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1.1 MICROBUBBLES

Bubbles are everywhere. From the large soap bubbles made by kids with a bubble
blower, to the fluffy milk foam on top of a cappuccino. Even the tap water that we
drink contains microscopically small air bubbles. Bubble dynamics have fascinated
scientists for over a century, starting with work published by Lord Rayleigh in 1917
[1]. He was interested in bubble cavitation causing the erosion of ships’ propellers
and his mathematical equations are still widely used today [2, 3]. It was not until
the late 1960's that small bubbles were discovered as useful contrast agents for
ultrasound imaging [4]. Several generations of microbubbles later, they have evolved
into a multifaceted platform used for a plethora of applications: from diagnosis [5]
to enhanced drug delivery [6], and from cardiovascular diseases [7] to bacterial
infections [8].

With this wide range of applications comes a large variety of microbubbles,
sometimes referred to as ultrasound contrast agents [9] or ultrasound-responsive
cavitation nuclei [10]. A microbubble consists of a gas core, which can be stabilized
with different types of coating. As the name says a microbubble is microscopically
small, for biomedical applications typically between 1 and 10 pm in diameter [11].
This means that microbubbles are small enough to travel through the vasculature
yet too large to extravasate, making them an excellent blood pool marker [12]. Over
the years, the uncoated air bubbles used by Gramiak and Shah [4] were improved by
using different gases with a high molecular weight and low solubility in blood, such
as C,F,, and SF,, to enhance in vivo stability. The gas core was further stabilized with
a coating made of proteins [13], polymers [14], or phospholipids [15]. Protein-coated
microbubbles have a thicker shell than phospholipid-coated microbubbles, making
them stiffer and less echogenic [16, 17]. Polymer-coated microbubbles have the
thickest shell and behave differently in response to ultrasound than phospholipid-
coated microbubbles, making them less favorable as ultrasound contrast agent [18].
Hence, this thesis is focused on phospholipid-coated microbubbles.

Phospholipids are versatile molecules consisting of a hydrophilic headgroup and
two hydrophobic tails. This ambivalence leads to the formation of different types of
particles when phospholipids are dispersed in water, such as micelles and liposomes
[19]. A liposome is a small spherical vesicle consisting of two or more layers of
phospholipids with an aqueous core, organized so that only the headgroups are
in contact with the surrounding water and the tails are all shielded from it [20].
A key difference between liposomes and microbubbles is the core. Microbubbles
are filled with gas and coated with just one layer of phospholipids, a monolayer,
with the hydrophilic headgroups on the outside in contact with the surrounding
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A B LCphase
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Figure 1.1 Schematic illustration of (A) microbubble with gas core and phospholipid coating (not
drawn to scale) and phospholipids in (B) liquid condensed (LC) phase and (C) liquid expanded (LE)
phase. Phospholipids are drawn with black circles as the hydrophilic headgroup and black lines as the
hydrophobic tails.

water and the hydrophobic tails pointing inside to the gas core of the microbubble
(Figure 1.1A) [21, 22].

A phospholipid-coated microbubble generally contains at least two components:
a main lipid component and an emulsifier [11]. As main lipid both 1,2-dipalmitoyl-
sn-glycero-3-phosphocholine  (DPPC) [23] and 1,2-distearoyl-sn-glycero-3-
phosphocholine (DSPC) [24] are popular, and PEG40-stearate as well as DSPE-
PEG2000 are popular emulsifiers [25]. The molecules in a monolayer at the gas-water
interface, that is the coating of a gas core, can be in two different liquid phases: the
liquid condensed (LC, Figure 1.1B) or the liquid expanded (LE, Figure 1.1C) phase [26].
The state of the individual molecules varies per phospholipid type and depends
on temperature and area per molecule: as a monolayer is compressed and the
area per molecule decreases, some phospholipids shift from LE to LC phase. In
addition, mixtures of two or more components behave differently from monolayers
consisting of a pure phospholipid [25]. DSPC is always in LC phase, while PEG40-
stearate is always in LE phase [27] and DPPC as well as DSPE-PEG2000 can shift from
LE to LC phase when compressed [28, 29]. The separation of components into LC
and LE phase generates intricate microstructures in the microbubble coating [30]
(Figure 1.2).
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Figure 1.2 Lipid phase distribution of DPPC-
based  microbubble  with  microstructure.
Selected view of 4Pi confocal microscopy y-stack
of microbubble (diameter = 4.7 um) with ternary
coating composition of DPPC/DSPE-PEG2000/
PEG40-stearate (84.8/7.0/8.2 mol%) with CsFyo
gas core. Scale bare is 1 um. The coating

Min B W Max  components are phase separated into dark LC

Fluorescence intensity phase domains and a fluorescent network of LE
phase.

Besides the low-soluble gas and phospholipid monolayer, the microbubble coating
is also stabilized by incorporation of polyethylene glycol (PEG) tails, or a polymer,
on the outside of the microbubble. These PEG tails are attached to the emulsifying
component such as stearate or DSPE and form a dense layer around the microbubble
surface. Depending on the density of the PEGylated molecules in the microbubble
coating and the size of the polymer, the PEG tails are in a brush or mushroom regime
[31]. This protective layer around the microbubble surface has two functions. First,
it provides stability during storage by preventing coalescence, which is when two
microbubbles fuse and become one larger microbubble [32]. Second, it increases
the in vivo circulation time by shielding microbubbles from the immune system and
by reducing nonspecific binding [33].

1.2 AcousTics

The most well-known application of ultrasound in modern medicine is prenatal
ultrasound imaging [34]. In order to use ultrasound for imaging, an ultrasound
wave or pulse is produced by a transducer and subsequently the returning echo is
received [35]. This technique is an elegant option for diagnostic imaging, since it is
non-invasive, portable, requires no ionizing radiation, and is inexpensive compared
to other techniques such as magnetic resonance imaging (MRI) [36]. The discovery
of gas bubbles as contrast agents for ultrasound imaging [4] paved the way for new
applications such as cardiovascular disease and cancer, where imaging of the blood
flow can provide relevant diagnostic information [37].
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How microbubbles are activated by ultrasound can be easily demonstrated with a
small experiment at home. All you need is a balloon and a speaker or, even better,
a musical instrument. Blow up the balloon and hold it in your hands while playing
music. If the music is loud enough with a proper bass, you can feel the balloon
vibrating between the palms of your hands. This is essentially what happens when
a microbubble responds to ultrasound. Ultrasound is a pressure wave, similar to
audible music but at higher frequencies. The microbubble gas core responds to this
pressure wave, just like the air inside a balloon responds to sound, by compression
and expansion (Figure 1.3), also known as microbubble oscillation. The wavelength
of an audible bass sound is between 60 to 250 Hz, corresponding to a wavelength
of 1.36 to 5.67 m which is much larger than the size of a balloon. Similarly, the
wavelength of an ultrasound pulse must be larger than the microbubble size to
result in microbubble oscillation [38]. The acoustic response of microbubbles
generates an echo or signal that can be differentiated from the surrounding tissue,
thus creating contrast [39].

Microbubbles respond to ultrasound with different regimes, depending on the
pressure and frequency of the ultrasound pulse. A linear response refers to the
oscillation of microbubbles at low pressures at the fundamental frequency, which is
the same frequency at which the sound waves leave the transducer. In this regime
the oscillation amplitude has a linear relationship with the applied acoustic pressure
[40]. Additionally, microbubbles can have a non-linear response, for example
where oscillation occurs at half the fundamental frequency, ie. subharmonics, or

Microbubble
‘ ® “‘ ® ‘. Oscillation

AANVATN

Figure 1.3 Schematic illustration of stable cavitation with an acoustic wave propagating
longitudinally, causing microbubble compression and expansion.

Acoustic Pressure
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multiples of the fundamental frequency, i.e. harmonics [3]. Besides linear and non-
linear responses during stable cavitation, microbubbles can also undergo inertial
cavitation [41]. In this case the ultrasound pulse has such a high pressure that the
microbubbles burst, generating jet streaming which can impact the surrounding
vessel wall and tissue [42].

The acoustic response of a microbubble is influenced by the coating. When a
microbubble is compressed below a critical area, the phospholipid monolayer forms
outward buckles. When a microbubble surface expands beyond a critical area, the
monolayer ruptures. In between these two states, the microbubble coating behaves
as elastic material in the elastic state [43]. Different models have been developed and
tested in order to characterize and predict the acoustic behavior of microbubbles,
such as the harmonic oscillator model and Rayleigh-Plesset equation [44]. The
relation between the microbubble coating and acoustic behavior is captured by two
parameters: shell elasticity and shell viscosity.

As with any object that resonates, microbubbles respond with a higher oscillation
amplitude to a specific frequency, Le. the resonance frequency. This behavior is size-
dependent: larger-sized microbubbles tend to have a lower resonance frequency
[45]. The resonance frequency is dependent on the shell elasticity and viscosity.
However, even microbubbles of the same size have been found to respond to
ultrasound in a heterogeneous way [46]. Since phospholipid-coated microbubbles
are complex multi-molecular structures, perhaps simplifying the structure will lead
to a more predictable and controllable acoustic response. This thesis is therefore
focused on developing a new microbubble formulation where all phospholipid
components are miscible and in the same lipid phase.

1.3 ULTRASOUND MOLECULAR IMAGING AND THERAPEUTIC
APPLICATIONS

Phospholipid-coated microbubbles can be functionalized with a ligand on the
outside of the coating, targeting to a specific biomarker [47]. There are different
strategies to attach such a ligand to the microbubble coating, for example by
streptavidin-biotin bridging [48]. Targeted microbubbles can bind to specific
biomarkers or receptors under flow and remain attached whereas non-targeted and
non-bound microbubbles remain in the circulation [49]. In ultrasound molecular
imaging, the acoustic signal from bound microbubbles must be distinguished from
non-bound microbubbles, for example by using a destructive ultrasound pulse and
subtracting the post-destruction signal from the pre-destruction signal [47, 50].
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Ultrasound molecular imaging can be used to obtain specific information that
ultrasound imaging with non-targeted microbubbles is unable to provide. This can
be used for diagnosis, for example in oncology [51], and to monitor the response to
therapy, for example anti-angiogenic therapy [52].

Microbubble oscillation can induce an array of biological effects when applied in
vivo, which can be harnessed to enhance delivery of drugs that would normally
be restricted to the vasculature. A classic example of this therapeutic application
is chemotherapy: administered systemically it causes profuse adverse effects, yet
with locally enhanced extravasation the systemic dosage may be reduced, thereby
limiting the adverse effects [53]. Another application is to open the blood brain
barrier (BBB), a highly specialized area of the vasculature designed to prevent even
small molecules from penetrating the brain tissue [54]. Thirdly, there is increasing
interest in the development of therapeutic antibodies and larger particles such as
liposomes and exosomes, although efficient delivery of these drugs poses a major
challenge [55]. Microbubble-mediated drug delivery can be a fitting solution to
this problem, with or without targeting to a specific biomarker. Finally, ultrasound
molecular imaging and therapy can be combined using one targeted microbubble
formulation for image-guided therapy, which is then referred to as a theranostic
agent [56, 57].

Ultrasound molecular imaging and therapeutic applications both require a uniform
response to ultrasound for different reasons. When targeted microbubbles are
used for ultrasound molecular imaging in vivo, a limited number of microbubbles
attaches to the target biomarker while the bulk of microbubbles remains in the
circulation until clearance [47]. When detecting the presence of single microbubbles
bound to biomarkers or tumor cells, the more uniform the microbubble responds
to ultrasound, the more reliable the diagnosis. For therapeutic applications, both
in vitro [58, 59] and in vivo studies [60, 61] demonstrated a delicate balance
between reversible cellular effects, for example pore formation (sonoporation),
and permanent damage leading to cell death and inflammatory responses. The
microbubble oscillation amplitude can tip this balance, and therefore must be
uniform and controlled. Clinically approved microbubble formulations have been
developed specifically for diagnostic applications and respond to ultrasound with
good non-linear signal, however, their oscillation amplitude is heterogeneous
and thus unpredictable [45]. A new microbubble formulation with all components
miscible and in the same lipid phase may have a more uniform and controllable
response to ultrasound, making it more suitable for ultrasound molecular imaging
and therapeutic applications.
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1.4 THESIS OUTLINE

This thesis is based on the hypothesis that microstructures in the microbubble
coating, caused by phase separation of the phospholipid components, contribute
to an unpredictable response to ultrasound. Chapter 2 provides an overview of
therapy and drug delivery applications of microbubbles and other ultrasound-
responsive cavitation nuclei. The aim of Chapter 3 was to elucidate the lipid
phase behavior in the microbubble coating of widely used formulations with high-
resolution fluorescence microscopy and Langmuir trough studies on phospholipid
monolayers. Furthermore, this chapter investigated how the lipid phase distribution
in the microbubble coating can be influenced by changing the lipid handling prior
to microbubble production. The next step was to develop a novel formulation with
all components miscible and in the same lipid phase. Chapter 4 depicts the lipid
phase distribution and acoustic response of microbubbles with a new main lipid
component: DSPE.

To show if microbubbles with a homogeneous lipid phase distribution have a more
uniform response to ultrasound than microbubbles with microstructures in their
coating, we must be able to look at the acoustic response of individual microbubbles
while simultaneously observing the lipid phase distribution. Chapter 5 describes the
technical advancement making this possible: coupling of a confocal microscope
to the one-of-a-kind Brandaris 128 ultra-high-speed camera, which can record
microbubble oscillations with up to 25 million frames per second [62]. Using this
combined system, the acoustic behavior of a new microbubble formulation with
cholesterol could be unraveled, as detailed in Chapter 6. The aim of Chapter 6 was
to relate the effects of lipid handling and phase distribution to the acoustic behavior
of phospholipid-coated microbubbles.

After going in-depth into the fundamental qualities that determine a microbubbles’
response to ultrasound, the acquired knowledge was applied to the application of
vascular drug delivery. Chapter 7 focused on the microbubble-cell configuration in
vitro using the combined confocal and Brandaris 128 system with human umbilical
vein endothelial cells (HUVECs), detailing the influence of microbubble engulfment
on the drug delivery potential by studying membrane perforation upon microbubble
oscillation. In Chapter 8, the binding efficacy of targeted microbubbles with a
homogeneous or a heterogeneous ligand distribution was compared. The binding
efficacy of these microbubble types, first characterized in Chapter 3, was evaluated
in vitro using HUVECs with and without flow, and in vivo using the chorioallantoic
membrane of chicken embryos.
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Moving on from research focused on better understanding of underlying
mechanisms, Chapter 9 describes the development and proof-of-principle of a
novel theranostic agent: vancomycin-decorated microbubbles. First, vancomycin
was conjugated to a PEGylated phospholipid. Next, targeted microbubbles were
produced and the binding under flow to bacterial biofilms was investigated. Finally,
the targeted microbubbles were evaluated as theranostic agents for ultrasound
molecular imaging and sonobactericide, ie. killing of bacteria with microbubbles
and ultrasound.

Chapter 10 gives an overview of new developments in the field of targeted
microbubbles for ultrasound molecular imaging and therapy. New microbubble
targeting strategies are described, as well as pre-clinical studies on ultrasound
molecular imaging and therapy using targeted microbubbles. Finally, in Chapter 11
the scientific contributions from this thesis are discussed including implications for
future research.
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ABSTRACT

Therapeutic ultrasound strategies are actively under development to harness the
mechanical activity of cavitation nuclei for beneficial tissue bioeffects. The mechanical
oscillations of circulating microbubbles, the most widely investigated cavitation nuclei,
which may also encapsulate or shield a therapeutic agent in the bloodstream, trigger
and promote localized uptake. Oscillating microbubbles can create stresses either
on nearby tissue or in surrounding fluid to enhance drug penetration and efficacy in
the brain, spinal cord, vasculature, immune system, biofilm, or tumors. This review
summarizes recent investigations that have elucidated interactions of ultrasound
and cavitation nuclei with cells, the treatment of tumors, immunotherapy, the
blood brain barrier and blood spinal cord barrier, sonothrombolysis, cardiovascular
drug delivery, and sonobactericide. In particular, an overview of salient ultrasound
features, drug delivery vehicles, therapeutic transport routes, and preclinical and
clinical studies is provided. Successful implementation of ultrasound and cavitation
nuclei-mediated drug delivery has the potential to change the way drugs are
administered systemically, resulting in more effective therapeutics and less-invasive
treatments.

Keywords—Ultrasound; Cavitation nuclei; Therapy; Drug delivery; Bubble-
cell interaction; Sonoporation; Sonothrombolysis; Blood-brain barrier opening;
Sonobactericide; Tumor

2.1 INTRODUCTION

Around the start of the European Symposium on Ultrasound Contrast Agents
(ESUCI), ultrasound-responsive cavitation nuclei were reported to have therapeutic
potential. Thrombolysis was shown to be accelerated in vitro [63] and cultured cells
were transfected with plasmid DNA [64]. Since then, many research groups have
investigated the use of cavitation nuclei for multiple forms of therapy, including
both tissue ablation and drug and gene delivery. In the early years, the most widely
investigated cavitation nuclei were gas microbubbles, ~1-10 ym in diameter and
coated with a stabilizing shell, whereas nowadays both solid and liquid nuclei
are also investigated that can be as small as a few hundred nm. Drugs can be
co-administered with the cavitation nuclei or loaded in or on them [65, 66]. The
diseases that can be treated with ultrasound-responsive cavitation nuclei include
but are not limited to cardiovascular disease and cancer [67, 68], the current leading
causes of death worldwide according to the World Health Organization [69]. This
review focuses on the latest insights into cavitation nuclei for therapy and drug
delivery from the physical and biological mechanisms of bubble-cell interaction to
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preclinical (both in vitro and in vivo) and clinical studies (timespan 2014-2019), with
particular emphasis on the key clinical applications. The applications covered in this
review are the treatment of tumors, immunotherapy, the blood brain barrier and
blood spinal cord barrier, dissolution of clots, cardiovascular drug delivery, and the
treatment of bacterial infections.

