive when we detected one or more SPIO 
particles within the cell. We also observed different labeling patterns, namely differences in 
the intensity and the intracellular distribution of the SPIO particles, although we did not 
quantify this degree of uptake. Some cells took up small spots (submicron) of SPIO as dense 
granules ~2 nm in diameter, while others had large SPIO aggregates in the cytoplasm. This 
variation may also suggest uptake by pore formation and endocytosis as SPIO homogeneously 
distributed in the cytoplasm may suggest pore formation whilst small aggregates could indicate 
endocytic uptake. It was reported that the aggregate size increased with incubation time due to 
endosome fusion [292]. 

As ultrasound contrast agent-mediated SPIO-labeling of endothelial cells is likely faster 
clinically approved for labeling tumor vasculature, we decided to mimic the tumor 
vasculature’s defective endothelial monolayer with poorly connected and sprouting endothelial 
cells [293] by culturing the HUVECs till 70% confluence. Our findings of effective tMB-
mediated SPIO-labeling may therefore not be applicable to a monolayer of HUVECs, i.e. 100% 
confluence, applicable to vascular grafts. Different ultrasound pressures may be needed for 



effective tMB-mediated SPIO-labeling HUVECs in a monolayer as cells in a monolayer are 
more likely in the senescent cell cycle phase (G0) and have a more organized cytoskeleton. 
With respect to sensitivity to ultrasound treatment, cells in the mitotis(M)-phase [294], [295] 
and synthesis(S)-phase [294] are most sensitive whereas cells in the senescent cell cycle phase 
are least sensitive. By contrast, another study showed the opposite: cells in the M and S-phases 
are more resistant to ultrasound treatment [296]. However, these ultrasound sensitivity studies 
were performed without the presence of MB and on cancer/epithelial cells. These studies may 
therefore not translate to our study and it needs further investigation whether the amount of cell 
confluence influences the response to tMB-treatment. 

It was shown before that single cell tracking is possible by MRI using iron oxide as the label 
[289]. The micron-sized paramagnetic iron oxide (MPIO) particles used in that study are ten 
times bigger (1.6 µm) than SPIO. As it was revealed before [289] that the iron content of cells 
labeled with SPIO is less (~10 folds) than with MPIO, more cells may have to be labeled by 
SPIO to be detectable by MRI in vivo.  

From the in vivo perspective, using tMB instead of non-tMB is preferable for endothelial 
cell labeling and drug delivery since tMB can be specifically targeted to diseased endothelial 
cells [192]. In addition, when ultrasound is applied to bound tMB, the vibrations of the 
ultrasound-activated tMB will have a direct effect on the cell membrane. This may be the 
reason why tMB have been shown to be ~5 times more effective in stimulating cellular uptake 
of therapeutics in vitro as well as in vivo vivo [50], [179]. On the other hand, we found ntMB 
to be more efficient than tMB in sonoporation endothelial cells in vitro when the small model 
drug propidium iodide was co-administered, as described in Chapter 4. CD31 used as target in 
this study was chosen as model ligand because it is constitutively expressed on endothelial cell 
membranes. It can therefore be used to label endothelial cells with SPIO in tissue-engineered 
valves or vascular grafts in vitro. However, CD31 cannot be used in vivo as it is expressed 
throughout the entire vasculature tree [184]. For targeting tMB to tumor vasculature, �v�3 or 
vascular endothelial growth factor receptor 2 (VEGFR2) can be used [192].  

SPIO uptake by ultrasound-activated tMB in vivo is expected as we recently reported that 
tMB bound to �v�3 can stimulate endothelial cell drug uptake in vivo [162]. VEGFR2 is another 
biomarker of interest for tMB. BR55, a tMB against VEGFR2, has recently successfully been 
used in a phase 0 clinical trial for prostate cancer [31]. Our future studies will focus on in vivo 
SPIO labeling as well as in vivo MRI tracking of the labeled endothelial cells. For our in vitro 
study we incubated the HUVECs for 1 h with the SPIO. As the elimination half-life of 
Endorem™ (Feridex® in the USA) is 2.4 ± 0.2 h in humans and the SPIO are administered as a 
drip infusion over ~30 minutes [291], [297], it may be expected that the SPIO will circulate 
long enough in vivo to also achieve the 1 h incubation period. 

Our study shows that ultrasound-activated tMB are a promising technique to non-invasively 
enhance SPIO uptake by endothelial cells. From the current in vitro study, we derived optimal 



ultrasound parameters for SPIO delivery to HUVECs, that is, 40 kPa at 1 MHz (MI 0.04), 
10000 cycles, 20 Hz pulse repetition frequency, applied for 30 seconds just before SPIO 
addition. This setting increases SPIO uptake to 12 times compared to the control with 85% cell 
viability. The SPIO uptake was dependent on multiple factors, including the ultrasound 
settings, the time of SPIO addition, and the incubation time of SPIO with cells after the 
ultrasound treatment. Our data also suggests that SPIO uptake took place by pore formation 
and stimulated endocytosis, though neither of these mechanisms was observed directly. 

The authors are grateful to Prof. Dr. A.L. Klibanov from the University of Virginia, 
Cardiovascular Division, Charlottesville, Virginia, USA for discussions about the microbubble 
preparation. The authors thank Robert Beurskens, Kirby Lattwein, Michiel Manten, and Tom 
van Rooij from the Department of Biomedical Engineering, Erasmus MC, and Gaby Doeswijk 
from the Department of Radiology, Erasmus MC, for technical assistance. 

 





1Department of Biomedical Engineering, Thoraxcenter, Erasmus MC, Rotterdam, the Netherlands, 
2Interuniversity Cardiology 2Institute of the Netherlands (ICIN), Utrecht, the Netherlands 
3Laboratory of Acoustical Wavefield Imaging, Faculty of Applied Sciences, Technical University Delft, the 
Netherlands 
* contributed equally 

Abstract 

Ultrasound contrast agents (UCAs) are used routinely in the clinic to enhance contrast in 
ultrasonography. More recently, UCAs have been functionalised by conjugating ligands 
to their surface to target specific biomarkers of a disease or a disease process. These 
targeted UCAs (tUCAs) are used for a wide range of pre-clinical applications including 
diagnosis, monitoring of drug treatment, and therapy. In this review, recent achievements 
with tUCAs in the field of molecular imaging, evaluation of therapy, drug delivery, and 
therapeutic applications are discussed. We present the different coating materials and 
aspects that have to be considered when manufacturing tUCAs. Next to tUCA design and 
the choice of ligands for specific biomarkers, additional techniques are discussed that are 
applied to improve binding of the tUCAs to their target and to quantify the strength of 
this bond. As imaging techniques rely on the specific behaviour of tUCAs in an ultrasound 
field, it is crucial to understand the characteristics of both free and adhered tUCAs. To 
image and quantify the adhered tUCAs, the state-of-the-art techniques used for 
ultrasound molecular imaging and quantification are presented. This review concludes 
with the potential of tUCAs for drug delivery and therapeutic applications. 
Keywords - Drug delivery, microbubble, molecular imaging, targeted ultrasound contrast 
agents, therapy 

Local drug and gene delivery with ultrasound contrast microbubbles has been around for 
more than 20 years and is subject to extensive studies. Next to delivering drugs, it is highly 
desirable to assess the diseased areas before treatment and monitor therapy outcome. It will be 
most favorable to combine the two modalities 1) targeted ultrasound contrast imaging 
(diagnostic) and 2) ultrasound controlled drug delivery (therapy) in one. The concept of 
ultrasound contrast agent for molecular (targeted) imaging consists of using contrast particles 
with a specific ligand to the target receptors that are expressed in the area of disease. Targeted 
contrast is administered intravenously, circulates in the bloodstream, and accumulates in the 
area of interest via a ligand-receptor interaction. Free circulating agent clears from the 
bloodstream, and targeted agent signal is then used to demarcate the site and condition of the 
target diseased tissue.  Receptors of interest, upregulated on the inner surface of endothelial 
layer of the vasculature, include proteins from integrin and selectin families. For instance, P-
selectin and ICAM-1 are known to be upregulated on the surface of activated endothelium in 
the tissue that is undergoing inflammatory processes; selectin and integrin upregulation is 
applied by the body to direct leukocyte accumulation and transmigration into these areas. For 
successful strategies of drug delivery and molecular imaging the design of the bubbles is 
essential. 



The commercially available UCAs have different coating materials to reduce the surface 
tension and gas diffusion out of the UCAs, thereby increasing their lifetime. These are: albumin 
(Albunex, Cardiosphere, Optison), galactose (Echovist, Levovist), lipids (Definity, Imagent, 
Levovist, Lumason, MicroMarker, Sonazoid, SonoVue, Targestar), or polymers (Acusphere, 
Sonovist) [298] [299]. The main advantage of lipid-coated bubbles is that different mixtures 
can be easily formulated and modified [299]. Very recently, super-resolution fluorescence 
microscopy revealed that the main lipid in the coating (1,2-distearoyl-sn-glycero-3-
phosphocholine, DSPC or 1,2-dipalmitoyl-sn-glycero-3-phosphocholine, DPPC) influences 
the ligand distribution on the shell [300] and it was also shown that the difference in ligand 
distribution also changes the acoustical properties [301]. This offers opportunities for designing 
UCAs with very specific and known properties. Most lipid-coated UCAs have a brush of 
polyethylene glycol (PEG) incorporated in their shell to prevent close contact between 
neighboring bubbles to inhibit their fusion and to shield them from the immune system [299]. 
But although this is generally accepted as a method to increase UCA lifetime, the necessity of 
incorporating PEG for tUCAs has been questioned [302]. This study indicated that small 
peptides either conjugated to the lipid directly or via a PEG-spacer (∼10 monomers), might 
hinder access of the ligand to the target receptors when short PEG brushes (molecular weight 
of 350 kDa; i.e. 8 monomers) are part of the coating. Even when the MBs were prepared without 
a PEG brush in their coating, the introduction of a PEG spacer between the ligand and the lipid 
seemed to reduce binding. Their hypothesis is that the flexibility of the spacer possibly enabled 
the peptide to loop back onto the bubble surface. According to Marsh et al. [303] this is indeed 
what happens: due to their choice of incorporating relatively short PEG chains in the coating, 
the PEG chains will be in the mushroom regime and therefore assume a random configuration. 
If they would have used similar concentrations of PEG with longer chains, such as PEG(2000) 
containing 45 monomers, these chains would be in the brush state: a more stretched and less 
random configuration [303]. The random configuration of the PEG chain in the study of Myrset 
[302] could thus shield the ligand, whilst a brush configuration may have been advantageous. 