2.2 CAVITATION NUCLEI FOR THERAPY

The most widely used cavitation nuclei are phospholipid-coated microbubbles with
a gas core. For the 128 preclinical studies included in the treatment sections of
this review, the commercially available and clinically approved Definity (Luminity in
Europe; octafluoropropane gas core, phospholipid coating) [23, 70] microbubbles
were used the most (in 22 studies). Definity was used for studies on all applications
discussed here and the most for opening the blood brain barrier (BBB) (12 studies).
SonoVue (Lumason in the USA) is commercially available and clinically approved as
well (sulfur hexafluoride gas core, phospholipid coating) [24, 70] and was used in a
total of 14 studies for the treatment of non-brain tumors (for example Xing et al. [71]),
BBB opening (for example Goutal et al. [72]), and sonobactericide (for example Hu et
al. [73]). Other commercially available microbubbles were used that are not clinically
approved, such as BR38 [74] in the study by Wang et al. [75] and MicroMarker [76]
in the study by Theek et al. [77]. Custom-made microbubbles are as diverse as their
applications, with special characteristics tailored to enhance different therapeutic
strategies. Different types of gasses were used as the core such as air (for example
Eggen et al. [78]), nitrogen (for example Dixon et al. [79]), oxygen (for example Fix
et al. [80]), octafluoropropane (for example Pandit et al. [81]), perfluorobutane (for
example Dewitte et al. [82]), sulfur hexafluoride [83, 84] or a mixture of gases such
as nitric oxide and octafluoropropane [85] or sulfur hexafluoride and oxygen [86].
While fluorinated gases improve the stability of phospholipid-coated microbubbles
[87], other gases can be loaded for therapeutic applications, such as oxygen to treat
tumors [80, 86, 88] and nitric oxide [85, 89] or hydrogen gas [90] for treatment
of cardiovascular disease. The main phospholipid component of custom-made
microbubbles is usually a phosphatidylcholine such as 1,2-dipalmitoyl-sn-glycero-
3-phosphocholine (DPPC), used in 13 studies, for example Dewitte et al. [82], Bae et
al. [84], Chen et al. [91], Fu et al. [92], or 1,2-distearoyl-sn-glycero-3-phosphocholine
(DSPC), used in 18 studies, for example Kilroy et al. [93], Bioley et al. [94], Dong et al.
[95], Goyal et al [96], Pandit et al. [81]. These phospholipids are popular because they
are alsothe main componentin Definity [23] and SonoVue/Lumason [24], respectively.
Another key component of the microbubble coating is a PEGylated emulsifier such
as polyoxyethylene (40) stearate (PEG40-stearate; for example Kilroy et al. [93]) or

13
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the most often used 1,2-distearoyl-sn-glycero-3-phosphoethanolamine-N-carboxy
(poly-ethyleneglycol) (DSPE-PEG2000; for example Belcik et al. [97]), which is
added to inhibit coalescence and to increase the in vivo half-life [21]. In general two
methods are used to produce custom-made microbubbles: mechanical agitation
(for example Ho et al. [98]) or probe sonication (for example Belcik et al. [99]).
Both these methods produce a population of microbubbles that is polydisperse in
size. Monodispersed microbubbles produced by microfluidics have recently been
developed, and are starting to gain attention for pre-clinical therapeutic studies.
Dixon et al. [79] used monodisperse microbubbles to treat ischemic stroke.

Various therapeutic applications have inspired the development of novel cavitation
nuclei, which is discussed in depth in the companion review by Stride et al. [100]. To
improve drug delivery, therapeutics can be either co-administered with or loaded
onto the microbubbles. One strategy for loading is to create microbubbles stabilized
by drug-containing polymeric nanoparticles around a gas core [101]. Another strategy
is to attach therapeutic molecules or liposomes to the outside of microbubbles,
for example by biotin-avidin coupling [82, 88, 102]. Echogenic liposomes can be
loaded with different therapeutics or gases and have been studied for vascular
drug delivery [85], treatment of tumors [103], and sonothrombolysis [104]. Acoustic
Cluster Therapy (ACT) combines Sonazoid microbubbles with droplets that can be
loaded with therapeutics for treatment of tumors [105]. The cationic microbubbles
utilized in the treatment sections of this review were used mostly for vascular drug
delivery, with genetic material loaded on the microbubble surface by charge-
coupling (for example Cao et al. [106]). Besides phospholipids and nanoparticles,
microbubbles can also be coated with denatured proteins such as albumin. Optison
[107] is a commercially available and clinically approved ultrasound contrast agent
that is coated with human albumin and used in studies on treatment of non-brain
tumors [108], BBB opening [60, 109], and immunotherapy [110]. Nano-sized particles
cited in this review have been used as cavitation nuclei for treatment of tumors, such
as nanodroplets (for example Cao et al. [111]) and nanocups [112], for BBB opening
(nanodroplets, Wu et al. [113]), and for sonobactericide (nanodroplets, Guo et al.
[114]).

2.3 BUBBLE-CELL INTERACTION

Physics
The physics of the interaction between bubbles or droplets and cells are described
as these are the main cavitation nuclei used for drug delivery and therapy.

14
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Physics of microbubble-cell interaction

Being filled with gas and/or vapor makes bubbles highly responsive to changes in
pressure and hence exposure to ultrasound can cause rapid and dramatic changes
in their volume. These volume changes in turn give rise to an array of mechanical,
thermal, and chemical phenomena that can significantly influence the bubbles’
immediate environment and mediate therapeutic effects. For the sake of simplicity,
these phenomena will be discussed in the context of a single bubble. It is important
to note, however, that biological effects are typically produced by a population of
bubbles and the influence of inter bubble interactions should not be neglected.

Mechanical effects

A bubble in a liquid is subject to multiple competing influences: the driving
pressure of the imposed ultrasound field, the hydrostatic pressure imposed by the
surrounding liquid, the pressure of the gas and/or vapor inside the bubble, surface
tension and the influence of any coating material, the inertia of the surrounding
fluid, and damping due to the viscosity of the surrounding fluid and/or coating,
thermal conduction, and/or acoustic radiation.

The motion of the bubble is primarily determined by the competition between the
liquid inertia and the internal gas pressure. This competition can be characterized
by using the Rayleigh-Plesset equation for bubble dynamics to compare the relative
contributions of the terms describing inertia and pressure to the acceleration of the
bubble wall [115]:

2
(3R | BT RO-
R:—[ —] =[F + PF (eq. 2.7)

2R o, R

where R is the time dependent bubble radius with initial value R, p_ is the pressure
of the gas inside the bubble, p_ is the combined hydrostatic and time varying
pressure in the liquid, o is the surface tension at the gas liquid interface, and p, is
the liquid density.

Flynn [115, 116] identified two scenarios: if the pressure factor (PF) is dominant when
the bubble approaches its minimum size, then the bubble will undergo sustained
volume oscillations. If the inertia term is dominant (IF), then the bubble will
undergo inertial collapse, similar to an empty cavity, after which it may rebound
or it may disintegrate. Which of these scenarios occurs is dependent upon the
bubble expansion ratio: R__ /R, and hence the bubble size and the amplitude and
frequency of the applied ultrasound field.
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Bothinertial and non-inertial bubble oscillations can give rise to multiple phenomena
that impact the bubble’s immediate environment and hence are important for
therapy. These include:

1.

16

Direct impingement — even at moderate amplitudes of oscillation, the
acceleration of the bubble wall may be sufficient to impose significant forces
upon nearby surfaces, easily deforming fragile structures such as a biological
cell membranes [117, 118] or blood vessel walls [119].

Ballistic motion — in addition to oscillating, the bubble may undergo translation
as a result of the pressure gradient in the fluid generated by a propagating
ultrasound wave (primary radiation force). Due to their high compressibility,
bubbles may travel at significant velocities, sufficient to push them toward
targets for improved local deposition of a drug [120] or penetrate biological
tissue [121-123].

Microstreaming — when a structure oscillates in a viscous fluid there will be
a transfer of momentum due to interfacial friction. Any asymmetry in the
oscillation will result in a net motion of that fluid in the immediate vicinity of the
structure known as microstreaming [124]. This motion will in turn impose shear
stresses upon any nearby surfaces as well as increasing convection within the
fluid. Due to the inherently non-linear nature of bubble oscillations (equation 1),
both non-inertial and inertial cavitation can produce significant microstreaming,
resulting in fluid velocities on the order of T mm/s [125]. If the bubble is close to
a surface then it will also exhibit non-spherical oscillations which increases the
asymmetry and hence the microstreaming even further [126, 127].

Microjetting — another phenomenon associated with non-spherical bubble
oscillations near a surface is the generation of a liquid jet during bubble
collapse. If there is sufficient asymmetry in the acceleration of the fluid on either
side of the collapsing bubble, then the more rapidly moving fluid may deform
the bubble into a toroidal shape causing a high velocity jet to be emitted on the
opposite side. Microjetting has been shown to be capable of producing pitting
even in highly resilient materials such as steel [128, 129]. However, as both the
direction and velocity of the jet are determined by the elastic properties of
the nearby surface, its effects in biological tissue are more difficult to predict
[130]. Nevertheless, as shown by Chen et al. [119], in many cases a bubble will
be sufficiently confined that microjetting will impact surrounding structures
regardless of jet direction.
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5. Shockwaves —an inertially collapsing cavity that results in supersonic bubble wall
velocities creates a significant discontinuity in the pressure in the surrounding
liquid leading to the emission of a shockwave, which may impose significant
stresses on nearby structures.

6. Secondary radiation force — at smaller amplitudes of oscillation a bubble will
also generate a pressure wave in the surrounding fluid. If the bubble is adjacent
to a surface, interaction between this wave and its reflection from the surface
leads to a pressure gradient in the liquid and a secondary radiation force on
the bubble. As with microjetting, the elastic properties of the boundary will
determine the phase difference between the radiated and reflected waves and
hence whether the bubbles move towards or away from the surface. Motion
towards the surface may amplify the effects of 1, 3, and 6.

Thermal effects

As described above, an oscillating microbubble will reradiate energy from the incident
ultrasound field in the form of a spherical pressure wave. In addition, the nonlinear
character of the microbubble oscillations will lead to energy being reradiated
over a range of frequencies. At moderate driving pressures the bubble spectrum
will contain integer multiples (harmonics) of the driving frequency; and at higher
pressures also fractional components (sub and ultraharmonics). In biological tissue,
absorption of ultrasound increases with frequency and this nonlinear behavior thus
also increases the rate of heating [131, 132]. Bubbles will also dissipate energy as a
result of viscous friction in the liquid and thermal conduction from the gas core, the
temperature of which increases during compression. Which mechanism is dominant
depends on the size of the bubble, the driving conditions and the viscosity of the
medium. Thermal damping is however typically negligible in biomedical applications
of ultrasound as the time constant associated with heat transfer is much longer than
the period of the microbubble oscillations [133].

Chemical effects

The temperature rise produced in the surrounding tissue will be negligible compared
with that occurring inside the bubble, especially during inertial collapse when it may
reach several thousand Kelvin [134]. The gas pressure similarly increases significantly.
While only sustained for a very brief period, these extreme conditions can produce
highly reactive chemical species, in particular reactive oxygen species (ROS), as well
as the emission of electromagnetic radiation (sonoluminescence). ROS have been
shown to play a significant role in multiple biological processes [135] and both ROS
and sonoluminescence may affect drug activity [136-138].
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Physics of droplets-cell interaction

Droplets consist of an encapsulated quantity of a volatile liquid, such as
perfluorobutane (boiling point -1.7°C) or perfluoropentane (boiling point 29°C),
which is in a superheated state at body temperature. Superheated state means that
although the volatile liquids have a boiling point below 37°C, these droplets remain
in the liquid phase and do not show spontaneous vaporization after injection.
Vaporization can be achieved instead by exposure to ultrasound of significant
amplitude via a process known as acoustic droplet vaporization (ADV) [139]. Before
vaporization, the droplets are typically one order of magnitude smaller than the
emerging bubbles, and the perfluorocarbon is inert and biocompatible [140]. These
properties enable a range of therapeutic possibilities [141, 142]. For example, unlike
microbubbles, small droplets may extravasate from the leaky vessels into tumor
tissue due to the enhanced permeability and retention (EPR) effect [143-145], and
then be turned into bubbles by ADV [146, 147]. Loading the droplets with a drug
enables local delivery [147] by way of ADV. The mechanism behind this is that
the emerging bubbles give rise to similar radiation forces and microstreaming as
described in the physics of the microbubble — cell interaction above. It should be
noted that oxygen is taken up during bubble growth [148], which could lead to
hypoxia.

The physics of the droplet — cell interaction is largely governed by the ADV. In
general, it has been observed that ADV is promoted by the following factors:
large peak negative pressures [139], usually obtained by strong focusing of the
generated beam, high frequency of the emitted wave, and a relatively long distance
between the transducer and the droplet. Another observation that has been made
with micrometer-sized droplets is that vaporization often starts at a well-defined
nucleation spot near the side of the droplet where the acoustic wave impinges [149].
These facts can be explained by considering the two mechanisms that play a role
in achieving a large peak negative pressure inside the droplet: acoustic focusing
and nonlinear ultrasound propagation [150]. In the following, lengths and sizes are
related to the wavelength, ie. the distance traveled by a wave in one oscillation (e.g.,
a 1 MHz ultrasound wave that is traveling in water with a wave speed, ¢, of 1500 m/s
has a wavelength, w (m), of

< 100 _ 0015, ie. 1.5 mm).

10

Acoustic focusing

Because the speed of sound in perfluorocarbon liquids is significantly lower than in
water or tissue, refraction of the incident wave will occur at the interface between
these fluids, and the spherical shape of the droplet will give rise to focusing. The
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assessment of this focusing effect is not straightforward because the traditional
way of describing these phenomena with rays that propagate along straight lines
(the ray approach) only holds for objects that are much larger than the applied
wavelength. In the current case, the frequency of a typical ultrasound wave used
for insonification is in the order of 1-5 MHz, yielding wavelengths in the order of
1500-300 um, while a droplet will be smaller by 2-4 orders of magnitude. Beside this,
using the ray approach, the lower speed of sound in perfluorocarbon would yield a
focal spot near the backside of the droplet, which is in contradiction to observations.
The correct way to treat the focusing effect is to solve the full diffraction problem
by decomposing the incident wave, the wave reflected by the droplet, and the wave
transmitted into the droplet into a series of spherical waves. For each spherical wave,
the spherical reflection and transmission coefficients can be derived. Superposition
of all the spherical waves yields the pressure inside the droplet. Nevertheless, when
this approach is only applied to an incident wave with the frequency that is emitted
by the transducer, this will lead neither to the right nucleation spot nor to sufficient
negative pressure for vaporization. Nanoscale droplets may be too small to make
effective use of the focusing mechanism and ADV is therefore less dependent on
the frequency.

Nonlinear ultrasound propagation

High pressure amplitudes, high frequencies, and long propagation distances all
promote nonlinear propagation of an acoustic wave [151]. In the time domain,
nonlinear propagation manifests itself as an increasing deformation of the shape of
the ultrasound wave with distance traveled. In the frequency domain, this translates
to increasing harmonic content, ie. frequencies that are multiples of the driving
frequency. The total incident acoustic pressure p(t) at the position of a nanodroplet
can therefore be written as

p(t)= Z::l a, cos(nwt +¢,) (eq. 2.2)

where n is the number of a harmonic, a_and ¢, are the amplitude and phase of this
harmonic, and w is the angular frequency of the emitted wave. The wavelength of a
harmonic wave is a fraction of the emitted wavelength.

The above effects are both important in case of ADV and should therefore be
combined. This implies that first the amplitudes and phases of the incident nonlinear
ultrasound wave at the droplet location should be computed. Next, for each
harmonic, the diffraction problem should be solved in terms of spherical harmonics.
Adding the diffracted waves inside the droplet with the proper amplitude and phase
will then yield the total pressure in the droplet. Figure 2.1 shows that the combined
effects of nonlinear propagation and diffraction can cause a dramatic amplification of
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the peak negative pressure in the micrometer-sized droplet, sufficient for triggering
droplet vaporization [149]. Moreover, the location of the negative pressure peak also
agrees with the observed nucleation spot.

After vaporization has started, the growth of the emerging bubble is limited by
inertia and heat transfer. In the absence of the heat transfer limitation, the inertia of
the fluid that surrounds the bubble limits the rate of bubble growth, which is linearly
proportional to time and inversely proportional to the square root of the density
of the surrounding fluid. When inertia is neglected, thermal diffusion is the limiting
factor in the transport of heat to drive the endothermic vaporization process of
perfluorocarbon, causing the radius of the bubble to increase with the square root
of time. In reality, both processes occur simultaneously, where the inertia effect is
dominant at the early stage and the diffusion effect is dominant at the later stage of
bubble growth. The final size that is reached by a bubble depends on the time that
a bubble can expand, ie. on the duration of the negative cycle of the insonifying
pressure wave. It is therefore expected that lower insonification frequencies give rise
to larger maximum bubble size. Thus, irrespective of their influence on triggering
ADV, lower frequencies would lead to more violent inertial cavitation effects and
cause more biological damage, as experimentally observed for droplets with a
radius in the order of 100 nm [152].

Biological mechanisms and bioeffects of ultrasound-activated
cavitation nuclei

The biological phenomena of sonoporation (ie. membrane pore formation),
stimulated endocytosis, and opening of cell-cell contacts and the bioeffects of
intracellular calcium transients, reactive oxygen species generation, cell membrane
potential change, and cytoskeleton changes have been observed for several years
[66, 67, 153, 154]. However, other bioeffects induced by ultrasound-activated
cavitation nuclei have recently been discovered. These include membrane blebbing
as a recovery mechanism for reversible sonoporation (both for ultrasound-
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activated microbubbles [155] and upon ADV [156]), extracellular vesicle formation
[157], suppression of efflux transporters P-glycoprotein [158, 159] and BBB (Blood
Brain Barrier) transporter genes [160]. At the same time, more insight has been
gained in the origin of the bioeffects, largely through the use of live cell microscopy.
For sonoporation, real time membrane pore opening and closure dynamics were
revealed with pores <30 um? closing within 1 min, while pores >100 pm? did not
reseal [161] as well as immediate rupture of filamentary actin at the pore location
[162] and correlation of intracellular reactive oxygen species levels with the degree
of sonoporation [163]. Real-time sonoporation and opening of cell-cell contacts in
the same endothelial cells has been demonstrated as well for a single example [164].
The applied acoustic pressure was shown to determine uptake of model drugs via
sonoporation or endocytosis in another study [165]. Electron microscopy revealed
formation of transient membrane disruptions and permanent membrane structures,
L.e. caveolar endocytic vesicles, upon ultrasound and microbubble-treatment [166].
A study by Fekri et al. [167] revealed that enhanced clathrin-mediated endocytosis
and fluid-phase endocytosis occur through distinct signaling mechanisms upon
ultrasound and microbubble treatment. The majority of these bioeffects have been
observed in in vitro models using largely non-endothelial cells and may therefore
not be directly relevant to in vivo tissue, where intravascular micron-sized cavitation
nuclei will only have contact with endothelial cells and circulating blood cells. On
the other hand, the mechanistic studies by Belcik et al. [97, 99] and Yu et al. [168]
do show translation from in vitro to in vivo. In these studies, ultrasound-activated
microbubbles were shown to induce a shear-dependent increase in intravascular
adenosine triphosphate (ATP) from both endothelial cells and erythrocytes, an
increase in intramuscular nitric oxide, and downstream signaling through both nitric
oxide and prostaglandins which resulted in augmentation of muscle blood flow.
Ultrasound settings were similar, namely 1.3 MHz, M/ 1.3 for Belcik et al. [97, 99] and
1MHz, M/ 1.5 for Yu et al. [168], with M/ defined as M/ = P_ /Nf where P_is the peak
negative pressure of the ultrasound wave (in MPa) and f the center frequency of the
ultrasound wave (in MHz).

Whether or not there is a direct relationship between the type of microbubble
oscillation and specific bioeffects remains to be elucidated, although more insight
has been gained through ultra-high-speed imaging of the microbubble behavior in
conjunction with live cell microscopy. For example, there seems to be a microbubble
excursion threshold above which sonoporation occurs [164]. Van Rooij et al. [169]
further showed that displacement of targeted microbubbles enhanced reversible
sonoporation and preserved cell viability whilst microbubbles that did not displace
were identified as the main contributors to cell death.
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All of the aforementioned biological observations, mechanisms, and effects relate
to eukaryotic cells. Study of the biological effects of cavitation on for example
bacteria is in its infancy, but studies suggest that sonoporation can be achieved
in Gram— bacteria, with dextran uptake and gene transfection being reported in
Fusobacterium nucleatum [170]. More recent studies have investigated the effect
of microbubbles and ultrasound on gene expression [95, 171, 172]. The findings
are conflicting because although they all show a reduction in expression of genes
involved in biofilm formation and resistance to antibiotics, an increase in expression
of genes involved with dispersion and detachment of biofilms was also found [95].
This cavitation-mediated bioeffect needs further investigation.

Modelling microbubble-cell-drug interaction

Whilst there have been significant efforts to model the dynamics of ultrasound
driven microbubbles [173, 174], less attention has been paid to the interactions
between microbubbles and cells or their impact upon drug transport. Currently
there are no models that describe the interactions between microbubbles, cells,
and drug molecules. Several models have been proposed for the microbubble — cell
interaction in sonoporation focusing on different aspects: the cell expansion and
microbubble jet velocity [175], the shear stress exerted on the cell membrane [176-
180], microstreaming [178], shear stress exerted on the cell membrane in combination
with microstreaming [181], or other flow phenomena [182, 183] generated by an
oscillating microbubble. In contrast to the other models, Man et al. [184] propose
that the microbubble-generated shear stress does not induce pore formation, but
that this is instead due to microbubble fusion with the membrane and subsequent
“pull out” of cell membrane lipid molecules by the oscillating microbubble. Models
for pore formation (for example Koshiyama and Wada [185]) and resealing [186] in
cellmembranes have also been developed, but these models neglect the mechanism
by which the pore is created. There is just one sonoporation dynamics model,
developed by Fan et al. [187], that relates the uptake of the model drug propidium
iodide (PI) to the size of the created membrane pore and the pore resealing time for
a single cell in an in vitro setting. The model describes the intracellular fluorescence
intensity of Pl as a function of time, F(t), by:

1 :
F{t)=a-mDC,-r, E(l —ef ) (eq. 2.3)

where a is the coefficient that relates the amount of Pl molecules to the fluorescence
intensity of PI-DNA and PI-RNA, Dis the diffusion coefficient of PI, C, is the extracellular
Pl concentration, ry is the initial radius of the pore, 8 is the pore resealing coefficient,
and t is time. The coefficient o is determined by the sensitivity of the fluorescence
imaging system, and if unknown the equation can still be used because it is the
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pore size coefficient, a-mDCorp, that determines the initial slope of the Pl uptake
pattern and is the scaling factor for the exponential increase. A cell with a large
pore will have a steep initial slope of Pl uptake and the maximum Pl intensity quickly
reaches the plateau value. A limitation of this model is that equation 3 is based on
two-dimensional free diffusion models, which holds for PI-RNA but not for PI-DNA
because this is confined to the nucleus. The model is independent of cell type, as
Fan et al. have demonstrated agreement with experimental results in both kidney
[187] and endothelial cells [188]. Other researchers have also used this model for
endothelial cell studies and also classified the distribution of both the pore size and
pore resealing coefficients using Principal Component Analysis to determine whether
cells were reversibly or irreversibly sonoporated. In the context of blood brain barrier
(BBB) opening, Hosseinkhah et al. [189] have modeled the microbubble-generated
shear and circumferential wall stress for 5 um microvessels upon microbubble
oscillation at a fixed mechanical index (Ml) of 0.134 for a range of frequencies (0.5,
1, and 1.5 MHz). The wall stresses were dependent upon microbubble size (range
investigated 2-18 um in diameter) and ultrasound frequency. Wiedemair et al. [190]
have also modelled the wall shear stress generated by microbubble (2 um diameter)
destruction at 3 MHz for larger microvessels (200 pm diameter). The presence of
red blood cells was included in the model and was found to cause confinement
of pressure and shear gradients to the vicinity of the microbubble. Advances in
methods for imaging microbubble-cell interactions will facilitate the development
of more sophisticated mechanistic models.

2.4 TREATMENT OF TUMORS (NON-BRAIN)

The structure of tumor tissue varies significantly from that of healthy tissue which
has important implications for its treatment. To support the continuous expansion
of neoplastic cells, the formation of new vessels (i.e. angiogenesis) is needed [191].
As such, a rapidly-developed, poorly-organized vasculature with enlarged vascular
openings arises. In between these vessels, large avascular regions exist, which are
characterized by a dense extracellular matrix, high interstitial pressure, low pH, and
hypoxia. Moreover, a local immunosuppressive environment is formed, preventing
possible anti-tumor activity by the immune system.

Notwithstanding the growing knowledge of the pathophysiology of tumors,
treatment remains challenging. Chemotherapeutic drugs are typically administered
to abolish the rapidly-dividing cancer cells. Yet, their cytotoxic effects are not
limited to cancer cells, causing dose-limiting off-target effects. To overcome this
hurdle, chemotherapeutics are often encapsulated in nano-sized carriers, iLe.
nanoparticles, that are designed to specifically diffuse through the large openings
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of tumor vasculature, while being excluded from healthy tissue by normal blood
vessels [143, 144]. Despite being highly promising in pre-clinical studies, drug-
containing nanoparticles have shown limited clinical success due to the vast
heterogeneity in tumor vasculature [75, 143, 192]. In addition, drug penetration into
the deeper layers of the tumor can be constrained due to high interstitial pressure
and a dense extracellular matrix in the tumor. Furthermore, acidic and hypoxic
regions limit the efficacy of radiation- and chemotherapy-based treatments due
to biochemical effects [80, 86, 193]. Ultrasound-triggered microbubbles are able
to alter the tumor environment locally, thereby improving drug delivery to tumors.
These alterations are schematically represented in Figure 2.2 and include: improving
vascular permeability, modifying the tumor perfusion, reducing local hypoxia, and
overcoming the high interstitial pressure.

Several studies have found that ultrasound-driven microbubbles improved delivery
of chemotherapeutic agents in tumors, which resulted in increased anti-tumor
effects [75, 101, 194]. Moreover, several gene products could be effectively delivered
to tumor cells via ultrasound-driven microbubbles, resulting in a downregulation
of tumor-specific pathways and an inhibition in tumor growth [195, 196]. Theek et
al. [77] furthermore confirmed that nanoparticle accumulation can be achieved
in tumors with low EPR effect. Drug transport and distribution through the dense
tumor matrix and into regions with elevated interstitial pressure is often the limiting
factor in peripheral tumors. As a result, several reports have indicated that drug
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Figure 2.2 Ultrasound-activated microbubbles can locally alter the tumor microenvironment through
four mechanisms: enhanced permeability, improved contact, reduced hypoxia, and altered perfusion.
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penetration into the tumor remained limited after sonoporation, which may impede
the eradication of the entire tumor tissue [75, 78, 197]. Alternatively, microbubble
cavitation can affect tumor perfusion, as vasoconstriction and even temporary
vascular shut-down have been reported ex vivo [198] and in vivo [199-201]. These
effects were seen at higher ultrasound intensities (>1.5 MPa) and are believed to result
from inertial cavitation leading to violent microbubble collapses. As blood supply
is needed to maintain tumor growth, vascular disruption might form a different
approach to cease tumor development. Microbubble-induced microvascular
damage was able to complement the direct effects of chemotherapeutics and
anti-vascular drugs by secondary ischemia-mediated cytotoxicity, which led to
tumor growth inhibition [98, 202, 203]. In addition, a synergistic effect between
radiation therapy and ultrasound-stimulated microbubble treatment was observed,
as radiation therapy also induces secondary cell death by endothelial apoptosis
and vascular damage [204, 205]. Nevertheless, several adverse effects have been
reported due to excessive vascular disruption, including hemorrhage, tissue necrosis,
and the formation of thrombi [75, 101, 199].

Furthermore, oxygen-containing microbubbles can provide a local oxygen
supply to hypoxic areas, rendering oxygen-dependent treatments more effective.
This is of interest for sonodynamic therapy, which is based on the production
of cytotoxic reactive oxygen species (ROS) by a sonosensitizing agent upon
activation by ultrasound in the presence of oxygen [86, 88, 102]. As ultrasound can
be used to stimulate the release of oxygen from oxygen-carrying microbubbles
while simultaneously activating a sonosensitizer, this approach has shown to be
particularly useful for the treatment of hypoxic tumor types [86, 88]. Additionally, low
oxygenation promotes resistance to radiotherapy, which can be circumvented by a
momentary supply of oxygen. Based on this notion, oxygen-carrying microbubbles
were used to improve the outcome of radiotherapy in a rat fibrosarcoma model [80].

Finally, ultrasound-activated microbubbles promote convection and induce acoustic
radiation forces. As such, closer contact with the tumor endothelial and an extended
contact time can be obtained [93]. Furthermore, these forces may counteract the
elevated interstitial pressure present in tumors [78, 108, 206].

Apart from their ability to improve the tumor uptake, microbubbles can be
used as ultrasound-responsive drug carriers to reduce the off-target effects of
chemotherapeutics. By loading the drugs or drug-containing nanoparticles directly
in or onto the microbubbles, a spatial and temporal control of drug release can
be obtained, thereby reducing exposure to other parts of the body [101, 207].
Moreover, several studies have shown improved anti-cancer effects from treatment
with drug-coupled microbubbles, compared to a co-administration approach [101,
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208]. Additionally, tumor neovasculature expresses specific surface receptors that
can be targeted by specific ligands. Adding such targeting moieties to the surface
of (drug-loaded) microbubbles improves site-targeted delivery and has shown to
potentiate this effect further [71, 84, 209].

Phase-shifting droplets and gas-stabilizing solid agents (e.g. nanocups) have the
unique ability to benefit from both EPR-mediated accumulation in the ‘leaky’ parts
of the tumor vasculature due to their small sizes, as well as from ultrasound-induced
permeabilization of the tissue structure [112, 194, 210, 211]. Several research groups
have reported tumor regression after treatment with acoustically-active droplets
[111, 210, 212, 213] or gas-stabilizing solid particles [112, 214]. A different approach to
the use of droplets for tumor treatment, is Acoustic Cluster Therapy (ACT), which is
based on microbubble-droplet clusters that upon ultrasound exposure, undergo a
phase shift to create large bubbles that can transiently block capillaries [215]. While
the mechanism behind the technique is not yet fully understood, studies have shown
improved delivery and efficacy of paclitaxel and Abraxane in xenograft prostate
tumor models [105, 212]. Another use of droplets for tumor treatment is enhanced
high-intensity focused ultrasound (HIFU)-mediated heating of tumors [216].

Although microbubble-based drug delivery to solid tumors shows great promise,
it also faces important challenges. The ultrasound parameters used in in vivo
studies highly vary between research groups and no consensus was found on the
oscillation regime that is believed to be responsible for the observed effects [75,
101]. Moreover, longer ultrasound pulses and increased exposure times are usually
applied in comparison to in vitro reports [53]. This could promote additional effects
such as microbubble clustering and microbubble translation, which could cause local
damage to the surrounding tissue as well [217]. To elucidate these effects further,
fundamental in vitro research remains important. Therefore, novel in vitro models
that more accurately mimic the complexity of the in vivo tumor environment are
currently being explored. Park et al. [218] engineered a perfusable vessel-on-a-chip
system and reported successful doxorubicin delivery to the endothelial cells lining
this microvascular network. While such microfluidic chips could be extremely useful
to study the interactions of microbubbles with the endothelial cell barrier, special
care to the material of the chambers should be taken to avoid ultrasound reflections
and standing waves [219]. Alternatively, 3D tumor spheroids have been used to study
the effects of ultrasound and microbubble-assisted drug delivery on penetration
and therapeutic effect in a multicellular tumor model [220]. Apart from expanding
the knowledge on microbubble-tissue interactions in detailed parametric studies in
vitro, it will be crucial to obtain improved control over the microbubble behavior in
vivo, and link this to the therapeutic effects. To this end, passive cavitation detection
(PCD) to monitor microbubble cavitation behavior in real-time is currently under
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development, and could provide better insights in the future [103, 221, 222]. Efforts
are being committed to constructing custom-built delivery systems, which can be
equipped with multiple transducers allowing drug delivery guided by ultrasound
imaging and/or PCD [103, 223-225].

Clinical studies

Pancreatic cancer

The safety and therapeutic potential of improved chemotherapeutic drug delivery
using microbubbles and ultrasound was first investigated for the treatment of
inoperable pancreatic ductal adenocarcinoma at Haukeland University Hospital,
Norway [226, 227]. In this clinical trial, gemcitabine was administrated by intravenous
injection over 30 min. During the last 10 min of chemotherapy, an abdominal
echography was performed to locate the position of pancreatic tumor. At the end
of chemotherapy, 0.5 mL of SonoVue microbubbles followed by 5 mL saline were
intravenously injected every 3.5 min to ensure their presence throughout the whole
sonoporation treatment. Pancreatic tumors were exposed to ultrasound (1.9 MHz,
MI 0.2, 1% DC) using a 4C curvilinear probe (GE Healthcare) connected to an LOGIQ
9 clinical ultrasound scanner. The cumulative ultrasound exposure was only 18.9
s. All clinical data showed that microbubble-mediated gemcitabine delivery did
not induce any serious adverse events in comparison to chemotherapy alone. At
the same time, tumor size and development were characterized according to the
Response Evaluation Criteria in Solid Tumors (RECIST) criteria. In addition, Eastern
Cooperative Oncology Group (ECOG) performance status was used to monitor
the therapeutic efficacy of the microbubble-mediated gemcitabine delivery. All
ten patients tolerated an increased number of gemcitabine cycles compared to
treatment with chemotherapy alone from historical controls (8.3 + 6 vs 13.8 + 5.6
cycles; p < 0.008), thus reflecting an improved physical state. After 12 treatment
cycles, one patient’s tumor showed a 2-fold decrease in tumor size. This patient
was excluded from this clinical trial to be treated with radiotherapy and then with
pancreatectomy. In five out of ten patients, the maximum tumor diameter was partially
decreased from the first to last therapeutic treatment. Subsequently, a consolidative
radiotherapy or a FOLFIRINOX treatment, a bolus and infusion of 5-fluorouracil,
leucovorin, irinotecan, and oxaliplatin, was offered to them. The median survival
was significantly increased from 8.9 months to 17.6 months (p = 0.0001). Altogether,
these results show that the drug delivery using clinically-approved microbubbles,
chemotherapeutics, and ultrasound is feasible and compatible with respect to
clinical procedures. Nevertheless, the authors did not provide any evidence that
the improved therapeutic efficacy of gemcitabine was related to an increase in
intratumoral bioavailability of the drug. In addition, the effects of microbubble-

27



Chapter 2

assisted ultrasound treatment alone on the tumor growth were not investigated
while recent publications describe that according to the ultrasound parameters,
such treatment could induce a significant decrease in tumor volume through a
reduction in tumor perfusion as described above.