Polymer tUCAs have a stiffer and thicker coating than lipid-coated bubbles, and the main 
acoustic difference is their echogenicity: usually a polymer bubble is destructed and the free 
gas bubble is detected, whereas a lipid-coated bubble can be used for non-destructive imaging 
[14]. Combinations of different shell materials have also been reported; Ottoboni et al. [304] 
used microcapsules with a cross-linked albumin outer layer and a poly-(DL-lactide) inner layer. 
The advantage of the two different layers is the possibility to tweak the acoustic performance 
via the inner polymer layer in terms of their stiffness and thickness, and to change the biological 
activity via the protein outer layer.  

In vivo, the adsorption of serum proteins on the shell (opsonization) is a major challenge in 
the design of UCA, as it might inhibit binding of the tUCa to its target. Lipid-coated MBs based 
on phosphatidylcholine (PC)—especially pure DSPC—have lower serum protein adsorption, 
higher stability in serum, and lower uptake by the reticuloendothelial system (RES) than 
negatively charged phospholipids, such as phosphatidylserine (PS) [302]. Another problem 



caused by opsonization is its triggering capacity for phagocytosis. As targeting ligands 
typically present nucleophilic groups (e.g., hydroxyl or amino) this could trigger complement 
C3/C3b activation to promote phagocytosis and decrease the tUCA circulation time. This can 
be partly overcome by using longer PEG chains that are in the brush state [303] to shield the 
ligands from complement activation (“overbrushing”) and thus reduce immunogenicity [305]. 
Unnikrishnan and Klibanov [299] on the other hand, state that complement activation aids MB 
adherence in the microvasculature. Although PEGylation of UCAs might decrease the 
circulation time, it does reduce immunogenicity and thus seems to be desirable. 

The ligand that makes the tUCA functional is typically a peptide, protein, polymer, antibody, 
nanobody or aptamer [298] [306] [307] [308] (Figure 1A). A reactive moiety suitable for 
conjugation with the ligand of interest needs to be attached to the tUCA shell, of which biotin 
(noncovalent), or covalent coupling via a carboxylate group, thiol, or maleimide are most 
common [299], [309] (Figure 1A3). Covalent coupling does not require foreign proteins such 
as streptavidin, so the chances of immune response in a clinical setting are low [310]. A 
carboxyl group incorporated in the tUCA shell can be activated with carbodiimide, forming an 
active ester that reacts with the protein amino group, forming an amide bond. However, proteins 
possess multiple lysine residues, so coupling via amide bonds is random and may therefore 
interfere with ligand-receptor interaction. As an alternative, a maleimide on the shell is coupled 
to a thiol group on the ligand (or vice versa), forming a thioether. The advantage of maleimide-
thiol coupling is oriented coupling: a ligand protein possessing a single thiol then has a single 
point attachment to the bubble shell. This retains the affinity of the ligand to its target [299]. A 
new class of ligands are camelid-derived single-domain antibody-fragments (∼15 kDa) called 
nanobodies, that do not induce an immune response in humans [307]. 

tUCAs can be decorated with ligands against various diseases. As typical UCAs are confined 
to the vascular tree [8], the most commonly targeted biological processes are angiogenesis, 
inflammation, and thrombosis. With the introduction of smaller tUCAs that can extravasate, 
apoptosis can also be targeted [311]. 

Generally, tumors can be targeted by means of biomarkers for angiogenesis: �v�3 integrin, 
vascular endothelial growth factor (VEGF), vascular endothelial growth factor receptor 2 
(VEGFR2), endoglin (CD105) [30], [298], [306], [312], or a combination hereof [313]. Cyclic 
RGD is a clinically translatable ligand that was confirmed to adhere to endothelial cells 
expressing �v�3. In addition, the bubbles conjugated to cRGD had sufficient residence time to 
attach to the integrin and were specific for �v�3-expressing cells [314]. Another strategy to 
target �v�3 used the clinically approved contrast agent Sonazoid. The PS incorporated in the 
UCA coating was conjugated to lactaderin. This is analogous to the process of phagocytosis: 
apoptotic cells externalize PS allowing lactaderin to bind to PS to promote binding to the 
integrins on the surface of phagocytic cells [315]. Since adherence of the MBs functionalized 



with lactadherin to human umbilical vein endothelial cells (HUVEC) under flow was higher 
than for bare MBs, this complex has potential to be translated to the clinic for targeting 
angiogenesis. 

For VEGFR2 targeting the lipid-coated BR55 bubble (Bracco Diagnostics) is most 
promising for translation to the clinic for which a heterodimer peptide is directly conjugated to 
the PEGylated lipid [30]. Recently, a phase 0 clinical trial with this agent for prostate cancer 
was successfully conducted [31].  

Inflammation plays a role in several diseases, such as atherosclerosis, and transient ischemia 
[53], [316]-[318]. Specific inflammation markers that have been used for tUCAs are 
intracellular adhesion molecule 1 (ICAM-1), vascular cell adhesion molecule 1 (VCAM-1), E-
selectin, and P-selectin [201], [304], [306], [319]. MBs targeted to VCAM-1 can be used to 
discriminate the severity of inflammatory burden in mice with various degrees of 
atherosclerosis [316]. This suggests that assessment of early inflammation in plaques is 
feasible. However, the same study showed that MB attachment to endothelial cells exposed to 
high wall shear stresses was very low (in vitro). This did improve with short interruptions of 
the high shear rate, as is the case with a pulsatile blood flow. Since the adhesion molecules 
ICAM-1 and VCAM-1 mediate the firmer adhesion of the leukocytes to the endothelium, and 
E-selectin and P-selectin promote the initial attachment and rolling of leukocytes [306], 
targeting both selectin and adhesion molecules can potentially improve initial binding and 
increase the binding strength. 

Targeting of thrombi is mainly focused on the glycoprotein IIb-IIIa (GPIIb-IIIa or 
CD41/CD61) expressed by activated platelets in the thrombus [298], [306], [320], [321]. This 
glycoprotein mediates platelet-aggregation and is the most abundant receptor on the platelet 
surface  [321]. Using Targestar-SA conjugated with anti-GPIIb/IIIa single-chain antibodies, 
these bubbles bound specifically to activated platelets in vitro. This may allow for real-time in 
vivo molecular imaging of acute arterial thrombosis and monitoring of pharmacological 
thrombolysis. Next to antibodies, it has been shown that cRGD can also be used to target GPIIb-
IIIa. Although this ligand is generally known as a marker for angiogenesis, cRGD was shown 
to be specific for GPIIb-IIIa (also known as integrin �iib�3) as well [322]. cRGD was conjugated 
to the MBs via thiol-maleimide coupling and binding to GPIIb-IIIa was evaluated in vitro in 
the presence of plasma and under wall shear stresses up to 8 dynes/cm2 [320]—a  value 
representative for the human aorta  averaged over the heart cycle [323]. Several studies have 
demonstrated that cRGD exhibits an ∼30× higher binding efficiency than linear RGD, and 
indeed significantly more cRGD bubbles adhered up to the highest shear rate in vitro and in the 
larger arteries of mice [320]. 

Nakatsuka et al. [308] recently introduced a new concept using MBs that are only 
acoustically active at thrombin levels associated with clot formation. The targeting moiety of 
these bubbles was a thrombin aptamer crosslinking strand (TACS). Crosslinking limits the 



nonlinear signal generation of the MB due to the immobilization of the lipids in the shell. Upon 
decrosslinking the polymer-DNA strands completely displace from the TACS, allowing the 
MB to oscillate freely, enhancing their nonlinear response. The MBs consisted of DSPC, DPPA 
(1,2-dipalmitoyl-sn-glycero-3-phosphate), and 1,2-distearoyl-sn-glycero-3-
phosphoethanolamine-poly(acrylic acid)-TACS (DSPE-PAA-TACS). When the bubbles are in 
contact with thrombin in the thrombus, this protein binds to the aptamer, which results in 
decrosslinking. The in vitro onset of decrosslinking was about 20 nM thrombin. Since in vivo 
clot formation starts with a concentration of ∼25 nM thrombin this offers opportunities to detect 
small clots at an early stage [308]. This has been shown in vivo using similar MBs, but with 
different amounts of DSPE-PEG(5000) added to the mixture [324]. Small amounts of PEG 
were found to improve stability, while higher concentrations did not contribute significantly to 
stability. Indeed, it was also shown that these aptamer MBs enhanced US signal in the vicinity 
of clots.  

The last few years molecular imaging using MBs has emerged and multiple novel targets 
have been proposed and investigated. Prostate cancer is difficult to diagnose noninvasively, 
and common practice is routine clinical testing in the laboratory to determine the level of 
prostate-specific antigen in the blood. However, this test lacks sensitivity and specificity  [325]. 
The prostate-specific membrane antigen (PSMA) has higher expression levels in prostate 
cancer epithelial tissue than in normal prostate tissue and benign prostatic hyperplasia [326], 
and is therefore very promising for UMI and staging of prostate cancer as shown in vitro  [327]. 
Next to prostate cancer, other types of cancers have been successfully targeted in vivo using 
tUCA: 1) tumor vessels of angiosarcoma that were targeted via secreted frizzled related protein 
2 (SFRP2) using DSPC:PEG(2000)-PE bubbles [328]; 2) ovarian cancer tumor vasculature that 
expresses CD276 with Target-Ready MicroMarker conjugated to anti-CD276 [329]; and 3) the 
neovasculature of pancreatic ductal adenocarcinoma targeted to thymocyte differentiation 
antigen 1 (Thy1 or CD90) using anti-Thy1 MBs  [330]. The latter two are specific endothelial 
markers for human cancer types, which are a challenge to investigate in a preclinical setting. 
The group of Willmann  [329], [330] therefore developed a mouse model that expresses human 
vascular biomarkers by transfecting mouse endothelial cells with the human biomarker of 
interest and implanting these together with the tumor cells of interest.  