Hepatic metastases from digestive system

A safety study of chemotherapeutic delivery using microbubble-assisted ultrasound
for the treatment of liver metastases from gastrointestinal tumors and pancreatic
carcinoma was conducted at Beijing Cancer Hospital, China [228]. Thirty minutes
after intravenous infusion of chemotherapy (for both monotherapy and combination
therapy), 1 mL of SonoVue microbubbles was intravenously administrated which was
repeated another five times in 20 min. An ultrasound probe (C1-5 abdominal convex
probe; GE Healthcare, USA) was positioned on the tumor lesion which was exposed
to ultrasound at different Mis (0.4 to 1) in contrast mode using a LogiQ E9 scanner
(GE Healthcare, USA). The primary aims of this clinical trial were to evaluate the
safety of this therapeutic procedure and to explore the largest Ml and ultrasound
treatment time which cancer patients can tolerate. According to the clinical safety
evaluation, all twelve patients showed no serious adverse events. The authors
reported that the microbubble mediated-chemotherapy led to fever in two patients.
However, there is no clear evidence this related to the microbubble and ultrasound
treatment. Indeed, in the absence of direct comparison of these results with a
historical group of patients receiving the chemotherapy on its own, one cannot rule
out a direct link between the fever and the chemotherapy alone. All the adverse side
effects were resolved with symptomatic medication. In addition, the severity of side
effects did not worsen with increases in M, suggesting that microbubble-mediated
chemotherapy is a safe procedure. The secondary aims were to assess the efficacy
of this therapeutic protocol using contrast-enhanced CT and MRI. Thus, tumor size
and development were characterized according to the RECIST criteria. Half of the
patients had stable disease and one patient obtained a partial response after the
first treatment cycle. The median progression-free survival was 91 days. However,
making any comparison and interpretation of results is very difficult because none of
the patients were treated with the same chemotherapeutics, MI, and/or number of
treatment cycles. The results of safety and efficacy evaluations should be compared
to patients receiving the chemotherapy on its own in order to clearly identify the
therapeutic benefit of combining with ultrasound-driven microbubbles. Similar to the
pancreatic clinical study, no direct evidence of enhanced therapeutic bioavailability
of the chemotherapeutic drug after the treatment was provided. This investigation
is all the more important as the ultrasound and microbubble treatment was applied
30 min after intravenous chemotherapy (for both monotherapy and combination
therapy) independently of drug pharmacokinetics and metabolism.
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Ongoing and upcoming clinical trials

Currently, two clinical trials are ongoing: (i) Prof. F. Kiessling (RWTH Aachen University,
Germany) proposes to examine whether the exposure of early primary breast
cancer to microbubble-assisted ultrasound during neoadjuvant chemotherapy
results in increased tumor regression in comparison to ultrasound treatment
alone (NCT03385200); (ii) Dr. J. Eisenbrey (Sidney Kimmel Cancer Center, Thomas
Jefferson University, USA) is investigating the therapeutic potential of perflutren
protein-type A microspheres in combination with microbubble-assisted ultrasound
in radioembolization therapy of liver cancer (NCT03199274).

A proof of concept study (NCT03458975) has been set in Tours Hospital, France for
treating non-resectable liver metastases. The aim of this trial is to perform a feasibility
study with the development of a dedicated ultrasound imaging and delivery
probe with a therapy protocol optimized for patients with hepatic metastases of
colorectal cancer and who are eligible for monoclonal antibodies in combination
with chemotherapy. A dedicated 1.5D ultrasound probe has been developed and
interconnected to a modified Aixplorer imaging platform (Supersonic imagine,
Aix-en-Provence, France). The primary objective of the study is to determine the
rate of objective response at two months for lesions receiving optimized and
targeted delivery of systemic chemotherapy combining bevacizumab and FOLFIRI
compared with those treated with only systemic chemotherapy regimen. The
secondary objective is to determine the safety and tolerability of this local approach
of optimized intratumoral drug delivery during the three months of follow-up, by
assessing tumor necrosis, tumor vascularity and pharmacokinetics of bevacizumab
and by profiling cytokine expression spatially.

2.5 IMMUNOTHERAPY

Cancer immunotherapy is considered to be one of the most promising strategies to
eradicate cancer as it makes use of the patient’'s own immune system to selectively
attack and destroy tumor cells. It is a common name that refers to a variety of
strategies that aim to unleash the power of the immune system by either boosting
antitumoral immune responses or flagging tumor cells to make them more visible to
the immune system. The principle is based on the fact that tumors express specific
tumor antigens which are not, or to a much lesser extent, expressed by normal
somatic cells and hence can be used to initiate a cancer-specificimmune response. In
this section we aim to give insight into how microbubbles and ultrasound have been
applied as useful tools to initiate or sustain different types of cancer immunotherapy
as illustrated in Figure 2.3.
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Figure 2.3 Schematic overview of how microbubbles and ultrasound have been shown to contribute
to cancerimmunotherapy. From left to right: microbubbles can be used as antigen carriers to stimulate
antigen uptake by dendritic cells. Microbubbles and ultrasound can alter the permeability of tumors
thereby increasing the intratumoral penetration of adoptively transferred immune cells or checkpoint
inhibitors. Finally, exposing tissues to cavitating microbubbles can induce sterile inflammation by the
local release of DAMPS.

When Ralph Steinman [229] discovered the dendritic cell (DC) in 1973, its central role
in the initiation of immunity made it an attractive target to evoke specific antitumoral
immune responses. Indeed, these cells very efficiently capture antigens and present
them to T-lymphocytes in major histocompatibility complexes (MHCs), thereby
bridging the innate and adaptive immune system. More specifically, exogenous
antigens engulfed via the endolysosomal pathway are largely presented to CD4* T
cells via MHC-II, whereas endogenous, cytoplasmic proteins are shuttled to MHC-I
molecules for presentation to CD8 cells. As such, either CD4* helper T cells or CD8*
cytotoxic T cell responses are induced. The understanding of this pivotal role played
by DCs formed the basis for DC-based vaccination, where a patient's DCs are isolated,
modified ex vivo to present tumor antigens and re-administered as a cellular vaccine.
DC-based therapeutics, however, suffer from a number of challenges, of which the
expensive and lengthy ex vivo procedure for antigen-loading and activation of DCs
is the most prominent [230]. In this regard, microbubbles have been investigated for
direct delivery of tumor antigens to immune cells in vivo. Bioley et al. [94] showed
that intact microbubbles are rapidly phagocytosed by both murine and human
DCs, resulting in rapid and efficient uptake of surface-coupled antigens without the
use of ultrasound. Subcutaneous injection of microbubbles loaded with the model
antigen ovalbumin (OVA) resulted in the activation of both CD8* and CD4* T cells.
Effectively, these T-cell responses could partially protect vaccinated mice against
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an OVA-expressing Listeria infection. Dewitte et al. [231] investigated a different
approach, making use of messenger RNA (mRNA) loaded microbubbles combined
with ultrasound to transfect DCs. As such, they were able to deliver mRNA encoding
both tumor antigens as well as immunomodulating molecules directly to the
cytoplasm of the DCs. As a result, preferential presentation of antigen fragments in
MHC-I complexes was ensured, favoring the induction of CD8* cytotoxic T cells. In
a therapeutic vaccination study in mice bearing OVA-expressing tumors, injection
of mRNA-sonoporated DCs caused a pronounced slowdown of tumor growth and
induced complete tumor regression in 30% of the vaccinated animals. Interestingly,
in humans, intradermally injected microbubbles have been used as sentinel lymph
node detectors as they can easily drain from peripheral sites to the afferent lymph
nodes [232, 233]. Since lymph nodes are the primary sites of immune induction, the
interaction of microbubbles with intranodal DCs, could be of high value. To this end,
Dewitte et al. [82] showed that mMRNA-loaded microbubbles were able to rapidly and
efficiently migrate to the afferent lymph nodes after intradermal injection in healthy
dogs. Unfortunately, further translation of this concept to an in vivo setting is not
straightforward, as it prompts the use of less accessible large animal models (e.g.,
pigs, dogs). Indeed, conversely to what has been reported in humans, lymphatic
drainage of subcutaneously injected microbubbles is very limited in the small animal
models typically used in preclinical research (mice and rats), which is the result of
substantial difference in lymphatic physiology.

Another strategy in cancer immunotherapy is adoptive cell therapy, where ex vivo
manipulated immune effector cells, mainly T cells and NK (natural killer) cells, are
employed to generate a robust and selective anticancer immune response [234,
235]. These strategies have mainly led to successes in hematological malignancies,
not only because of the availability of selective target antigens, but also because
of the accessibility of the malignant cells [235, 236]. By contrast, in solid tumors,
and especially in brain cancers, inadequate homing of cytotoxic T cells or NK cells
to the tumor proved to be one of the main reasons for the low success rates,
making the degree of tumor infiltration an important factor in disease prognosis
[235, 237, 238]. To address this, focused ultrasound and microbubbles have been
used to make tumors more accessible to cellular therapies. The first demonstration
of this concept was provided by Alkins et al. [239] who used a xenograft HER-2-
expressing breast cancer brain metastasis model to determine whether ultrasound
and microbubbles could allow intravenously infused NK cells to cross the blood-
brain barrier (BBB). By loading the NK cells with superparamagnetic iron oxide
(SPIO) nanoparticles, the accumulation of NK cells in the brain could be tracked and
quantified via MRI. An enhanced accumulation of NK cells was found when the cells
were injected immediately prior to BBB disruption. Importantly NK cells retained
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their activity and ultrasound treatment resulted in a sufficient NK to tumor cell ratio
to allow effective tumor cell killing [240]. In contrast, very few NK cells reached the
tumor site when BBB disruption was absent or performed before NK cell infusion.
Although it is not known for certain why timing had such a significant impact on
NK extravasation, it is likely that the most effective transfer to the tissue occurs
at the time of insonification, and that the barrier is most open during this time
[241]. Possible other explanations include the difference in size of the temporal BBB
openings or a possible alternation in the expression of specific leukocyte adhesion
molecules by the BBB disruption, thus facilitating the translocation of NK cells. Also
for tumors where BBB crossing is not an issue, ultrasound has been used to improve
delivery of cellular therapeutics. Sta Maria et al. [242] demonstrated enhanced tumor
infiltration of adoptively transferred NK cells after treatment with microbubbles and
low dose focused ultrasound. This result was confirmed by Yang et al. [243] in a
more recent publication where the homing of NK cells was more than doubled
after microbubble injection and ultrasound treatment of an ovarian tumor. Despite
the enhanced accumulation, however, the authors did not observe an improved
therapeutic effect, which might be due to the limited number of treatments that
were applied, or the immunosuppressive tumor microenvironment that counteracts
the cytotoxic action of the NK cells.

There is growing interest in exploring the effect of microbubbles and ultrasound on
the tumor microenvironment, as recent work has shown that BBB disruption with
microbubbles and ultrasound may induce sterile inflammation. Although a strong
inflammatory response may be detrimental in the case of drug delivery across the
BBB, it might be interesting to further study this inflammatory response in solid
tumors as it might induce the release of damage-associated molecular patterns
(DAMPS) such as heat-shock proteins and inflammatory cytokines. This could shift
the balance towards a more inflammatory microenvironment that could promote
immunotherapeutic approaches. As reported by Liu et al. [244] exposure of a CT26
colon carcinoma xenograft to microbubbles and low pressure pulsed ultrasound
increased cytokine release and triggered lymphocyte infiltration. Similar data have
been reported by Hunt et al. [245]. In their study, ultrasound treatment caused
a complete shut-down of tumor vasculature followed by the expression of HIF-
1o (hypoxia-inducible factor 1), a marker of tumor ischemia and tumor necrosis,
as well as increased infiltration of T cells. Similar responses have been reported
following thermal and mechanical HIFU treatments of solid tumors [246, 247]. A
detailed review of ablative ultrasound therapies is however out of the scope of this
review.
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At present, the most successful form of immunotherapy is the administration of
monoclonal antibodies to inhibit regulatory immune checkpoints that block T
cell action. Examples are CTLA-4 (cytotoxic T lymphocyte-associated protein-4)
and PD-1 (programmed cell death-1), which act as brakes on the immune system.
Blocking the effect of these brakes can revive and support the function of immune
effector cells. Despite the numerous successes achieved with checkpoint inhibitors,
responses have been quite heterogeneous as the success of checkpoint inhibition
therapy largely depends on the presence of intratumoral effector T cells [248]. This
motivated Bulner et al. [249] to explore the synergy of microbubble and ultrasound
treatment with PD-L1 checkpoint inhibition therapy in mice. Tumors in the treatment
group that received the combination of microbubble and ultrasound treatment with
checkpoint inhibition were significantly smaller than tumors in the monotherapy
groups. One mouse showed complete tumor regression and remained tumor free
upon rechallenge, indicative of an adaptive immune response.

Overall, the number of studies that investigate the impact of microbubble and
ultrasound treatment on immunotherapy is limited, making this a rather unexplored
research area. It is obvious that more in-depth research is warranted to improve
our understanding on how (various types of) immunotherapy might benefit from
(various types of) ultrasound treatment.

2.6 BBB AND BLooD SPINAL CORD BARRIER OPENING

The barriers of the central nervous system (CNS), the BBB and Blood-Spinal Cord
Barrier (BSCB), greatly limit drug-based treatment of CNS disorders. These barriers
help to regulate the specialized CNS environment by limiting the passage of most
therapeutically relevant molecules [250]. Although several methods have been
proposed to circumvent the BBB and BSCB, including chemical disruption and the
development of molecules engineered to capitalize on receptor-mediated transport
(so-called Trojan Horse molecules), the use of ultrasound in combination with
microbubbles [54] or droplets [113] to transiently modulate these barriers has come
to the forefront in recent years due to the targeted nature of this approach and its
ability to facilitate delivery of a wide range of currently available therapeutics. First
demonstrated in 2001 [54], ultrasound-mediated BBB opening has been the topic
of several hundred original research articles in the last two decades, and in recent
years has made headlines for ground-breaking clinical trials targeting brain tumors
and Alzheimer’s disease as described below in the clinical studies section.
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Mechanisms, bioeffects, and safety

Ultrasound in combination with microbubbles can produce permeability changes
in the BBB via both enhanced paracellular and transcellular transport [251, 252].
Reduction and reorganization of tight junction proteins [253] and upregulation of
active transport protein Caveolin-1 [254] have been reported. Although the exact
physical mechanisms driving these changes are not known, there are several factors
that are hypothesized to contribute to these effects, including direct tensile stresses
due to the expansion and contraction of the bubbles in the lumen, as well as shear
stresses at the vessel wall arising from acoustic microstreaming. Recent studies
have also investigated the suppression of efflux transporters following ultrasound
exposure with microbubbles. A reduction in P-glycoprotein expression [158, 159]
and BBB transporter gene expression [160] has been observed by multiple groups.
One study showed that P-glycoprotein expression was suppressed for over 48 h
following treatment with ultrasound and microbubbles [159]. However, the degree
of inhibition of efflux transporters as a result of ultrasound with microbubbles may
be insufficient to prevent efflux of some therapeutics [72], and thus this mechanism
requires further study.

Many studies have documented enhanced CNS tumor response following ultrasound
and microbubble-mediated delivery of drugs across the Blood-Tumor-Barrier in
rodent models. Improved survival has been shown in both primary [255, 256] and
metastatic tumor models [240, 257].

Beyond simply enhancing drug accumulation in the CNS, several positive bioeffects
of ultrasound and microbubble induced BBB opening have been reported. In rodent
models of Alzheimer's disease, numerous positive effects have been discovered in the
absence of exogenous therapeutics. These effects include a reduction in amyloid-f3
plaque load [258-261], reduction in tau pathology [81], and improvements in spatial
memory [259, 260]. Two-photon microscopy has shown that amyloid-f plaque size
is reduced in transgenic mice for up to two weeks post ultrasound and microbubble
treatment [261]. Opening of the BBB in both transgenic and wild-type mice has also
revealed enhanced neurogenesis [259, 262, 263] in the treated tissue.

Gene delivery to the CNS using ultrasound and microbubbles is another area that
is increasingly being investigated. Viral [264, 265] and non-viral [266] delivery
methods have been investigated. While early studies demonstrated the feasibility of
gene delivery using reporter genes (for example Thevenot et al. [267], Alonso et al.
[265]), there have been promising results delivering therapeutic genes. In particular,
advances have been made in Parkinson’s disease models, where therapeutic genes
have been tested [268, 269], and where long lasting functional improvements have
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been reported in response to therapy [268]. It is expected that research into this
highly promising technique will expand to a range of therapeutic applications.

Despite excellent safety profiles in non-human primate studies investigating repeat
opening of the BBB [270, 271], there has been recent controversy due to reports of
a sterile inflammatory response observed in rats [60, 272, 273]. The inflammatory
response is proportional to the magnitude of BBB opening and is therefore
strongly influenced by experimental conditions such as microbubble dose and
acoustic settings. However, McMahon and Hynynen [61] showed that when clinical
microbubble doses are used, and treatment exposures are actively controlled to
avoid over treating, the inflammatory response is acute and mild. They note that while
chronic inflammation is undesirable, acute inflammation may actually contribute to
some of the positive bioeffects that have been observed. For example, the clearance
of amyloid-f following ultrasound and microbubble treatment is thought to be
mediated in part by microglial activation [258]. These findings reiterate the need for
carefully controlled treatment exposures to select for desired bioeffects.

Cavitation monitoring and control

It is generally accepted that the behavior of the microbubbles in the ultrasound field
is predictive, to an extent, of the observed bioeffects. In the seminal study on the
association between cavitation and BBB opening, McDannold et al. [274] observed
an increase in second harmonic emissions in cases of successful opening, compared
to exposures that lead to no observable changes in permeability as measured
by contrast enhanced MRI. Further, they noted that successful opening could be
achieved in the absence of inertial cavitation, which was also reported by another
group [275]. These general guidelines have been central to the development of
active treatment control schemes that have been developed to date—all with
the common goal of promoting stable bubble oscillations, while avoiding violent
bubble collapse that can lead to tissue damage. These methods are based either on
detection of sub or ultraharmonic [276-278], harmonic bubble emissions [279, 280]
or a combination thereof [281]. An approach based on the sub- or ultraharmonic
controller developed by O'Reilly and Hynynen [276] has been employed in early
clinical testing [282, 283].

Control methods presented to date have generally been developed using single
receiver elements, which simplifies data processing but does not allow signals to
be localized. Focused receivers are spatially selective but can miss off-target events,
while planar receivers may generate false positives based on signals originating
outside the treatment volume. The solution to this is to use an array of receivers
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and passive beamforming methods, combined with phase correction methods to
compensate for the skull bone [284, 285] to generate maps of bubble activity. In
the brain this has been achieved with linear arrays [286, 287], which suffer from
poor axial resolution when using passive imaging methods, as well as large-scale
sparse hemispherical or large aperture receiver arrays [288-292] that optimize
spatial resolution for a given frequency. Recently, this has extended beyond just
imaging the bubble activity to incorporate real-time, active feedback control based
on both the spectral and spatial information obtained from the bubble maps [289]
(Figure 2.4). Robust control methods building on these works will be essential for
widespread adoption of this technology to ensure safe and consistent treatments.

BSCB opening

Despite the similarities between the BBB and BSCB, and the great potential benefit
for patients, there has been limited work investigating translation of this technology
to the spinal cord. Opening of the BSCB in rats was first reported by Wachsmuth
et al. [293], and was followed by studies from Weber-Adrien et al. [294], Payne et
al. [109], and O'Reilly et al. [295] in rats (Figure 2.5) and from Montero et al. [296]
in rabbits, the latter performed through a laminectomy window. In 2018, O'Reilly et
al. [295] presented the first evidence of a therapeutic benefit in a disease model,
showing improved tumor control in a rat model of leptomeningeal metastases.
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Figure 2.4 3D transcranial subharmonic
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control in vivo in rabbit brain during
BBB opening. Spectral information (top)
shows the appearance of subharmonic
activity at t = 35 s into the treatment.
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band localizes this activity to the target
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Figure 2.5 T1 weighted sagittal MR images
showing leptomeningeal tumors in rat spinal
cord (grey arrowheads) before ultrasoundand
microbubble treatment (left column), and the
enhancement of the cord indicating BSCB
opening (white arrows) post-ultrasoundand
microbubble  treatment  (right  column)
(reprinted (adapted) with permission from
O'Reilly et al. [295]).

Although promising, there remains significant work to be done to advance BSCB
opening to clinical studies. A more thorough characterization of the bioeffects in
the spinal cord and how, if at all, they differ from the brain is necessary to ensure
safe translation. Additionally, methods and devices capable of delivering controlled
therapy to the spinal cord at clinical scale are needed. While laminectomy and
implantation of an ultrasound device [296] might be an appropriate approach
for some focal indications, treating multifocal or diffuse disease will require the
ultrasound to be delivered through the intact bone to the narrow spinal canal.
Fletcher and O'Reilly [297] have presented a method to suppress standing waves in
the human vertebral canal. Combined with devices suited to the spinal geometry,
such as that presented by Xu and O'Reilly [298], these methods will help to advance
clinical translation.

Clinical studies

The feasibility of enhancing BBB permeability in and around brain tumors using
ultrasound and microbubbles has now been demonstrated in two clinical trials. In
the study conducted at Assistance Publique—Hb&pitaux de Paris in Paris, France, an
unfocused 1 MHz ultrasound transducer (SonoCloud) was surgically placed over
the tumor-resection area and permanently fixed into the hole in the skull bone.
The skin was placed over the transducer and after healing, treatments were
conducted by inserting a needle probe through the skin to provide the driving
signal to the transducer. Monthly treatments were then conducted while infusing
a chemotherapeutic agent into the blood stream (carboplatin). The sonication was
executed during infusion of SonoVue microbubbles. A constant pulsed sonication
was applied during each treatment followed by a contrast enhanced MRI to
estimate BBB permeability. The power was escalated for each monthly treatment
until enhancement was detected in MRI. This study demonstrated feasibility and
safety [299] and a follow up study may indicate increase in survival [300].
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The second brain tumor study was conducted at Sunnybrook Health Sciences Centre
in Toronto, Canada, which used the InSightec Exablate 220 kHz device and through-
skull MRI-guided sonications of brain tumors prior to the surgical resection. It also
showed the feasibility of inducing highly localized BBB permeability enhancement,
safety, and that chemotherapeutic concentration in the sonicated peritumor tissue
was higher than in the unsonicated tissue [282].

Another study conducted in Alzheimer’s disease patients with the Exablate device
demonstrated safe BBB permeability enhancement and that the treatment could be
repeated one month later without any imaging or behavior indications of adverse
events [283]. A third study with the same device investigated the feasibility of
using functional MRI to target motor cortex in Amyotrophic Lateral Sclerosis (ALS)
patients again showing precisely targeted BBB permeability enhancement without
adverse effects in this delicate structure [301]. All of these studies were conducted
using Definity microbubbles. These studies have led to the current ongoing brain
tumor trial with six monthly treatments of the brain tissue surrounding the resection
cavity during the maintenance phase of the treatment with temozolomide. This
study sponsored by InSightec is being conducted in multiple institutions. Similarly,
a phase Il trial in Alzheimer’s disease sonicating the hippocampus with the goal of
investigating the safety and potential benefits from repeated (three treatments with
two-week interval) BBB permeability enhancement alone is ongoing. This study is
also being conducted in several institutions that have the device.

2.7 SONOTHROMBOLYSIS

Occlusion of blood flow through diseased vasculature is caused by thrombi, blood
clots which form in the body. Due to limitations in thrombolytic efficacy and speed,
sonothrombolysis, ultrasound which accelerates thrombus breakdown alone, or
in combination with thrombolytic drugs and/or cavitation nuclei, has been under
extensive investigation in the last two decades [302]. Sonothrombolysis promotes
thrombus dissolution for the treatment of stroke [303-306], myocardial infarction
[307-309], acute peripheral arterial occlusion [310], deep vein thrombosis [311], and
pulmonary embolism [312-314].

Mechanisms, agents, and approaches

Ultrasound improves recombinant tissue plasminogen activator (rt-PA) diffusion into
thrombi and augments lysis primarily via acoustic radiation force and streaming
[315-317]. Additionally, ultrasound increases rt-PA and plasminogen penetration
into the thrombus surface and enhances removal of fibrin degradation products via
ultrasonic bubble activity, or acoustic cavitation, that induces microstreaming [67,
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315, 318]. Two types of cavitation are correlated with enhanced thrombolysis: stable
cavitation, with highly nonlinear bubble motion resulting in acoustic emissions
at the subharmonic and ultraharmonics of the fundamental frequency [319-321],
and inertial cavitation, with substantial radial bubble growth and rapid collapse
generating broadband acoustic emissions [322, 323].

Specialized contrast agents and tailored ultrasound schemes have been investigated
with the aim of optimizing sonothrombolysis. Petit et al. [317] observed a greater
degree of rt-PA lysis with BR38 microbubbles exposed to 1 MHz pulsed ultrasound at
an amplitude causing inertial cavitation (1.3 MPa peak rarefactional pressure) than at
a lower amplitude causing stable cavitation (0.35 MPa peak rarefactional pressure).
Goyal et al. [96] also measured a higher degree of thrombolysis with 1 MHz pulsed
ultrasound at 1.0 MPa peak rarefactional pressure with inertial cavitation than at
0.23 MPa peak rarefactional pressure with stable cavitation in an in vitro model of
microvascular obstruction using perfluorobutane-filled, lipid shelled microbubbles
[324] as a nucleation agent. However, Kleven et al. [325] observed more than 60%
fractional clot width loss for highly retracted human whole blood clots exposed to rt-
PA, Definity and 220 kHz pulsed or continuous wave (CW) ultrasound at an acoustic
output with sustained stable cavitation throughout the insonification periods (0.22
MPa peak rarefactional pressure) (Figure 2.6).

Echogenic liposomes loaded with rt-PA enhanced lysis compared to rt-PA alone
at concentrations of 1.58 and 3.15 mg/mL [104], suggesting that encapsulation of
rt-PA could reduce the rt-PA dose by a factor of two with equivalent lytic activity.
Subsequently it has been demonstrated that these liposomes protect rt-PA

Figure 2.6  Simulated acoustic pressure
and temperature in a representative subject
exposed to pulsed 220 kHz ultrasound with
a 33.3% duty cycle. The absolute peak-to-
peak pressure maximum for the simulations
is displayed in gray scale. Temperature is
displayed using a heat map with a minimum
color priority write threshold of 1 °C.
Computed tomography features such as bone
(cyan), skin and internal epithelium (beige),
and clot (green), are plotted using contour
. lines. The transducer is outlined in magenta.
—Skin : ; ) Constructive interference is prominent in the

Thrombus soft tissue between the temporal bone and

Transduce the transducer. Some constructive interference
is also present in the brain tissue close to the
contralateral temporal bone, however, the
pressure in this region did not exceed the pressure in the M1 section of the middle cerebral artery.
Temperature rise was prominent in the ipsilateral bone along the transducer axis. Computational
model is described in Kleven et al. [325].
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against degradation by plasminogen activator inhibitor-1 (PAI-1), while achieving
equivalent thrombolytic efficacy relative to rt-PA, Definity, and intermittent 220 kHz
CW ultrasound [326]. Promising agents, including a nanoscale (< 100 nm) contrast
agent [327] and magnetically targeted microbubbles [328], have also demonstrated
enhanced rt-PA thrombolysis in vitro. All of these investigators noted that in the
absence of rt-PA, the combination of ultrasound and microbubbles did not degrade
the fibrin network.

Several minimally invasive techniques have also been explored, with or without
the inclusion of rt-PA or exogenous cavitation nuclei. In the clinical management
of stroke, rapid treatments are needed because of the neurologist's adage “time
is brain”. Thus, treatment options that promote fast clot removal, reduce edema
and intracerebral bleeding, and improve patient outcomes are of immense value.
Magnetic resonance image-guided high intensity focused ultrasound has been
investigated for the treatment of both ischemic [329] and hemorrhagic [330] stroke,
and Zafar et al. [331] have provided an excellent review of the literature for this
approach. Histotripsy, a form of high intensity focused ultrasound that relies on the
mechanical action of microbubble clouds to ablate thrombi with and without rt-PA
[122, 332-334] is under development to treat deep vein thrombosis. Additionally,
ultrasound-accelerated catheter-directed thrombolysis using the EKOS system
(EKOS/BTG, Bothell, WA, USA) combines 2 MHz low-intensity pulsed ultrasound
and rt-PA without cavitation nuclei to improve lytic efficiency to treat deep vein
thrombosis [311] and pulmonary embolism [335].

Cavitation monitoring

Acoustic cavitation has been shown to mediate direct fibrinolysis [336] and
accelerated rt-PA lysis [315, 316, 337, 338]. Passive and active cavitation detection
techniques have been developed to monitor acoustic cavitation [122, 339, 340].
Passive cavitation imaging, or passive acoustic mapping, employs a transducer
array that listens passively (i.e., no transmit) to emissions from acoustically activated
microbubbles [222, 341, 342]. Vignon et al. [343] developed a prototype array
enabling spectral analysis of bubble activity for sonothrombolysis applications.
Superharmonic Doppler effects have also been utilized to monitor bubble activity
from 500 kHz pulsed therapeutic ultrasound [344]. Both a linear array [286, 345,
346] and a sparse hemispherical array [347] have been integrated into a clinical
magnetic resonance image-guided high intensity focused ultrasound system to
assess microbubble dynamics during sonothrombolysis in the brain.
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Preclinical studies

Information gathered from animal studies can help inform human clinical trials,
despite a strong species dependence of clot rt-PA lytic susceptibility [348-350].
A comprehensive systematic evaluation of 16 in vivo preclinical sonothrombolysis
studies was carried out by Auboire et al. [351] summarizing treatment efficacy and
safety outcomes in models of ischemic stroke. Since that review was published, the
efficacy of sonothrombolysis using nitrogen microbubbles stabilized with a non-
crosslinked shell delivered intra-arterially through a catheter and rt-PA delivered
intravenously has been demonstrated in a rat model of ischemic stroke [79].

Clinical studies

A rich literature exists of clinical trials exploring the safety and efficacy of
sonothrombolysis. Two recent meta-analyses of seven randomized controlled
trials [306, 331] attempt to determine whether the administration of rt-PA and
ultrasound improve outcomes in acute ischemic stroke. Both analyses conclude
that sonothrombolysis significantly enhances complete or partial recanalization,
with improved neurologic function (assessed via the National Institutes of Health
Stroke Scale, NIHSS). An ongoing clinical trial (TRUST; NCT03519737) will determine
whether large vessel occlusions can be recanalized with sonothrombolysis (Cerevast
Medical, Inc., Bothell, WA, USA) and rt-PA, tenecteplase or alteplase, [352] while
patients are transferred to a stroke center for mechanical thrombectomy [353].

Several clinical trials have shown that high Ml pulsed diagnostic ultrasound exposure
of Definity before and after percutaneous coronary intervention for ST elevation
myocardial infarction can prevent microvascular obstruction and improve functional
outcomes [307-309]. A systematic review of 16 catheter-directed sonothrombolysis
clinical trials comprised mostly of retrospective case series using the EKOS system
without microbubble infusions determined that this treatment modality is safe
and promising for the treatment of deep vein thrombosis, DVT [311]. However,
a large-sample randomized prospective clinical trial is needed to improve the
clinical evidence for use as a front-line therapy for DVT. In retrospective studies in
patients with pulmonary embolism Lee et al. [314] conclude that catheter directed
sonothrombolysis is safe and decreases right-sided heart strain, but Schissler et
al. [354] conclude that this therapy is not associated with a reduction in mortality
nor increased resolution of right ventricular dysfunction. And finally, an ongoing
trial in a small cohort of 20 patients with acute peripheral arterial occlusions [310]
will determine whether Luminity (marketed in the US as Definity) and 1.8 MHz
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transdermal diagnostic ultrasound with intermittent high MI (1.08) and low MI
(0.17) for visualization of the microbubbles and flow will improve recanalization.
In summary, sonothrombolysis has demonstrated clinical benefit in the treatment
of acute and chronic thrombotic disease. Ultrasound-assisted thrombolysis has a
potential role as an emerging viable and therapeutic option for future management
of stroke and cardiovascular disease.

2.8 CARDIOVASCULAR DRUG DELIVERY AND THERAPY

In cardiovascular drug delivery, cavitation nuclei are co-administered or loaded
with different therapeutics for the treatment of various diseases. For atherosclerosis
treatment in an ApoE-deficient mouse model, intercellular adhesion molecule-1
targeted microbubbles carrying angiogenesis inhibitor Endostar were used [355].
Upon intermittent insonification over the abdominal and thoracic cavity with 1
MHz ultrasound (2 W/cm? intensity, 50% duty cycle) for 30 s with two repeats and
another treatment 48 h later, plaque area and intraplaque neovascularization were
significantly reduced two weeks after treatment. Percutaneous coronary intervention
is often used to restore blood flow in atherosclerotic arteries. The treatment of
coronary microembolization, a complication of percutaneous coronary intervention,
was demonstrated in pigs treated with ultrasound (1 MHz, 2.0 W/cm? intensity, 10
s on and 10 s off, 20 min duration) and microRNA-21-loaded microbubbles four
days before coronary microembolization [356]. This resulted in an improved cardiac
dysfunction. Although not a therapeutic study, Liu et al. [357] did show that plasmid
transfection to the myocardium was significantly larger when the microbubbles
were administered into the coronary artery compared to intravenously via the
ear vein in pigs even though the intracoronary microbubble dose was half of the
intravenous dose (1 MHz ultrasound, 2 W/cm?, 50% duty cycle, 20 min duration).
Percutaneous coronary intervention can also result in neointimal formation which
induces restenosis. Sirolimus-loaded microbubbles were shown to reduce neointimal
formation in coronary arteries by 50% in pigs, see Figure 2.7, 28 days after angioplasty
in combination with a mechanically rotating intravascular ultrasound catheter (5
MHz, 500 cycles, 50% duty cycle, 0.6 MPa peak negative pressure) [358]. Another
research group showed that paclitaxel-loaded microbubbles and ultrasound (1 MHz,
1.5 MPa for 10 s) can also significantly inhibit neointimal formation in the iliac artery
in rabbits one week after percutaneous coronary intervention [359].