In a preclinical setting Targestar-B was targeted to epidermal growth factor receptor (EGFR) 
and CD147 expressed in head and neck squamous cell carcinoma, where using the dual 
targeting was reported as most promising [331]. Although E-selectin is not a novel target, its 
upregulation due to inflammation can also be used to monitor tumor progression and 
metastasis. E-selectin can therefore be used as a new targeting strategy for early screening for 
tumors with metastatic potential  [312]. Next to novel targeting strategies for tumors, ischemia-
reperfusion after myocardial infarction was targeted to matrix metalloproteinase-2 (MMP-2) 
using polymer-shelled microcapsules. Apoptosis is another recently studied target, typically 



targeted to PS. Annexin V is known to specifically bind to PS [332] and was used for apoptosis 
imaging in breast cancer cells using nanobubbles [311]. 

Binding of tUCAs to target biomarkers under in vivo conditions is a key factor for successful 
application of molecular imaging for diagnosis and therapy (Figure A). Methods to enhance 
binding of tMBs generally depend on adjustments in the coating of the tMBs and/or applying 
acoustic radiation force to push the tMBs to the target cells. Deflating the tMBs to increase the 
shell surface area  [201], conjugating two [198] or three [333] different ligands to the coating, 
or optimizing the length of the ligand linker  [200] are among those studies optimizing the 
tMBs for an enhanced binding effect. Also, the probability of successful binding may be 
increased by homogenizing the ligand distribution on the MB shell  [300], but needs further 
investigation. In addition, larger tMBs have a higher binding force because of their larger 
binding area. Nevertheless, the shear forces induced by the blood flow experienced by larger 
tMBs are higher than those experienced by smaller tMBs: this increases the risk of detachment 
of larger tMBs from their targets. In a numerical study, the optimal tMB size for enhanced 
binding (assuming they keep their spherical shape) is suggested to be in the range of 2–45µm 
in diameter  [199]. In a very recent study, super-resolution microscopy was used to compare 
tMBs based on DSPC or DPPC in terms of ligand distribution, binding area, and their shape 
upon binding (Figure 1B) [300]. This study shows that DSPC tMBs keep their spherical shapes 
after binding (Figure 1B1) and have significantly smaller binding areas than DPPC tMBs, 
which had a dome-shape after binding (Figure 1B2). Magnetic MBs have also been developed 
to enhance the targeting in UMI and therapy [334]-[336]. Magnetic targeting uses an externally 
applied magnetic field, typically applied using a permanent magnet, to control the location of 
magnetically responsive MBs. Various magnetic MB preparations and applications have been 
published by Stride et al. in 2009 and 2012 [335], [337]. For instance, the gas core of the MB 
can be surrounded by a ferrofluid and stabilized by an outer coating of L-�-PC. Such a magnetic 
MB could increase the dwell time of tMBs in a target volume, whilst specificity could be 
provided by biochemical targeting [337].  

In addition to the tMB shell modifications, acoustic radiation force [338] can be used to 
push the MBs against the vessel wall to further improve the targeting rate of the MBs  [233], 
[339]-[341]. This technique was also successfully used to improve the delivery of stem cells to 
the vessel wall which can be used for the repair of damaged tissue (Figure 1C) by developing 
echogenic complexes by conjugating tMBs to stem cells (StemBells) [342].  

To evaluate the efficacy and strength of tUCAs, a measurement system capable of assessing 
the strength of various binding configurations is necessary. Several in vitro methods have been 
proposed. Kim et al. [343] used a micromanipulation technique to adhere a single tMB to an 
individual glass bead using two separate pipets (Figure 1D). The pressure applied by the bead 
pipet was incrementally increased until the MB detached from the bead. Using this method, the 
binding force was measured as a function of composition and structure of the lipid shell and 



the receptor-ligand pair in a controlled in vitro environment. For instance, the detachment force 
for the biotin-PEG-avidin system was measured to be in the order of 100 nN assuming the 
contact area of the MBs and the coated surface to be around 10 µm2. In another study, atomic 
force microscopy (AFM) was used for assessing the adhesive interactions of tMBs with their 
target cells in vitro [344]. They used in-house developed lipid-shelled tMBs conjugated to the 
CD31 antibody using biotin-avidin bridging for adhesion to Sk-Hep1 hepatic endothelial cells 
and measured single distributions of the binding forces with a median of 93 pN. Controlled 
shear flow has also shown potential for monitoring the binding force of MBs targeted to P-
selectin in vitro [345]. In this experiment attachment and detachment of tMBs to P-selectin 
immobilized on a culture dish was investigated in a parallel-plate flow chamber by increasing 
shear stress at intervals of 30 seconds. The accumulation rate first increased with shear stress, 
reached a maximum at ∼0.6 dyn/cm2 and then decreased. Half-maximal detachment was 
reached at 34 dyn/cm2. These results suggest that accumulation and retention of tMBs are 
possible under physiologic flow conditions [323]. Another approach for measuring binding 
force is the effect of secondary Bjerknes forces on tMBs, which was studied using a high-speed 
camera [174], [252]. The secondary Bjerknes force is an averaged net force that neighboring 
MBs experience due to their oscillations in an ultrasound field. The direction of the force 
depends on the phase difference between the MB oscillations and the oscillating pressure 
gradient [234]. Kokhuis  et al. [174] observed that bound tMBs deform in the direction of their 

 
Figure 1. Targeting and binding of tUCAs. (A) tUCAs targeted to their specific biomarker via an antibody (the 
antibody is used as an example and can be replaced by other ligands, as mentioned in the text). A1 shows both free 
and adhered tUCAs in a blood vessel (RBC 1⁄4 red blood cell). A2 shows a detailed representation of a ligand that 
is coupled to the lipid shell via biotin-streptavidin bridging, where the ligand adheres to the biomarker. The red
arrows in A3 point to an example of a non-covalent linker (i.e. biotin-streptavidin bridging) and a covalent linker.
(B) A lipid-coated MB with a shell based on DSPC (B1) or DPPC (B2), where the DSPC-based MB has a smaller
binding area (indicated by white arrow) and a more spherical shape than the DPPC-based MB (reprinted (adapted) 
from Kooiman et al. [13], with permission from John Wiley and Sons). (C) StemBells before the application of 
US (left panel) are pushed towards the vessel wall due to acoustic radiation force (right panel) (reprinted (adapted)
from Kokhuis et al. [62] with permission from John Wiley and Sons). (D) A MB attached to a glass bead via two
micropipettes. The force needed to separate them is used to measure the binding force (reprinted (adapted) with 
permission from Kim et al. [63]. ß2014 American Chemical Society). 



neighboring MB when they were subjected to secondary Bjerknes forces. If low-intensity 
ultrasound is applied, the deformation induces an elastic restoring force, causing the MBs to 
recoil back to their equilibrium position. For higher acoustic pressures, the secondary Bjerknes 
force can break the bond between the tMB and the surface. Using this technique, the binding 
force between a single biotinylated MB and an avidin-coated surface was measured to be 
between 0.9 and 2 nN. In addition, the optical observation of the event suggests that lipid 
anchors are pulled out of the MBs shell, rather than destruction of the strong bond between 
biotin and avidin [174]. 

Non-targeted MBs for contrast-enhanced imaging, such as SonoVue and Definity, have been 
thoroughly characterized in terms of their acoustic behavior in an US field [88], [93], [346], 
[347]. These studies mainly focused on bulk measurements, as regular contrast-enhanced US 
imaging is also performed in vessels containing high concentrations of microbubbles. 
However, for imaging of tMBs where only very few adhered MBs may be in the imaging field, 
the response of only a single MB or a cluster of MBs has to be detected [124]. The response of 
a single MB in an US field is therefore of high interest to aid enhancement of the backscattered 
signal to improve imaging. A first step is to determine the MB properties after attaching a 
targeting ligand to it. The next step is the characterization of tMBs adhered to their molecular 
targets, and comparing this to the response of non-adhered tMBs to find parameters to 
distinguish them from each other. 

Only a few studies used functionalized MBs to determine the effect of functionalization on 
the MB properties; in particular, their elasticity using either atomic force microscopy (AFM) 
or high-speed optical imaging. Using AFM, an elasticity was found that was almost 30× higher 
for streptavidin-functionalized bubbles than for bare lipid-coated bubbles (710±41 vs 25±1.4 
mN/m; DPPC:PE-biotin, 90:10 mol%) [348]. Recently, the same group performed AFM 
studies on bubbles with a C3F8 core and a lipid-coating of DPPC:DSPE-PEG(2000)-biotin or 
DPPC:DOPE-biotin (1,2-dioleoyl-sn-glycero-3-phosphoethanolamine-biotin) in a 90:10 ratio 
[349]. Both types were functionalized with streptavidin and bubbles with diameters between 3 
and 4 μm were deformed up to 20% of their original size, whereas non-functionalized bubbles 
were deformed up to 50%. Here, streptavidin functionalization increased the elasticity to 
26.9±1.4 mN/m for the PEGylated bubbles, but PEGylation itself was also found to increase 
the elasticity (17.7±0.7 vs 10.7±0.5 mN/m). However, the increase in elasticity between 
PEGylated and non-PEGylated MBs might actually be a consequence of the different lipids 
that were used for both bubble types: DSPE or DOPE as it has recently been shown that the 
main lipid of non-targeted biotinylated MBs changes the distribution of the lipids in the shell 
and its shell properties [300], [301]. The authors do not explain the large difference in stiffness 
values between both studies [348], [349]. Indeed, there does not seem to be a straightforward 
explanation. The preparation method is identical, but although the biotinylated lipids are 
different this cannot explain such a large difference. The major difference between both studies 



is the PEGylation [349], but this was found to increase the stiffness, and contradicts with their 
results. 

To study the influence of functionalization on several MB properties, we functionalized 
identical biotinylated MBs—with either DSPC or DPPC as the main coating lipid [300]—with 
streptavidin via avidin-biotin bridging [166]. These unbound bubbles were investigated at 
frequencies between 1 and 4 MHz at a pressure of 50 kPa and their vibrational response was 
recorded by optical ultrahigh-speed imaging [101], [301]. For DSPC and DPPC-based bubbles 
the acoustic stability increased after functionalization, although their shrinkage remained 
significant (Table I). The resonance frequencies of functionalized and non-functionalized 
DSPC MBs were similar, whereas those of DPPC MBs were higher for the functionalized ones. 
The number of MBs responsive at the subharmonic (SH) frequency was slightly lower for 
functionalized DSPC bubbles than for non-functionalized DSPC bubbles. For DPPC there was 
no change after functionalization. At the second harmonic frequency the functionalized and 
non-functionalized DSPC bubbles behaved similar, whereas after functionalization hardly any 
DPPC bubbles responded. The viscoelastic shell properties of both functionalized and non-
functionalized MBs were estimated [101], [301] using the Marmottant model [98]. The shell 
elasticity for DSPC slightly increased after functionalization, whereas for DPPC the elasticity 
increased almost fourfold. The shell damping and viscosity, on the other hand, did not change 
after functionalization. 