In diabetic cardiomyopathy, microbubble-mediated delivery of fibroblast growth
factor has shown therapeutic effects. Zhao et al [360] could prevent diabetic
cardiomyopathy in rats by treating the heart with ultrasound (14 MHz, 7.1 MPa for
10 s, three repeats with off interval of 1's) and microbubbles co-administered with
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Figure 2.7 Histological sections of a coronary artery of a pig 28 days after angioplasty. Pigs were
treated with sirolimus-loaded microbubbles only (a) or sirolimus-loaded microbubbles and ultrasound
(b) using a mechanically rotating intravascular ultrasound catheter (5 MHz, 500 cycles, 50% duty
cycle, 0.6 MPa peak negative pressure). Treatment with ultrasound and sirolimus-loaded microbubbles
reduced neointimal formation by 50%. In both sections the intima (I) and media (M) are outlined;
scale bar is 500 um (Reprinted by permission from Springer Nature: Springer, Annals of Biomedical
Engineering, Reducing Neointima Formation in a Swine Model with IVUS and Sirolimus Microbubbles,
Kilroy JP, Dhanaliwala AH, Klibanov AL, Bowles DK, Wamhoff BR, Hossack JA, COPYRIGHT [358]).

acidic fibroblast growth factor nanoparticles twice weekly for 12 consecutive weeks.
In already established diabetic cardiomyopathy in rats, the same investigators
co-administered basic fibroblast growth factor-containing nanoparticles with
microbubbles with the same ultrasound treatment, albeit that it was given three times
with one day in between treatments. At four weeks after treatment, this resulted in
restored cardiac functions as a result of structural remodeling of the cardiac tissue
[361]. Microbubbles loaded with acidic fibroblast growth factor in combination with
ultrasound (14 MHz, 7.1 MPa for 10 s, three repeats with off interval of 1s) also showed
significantly improved cardiac function in a rat model of diabetic cardiomyopathy.
Treatment was performed twice weekly for 12 consecutive weeks [362]. For
doxorubicin induced cardiomyopathy, repeated co-administration of microbubbles
and nanoparticles containing acidic fibroblast growth factor in combination with
ultrasound (14 MHz, 7.1 MPa for 10 s, three repeats with off interval of 1s) applied
at the heart successfully prevented doxorubicin induced cardiomyopathy in rats
[363]. Once doxorubicin induced cardiomyopathy had occurred, microbubble-
mediated reversal of cardiomyopathy was shown by the delivery of survivin plasmid
to cardiomyocytes and endothelial cells [364] or glucagon-like peptide-1 (GLP-1)
to cardiomyocytes, endothelial cells, vascular muscle cells, and mesenchymal cells
[365] in rats. The ultrasound settings were 5 MHz (120 V power, pulsing interval
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of 10 cardiac cycles at end-systole) for a 5 min treatment [364] or not specified
[365]. The microbubble-mediated gene therapy study by Chen et al. [91] showed
that ANGPTL8 gene therapy does not need to be done in the heart to reverse
doxorubicin induced cardiomyopathy in rats as their microbubble and ultrasound
(1.3 MHz, 1.4 MPa peak negative pressure, four bursts triggered to every fourth end-
systole using a delay of 45-70 ms of the peak of the R wave) therapy was done in the
liver (90 s treatment). This resulted in overexpression of ANGPTLS in liver cells and
blood which stimulated cardiac progenitor cells in the epicardium.

A few dozen articles have been published on treating myocardial infarction with
microbubble and ultrasound-mediated gene delivery in vivo, in mouse, rat, rabbit,
and dog models. These are reviewed by Qian et al. [366]. Amongst these are a
few targeted microbubble studies which all show that the targeted microbubbles
induced higher degrees of gene transfection, increased myocardial vascular density,
and improved cardiac function in comparison to non-targeted microbubbles. This
improvement occurred independent of the type of ligand on the microbubble, the
gene that was transfected, or the animal model: matrix metalloproteinase 2 target
with Timp3 gene in rats [367], intracellular adhesion molecule-1 target with Ang-1
gene in rabbits [368], P-selectin target with hVEGF165 gene in rats [369]. Ultrasound
settings for these studies were similar at 1.6 MHz (1.6 MPa peak negative pressure,
pulsing interval of four cardiac cycles) for 20 min during infusion of the plasmid-
loaded microbubbles (both Yan et al. [367] and Shentu et al. [369]), or 1.7 MHz (1.7
MPa peak negative pressure, pulsing interval every four to eight cardiac cycles) for
5 min after bolus injection of the plasmid-loaded microbubbles [368].

Other gene therapy studies for vascular disease include stimulating angiogenesis
for the treatment of chronic hindlimb ischemia in rats using miR-126-3p-loaded
microbubbles and ultrasound (1.3 MHz, 2.1 MPa peak negative acoustic pressure,
pulsing interval 5 s). The treatment lasted for 20 min of which microbubbles were
infused for 10 min and resulted in improved perfusion, vessel density, arteriolar
formation, and neovessel maturation [106]. Recently, successful gene therapy was
demonstrated in baboons where Vascular Endothelial Growth Factor (VEGF)-plasmid
loaded microbubbles were infused and ultrasound (2-6 MHz, MI 1.9, repeated 5 s
burst pulses with three bursts per minute) was applied for 10 min on days 25, 35,
45, and 55 of gestation with the transducer placed over the placental basal plate
[370]. This was a mechanistic study elucidating the role of VEGF in uterine artery
remodeling.

The gas core of the cavitation nuclei can also be the therapeutic. Sutton et al.
[85] have shown that ultrasound-mediated (1 MHz, 0.34 MPa acoustic pressure,
30 cycle pulse, 50 s treatment) nitric oxide gas delivery from echogenic liposomes
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to ex vivo perfused porcine carotid arteries induces potent vasorelaxation. The
vasodialative effect of nitric oxide-loaded echogenic liposomes upon insonification
(5.7 MHz, 0.36 MPa peak negative pressure, 30 s treatment) was also shown in
ex vivo perfused rabbit carotid arteries with arterial wall penetration of nitric
oxide confirmed by fluorescence microscopy [89]. In addition to this, vasodialative
effects were demonstrated in carotid arteries in vivo in rats with vasospasms
following subarachnoid hemorrhage using 1 MHz ultrasound with 0.3 MPa peak-
to-peak pressure, 50% duty cycle for a duration of 40 min with constant infusion
of the echogenic liposomes. This resulted in improved neurological function (limb
placement, beam and grid walking) [89]. Ultrasound-activation of the antioxidant
hydrogen gas encapsulated in microbubbles was shown to prevent myocardial
ischemia-reperfusion injury in rats when administered before reperfusion [90]. There
was a dose-dependent effect as 2x10™ microbubbles resulted in a more significant
reduction in infarct size (70%) than 4x10° microbubbles (39%) compared to vehicle-
treated rats. Furthermore, treatment with the high dose hydrogen-microbubbles
prevented changes in left ventricular end-diastolic and left ventricular end-systolic
dimension as well as minimal reductions in ejection fraction and fractional shortening.
Histological and ELISA analysis showed a reduced degree of myocardial necrosis,
apoptosis, hemorrhaging, inflammation, and oxidant damage. At the same time
that cardiovascular drug delivery and therapy using microbubbles and ultrasound
is moving forward to large animal and clinical studies, sophisticated in vitro models
are being used and/or developed for mechanistic studies, such as flow chambers
(pSlides, Ibidi) [371] and perfused 3D microvascular networks [372] in which human
umbilical vein endothelial cells are grown.

Clinical study

Microbubbles and ultrasound were clinically investigated to augment muscle blood
flow in 12 patients with stable sickle cell disease in the absence of a drug at the
Oregon Health & Science University, Portland, Oregon, USA [97]. Perfusion increased
~2-fold in the forearm flexor muscles upon Definity infusion and insonification at 1.3
MHz (Ml 1.3). Ultrasound was applied 3 times for 3 min with ~5 min intervals. The
change in perfusion was determined from contrast enhanced ultrasound imaging
and extended well beyond the region where ultrasound was applied. This study
showed that the therapeutic ultrasound settings directly translate from mouse to
man for superficial muscles, as the same investigators demonstrated augmented
blood flow in ischemic and non-ischemic hindlimb muscles in mice in the same
study and an earlier publication [99]. However, for the preclinical studies custom-
made microbubbles were used instead of Definity.
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2.9 SONOBACTERICIDE

Sonobactericide has been defined as the use of ultrasound in the presence of
cavitation nuclei for the enhancement of bactericidal action [8]. This topic has
recently gained attention with 17 papers being published in the last five years.
Research on ultrasound-mediated enhancement of antimicrobials has focused on
several sources of infections including general medical devices [73, 92, 95, 373, 374],
acne [375], chronic bacterial prostatitis [376], infective endocarditis [8], pneumonia
[377], prosthetic joint infections [114, 171, 172, 378], or urinary tract infections [83].
However, there was no specific disease aim in two studies [379, 380]. One group
targeted membrane biofouling for water and wastewater industries [381]. Direct
bacterial killing, bioflm degradation and dispersal, and increased or synergistic
therapeutic effectiveness of antimicrobials have been reported as the therapeutic
effects of sonobactericide. These studies show that sonobactericide can be applied
to treat Gram+ or Gram-— bacteria, when they are planktonic, associated with a
surface and embedded in biofilm, or intracellular. The majority of these studies
were carried out in vitro. However, seven were performed in vivo in either mice
[171, 172, 375, 377], rats [376], or rabbits [373, 378]. Sonobactericide was mostly
performed with co-administration of antimicrobials. Investigators also employed an
antimicrobial encapsulated in liposomes that were conjugated to the microbubbles
[83], or the antimicrobial lysozyme was a microbubble coating [375], or did not use
antimicrobials altogether [376, 380, 381]. An extensive review of sonobactericide
has been published recently by Lattwein et al. [382]. Although sonobactericide
is an emerging strategy to treat bacterial infections with intriguing potential,
the mechanism and the safety of the treatment should be explored, particularly
regarding biofilm degradation and dispersal. Future studies should also focus on
maximizing the efficacy of sonobactericide in situ.

2.10 FUTURE PERSPECTIVES AND CONCLUSIONS

Therapeutic ultrasound technology is experiencing a paradigm shift in terms of
both technical developments and clinical applications. In addition to its inherent
advantages for imaging (e.g., real time nature, portability and low cost), ultrasound
in combination with cavitation nuclei is under exploration as a drug delivery
modality. The results from several preclinical studies have already demonstrated
the potential of ultrasound-responsive cavitation nuclei to deliver multiple types
of drugs (including model drugs, anticancer, therapeutic antibodies, genes,
nanoparticles, etc.) efficiently in various tumor models, including both ectopic and
orthotopic models, for immunotherapy, brain disease, to promote the dissolution of
clots, and in the treatment of cardiovascular disease and bacterial infections.
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Figure 2.8 Different time scales of the therapeutic effects of ultrasound and cavitation nuclei treatment.
[Ca*]; = intracellular calcium; ROS = reactive oxygen species; ATP = adenosine triphosphate; EV =
extracellular vesicles (reprinted (adapted) with permission from Lattwein et al. [382]).

Based on these encouraging preclinical data, several clinical trials have been
initiated and  others are planned. However, whilst animal studies provide proof of
concept, and impetus for clinical studies, careful attention must be given to their
relevance in human disease; in particular, the applicability of therapeutic protocols,
and appropriate ultrasound settings. Otherwise we risk underestimating the
therapeutic effects and potential deleterious side effects. The elucidation of all of
the interactions between cavitation nuclei — cells and drugs will help to address this
need. The biggest challenges lie in the large differences in timescales between the
cavitation nuclei, drug release and uptake, and the biological response (Figure 2.8).
A multidisciplinary approach is needed to tackle these challenges integrating
expertise in physics, biophysics, biology, chemistry, and pharmacology.

Custom-made microbubbles which serve as cavitation nuclei are often used for
ultrasound-mediated drug delivery studies. An advantage is full control over the
payload, as well as the disease target. At the same time, full acoustical characterization
and sterility of the microbubbles must be considered during translation to human
studies, which often requires approval from the United States Food and Drug
Administration (FDA) or other similar federal agencies in Europe and Asia. As an
example, for gene therapy, will each different type of genetic material loaded
onto microbubbles need such approval, or will a class of cationic microbubbles be
approved regardless of the specific gene? The former path would hinder fast clinical
translation. For now, co-administration of drugs with FDA-approved ultrasound
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contrast agents is being explored in clinical trials. Apart from applications in the
brain, ongoing clinical studies evaluating microbubble-mediated drug delivery are
based on standard clinical ultrasound scanners operating mostly in Doppler mode.
In order to promote the progress of this emerging technology, it is very important to
design and implement specific therapeutic ultrasound pulse sequences that might
be vastly different from clinical diagnostic imaging output. Clinical scanners can
indeed be modified to be able to generate drug delivery protocols. In a similar way
that elastography requires long ultrasound pulses to generate the push sequences
[383] , ultrasound scanners can be modified to be able to transmit drug delivery
ultrasound sequences with tailored and optimized parameters (pulse duration, duty
cycle, and center frequency).

Ultimately, ultrasound image-guided drug delivery and the monitoring of treatment
response could be feasible with the same equipment. Additionally, with recent
developments in ultrasound imaging technology, ultrasound-mediated therapy
could be planned, applied and monitored in a rapid sequence with high spatial
and temporal resolution. The use of a single imaging and therapy device would
alleviate the need for co-registration, because the imaging equipment would also
be used to induce localized therapy ensuring a perfect co-location. Nonetheless, a
compromise between efficacy and safety remains a major challenge for successful
clinical applications of this dual methodology, which combines real-time image
guidance of therapeutic delivery.

In conclusion, ultrasound-responsive microbubbles which serve as cavitation
nuclei are being used to treat a wide variety of diseases and show great potential
preclinically and clinically. The elucidation of the cavitation nuclei—cell-interaction
and the implementation of drug delivery ultrasound sequences on clinical ultrasound
scanners are expected to invigorate clinical studies.
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ABSTRACT

Phospholipid-coated targeted microbubbles are ultrasound contrast agents
that can be used for molecular imaging and enhanced drug delivery. However, a
better understanding is needed of their targeting capabilities, and how they relate
to microstructures in the microbubble coating. Here we investigated the ligand
distribution, lipid phase behavior, and their correlation in targeted microbubbles of
clinically relevant sizes, coated with a ternary mixture of 1,2-dipalmitoyl-sn-glycero-
3-phosphocholine (DPPC) or 1,2-distearoyl-sn-glycero-3-phosphocholine (DSPC),
with PEG40-stearate and DSPE-PEG2000. To investigate the effect of lipid handling
prior to microbubble production in DSPC-based microbubbles, the components
were either dispersed in aqueous medium (direct method) or first dissolved and
mixed in organic solvent (indirect method). To determine the lipid phase behavior
of all components, experiments were conducted on monolayers at the air/water
interface. In comparison to pure DSPC and DPPC, the ternary mixtures had
an additional transition plateau around 10-12 mN/m. As confirmed by Infrared
Reflection Absorption Spectroscopy (IRRAS), this plateau was due to a transition in
the conformation of the PEGylated components (mushroom to brush). While the
condensed phase domains had a different morphology in the ternary DPPC and
DSPC monolayers on the Langmuir trough, domain morphology was similar in the
coating of both ternary DPPC and DSPC microbubbles (1.5-8 um diameter). The
ternary DPPC microbubbles had a homogenous ligand distribution and significantly
less LC phase area in their coating than the DSPC-based microbubbles. For ternary
DSPC microbubbles, the ligand distribution and LC phase area in the coating
depended on the lipid handling. The direct method resulted in a heterogeneous
ligand distribution, less LC phase area than the indirect method, and the ligand
colocalizing with the LE phase area. The indirect method resulted in a homogenous
ligand distribution with the largest LC phase area. In conclusion, lipid handling prior
to microbubble production is of importance for a ternary mixture of DSPC, PEG40-
stearate, and DSPE-PEG2000.

3.1 INTRODUCTION

Microbubbles with a diameter of 1to 10 um have been used as ultrasound contrast
agents for non-invasive diagnostic imaging of perfusion since they became
available for clinical use in the 1990s [384]. When administered intravenously, these
microbubbles are too large to extravasate and therefore function as blood pool
agents [39]. The gas core of a microbubble compresses and expands in response
to ultrasound. This feature not only provides contrast for ultrasound imaging, but
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can also induce bioeffects in nearby cells, resulting in locally enhanced drug delivery
[53, 66]. The gas core of the microbubble is usually stabilized by a phospholipid,
protein, or polymer coating, which prolongs its lifetime by reducing surface tension
and gas diffusion. The coating can be functionalized by incorporating a ligand such
that these microbubbles can be targeted to specific biomarkers expressed by cells.
Novel targeted microbubbles are being developed for ultrasound molecularimaging
of cancer and cardiovascular disease, and for therapeutic applications [51, 66, 385,
386]. However, before there can be widespread use of targeted microbubbles in the
clinic, a better understanding and control is needed of the acoustic response and
targeting, especially the ligand distribution on the microbubble coating.

A common type of coating for clinically approved microbubbles consists of a
monolayer of phospholipids and emulsifiers, such as in Definity (Luminity in Europe;
coating  composition:  1,2-dipalmitoyl-sn-glycero-3-phosphocholine  (DPPC),
1,2-dihexadecanoyl-sn-glycero-3-phosphate  (DPPA), and 1,2-dipalmitoyl-sn-
glycero-3-phosphoethanolamine(polyethylene glycol) (DPPE-PEG5000) [23], and
Lumason (SonoVue in Europe; coating composition: 1,2-distearoyl-sn-glycero-3-
phosphocholine (DSPC), polyethylene glycol (PEG4000), and 1,2-dihexadecanoyl-
sn-glycero-3-phospho-(1'-rac-glycerol)  (DPPG)) [387]. Many experimental
microbubbles are in-house produced analogues of these clinically approved
microbubbles, consisting of a main phospholipid component such as DPPC (C16
tail) or DSPC (C18 tail), and an emulsifier such as polyoxyethylene(40) stearate
(PEG40-stearate) and/or 1,2-distearoyl-sn-glycero-3-phosphoethanolamine-N-
carboxy(polyethylene glycol) (DSPE-PEG2000) [30, 388-390]. For the production of
targeted microbubbles, a ligand is typically coupled to DSPE-PEG2000 by biotin-
avidin bridging or an alternative method of chemical coupling [385].

Although it is generally assumed that the ligand, ie. DSPE-PEG2000 lipid, covers
the microbubble surface uniformly, heterogeneous ligand distributions have been
reported for DSPC-based microbubbles coated with binary and ternary mixtures
[389, 392]. One study illustrated that the ligand distribution could be altered from
heterogeneous to homogenous in microbubbles coated with DSPC and DSPE-
PEG2000 (9:1) by different heating—cooling protocols [389].

We have previously shown that the main phospholipid component influences the
ligand distribution, since for DPPC-based microbubbles the ligand distribution
in ternary coating mixtures was homogenous in contrast to a heterogeneous
distribution in DSPC-based microbubbles [392]. Increased probability of successful
binding of a targeted microbubble is expected when the ligand is distributed
homogeneously over the microbubble coating. This is especially important in large
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vessels where blood flow is high and targeting is more challenging [393]. It therefore
remains to be explored if there are other ways to tune the ligand distribution in
DSPC-based ternary coated microbubbles.

Next to a homogeneous ligand distribution for optimal targeting, the acoustic
response of the microbubble is important for safe and effective use in therapeutic
applications [53]. Microbubbles coated with a DPPC-based ternary mixture proved
to be less acoustically stable than those coated with a DSPC-based ternary mixture
[45]. Both these types of microbubbles show a large variation in their response to
ultrasound [45, 394], even when their size distribution is monodisperse [46]. Kim et
al. [388] proposed that the acoustical properties of the microbubbles are influenced
by microstructures in the coating. Microstructures are formed as a result of the phase
behavior and miscibility of the different components [395], and can be influenced
by the conformation of the polymer chain for PEGylated components, which can
be either in a brush or mushroom state [31]. The degree of phase separation in the
microbubble coating was also found to influence the subharmonic response [396].

The phospholipid DPPC can transition from the liquid expanded (LE) to the
liquid condensed (LC) phase during monolayer compression[28], whereas the
phospholipid DSPC is always in the LC phase at room temperature [27]. In addition,
the emulsifier PEG40-stearate is known to be in the LE phase only [30], whereas
DSPE-PEG2000 in a binary mixture with DSPC could transition from the LE to LC
phase depending on the concentration and surface pressure [29]. Studies using
binary lipid mixtures (phospholipid with C18 to C24 tail and PEG40-stearate)
demonstrated that microbubble coatings had microstructures with larger domain
sizes when they were cooled at a slower rate after production by probe sonication
[388]. Another study confirmed LE and LC phase co-existence in binary microbubble
coatings (phospholipids with C12 to C24 tail and PEG40-stearate), and domain
morphologies varied depending on the cooling rate as well [30].

Next to the lipid phase behavior, microstructures in the microbubble coating are
also influenced by the miscibility and conformation (mushroom or brush) of the
PEGylated components. The most widely used emulsifiers PEG40-stearate and DSPE-
PEG2000 have one and two acyl chains, respectively [390]. When microbubbles
coated with a binary mixture of DSPC and PEG40-stearate (9:1) were studied with
confocal microscopy, no domains were observed in microbubbles smaller than 5 um
[25], suggesting that there was no phase separation. Lozano and Longo concluded
from their phase diagrams of monolayers at an air/water interface that DSPC and
DSPE-PEG2000 are immiscible at all relevant pressures since DSPC is always in LC
phase, while DPPC and DSPE-PEG2000 were miscible in both the LE and LC phase
[29]. Another study focused on the distribution of DSPE-PEG2000, with a fluorescent

52



Ligand distribution and lipid phase behavior in microbubbles and monolayers

ligand attached, in microbubbles (diameter >10 ym) coated with DSPC and DSPE-
PEG2000 (9:1). DSPE-PEG2000, Le. the ligand, was heterogeneously distributed and
colocalized with the LE phase as reported for a single example, yet no quantification
was performed [389]. Up to now, the ligand distribution and lipid phase co-existence
in microbubble coatings have not been quantified simultaneously in individual
microbubbles.

A major difference between studies that evaluated microbubbles coated with a binary
mixture and those coated with a ternary mixture is the handling of phospholipid
components during microbubble production. For binary mixtures, the components
were generally dissolved and premixed in organic solvent first, then dried to form a
lipid ilm, and dispersed in aqueous medium before microbubbles were produced [25,
30, 389] (i.e.,, indirect method). For ternary mixtures the components were generally
dispersed directly in aqueous medium before microbubble production [392, 397-
399] (i.e., direct method). Based on the effect of cooling rate on microstructures in
large microbubbles (>10 um) after microbubble production [30], we hypothesize
that the method of handling the lipids prior to microbubble production may also
influence the ligand distribution and/or lipid phase in the coating of microbubbles.
The ligand distribution, ie. the location of the ligand on the microbubble surface,
is important for the binding probability while the lipid phases are expected to
affect the elasticity and stiffness of the coating, and thereby influence the acoustical
performance.

The main objective of this study was to determine the DSPE-PEG2000 (i.e., ligand)
distribution and lipid phase behavior in microbubbles of clinically relevant sizes
(diameter 2-8 uym) coated with a ternary mixture of DPPC or DSPC as main component
and both PEG40-stearate and DSPE-PEG2000 as emulsifiers. Microbubbles were
made by probe sonication after which the ligand distribution and lipid phase
behavior in the microbubble coatings were visualized with high axial resolution 4Pi
confocal microscopy. In addition, the relationship between the ligand distribution
and the lipid phase behavior was investigated by quantifying the co-localization of
ligand and LE phase. Previous studies have shown that DSPC-based microbubbles
were acoustically more stable than DPPC-based microbubbles [45], but they had a
heterogeneous ligand distribution [392]. We therefore also investigated the effect
of lipid handling on the ligand distribution in DSPC-based microbubbles. To gain
insights into the physicochemical properties of the ternary mixtures, we first focused
on characterizing the lipid phase behavior and PEG conformation in monolayers
at an air/water interface. Because the phospholipid molecules (1 nm?) [391] in the
microbubble coating are so much smaller than the total surface area (0.3-0.8 x10°
nm? for microbubbles of 3-5 um diameter), the coating can be regarded as a flat
monolayer, despite the spherical shape of the microbubble. Compression isotherms
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were obtained and were used together with fluorescence microscopy to visualize
the lipid phase behavior of the ternary mixtures. Infrared Reflection Absorption
Spectroscopy (IRRAS) was performed to determine the phase and conformation of
the individual components during monolayer compression.

3.2 MATERIALS AND METHODS

Materials

DPPC, DSPE-PEG2000, 1,2-distearoyl-sn-glycero-3-phosphoethanolamine-N-
biotinyl(polyethylene glycol) (DSPE-PEG2000-biotin), as well as the chain deuterated
lipids DPPC-d,, and DSPC-d,, were purchased from Avanti Polar Lipids (Alabaster,
Alabama, USA). DSPC and PEG40-stearate were obtained from Sigma-Aldrich
(Zwijndrecht, the Netherlands). Perfluorobutane (C,F,) was purchased from F2
Chemicals (Preston, UK) and argon gas was purchased from Linde Gas Benelux
(Schiedam, the Netherlands). Streptavidin Oregon Green 488 was purchased from
BioSynthesis (Louisville, Texas, USA) and Lissamine Rhodamine B 1,2-dihexadecanoyl-
sn-glycero-3-phosphoethanolamine, triethylammonium salt (Rhodamine-DHPE)

was purchased from ThermoFisher (Waltham, Massachusetts, USA).

Monolayer compression isotherms

Monolayer compression isotherms were obtained at 20 °C with a Langmuir trough
(sample trough 6.8 x 80 cm?) purchased from Riegler and Kirstein GmbH (Berlin,
Germany) equipped with movable barriers and a Wilhelmy pressure sensor with a
filter paper functioning as pressure probe. The pressure sensor was calibrated prior
to each experiment to a surface pressure of 0 mN/m in water and 72 mN/m in air.
The temperature was maintained constant at 20 °C by a circulation water bath. The
complete setup was placed inside a hood to reduce dust deposition and water
evaporation. Monolayers of pure DPPC or DSPC, a binary mixture (composition in
mol%: DPPC or DSPC 92.4; DSPE-PEG2000 7.6) or ternary mixture (composition
in mol%: DPPC or DSPC 84.8; PEG40-stearate 8.2; DSPE-PEG2000 5.9; DSPE-
PEG2000-biotin 1.1) were spread on a surface of phosphate-buffered saline (PBS)
as the subphase buffer solution. The binary mixture with 7.6 mol% DSPE-PEG2000
was chosen based on previously published work on microbubbles coated with
a binary mixture of DPPC or DSPC (92.4 mol%) and DSPE-PEG2000 (7.6 mol%)
[400], having the same molar ratio of 12:1 for the main lipid to DSPE-PEG2000 as
the ternary mixtures studied. Chloroform:methanol (9:1 vol/vol) was used as the
spreading solvent [401], and allowed to evaporate for at least 15 min [402] before
starting compression with a speed of 2 A*> molecule min™'. The surface pressure was
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recorded during compression with a time resolution of 2 s with RUK trough control
software (Riegler and Kirstein GmbH).

Monolayer fluorescence microscopy

To study the lipid organization with fluorescence microscopy, Rhodamine-DHPE
(0.01 mol%) was added to the DPPC- and DSPC-based ternary mixtures before
spreading the monolayer. Since this dye does not diffuse into the LC phase [403],
all dark areas are lipids in the LC phase and all areas with a fluorescent signal are
in a more fluid phase, ie. LE phase. The monolayers were spread on a Langmuir
trough (sample trough 9.9 x 26 cm? Riegler and Kirstein GmbH) and imaged during
compression with an Axio Scope Al Vario epifluorescence microscope (Carl Zeiss
Microlmaging, Jena, Germany) equipped with a mercury arc lamp (HXP 120 C) for
excitation, a long working distance objective (NEOFLUAR 50x), and a filter/beam
splitter set (Zeiss Filter Set 09), which allows excitation between 450-490 nm and
detection of emitted light above 515 nm. Images were recorded with an EMCCD
Camera (ImageEM, C9100-13, Hamamatsu, Herrsching, Germany) and the surface
pressure was recorded as described previously.

IRRAS experiments

On the basis of the isotherms and the fluorescence microscopy images it is not
possible to distinguish the phase state of the individual components in the ternary
mixtures. To investigate the phase behavior of the individual components, IRRAS
experiments were performed. The use of chain-deuterated phospholipids (DPPC-d,,
or DSPC-d, ) in the ternary mixtures allowed us to distinguish the signal from the
PEGylated (CH, vibrations) and non-PEGylated (CD, vibrations) components. The
IRRAS measurements were performed using a Bruker Vector 70 FT—-IR spectrometer
equipped with a nitrogen cooled MCT detector and an A511 reflection unit (Bruker
Optics, Ettlingen, Germany), placed over a Langmuir trough setup (Riegler and
Kierstein GmbH). The sample trough (6 x 30 cm?) was set up according to the
protocol described above. A circular reference trough (3 cm radius) placed next to
the sample trough could be brought into the focus of the IR beam by means of a
shuttle. Both troughs were filled with PBS as the subphase buffer solution and lipid
mixtures were spread in the sample trough as described above. The filling levels
of both troughs were kept equal and constant by means of an automated, laser
reflection controlled, pumping system connected to PBS reservoirs. The IR beam
was coupled out from the spectrometer and focused by mirrors onto the buffer or
film surface at an incidence angle of ¢ = 60°. A KRS-5 polarizer was used to generate

55



Chapter 3

perpendicular polarized light. The compression of the monolayer was performed at
2 A% molecule™ min™. The compression was stopped at several predefined areas per
molecule, as indicated in Figure 3.3B and 3.3D, to record at least three IRRA spectra
at constant molecular area before the compression was continued. Spectra were
recorded with a spectral resolution of 4 cm™ and 160 kHz scanner velocity. One
thousand single interferograms were zero-padded with a factor of two and averaged,
followed by fast Fourier transformation, resulting in a nominal spectral resolution of
2 cm™. IRRA spectra were calculated from the reflectivity on the monolayer covered
surface (R) and the bare buffer surface (R) according to reflection absorption
RA = —log,,(R/R,). All IRRA spectra were corrected for atmospheric water vapor
absorption using OPUS software (Bruker Optics GmbH, Ettlingen, Germany) and set
to a common baseline in a spectral range where no absorptions occurred (4500 —
4600 cm™). The maxima of the CH, (2800 — 2950 cm™) and CD, (2020 - 2270 cm™)
stretching vibrational bands were determined using the standard method of the
OPUS software. The peak positions were averaged for spectra recorded at the same
lipid molecular area and surface pressure, and are presented together with their
standard deviation. The presented spectra are averages of all spectra recorded at the
same monolayer state. To identify the contribution of the phospholipid headgroups
to the transitions, principal component analysis (PCA) [404, 405] was done with the
princomp function of MATLAB. PCA was chosen to analyze the variation in the data
by computing eigenvectors, which can be used to determine the factor responsible
for the largest variance. Corresponding eigenvalues were used to determine how
much variance occurred. For the analysis, the spectral regions between 1050 — 1300
cm for headgroup vibrations and 2020 — 2270 cm™ for CD, stretching vibrations
were selected from the IRRA spectra recorded at various surface pressures. From
both spectral ranges, a linear baseline was subtracted before they were normalized
to a vector norm of unity. Subsequently, both subspectra were combined to a single
input vector for the PCA, where the wavenumbers were the variables and the surface
pressures the conditions. The first principal components and the respective scores
are presented in the Results section. Scores of the higher principal components did
not change systematically with ilm compression.

Microbubble production

Biotinylated lipid-coated microbubbles (composition in mol%: DSPC or DPPC 84.8;
PEG40-stearate 8.2; DSPE-PEG2000 5.9; DSPE-PEG2000-biotin 1.1) with a C,F
gas core were made by probe sonication at 20 kHz with a Sonicator Ultrasonic
Processor XL2020 at power setting 10 (HeatSystems, Farmingdale, NY, USA) for 10
s as described previously [397]. The coating components were prepared in two
different ways. (1) For the direct method all components were dissolved in PBS with
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a final concentration of 2.5 mg/mL DSPC or DPPC, 0.625 mg/mL PEG40-stearate,
0.625 mg/mL DSPE-PEG2000, and 0.125 mg/mL DSPE-PEG2000-biotin. Fluorescent
dye Rhodamine-DHPE (0.01 mol%) was added to study the lipid phase organization in
the microbubble coating. (2) For the indirect method, DSPC, PEG-40 stearate, DSPE-
PEG2000, and DSPE-PEG2000-biotin were dissolved in chloroform:methanol (9:1
vol/vol). The organic solvent was then evaporated with argon gas and the obtained
lipid film was dried under vacuum overnight. Finally, the lipid film was dispersed in
PBS with a final concentration of 2.5 mg/mL DSPC or DPPC, 0.625 mg/mL PEG40-
stearate, 0.625 mg/mlL DSPE-PEG2000, and 0.125 mg/mL DSPE-PEG2000-biotin,
fluorescent dye Rhodamine-DHPE (0.01 mol%) was added, the solution was placed
in a sonicator bath for 10 min, and a probe sonicator was used at a power setting
3 for 5 min. The three types of microbubbles produced are referred to as "direct
DPPC", "direct DSPC", or "indirect DSPC" microbubbles.

Microbubble fluorescence imaging

The fluorescent ligand streptavidin Oregon Green 488 was conjugated to the
biotinylated microbubbles as described previously by Kooiman et al. [392], allowing
us to determine the distribution of DSPE-PEG2000-biotin over the lipid phases in the
microbubble coating. Briefly, 0.9 mL microbubble suspension was placed in a 3 mL
syringe and topped with 2.1 mL PBS saturated with C,F,  for washing by flotation. The
subnatant was drained after 45 min, the microbubbles were re-suspended in 0.3 mL
PBS saturated with C,F,, and collected. Next, 22.5 pL of streptavidin (2 mg/mL) was
added to 0.7-1.0 x10% microbubbles. After incubation on ice for 30 min the excess
streptavidin was washed by flotation, as described above, and the microbubbles
were re-suspended in 0.2 mL PBS saturated with C,F, .