Table 1. Characteristics of streptavidin-functionalized and non-functionalized DSPC and DPPC bubbles 

Type Streptavidin 
functionalized 

Number 
of 

bubbles 

Stability 
(%)* 

Bubbles 
responding 

at the 
subharmonic 

frequency (%) 

Bubbles 
responding at 

the second 
harmonic 

frequency (%) 

Elasticity 
(N/m) 

Viscosity 
(× 10-8 
kg/s)* 

DSPC 
No # 15 95.9 

(3.5) 27 67 0.17±0.06 1.2 (0.9) 

Yes 12 99.1 
(2.8) 17 75 0.23±0.06 1.0 (0.5) 

DPPC 
No # 14 90.3 

(8.2) 67 17 0.06±0.08 1.0 (0.3) 

Yes 6 94.4 
(4.3) 71 79 0.21±0.08 1.8 (0.6) 

* Median (IQR) 
# Data adapted from van Rooij et al. [301].  

A critical side note regarding the elasticity estimated for the functionalized DPPC MBs is 
the narrow size distribution that did not cover the same range as the DSPC bubbles (DPPC: 
4.8-6.2 μm; DSPC: 3.1-7.3 μm). However, our results clearly show an increase of the resonance 
frequency and thus of the elasticity, which corresponds with the results obtained using AFM 
[348], [349]. The increase in elasticity after functionalization is believed to be due to the 
presence of crystallization of streptavidin around the lipid shell forming a stiffer external layer 
[349] as also observed on streptavidin-functionalized giant unilamellar phospholipid vesicles 
[350], [351]. This is also consistent with the increased stability: a stiffer and thicker shell better 



prevents gas escape [352]. The above mentioned studies all found differences between 
streptavidin-functionalized MBs and non-functionalized MBs. In contrast, Overvelde et al. 
[125] concluded that the frequency of maximum response and the maximum amplitude of 
oscillation of functionalized bubbles (BG-6438, Bracco Imaging S.p.A., Milan, Italy) and non-
functionalized bubbles (BG-6437, Bracco) did not seem to change.  

Although streptavidin-biotin binding is a useful tool to gain insights into the effects of 
coupling of relatively large and heavy ligands to MBs in vitro, it can never be used clinically 
due to strong immune responses [310]. Therefore, alternatives for in vivo targeting have to be 
considered, such as peptides, polymers, or antibodies, as discussed in the Targeting and binding 
section. Peptides consist of a few amino acids (∼100-200 Da) [353] and the RGD-peptide used 
typically for targeting has a molecular mass of ∼380 Da. Since functionalizing bubbles with a 
small, low molecular mass ligand such as biotin (∼250 Da) has hardly any effect on the MB 
response, it is expected that functionalization of MBs with a peptide has also minimal effect. 
Polymers are regularly used in MB designs to increase circulation times and to function as a 
stealth mechanism, mostly in the form of a PEG-lipid [272]. Abou-Saleh et al. [349] only 
mentioned a slight increase in elasticity upon PEGylation, but it is not known whether addition 
of a polymer changes other properties. Streptavidin-functionalization, on the other hand, has a 
significant effect on MB response. Since antibodies (∼150 kDa) are more than 2× heavier than 
streptavidin (∼60 kDa) an even larger effect, especially on the elasticity and resonance 
frequency, is expected. In addition, coupling an antibody covalently to a lipid could also induce 
cross-linking of the lipids as there are usually several reactive groups on an antibody. 

The next step after functionalization of MBs is studying their behavior when they have 
bound to their molecular target. Moreover, the differences in acoustical signals between free 
and adhered bubbles are the key feature to facilitate discrimination. 

Some of the non-functionalized biotinylated bubble types described in the previous section 
[124], [300], [301] were used to target an avidin-coated cellulose capillary using acoustic 
radiation force to promote binding  [354]. Optical imaging was used to confirm bubble adhesion 
and high-speed optical imaging was used to visualize the oscillations [355]. The adherent MBs 
oscillated symmetrically in the plane parallel to the wall (similar to a free-floating MB) and 
asymmetrically in the plane normal to the wall. The side of the MB near the boundary expanded 
and contracted to a lesser extent than the side away from the boundary. The normalized radial 
expansion was larger for adherent bubbles in both imaging planes. When the transmission 
pressure was increased from 240 to 450 kPa, the center of the microbubble began to collapse 
toward the fixed boundary, producing a jet. At even higher pressures (650 kPa) fragmentation 
was observed in the plane parallel to the boundary, where the remaining fragments expanded 
and contracted, and were displaced along the wall away from the ultrasound source  [354]. This 
can be advantageous for drug delivery applications when the drug is incorporated in or attached 
to the shell of the MB. The response at the fundamental frequency was larger for adherent 
bubbles than for free bubbles [355], the responses at the SH frequency were similar, and the 



second harmonic component also increased [354]. At increasing pressures the signals at the 
third and fourth harmonic frequency were also higher for adhered MBs. One of the underlying 
causes of the higher fundamental (and maybe also harmonic) signals of adherent bubbles could 
be due to the small diameter of the bubbles (<< acoustical wavelength) and the nearly uniform 
spatial distribution of free bubbles, resulting in incoherent echo summation and a small 
backscattered intensity from each sample volume. Alternatively, a layer of tUCA adherent to 
the inside of a vessel wall reflects US coherently, resulting in a large reflection of the 
fundamental component. Secondly, the adherent bubbles formed aggregates, which increase 
the coupling between adjacent bubbles and thus their effective scattering cross section [355]. 

In addition to adhered and free floating microbubbles, Overvelde et al. [125] studied bubbles 
close to an OptiCell wall, using ultrahigh-speed imaging. For non-functionalized bubbles close 
to the wall the amplitudes at the frequency of maximum response were lower than for free-
floating non-functionalized MBs. However, the OptiCell wall was not blocked for unspecific 
binding, hence these bubbles probably also adhered to the wall and cannot be considered as 
non-adherent. The observation that still holds is the 50% lower frequency of maximum 
response for adherent functionalized MBs than for functionalized and non-functionalized MBs 
in the unbounded fluid (150 μm away from the wall). The lower frequency of maximum 
response for bubbles bound to the OptiCell wall might be due to an increase in damping due to 
the coupling of the bubble and the wall.  

Besides optical interrogation of bubbles, acoustical measurements have been used to 
characterize tMBs. Prior to the acoustical measurements, the biotinylated bubbles were sized 
by optical microscopy and subsequently injected in a capillary with or without streptavidin-
coating [356]. Scattering of non-biotinylated bubbles and biotinylated bubbles at the 
fundamental frequency (2 MHz) was similar, whether or not the capillary was coated. The 
second harmonic resonance radius of an adherent MB was higher than that of a non-adherent 
targeted bubble, i.e. the second harmonic resonance frequency was higher. The reason that a 
difference between biotinylated and non-biotinylated bubbles was not found might be just a 
size or mass effect of the functionalization ligand. Not only is biotin (∼250 Da) much smaller 
than streptavidin (∼60 kDa), but one streptavidin molecule can bind up to four biotin molecules 
[272] that could form a protein layer around the shell, as suggested by others [349], [351]. The 
effect of biotinylation on the resonance frequency might therefore be only minimal.  

The most recent study that compared free with bound MBs focused on the SH response 
frequencies at 11 and 25 MHz [357]. The rationale behind applying higher frequencies is 
imaging in a preclinical setting, but also in a clinical setting for the assessment of 
atherosclerosis in the carotid or for superficial tumors these high frequencies are needed. This 
study used the commercially available Target-ready MicroMarker (lipid-coated and 
streptavidin functionalized) which had stronger SH activity for larger bubbles when insonified 
at 11 MHz, i.e. the SH resonance frequency decreased upon binding. At 25 MHz the difference 
was smaller between free and bound MBs, but the amplitude of the adhered bubbles was 20% 
higher. In general, the pressure thresholds for SHs were lower at 11 MHz than at 25 MHz. 



Bound bubbles disrupted at lower pressure thresholds than unbound, especially at 11 MHz. At 
this frequency mainly compression-only behavior was observed for both bound and unbound 
MBs, whereas at 25 MHz the oscillations were expansion-dominated. Although differences in 
SH resonance were present, no shift in the fundamental resonance frequency was observed. 
This study also aimed to find a strategy to enhance the SH signal for imaging. Optimal pulse-
inversion techniques require the same phase (0 radian phase shift) of the responses induced by 
both transmit pulses. Consequently, due to complete constructive interference (much like an 
opposite phase of 4 radian is desirable between fundamental echoes to ensure complete 
destructive interference) this would yield the maximal SH amplitude. At 11 MHz the SH 
emissions were consistently half a wavelength (4/2 radian) out of phase and at 25 MHz it varied 
more, but a similar trend was observed. This suggests that with the incorporation of a phase-
shifting strategy; SH signal amplitudes from pulse-inversion techniques can be increased to 
60% to enhance imaging. 

Interestingly, the before mentioned studies show an opposite effect on the resonance 
frequency upon binding of the MBs. For streptavidin-functionalized MBs in an OptiCell 
insonified at pressures between 2 and 4 MHz, the resonance frequency decreased [125], while 
for biotinylated MBs in a streptavidin-coated capillary insonified at 2 and 3.5 MHz the 
resonance frequency increased [356]. At higher frequencies streptavidin-coated bubbles at 11 
MHz showed an increase in resonance frequency, while it showed a decrease at 25 MHz [357]. 
A potential explanation for the observed opposing trends may be frequency-dependent 
boundary effects, for example caused by frequency-dependent boundary stiffness [357]. 
Nevertheless, these contradictions show that much is still unknown concerning the effects of 
binding on the bubble response. As this is the key factor for acoustical differentiation between 
bound and unbound MBs, single MB studies are needed for reliable determination of the bubble 
properties. Especially in vivo studies could aid the understanding of MB behavior in a 
clinically-translatable environment.  

Next to the lipid-coated MBs described above, the characteristics of other types of tUCAs 
such as polymer and nanobubbles have been studied. Schmidt et al. [358] used poly(l-lactic 
acid) (PLA) capsules that bound to a neutravidin-adsorbed polystyrene surface (similar to an 
OptiCell wall). In this study the microcapsules adhered to the surface under flow conditions 
with wall shear stresses between 0.2 dyn/cm2 and 1.5 dyn/cm2. The capsules first slowed down 
before binding and were easier to detach at higher shear stresses and higher acoustic pressures. 
At the highest pressure of 291 kPa an appreciable fraction of the capsules also ruptured and 
released their gas content.  

Recently, polyvinylalcohol (PVA) capsules gained specific interest due to their chemical 
versatility that enables functionalization with different ligands, for instance hyaluronic acid for 
the targeting of tumor cells and tissues [359]. The properties of the air-filled PVA capsules 
were compared to other polymer-coated capsules and commercially available bubbles with 
lipid and protein coatings [360]. At very high pressures up to 2.344 MPa (mechanical index 
(MI) = 1.58) the shell’s shear modulus was estimated to be 3.7 MPa. Assuming a shell thickness 



of 0.5 µm [360]  this corresponds to an elasticity parameter of 5.6 N/m: an order of magnitude 
higher than for lipid-coated bubbles [88], [101], [347]. The in vitro capsule concentration 
necessary to obtain the same signal was similar to Albunex, 5 to 10-fold lower than for 
SonoVue and Definity and even 35-fold lower than for Optison. Using the same concentrations 
for SonoVue and PVA bubbles the second and higher harmonic signals for PVA were up to 10 
dB higher. 

Sub-micron sized nanobubbles (∼200 nm) may potentially extravasate by passing the 
capillary barrier to reach cells at the tumor cell target site [320]. This property makes them 
promising for targeted molecular imaging and drug delivery in tumors. Due to the higher 
permeability of tumor vasculature—enhanced permeability and retention (EPR) effect—
nanobubbles are more likely to accumulate in tumors, known as passive targeting. The stability 
of the lipid-Pluronic nanobubbles was higher than that of Definity (in vitro). In mice, the lipid-
Pluronic nanobubbles were imaged using contrast harmonic imaging at 8 MHz and their 
contrast in the tumor was higher than for Definity. This was ascribed to the possible 
extravasation of the nanobubbles, which retains them in the tumor and thus increased the signal. 

UMI that uses tUCAs is a multidisciplinary technology applicable for both diagnosis, 
monitoring of lesion formation, and therapy evaluation. 

MBs generate higher harmonics, SH and ultraharmonic of the excitation frequency [69], 
[128], [361]-[364]. Upon excitation by multi-frequency bursts, MBs can also act as nonlinear 
mixers of the excitation frequencies and produce cross-products [365]-[367]. Conventional 
nonlinear imaging techniques, at lower frequencies (< 15 MHz), focus mainly on detection of 
higher harmonics [73], [145], [368]-[370]. The need for high resolution UMI in small animal 
applications has pushed the frequencies used in preclinical imaging to above 15 MHz [371]. At 
these frequencies similar nonlinear techniques have been implemented [83], [372]-[375]. 
However, performance of these imaging methods is degraded because the excitation frequency 
is much higher than the resonance frequency of the MBs, attenuation is higher, and far-wall 
artifacts [144], [376]-[379]. Therefore, improved imaging methods have been extensively 
studied, such as improved harmonic imaging methods  [151], [380], [381], chirp coded 
excitation alone [382], [383] or combined with pulse inversion [384], [385]. Among the 
nonlinear components of the MB response the SH signal has drawn much attention lately, due 
to its MB specificity and artifact-free characteristics. Moreover, SH response of the MB has 
shown its potential for selectively imaging bound tMBs  [357], [386]. The SH signal is strongly 
dependent on the applied acoustic pressures, the ambient pressure variations   [362] [80], [103], 
[387]-[389], and the envelope of the excitation signal [390]-[394]. The SH signal is also less 
attenuated than the ultraharmonic and higher harmonics, and therefore a more suitable choice 
for high frequency applications. Next to the different strategies to improve the sensitivity of 
MB detection, adjusting the MBs is another approach to gain sensitivity. It has been shown that 
UMI of sorted 3 µm MBs results in an approximately 20 times higher video intensity than for 



unsorted populations [395]. This size lies within the optimal tMB size distribution for enhanced 
binding, as shown numerically [199]. This can significantly maximize the sensitivity to small 
numbers of MBs for UMI. 

Selective imaging of true bound tMBs from free flowing unbound ones is another challenge 
that is extensively studied [396]-[400].  The most common approach for imaging and 
quantification of tMBs is to wait for a few minutes (2 [401]to 20 minutes [402]) so most of the 
circulating MBs have been taken up by the lungs and liver (i.e. RES system), or have been 
dissolved. This time also allows the tMBs to accumulate at the site of their targets. Then low 
power nondestructive pulses are applied to image the tMBs, followed by a high power 
disruptive pulse (flash) to eliminate the MBs within the imaging plane which is again followed 
by low power pulses to image the residual circulating MBs (Figure 2A). The intensity 
difference before and after the flash corresponds to the amount of bound tMBs and is a measure 
for the biomarker concentration [403]-[406], as shown in Figure 2A. In such methods the 
quantification of bound tMBs strongly depends on the injected dose, imaging system gain, and 
local perfusion [396]. In addition, the influence of inhaled gasses in the anesthetic protocols 
influences the MBs longevity [62]-[64], [407]. These studies confirmed longer circulation 
times of in-house lipid-shell decafluorobutane-filled UCAs and commercially available UCAs 
such as Definity® and Albunex® when animals breathe medical air instead of pure oxygen as 
the carrier gas for the isoflurane anesthetic. This is perhaps due to a reduced 
ventilation/perfusion mismatch and classical diffusion between the blood gasses and the gas 
inside the MBs (e. g. perfluorobutane), in which nitrogen plays a role by increasing the volume 
of the MBs and diluting other gas species in the MBs gas core [62].  

The presence of tissue motion can compromise quantification, as well as high concentrations 
of freely recirculating MBs after the waiting period. Several methods for selectively imaging 
the bound tMBs in real time have been proposed: utilizing an image-push-image sequence 
[396]; transmission at a low frequency and reception at a high frequency [397]; using the SH 
response of the MBs and interframe filtering [398]; and using singular value spectra properties 
[399]. However, none of the proposed methods have yet been applied in vivo. Only Pysz et al. 
developed a quantification method based on dwell time MB signal measurements, which was 
tested in vivo in well vascularized tumors in mice [408]. However, in this in vivo model where 
attachment of tMBs is significant, the classical way of quantification also performs well. Thus, 
the performance of the method developed by Pysz et al. in applications with very few tMBs in 
the presence of circulating MBs remains unclear. Daeichin et al. have developed an off-line 
quantification method for the detection of biomarker concentrations in vivo in cases with a high 
number of bound MBs, as well as only very few bound MBs [409]. This method benefits from 
motion compensation and individual contrast spot detection, and is capable of distinguishing 
bound MBs from unbound MBs based on their displacement. Such a quantification method can 
be applied in studies performed with different imaging settings because it is less sensitive to 
imaging parameters. 



As discussed previously, the diagnostic focus of UMI is mainly on inflammation, 
thrombosis and angiogenesis. Assessment of angiogenesis is perhaps the application where 
UMI is used the most [53], [230], [313], [316]-[318], [410]-[414]. For evaluating tumor growth 
noninvasively, successful in vivo quantification of the expression levels of the angiogenetic 
biomarkers �v�3 integrin, endoglin, and VEGFR2, which vary during tumor growth in 
subcutaneous cancer xenografts, have been reported [413]. Recently, an UMI study using MBs 
targeted to �v�3 in an ovarian cancer model in hens [415], suggested that the detection of 
ovarian tumor–associated angiogenic microvessels improved when using UMI. For assessing 
the efficacy of cell-based therapies, UMI has been used to image a genetically engineered cell-
surface marker on endothelial progenitor cells to track the fate of these progenitor cells after 
their delivery into vascular engraftment in vivo within Matrigel plugs [416]. Next to the basic 
research that is performed using UMI, numerous studies are putting a step forward by 

 
Figure 2. Ultrasound molecular imaging. (A) Timeline of the imaging protocol and schematic representation of a
typical time intensity curve in the region of interest (e.g. tumor). (B) B-mode (grey) overlaid with non-linear 
contrast mode (green) US imaging in 3D to detect the αvβ3 expression via αvβ3-tMBs (MicroMarker) adhered to 
the SVEC cells (SV40-transformed murine endothelial cell line), which were cultured in an OptiCell. The band in 
the middle of the figure in which there is no green signal present shows the destruction of the tMBs with the flash 
burst. (C–E) 3D micro-UMI using VEGFR-2 Target-Ready MicroMarker on a subcutaneous human hepatocellular 
carcinoma tumor which was developed by injection of HuH7 cells in male nude NMRI mice. All animal work was 
approved by the regulatory authority of Erasmus MC and performed in compliance with the Dutch government
regulation guidelines. (C) 3D B-mode US render of the tumor. (D) 3D render of contrast images 10 min after 
bound tMBs within the entire volume of the tumor. (E) 3D render of contrast images 10 min after injecting the
control MBs. Lack of signals within the tumor indicates no attachment of control MBs to the VEGFR-2 receptors. 
For (B–E), imaging was performed with a Vevo 2100 US imaging system and MS250 probe at 18 MHz. The probe
was moved with increments of 32 mm using a step motor (VisualSonics). 



investigating the possibilities of clinically translatable targeted MBs. In humans, the first phase 
0 clinical trial for prostate cancer UMI was presented recently using BR55, a VEGFR2-tUCA 
[31]. Although it was only a safety study it was reported that 12 out of 14 lesions (proven by 
histology) could be detected with UMI. Bachawal et al. [417] used BR55 in transgenic mice 
with breast cancer and ductal carcinoma. UMI allowed for highly accurate detection of both 
breast cancer and ductal carcinoma in situ and this can be a promising clinical approach for 
early breast cancer detection. In addition, BR55 has shown its potential for early detection of 
liver dysplasia in transgenic mice [418]. 

UMI has also been used to noninvasively assess the effects of anti-inflammatory treatment 
on endothelial inflammation in early atherosclerosis in genetically modified mice [419], [420]. 
UMI has also proven its ability to detect biomarkers of early response to chemotherapy in 
several cancer types by MBs targeted to single biomarker expressions (VEGFR2, �V�3, 
endoglin, Annexin V, or VEGF-VEGFR complex) [311], [412], [421], [422] [423] and MBs 
targeted to two or more of these biomarker expressions [401]. Impressively, studies have shown 
that UMI using �v�3-tMBs is a consistent method that can classify a tumor as a responder or a 
non-responder as early as two days after treatment [424], [425]. To establish the link to clinical 
oncology Flisikowska et al. [426] have suggested the use of larger animal cancer models with 
more similarities to humans, such as genetically modified pigs. They proposed programs to 
generate gene-targeted pigs with mutations in tumor suppressor genes and proto-oncogenes 
that replicate key lesions responsible for a variety of human cancers. Whilst tumor models in 
large animals are challenging, cardiovascular disease can more easily be modeled. A study on 
miniswines suffering from atherosclerosis showed that an improved endothelial permeability 
through ultrasound-activated nitric oxide loaded echogenic immunoliposomes, can facilitate 
the delivery of anti-ICAM-1 conjugated echogenic immunoliposomes to inflammatory 
components in the arterial wall. This approach therefore has the potential to improve UMI of 
atheroma [427]. Next to pigs, the expression of P-selectin and VCAM-1 expression in the 
carotid of nonhuman primates has also been recently assessed with UMI. This study showed 
that endothelial cell adhesion molecule expression in large arteries could be an early event that 
coincides with diet-induced obesity and insulin resistance in nonhuman primates [428]. In 
another recent study on nonhuman primates with myocardial ischemia, UMI showed to be both 
safe and effective for imaging recent myocardial ischemia. Lipid-coated MBs were 
functionalized with dimeric recombinant human P-selectin glycoprotein ligand-1, a 
recombinant ligand appropriate for humans were used [52]. The study suggests that UMI can 
be useful for detecting recent ischemia in patients with chest pain, even in the absence of 
necrosis [52]. 

It is challenging to image the same plane repeatedly in 2D UMI serial studies and small 
misalignments can already introduce a substantial error. tMBs are attached to their targets and 
are therefore stationary in UMI applications where tissue motion is absent. This thus opens up 
opportunities for three dimensional (3D) UMI using 2D probes, by mechanically moving the 
ultrasound probe over the target of interest. This is illustrated in Figure 2 where 3D UMI is 



performed with VEGFR2 Target-ready MicroMarker (VisualSonics Inc.) on subcutaneous 
human hepatocellular carcinoma tumor in a mouse. 

Feasibility of 3D UMI has also been proven by other groups. Streeter at al. [402] performed 
3D UMI of tumors expressing �v�3 integrin by mechanically stepping the transducer across the 
tumor in 800 µm increments. In another study, it was shown that multiple injections of tMBs 
did not block sufficient binding sites to bias molecular imaging data in serial studies [429], 
which is an important finding. Using the clinically promising BR55 agent, 3D UMI was shown 
to be very well suited in depicting the angiogenic activity in very small breast lesions, 
suggesting its potential for detecting and characterizing these lesions in a very early stages 
[430]. Combining the effort to selectively image bound tMBs and 3D UMI, Hu et al. [431] used 
a broadband single pulse imaging sequence (transmitting at low frequencies and receiving at 
high frequencies) that is faster than the multi-pulse methods. Then, this method was combined 
with interframe filtering to selectively image targeted MBs without waiting for clearance of 
unbound MBs, thereby reducing acquisition time from 10 to 2 minutes. Their results suggest a 
feasible method for 3D UMI that is faster than current multi-pulse strategies. 

In combination with ultrasound, UCAs are known to enhance drug delivery. Despite the fact 
that the mechanism behind this enhancement is not well known, vibrating MBs can stimulate 
drug uptake through cell membrane pore formation, a process also known as sonoporation, 
opening of intercellular junctions, or endocytosis [14], [16]. Whilst UCA-mediated drug 
delivery has been studied since 1997[432], tUCA-mediated drug delivery is relatively new. In 
2011, Kooiman et al. were the first to show that CD31-tUCAs could sonoporate primary 
endothelial cells in vitro [161]. Cell membrane permeability was already induced at acoustic 
pressures as low as 80-200 kPa (1 MHz, 6x10 cycles burst), indicated by uptake of the co-
administered model drug propidium iodide (PI). Since then, several other studies reported 
tUCAs for drug delivery by either co-administrating the drug with the tUCAs or loading the 
drug in/on the tUCAs. Another co-administration in vitro study using PI showed that 
sonoporation of cancer cells by �v�6-tUCAs was higher with chirp pulses from 3-7 MHz than 
with chirp pulses between 1.3 and 3.1 MHz or single frequency insonification at 2.2 or 5 MHz 
(110 kPa, 10 μs burst, pulse repetition frequency (PRF) 1 kHz, 2 min treatment) [181]. This 
can be explained by the fact that chirp pulses cover a broader range of resonance frequencies, 
as MBs with various sizes have different resonance frequencies; chirp pulses are therefore more 
efficient than single frequency pulses. In the chicken embryo model (in vivo), a single sine-
wave burst (1 MHz, 1000 cycles at 150 or 200 kPa) was sufficient for vascular PI uptake using 
�v�3-tUCA [162]. 

tUCAs can also be loaded with genetic drugs (plasmid DNA, siRNA, mRNA) or drugs for 
local gene/drug delivery. Philips et al. [179] used VCAM-1-tUCAs loaded with plasmid DNA 
to transfect smooth muscle cells with the model gene green fluorescent protein (GFP) in vitro 
at 1 MHz (200-300 kPa, PRF 100 Hz, ~5 sec per cell) and at 1.5 MHz (200 kPa, PRF 8 kHz, 



~5 sec per cell). In another study ovarian cancer cells were transfected with wild-type p53 
tumor suppressor gene using Luteinizing Hormone-Releasing Hormone analog (LHRHa)-
tUCA to induce apoptosis (1 MHz, 0.5 W/cm2, 30 s treatment) [180]. Two studies [50], [186] 
showed that tUCAs loaded with luciferase plasmid can transfect vasculature in vivo. Xie et al. 
[50] used P-selectin tUCAs in a hindlimb ischemia skeletal muscle model (1.6 MHz, 0.6-1.8 
MPa, Power Doppler, pulsing interval 5 s, PRF 2.5 kHz for 10 min), whereas Tlaxca et al. [186] 
used mucosal addressin cell adhesion molecule-1 or VCAM-1-tUCA in a model for Crohn’s 
disease (1 MHz, 5 W/cm2, 25% duty cycle for 5 min). 

Two types of drugs loaded in tUCAs have been reported for cancer treatment. Paclitaxel 
loaded into tUCAs induced tumor cell apoptosis in vitro in ovarian cancer cells (LHRHa-
tUCAs, 0.3 MHz, 0.5 W/cm2, 30 sec treatment) [182] and breast cancer cells (LyP-1-tUCA, 1 
MHz, 4 W/cm2, 50% duty cycle, 2 min. treatment) [178] as well as in vivo (LHRHa-tUCAs, 
0.3 MHz, 1 W/cm2, 50% duty cycle, 3 min treatment) [275]. In vivo, the tUCAs were 
administered intraperitoneally allowing the tUCAs to adhere to the ovarian cancer cells. The 
other anti-cancer drug loaded into VEGFR2-tUCAs was BCNU (1,3-bis(2-chloroethyl)-1- 
nitrosourea) for the treatment of glioma brain tumors in vitro (1 MHz, 0.5 MPa, 10,000 cycles, 
PRF 5 Hz for 1 min treatment at 2 sites) and in vivo (1 MHz, 0.7 MPa, 10 ms burst, 5% duty 
cycle, PRF 5 Hz, 1 min treatment at 2 sites), where in vivo the tUCAs were also used to open 
the blood brain barrier [187]. 

Strikingly, when tUCAs for drug delivery are directly compared with their non-targeted 
UCA counterparts, tUCAs are more efficient both in vitro [178]-[182] (up to 7.7-fold higher 
[178]) and in vivo [50], [186], [187], [275] (up to 5-fold higher [50]), irrelevant whether the 
drug was co-administered with the tUCAs or whether the drug was loaded on/in the tUCAs. 
Although the reasons for this higher efficiency have not yet been investigated, several could be 
possible. Possibly the main reason could be that tUCAs vibrate against the cells directly as they 
are bound to the cells, which may result in a more efficient transfer of acoustic energy, 
especially because sonoporation was only reported in cells adjacent to vibrating microbubbles 
for non-tUCAs [160], [177]. The acoustic behavior of the tUCAs itself could also explain this 
difference, as in vitro studies have shown that tUCAs are acoustically more stable, vibrate with 
a larger amplitude at the fundamental frequency, fragment in the plane parallel to the boundary 
and have a different resonance frequency (see characterization of tUCA section). Microbubble 
clustering could also be a phenomenon contributing to the higher efficiency of tUCAs, as a 
cluster of bubbles is known to behave as one large bubble, which is also associated with a shift 
in their resonance frequency [197]. This is substantiated by the chicken embryo study in which 
clusters of 10 to16 tMBs had a 16-fold higher sonoporation efficacy than single tMBs [300].  

 A disadvantage of using tUCAs for drug delivery was reported by Hu et al. [433] who 
showed that insonified �v�3-tUCAs temporarily decreased blood flow within the insonified area 
after application of a 5 MHz, 2 or 4 MPa color-Doppler destruction pulse (6-cycle pulse length, 
PRF 124 Hz, 900 ms duration). Although such high frequency and pressure pulses are not 
typically used for drug delivery, temporarily reducing the blood flow could be advantageous to 



keep the delivered drug in the treated area. The reduced blood flow could also reduce tumor 
size by itself as has been reported for non-tUCA [434]. 

With tUCAs now also being used for drug delivery, the terms ultrasound-mediated targeted 
drug delivery or ultrasound and microbubble targeted drug delivery (UMTD) have become 
confusing. UMTD is used for drug delivery using non-targeted UCA where “targeted” refers 
to the local application of the ultrasound itself. We therefore suggest banning the UMTD term 
and use ultrasound and microbubble mediated drug delivery (UMMD) for non-targeted UCAs 
and ultrasound and targeted microbubble mediated drug delivery (UtMMD) for tUCAs instead. 

Recent studies on larger human-like animals such as pigs and nonhuman primates, as well 
as the first phase 0 clinical trial for prostate cancer with the VEGFR2 tUCA BR55 show the 
capability of clinical UMI in the near future. Recent insights in shell coating properties of 
tUCAs, new strategies for targeting, and the development of nanoscale tUCAs will open up a 
new range of opportunities and will broaden the spectrum of diseases that can be targeted.  

 Intrinsic properties of the tUCAs, such as deformability due to low elasticity could be used 
as an advantage to improve binding. This underlines the necessity of single tMB investigation 
to further understand their properties. Upon binding, opposite effects on the resonance 
frequency are reported, which also reflects a change in harmonic frequencies. The increase in 
their SH amplitude upon binding could potentially be utilized for selective imaging of adhered 
tMBs, which could speed up the UMI and increase its specificity. Obviously, 3D imaging is 
desired for UMI applications, either by mechanically moving a two dimensional probe or using 
a volumetric 3D probe. 

By using tUCAs as local drug delivery systems, intracellular drug uptake can be enhanced 
several fold in comparison to non-tUCAs. tUCAs able to carry and deliver a high payload are 
needed, as is the elucidation of the mechanism by which tUCA stimulate drug uptake. A novel 
therapeutic use of tUCAs for cancer treatment could be the functionalization with kinase 
inhibitors. These molecules have a high affinity for cancer cell receptors and are already 
approved or in clinical trials as anticancer drugs, such as gefitinib (EGFR), sunitinib (FLT-1), 
and Bevacizumab (VEGF) [435]. Bound kinase inhibitor-tUCAs could therefore facilitate both 
UMI and act as inhibitor activators for apoptosis. With BR55 now undergoing regulatory 
approval for clinical use, this will hopefully pave the way for other tUCA with other targets as 
well. However, for every new tUCA or drug-loaded tUCA regulatory approval will be needed 
before clinical use. 

tUCAs can also be used as theranostic agent without the addition of a drug or gene, but in 
combination with high intensity focused ultrasound (HIFU) techniques instead. These 
techniques utilize high-energy focused ultrasound to locally increase the temperature at the 
focal point for ablation of tumors. UCAs, as synergists, have become a research topic to 
improve the efficiency of HIFU treatment [436], [437]. In this field, a folate-tUCA (phase 
transition nanoemulsion) has shown great potential to enhance HIFU ablation of ovarian cancer 
in vivo [438]. 



In conclusion, adding to the wide applications of UMI for diagnosis, the therapeutic benefits 
of this technology also play a major role in its popularity. Detection of diseased cells using 
tUCAs combined with local drug delivery, sonoporation, and HIFU are good examples of the 
applications and the potential of UMI for therapy. 

 



 
 



In my thesis, microbubbles (MBs) for ultrasound (US) imaging, ultrasound molecular 
imaging, and drug delivery were studied. Microbubbles are gas-encapsulated lipid or polymer 
shell coated micro-particles, widely used as ultrasound contrast agents (UCA). MBs oscillate 
in response to the ultrasound and can interact with surrounding cells and tissues. This 
interaction can be enhanced by ligands, which have an affinity to biomarkers on the cell surface. 
These qualities of MBs make them very promising for molecular imaging of diseased tissues 
by means of local and specific treatment of certain areas i.e. drug delivery. 

In the first chapter we introduce MBs as UCA and describe their response to ultrasound. We 
also describe how microbubbles could be modified to target them to a specific antigen in the 
body. The visualization of the bound targeted microbubbles by ultrasound is referred to as 
ultrasound molecular imaging. Microbubbles functionalised in such a way are known as 
targeted microbubbles (tMBs), while bare microbubbles are called non-targeted microbubbles 
(ntMB) or simply MBs. We also introduce the ability of oscillating MBs to increase cell 
membrane permeability, enabling drugs to penetrate into the cell. This process is also known 
as sonoporation. We give an overview of the in vitro, ex vivo, and in vivo models used to study 
the MBs’ oscillations in response to US. The chicken embryo chorioallantoic membrane model 
(CAM) is introduced and its advantages as the in vivo model are described for both optical and 
acoustical studies of UCAs for imaging and drug delivery. 

In Chapter 2 we present for the first time optical in vivo study of microbubble oscillation in 
chicken embryos under blood flow conditions. This study used the ultra-high-speed Brandaris 
128 camera at 20 millions frames per second to record the MBs oscillation. In these 
experiments we studied the effect of blood flow, blood viscosity, red blood cells, and vessel 
wall vicinity to MBs oscillation, which are usually neglected in microbubble behaviour studies. 
We have demonstrated that all the bubbles showed shell hardening behaviour with increasing 
acoustic pressure and 44 % of the MBs exhibited subharmonic response when insonified at 
resonance. 

In Chapter 3 we show the feasibility of using MBs for imaging the microvasculature. For 
atherosclerotic plaque vulnerability, the development of microvasculature in the plaque is one 
of the key risk factors. This microvascularisation cannot be measured during regular 
intravascular ultrasound examinations because small vessels cannot be resolved using 
conventional methods. Using the chicken embryo model we have proven that microvessels can 
be detected with MBs using ultraharmonic imaging with chirp excitation. This technique allows 
imaging the microvascularisation in plaques to assess their vulnerability. 

Chapter 4 is a broad study of the effect of US excitation of targeted and non-targeted MBs 
on cell membrane permeability increase (sonoporation). In this study we investigated the 
dynamics of cell membrane permeability, by means of a diffusion model (Fan et al. [98]). This 
model allowed us to obtain the pore size and pore resealing coefficient for every single cell, 
which we correlated with sonoporation efficiency and cell death. We studied these effects for 
tMBs and ntMBs at different acoustical pressures (150, 300, 500 kPa) and different pulse 



durations (500-50,000 cycles). Based on pore size and pore resealing coefficients we could 
differentiate two groups of cells with different sonoporation patterns. The cells in one group 
highly correlated with cell death, suggesting irreversible sonoporation. The cells in the second 
group slower PI uptake were suggested to correlate with reversible sonoporation. Both 
reversible and irreversible sonoporation are always present in the cell population. Different 
therapeutic strategies may require adjustment of the reversible/irreversible sonoporation ratio 
by varying the ultrasound parameters (acoustic pressure and pulse length) and choosing either 
tMBs or ntMBs. Changing this ratio can increase cell death or load cells with the drug without 
killing them. 

In Chapter 5 we show the feasibility of in vivo sonoporation of endothelial cells with tMBs 
in a chicken embryo in the presence of blood flow. In this study we revealed the importance of 
high local tMB concentration to increase the probability of sonoporation. The probability of 
sonoporation varied from 5% for 1-3 tMBs up to 80% for 10-16 tMBs that had adhered to the 
endothelial cell membrane. 

Chapter 6 shows how tMBs can be used in stem cell therapy. For stem cells injected into the 
blood pool it is crucial that they end up in a certain organ of interest. The probability of this 
outcome is rather low. Using the chicken embryo model and stem cells encased by tMBs we 
proved that stem cells could be propelled to the vessel wall with US for further extravasation. 
This technique therefore has a potential for controlled stem cell therapy. 

In vivo cell tracking using MRI requires an effective MRI contrast agent cell labeling 
technique. The currant variety of labeling techniques are too toxic to be applied in vivo. Chapter 
7 is the in vitro proof of concept for safe tMB-mediated labeling of endothelial cells with SPIO 
(MRI contrast agent) for further MRI tracking, which could be potentially used in vivo. In this 
study we revealed the optimal acoustical pressure, sonication time, and SPIO incubation time 
for safe endothelial cell labeling. 

Chapter eight is an overview of the current state and outlook of the future of tMBs for 
molecular imaging and therapy. It includes the overview of different targeting ligands, 
biomarkers, techniques aiming to increase tMB binding, and for discriminating acoustically 
between adherent and free floating tMBs.  

As the power of the CAM-model for studies on ultrasound contrast enhanced imaging and 
MB-mediated drug delivery was clearly shown in this thesis, it should be used more often in 
future MB-studies. The reason why this is not the primary choice yet is likely due to the 
technical difficulty of injecting MBs into the veins. This protocol requires special skills, 
especially when a catheter has to be used (as described in Chapter 6). The next step for the in 
vitro sonoporation dynamics experiments in Chapter 4 and the SPIO in vitro experiments in 
Chapter 7 is undoubtedly the CAM-model. In addition, the tMB sonoporation study in the CAM 
model in Chapter 5 should be extended with the recording of the microbubble behavior using 
an ultra high-speed camera. Until now MB vibration was only studied in the CAM model for 
imaging purposes not yet for drug delivery. It is the combination of the microbubble behavior 



and the cellular and tissue response to this microbubble behavior that allows us to understand 
and control the microbubble-drug-cell interaction. In Chapter 4 and 5 we only studied one 
mechanism of ultrasound-mediated drug delivery, namely cell membrane pore formation, also 
known as sonoporation. There are also two other mechanisms with great potential to facilitate 
drug delivery: stimulated endocytosis and opening of cell-cell contacts. The CAM model can 
without doubt contribute in studying these processes. The stimulation of endocytosis in CAM 
endothelial cells can be studied in real time by different size model drug molecules like 
fluorescent dextran as used in the in vitro study of Meijering et al. [35]. The effect of different 
MBs oscillation regimes on cell-cell contact opening could also be studied by fluorescent 
dextran extravasation [56]. Another advantage of the CAM model is histological evaluation at 
the end of the experiment (see also Chapter 5). Cell-cell contact opening could for example be 
assessed by electron microscopy when the in vivo study is performed with lanthanum [439], a 
contrast agent for electron microscopy. 

MBs can be loaded with drugs. These can be attached to the shell surface, incorporated into 
the shell or loaded inside the bubble [14]. One of the problems of drug-loaded microbubbles is 
the drug payload, which is restricted by the gas core. Nanodroplets do not have this restriction 
because their core is a liquid perfluorocarbon or oil and therefore the entire core volume can 
be loaded with an oil-soluble drug. Nanodroplets have gained enormous popularity in the 
ultrasound contrast agent field. They are small (~100 nm in diameter), can be easily produced, 
and even made monodisperse [440]. Most of the current studies in this field are based on in 
vitro optical observations in media like phosphate-buffered saline [441]. These in vitro 
approach do not take into account red blood cells, the vessel lumen or surrounding tissue. The 
CAM model also has great potential for studying nanodroplets. Because of the optical 
transparency of CAM ultrasound and laser vaporization of nanodroplets into microbubbles can 
be studied. In addition the microbubble oscillation inside the vessel or in the extravascular 
tissue can be visualised. The advantage of the CAM model is the ability to perform the studies 
in real time, which will certainly aid in discovering the full potential of the nanodroplets. The 
key application will be drug delivery into tumors. 

For IVUS imaging the CAM model was used as a proof of principal in Chapter 3. The next 
step is transferring this technique to atherosclerotic arteries in a large animal like the pig . 
The challenging part of using IVUS for plaque neovascularization would be artifacts in the 
vessel wall caused by the presence of large amount of microbubbles in the artery lumen [443]. 
In combination with artery deformation caused by pulsation and movement [444], and the 
narrow ultrasound beam width it will be challenging to detect MBs passing through the tiny 
intraplaque capillaries. One of the possible solutions for this problem could be tMBs. 
Microbubbles labeled with a neovascularization marker such as αvβ3-integrin will accumulate 
in the plaque neovessels and can be imaged once all the free-floating non-adhered tMBs in the 
lumen are gone (~10 minutes). Adhered tMBs will also allow for a 3D scan. Labeling of MBs 
with αvβ3-integrin will also be also useful for imaging of neovessels in tumor, giving αvβ3-
tMBs a dual purpose. 



Personalized medicine is the a new and promising approach to healthcare. The current 
progress in genomics and proteomics together with uprising Big Data approaches are going to 
change the patient treatment strategies in the coming decades. This progress opens new 
frontiers for ultrasound molecular imaging and tMB-mediated drug delivery as well. The 
ultrasound scanners are getting smarter, cheaper, and more portable. Self-assembling 
microbubbles in the form of a kit will let us construct tMBs with a patient-specific ligand [445] 
within a few minutes. The ligands of the future will be aptamers, RNA molecules with a very 
high affinity for a target. They can be produced with a tag for linkage to the shell of the MB 
within a few hours, while you need months to make antibodies. Based on a patient biopsy and 
with the use of an approved aptamer library, physicians would make tMBs specific for a 
particular patient. In cancer diagnostics, these tMBs will allow us to visualize the primary 
tumor and to track metastases with whole-body ultrasound scanners. In combination with MB-
mediated drug delivery approaches, tMBs can significantly increase treatment efficiency and 
decrease the risk of relapse. 

 



Dit proefschrift beschrijft de resultaten van het onderzoek naar microbellen (MBs) als 
contrastmiddel voor beeldvorming met ultrageluid (echografie), molecularie beeldvorming met 
ultrageluid en lokale medicijnafgifte. Microbellen zijn kleine gasbelletjes omgeven door een 
dunne schil bestaande uit lipiden (vetachtige stoffen) of een polymeer en worden veelvuldig 
gebruikt als contrastmiddel voor echografie. Microbellen vertonen oscillaties als gevolg van de 
excitatie door ultrageluid en kunnen interactie ondergaan met omliggende cellen en weefsel. 
Deze interactie kan versterkt worden door gebruik te maken van specifieke liganden die een 
grote affiniteit hebben voor specifieke ‘biomarkers’ op het celoppervlak. Bovengenoemde 
eigenschappen maken MBs veelbelovend voor moleculaire beeldvorming en lokale 
medicijnafgifte voor de specifieke behandeling van ziek weefsel. 

In Hoofdstuk 1 geven we een introductie van MBs als contrastmiddel voor echografie en 
beschrijven we het gedrag van MBs in een ultrageluid veld. Verder beschrijven we hoe MBs 
gemodificeerd kunnen worden om ervoor te zorgen dat ze binden aan specifieke antigenen in 
het lichaam. Het visualiseren van gebonden MBs met behulp van ultrageluid wordt ook wel 
moleculaire echografie genoemd. Gefunctionaliseerde MBs worden ook wel aangeduid met de 
term getargete microbellen (tMBs); niet gefunctionaliseerde MBs  worden ook wel ongetargete 
(ntMBs) of gewoonweg MBs genoemd. Ook beschrijven we in Hoofdstuk 1 de eigenschap van 
MBs om de permeabiliteit van celmembranen te verhogen, wat ervoor zorgt dat medicijn de 
cel in kan penetreren. Dit proces wordt ook wel sonoporatie genoemd. We geven vervolgens 
een overzicht van de in vitro, ex vivo en in vivo modellen die worden gebruikt om de oscillaties 
van MBs in respons op ultrageluid excitatie te bestuderen. Het kippenembryo model 
(chorioallantoic membrane model, CAM) wordt beschreven en de voordelen als in vivo model 
voor zowel optische als akoestische studies van MBs voor beeldvorming en lokale 
medicijnafgifte worden uiteengezet. 

In Hoofdstuk 2 beschrijven we de resultaten van de eerste in vivo studie van MB oscillaties 
in de aanwezigheid van bloedstroming. Naast het hierboven beschreven kippenembryo model, 
hebben we voor deze studie gebruik gemaakt van de Brandaris128  hogesnelheidscamera 
(opererend bij 20 miljoen frames per seconde) om het oscillatiegedrag van de MBs vast te 
leggen. In deze experimenten hebben we het effect bestudeerd van de bloedstroming, 
bloedviscositeit, rode bloed cellen en de nabijheid van een vaatwand. Het effect van 
laatstgenoemde wordt namelijk vaak verwaarloosd in studies met betrekking tot het 
oscillatiegedrag van MBs. We laten zien dat alle MBs bij toenemende akoestische druk 
zogenaamd ‘shell hardening’  gedrag vertonen en dat 44% van de MBs een subharmonische 
response geeft wanneer de MBs op hun resonantiefrequentie worden aangestraald. 

In Hoofdstuk 3 laten we zien dat MBs gebruikt kunnen worden voor het afbeelden van 
microvasculatuur. De aanwezigheid van microvasculatuur binnen een atherosclerotische 
plaque is een belangrijke risicofactor voor plaque instabiliteit. Microsvasculatuur kan echter 
niet worden gevisualiseerd met reguliere intravasculair ultrageluid (IVUS) technieken 
aangezien het oplossend vermogen niet toereikend is. Echter, door gebruik te maken van MBs, 



in combinatie met de zogenaamde ultraharmonische IVUS methode met tjirp excitatie, laten 
we zien dat het afbeelden van microvasculatuur wel mogelijk is. Deze techniek stelt ons daarom 
in staat de aanwezigheid van microvasculatuur in plaques te visualiseren om zo de mate van 
stabiliteit te bepalen. 

Hoofdstuk 4 beschrijft de resultaten van onze studie naar de verhoging van de celmembraan 
permeabiliteit ten gevolge van ultrageluid excitatie van getargete en ongetargete MBs. De 
dynamica van het celmembraan permeabiliteit is benaderd met een diffusiemodel (Fan et al. 
[98]), waaruit voor iedere cel unieke waarden voor de porie grootte en de herstelcoëfficiënt van 
de porie konden worden afgeleid. Deze parameters werden vervolgens gecorreleerd met de 
sonoporatie efficiëntie en celdood. De effecten werden onderzocht voor zowel tMBs als ntMBs 
bij diverse akoestische drukken (150, 300, 500 kPa) en pulsduratie (500 – 50.000 cycli). Op 
basis van de porie grootte en herstelcoëfficiënt van de porie konden twee groepen cellen met 
verschillende sonoporatie patronen worden geïdentificeerd. Cellen uit de ene groep vertoonden 
een sterke correlatie met celdood, wat duidt op irreversibele sonoporatie. Cellen uit de andere 
groep correleerden met reversibele sonoporatie. Binnen elke populatie cellen zijn zowel 
reversibele als irreversibele sonoporatie patronen aanwezig. Diverse therapieën vereisen 
wellicht een verschillend reversibele/irreversibele sonoporatie ratio, ietwat gereguleerd kan 
worden met de ultrageluid parameters (druk en pulseduratie) en type MBs (d.w.z. tMBs of 
ntMBs). Verandering van de ratio is bepalend voor de uitkomst van de therapie: vooral celdood 
of voornamelijk opname van medicijn zonder celdood.  

In Hoofdstuk 5 presenteren we de resultaten van een haalbaarheidsstudie naar de in vivo 
sonoporatie van endotheelcellen met behulp van tMBs in de aanwezigheid van bloedstroming. 
Deze studie, uitgevoerd in een kippenembryo, laat zien dat een lokaal hoge concentratie van 
tMBs de kans op sonoporatie vergroot. Deze kans op sonoporatie varieerde van 5% voor 1-3 
tMBs tot 80% in het geval 10-16 tMBs waren gebonden aan het celmembraan van de 
endotheelcel.  

In Hoofdstuk 6 beschrijven we de toepassing van tMBs voor stamceltherapie. Voor 
stamceltherapie is het cruciaal dat geïnjecteerde stamcellen terechtkomen in het te behandelen 
orgaan. Het percentage stamcellen dat uiteindelijk wordt afgegeven op de juiste plek is 
doorgaans echter vrij laag. Door de buitenkant van de stamcellen te voorzien van een laagje 
microbellen laten we zien dat ultrageluid kan worden gebruikt om stamcellen lokaal af te 
leveren. Deze techniek heeft daarom potentie voor gecontroleerde stamceltherapie.  

Het volgen van cellen in vivo (‘cell tracking’) met behulp van MRI vereist een effectieve 
manier om cellen te labelen met MRI contrastmiddel. Beschikbare technieken zijn echter te 
toxisch voor in vivo toepassing. Hoofdstuk 7 beschrijft het principe achter een nieuwe 
labelingstechniek van endotheelcellen met SPIO (MRI contrastmiddel) door gebruikt te maken 
van tMBs. Deze techniek kan mogelijkerwijs in een later stadium ook in vivo toegepast worden. 
In deze studie zijn de meest optimale parameters (akoestische druk, tijdsduur van ultrageluid 
en SPIO incubatietijd) voor het labellen van endotheelcellen bepaald.  

Hoofdstuk 8 geeft tot slot een overzicht van de huidige status en de toekomst van tMBs met 
betrekking tot zowel moleculaire beeldvorming als therapie. Onderwerpen als de diverse 



(targeting) liganden, biomarkers, technieken voor verhoogde tMBs binding en de akoestische 
discriminatie tussen gebonden en ongebonden tMBs passeren de revue. 
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