A Coulter Counter Multisizer 3 (Beckman Coulter, Mijdrecht, the Netherlands) was
used to measure the microbubble size distribution and concentration. A 50 um
aperture tube was used for quantification of particles between 1 and 30 pm with a
linear spacing between the 256 channels. The size distribution of the samples was
evaluated by the span value, which illustrates the width of the distribution, defined as
(d90%—d10%)/d50%, where d90%, d10%, and d50% are the microbubble diameters
below which 90, 10, and 50% of the cumulative number of microbubbles was found.

After conjugation with streptavidin Oregon Green 488, microbubbles were visualized
as described by Kooiman et al [392]. To reduce Brownian motion, microbubbles were
placed in 87% glycerol (vol/vol in PBS) and visualized using a Leica TCS 4Pi confocal
laser-scanning microscope [406]. The 87% was chosen because this has the same
refractive index as the quartz glass and glycerol objective of the 4Pi microscope.
This high-resolution imaging system has a matched pair of aligned opposing 100x
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glycerol HCX PL APO objective lenses (Numerical aperture 1.35), increasing the axial
resolution up to 90 nm. A 488 nm laser was used for excitation of Oregon Green
488 and a 561 nm laser was used for excitation of Rhodamine-DHPE. Image stacks
were recorded as y-stacked xz-scans in a green (500-550 nm) and red (580-640 nm)
spectral channel. The software AMIRA (Version 2019.1, FEI, Mérignac Cedex, France)
was used to volume-render the image stacks with the “voltex” function.

Microbubble data analysis

Custom-developed image analysis software in MATLAB (Mathworks, Natick, MA,
USA) was used for quantitative analysis of the 4Pi microscopy data. The ligand
distribution was analyzed based on the method described by Kooiman et al [392].
First, a circle was fitted through the fluorescence intensity maxima of the green
channel (Oregon Green 488, 500-550 nm) and per xz-slice a region of interest
(ROI) was defined in a band of 7 pixels around the fitted circle. Only slices with
an ROI radius larger than 75% of the radius in the equatorial plane ROl were
included in the analysis. Each of the ROIls was divided into 32 angular parts and
the mean fluorescence pixel intensity (/ ) was calculated for each of those parts.

pa
The | values were plotted per microbubble as a function of the axial plane

art
and tFF]e microbubble circumference in 2D color-coded heatmaps (Supplemental
Figure 3.1A). On average, 30 xz-slices were included per microbubble, resulting
in an average of 960 angular parts per microbubble. The median intensity of all
the angular parts (/. ) was calculated for each microbubble. The image analysis
software classified an individual angular part as inhomogeneous when the absolute
difference between | and [, = was more than two-third times the value of /__,
(el eianl > 2/3 % 1_,)- The percentage of parts classified as inhomogeneous
was calculated per microbubble as a measure for the inhomogeneity of the ligand
distribution. After this analysis, an adapted version of the software was used to
analyze the lipid phase behavior in the red channel (Rhodamine-DHPE, 580-640
nm). The same xz-slices and ROIs were used as those obtained during the ligand
distribution analysis. Again, the ROIs were divided in 32 angular parts and the mean
fluorescence pixel intensity (I, ,.,) iN €ach part was calculated. From these, the
median part intensity (/. .. ) was calculated per microbubble and plotted as
2D color-coded heatmaps (Supplemental Figure 3.1B). The software classified an
individual angular part as LC phase when the value of / . ., was less than one-third
Of I ionsinog (L€ /pmRhod <13 % enoe (Supplemental Figure 3.1C). The LC phase
surface area was determined per microbubble in pm? and presented as percentage
of the total analyzed surface area per microbubble. To study if the ligand colocalized
with the parts classified as LC areas, the median fluorescence intensity of the green

channel (ligand) was calculated for all parts in LC phase and for those not in LC phase

median

58



Ligand distribution and lipid phase behavior in microbubbles and monolayers

(Supplemental Figure 3.1D, E). The ratio between these two values was defined as
the colocalization ratio.

IBM SPSS Statistics 25 was used to perform statistical analysis. The distribution of the
data was assessed using a Shapiro-Wilk test. The data on ligand inhomogeneity was
not normally distributed (p < 0.007) for all microbubble types. The data on the LC
phase area was only normally distributed for direct DPPC (p = 0.228); not for direct
DSPC (p = 0.002) and indirect DSPC (p < 0.001) microbubbles. The colocalization
ratio was normally distributed (DPPC: p = 0.168, DSPC direct method: p = 0.203,
DSPC indirect method: p = 0.334). Therefore, the Mann-Whitney U test was used to
test if the microbubble types had a significant difference in inhomogeneity of the
ligand distribution and LC phase area. For the colocalization ratio a regular t-test
was used to analyze the differences between the microbubble types. Differences
were regarded as significant at p-value < 0.01.

3.3 RESULTS AND DISCUSSION

Monolayers

Monolayer compression isotherms

The results of the Langmuir trough experiments are presented in Figure 3.1. All curves
are representative of the results from three or more experiments. In accordance with
literature [28, 29], there was a clear difference between the isotherms of pure DPPC
(Figure 3.1A, black line) and DSPC (Figure 3.1C, black line) as DPPC had a transition
from the LE to LC phase at a surface pressure (1) of ~5 mN/m, whereas DSPC did not
form an LE phase and therefore underwent a direct gaseous to LC phase transition.
The binary mixture with 7.6 mol% DSPE-PEG2000 was chosen based on previously
published work on microbubbles coated with a binary mixture of DPPC or DSPC (92.4
mol%) and DSPE-PEG2000 (7.6 mol%) [400]. For DPPC in mixtures with PEGylated
compounds we observed two transitions (Figure 3.1A, 3.1B). The transition from the
LE to LC phase of DPPC occurred almost at the same surface pressure in the binary
mixture (DPPC/DSPE-PEG2000), whereas it was slightly shifted to a lower pressure in
the ternary mixture containing PEG40-stearate. This shift to a lower surface pressure
is due to the long stearoyl chain of the PEG40-stearate increasing the stability of
an LC phase. In the binary mixture, a second transition at ~10 mN/m was observed
(Figure 3.1B, orange line). In the ternary mixture with a higher content of PEGylated
components the second transition moved to ~12 mN/m (Figure 3.1B, blue line). For
DSPC in mixtures with PEGylated lipid components, we observed phase transition
plateaus only at ~10 mN/m (Figure 3.1B, blue line, binary mixture) and ~12 mN/m
(Figure 3.1D, blue line, ternary mixture), similar to the second transition in DPPC-
based mixtures (Figure 3.1C, 3.1D, orange and blue lines). Again, the transition
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Figure 3.1 Langmuir isotherms of pure, binary (92.4:7.6 mol%), and ternary (84.8:7.0:8.2 mol%)
mixtures with (A) DPPC or (C) DSPC as main lipid components and DSPE-PEG2000 and/or PEG40-
stearate (PEG40-S) as additional components. A,C) surface pressure () as a function of the area
per molecule (A,). B,D) derived compressibility () as a function of the surface pressure () where
the peaks indicate transition plateaus. Representative curves are shown of at least three repeated
experiments.

pressure increased with increasing content of PEGylated components. As the
transition > 10 mN/m is independent of the type of phospholipid, we assume that
it is due to the so-called mushroom to brush transition of the PEG chains attached
to the lipid headgroups [407-409]. Theoretical calculations of the mushroom to
brush transition [32] for the binary mixture in this study is 45 A? (lipid chain)” (see
Supplemental Figure 3.2) which is in agreement with the experimental findings of
30-60 A? (lipid chain)™. For the ternary mixture, the calculated mushroom to brush
transition is 87 A? (lipid chain)” (see Supplemental Figure 3.2) which is only slightly
higher than the experimentally observed 60-80 A, /A? (lipid chain)™. The difference
could be explained by the polydispersity of the PEG40-stearate [410] since a decrease
in chain length lowers the Florius radius.

The isotherms of the binary mixtures presented here are in agreement with literature
for the same binary mixtures [29, 411]. By contrast, another study on binary mixtures
of DSPC with DSPE-PEG2000 or PEG40-stearate (9:1) found that the mixture with
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DSPE-PEG2000 had an isotherm similar to that of pure DSPC, while the binary
mixture with PEG40-stearate had an extra transition plateau around 35 mN/m [25].
This was attributed to expulsion of material from the monolayer, sometimes referred
to as squeeze-out [30]. However, in the present study we observed no squeeze-
out plateau in the ternary mixtures that contained PEG40-stearate. This may be
explained by the differences in concentration of PEG40-stearate (10 mol% versus
8 mol%) and the addition of DSPE-PEG2000 as third component.

Monolayer fluorescence microscopy

Fluorescent micrographs of monolayers containing ternary mixtures with DSPC or
DPPC at different surface pressures during compression are shown in Figure 3.2. The
DPPC containing mixture was homogenous with some bright spots at the starting
surface pressure (< 1 mN/m). These bright spots could be due to the co-existence
of gaseous and LE phases, with the fluorescent lipid dye enriched in the LE phase
spots. With increasing surface pressure the bright fluorescent spots disappeared
and at 5 mN/m the fluorescent dye was homogenously distributed, indicating that
all components were in the same phase, namely the LE phase. Above 5 mN/m
dark domains of LC phase lipids appeared and grew larger as the compression of
the monolayer advanced. Initially, these dark domains were clustered like flower
petals connected to a central point (Figure 3.2, DPPC 10 mN/m). As the surface
pressure increased, the LC domains separated and the inter-domain region became
brighter, because a fixed amount of fluorescent dye was distributed over a smaller
surface area. These micrographs show the same morphology of dark domains as in
previously published micrographs on a binary mixture of DPPC and PEG40-stearate
(9:1) [30]. Interestingly, the dark LC domains containing mainly DPPC did not form
the characteristic bean- or propeller like shapes with defined chirality as observed
for pure DPPC [412, 413]. This seems to be an indication that the LC phase is not pure

Figure 3.2 Fluorescent micrographs of monolayers of ternary mixtures containing DSPE-PEG2000 (7.0
mol%), PEG40-stearate (8.2 mol%), and either DPPC (84.8 mol%, top row) or DSPC (84.8 mol%, bottom
row) at various surface pressures, taken during monolayer compression. Scale bars (black) represent
25 pm and apply to all images.
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DPPC but contains some achiral PEG40-stearate or DSPE-PEG2000, thus preventing
the formation of chiral domains.

A major difference between DPPC- and DSPC-based mixtures is the presence of LC
domains in the DSPC containing monolayer at low surface pressures (<1 mN/m).
This is consistent with the isotherms of pure DSPC where a direct transition from
the gaseous phase to LC phase is observed. Interestingly, in the DSPC mixture there
appeared to be three phases at low surface pressures (<1-5 mN/m). Previous work
on bilayers has indeed shown that three-phase co-existence can occur in a ternary
mixture of DSPC with 1,2-dioleoyl-sn-glycero-3-phosphocholine (DOPC) and
cholesterol [414]. With increasing surface pressure the dark LC domains grew larger.
However, the size of the LC domains at different surface pressures is much smaller
than in the DPPC containing monolayers. The size of LC domains is dependent on
the line tension between the LC domains and the surrounding phase and the excess
dipole density in the LC domains [412, 415, 416]. The latter effect leads to a repulsion
between the domains and prevents the domain growth driven by the line tension.
The DSPC containing LC domains probably have a larger excess dipole density with
respect to the surrounding gaseous phase, than DPPC containing LC domains with
respect to the surrounding LE phase, which prevents further LC domain growth of
DSPC. High excess dipole density leading to small LC domains has been reported for
DMPC/DSPC monolayers containing 60 mol% DSPC [415] and for DSPC monolayers
containing 1-9 mol% DSPE-PEG2000 [417]. The transition around 10 mN/m that was
identified in the isotherms was less apparent in the fluorescence micrographs. With
increasing surface pressure, the most noticeable change was an increase in the
relative surface area of the LC domains, indicating that the surrounding LE phase is
being compressed without molecules transitioning into the LC phase. This suggests
a transition in the headgroup region occurs instead, namely a mushroom-brush
transition of the PEG chains in the aqueous phase.

IRRAS experiments

Figure 3.3 shows the results of the IRRAS experiments we performed to attribute
the different transition plateaus of the isotherms to specific phase transitions.
The position of the methylene stretching vibrational bands in the IRRA spectra
is dependent on the phase state of the respective lipid, with a downshift in their
wavenumbers being indicative for an LE to LC transition [418-420]. The stretching
vibrations of the CD, groups of the deuterated lipids are well separated from the
CH, stretching vibrations of the PEGylated components and any other vibrational
bands, allowing separate analysis of the phase state of the main phospholipid
component and the PEGylated components (Figure 3.3A, 3.3C). Isotherms of pure
DPPC-d,, and DSPC-d,, were measured to confirm that deuteration had only little
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Figure 3.3 Spectra obtained by IRRAS of a monolayer composed of the ternary
mixture (A) DPPC-d,,/DSPE-PEG2000/PEG40-stearate (84.8:7.0/8.2 mol%) and (9]
DSPC-d, /DSPE-PEG2000/PEG40-stearate (84.8/7.0/8.2 mol%), reflection absorption (RA = —log, (R/R,))
as a function of wavenumber (7) for different surface pressures (). CH, and CD, stretching bands
are zoomed in; other bands are labeled: (a) OH stretching, (b) C=0 stretching, (c¢) OH bending, (d)
PO, antisymmetric stretching, (e) PO, symmetric stretching and C-O stretching. (B, D) surface pressure
(m) as a function of area per molecule (A,,) (black curve, left y-axis); wavenumbers (7) of symmetric
(orange line and symbols, right y-axis) and antisymmetric (blue line and symbols, right y-axis) CD,
stretching vibration of the (B) DPPC-d,-based or (D) DSPC-d, -based ternary mixtures. Note the wider
area range in (D) as compared to (B). Wavenumbers of the CH, stretching vibrational bands are given
in Supplementary Figure 3.

effect on the lipid phase behavior (Supplemental Figure 3.3, compared to Figure 3.1A
and C). However, the LE to LC phase transition of pure DPPC-d,, shifted to slightly
higher surface pressure, i.e. towards the second transition detected for DPPC-based
ternary mixtures, resulting in a slight overlap of both transitions. Nevertheless,
IRRA spectra of the monolayers of ternary mixtures containing DPPC-d,, showed
a transition from LE to LC phase concomitant with the plateau (at ~12 mN/m) in
the isotherm (Figure 3.3B). In contrast, no DSPC-d,, molecules were found in the LE
phase, indicating a direct transition from the gaseous to the LC phase (Figure 3.3D,
blue and orange line). The position of the CD, stretching vibrational bands at low
wavenumbers throughout the examined compression range indicates that DSPC-d
is already in the LC phase at high molecular areas. This unambiguously shows that
the transition plateau we found around ~10-12 mN/m is not due to a phase transition
of DSPC itself and must thus be caused by a reorganization of the PEGylated
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Figure 3.4 Principal component analysis of IRRA spectra recorded during the compression of a
PL/DSPE-PEG2000/PEG40-stearate (84.8/7.0/8.2 mol%) mixed monolayer, where PL = DPPC-d,, (A and
B) and DSPC-d,, (C and D). IRRA spectra were simultaneously analyzed in the range of the headgroup
vibrations (1050-1300 cm™) and the CD, stretching vibrations (2020-2270 cm™) after separate vector
normalization in the two respective ranges (gray lines in B and D; low surface pressures (light grey) to
high surface pressures (dark grey)). A and C show the scores of the first principal components (PC1) as
function of the surface pressure (). B and D show the reflection absorption (RA, grey lines, left y-axis)
and PC1 score (red lines, right y-axis) as a function of the wavenumbers (7).

components, probably the mushroom to brush transition of the PEG chains [29].
The CH, stretching vibrations of the PEGylated components were analyzed as well
(Supplemental Figure 3.4B, D). However, due to low signal we only have data from
surface pressures above 12.5 mN/m, so we cannot distinguish the transition that
occurs below this surface pressure. The CH, vibrational bands arise from the CH,
groups in the chains and in the headgroups of the PEGylated components, mainly
PEG40-stearate, with the majority of the CH, groups being located in the PEG groups
of PEG40-stearate and DSPE-PEG2000. However, because the conformation of the
CH, groups in the flexible PEG chains is not well defined, their contribution to the CH,
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stretching vibrational band is broad and the band position is still dominated by the
vibrations of the higher ordered lipid acyl chains. The CH, vibrational bands of pure
DPPC before and after transition can be used as a reference for characteristic LE and
LC phase wavenumbers (Supplemental Figure 3.5). The CH, bands in the ternary
mixtures were observed at a wavenumber characteristic for neither an LC nor an LE
phase, but in between; namely at 2852 cm™ (symmetric CH,-vibration) and at 2922
cm (antisymmetric CH,-vibration) (Supplemental Figure 3.4B, D). This suggests that
part of the PEGylated molecules was in the LE phase and part was in the LC phase.
When comparing the CH, vibrational bands of the PEGylated molecules to the CH,
vibrational band of pure DPPC during transition, the observed wavenumbers (%)
suggest that the majority (about 60%) of the PEGylated lipids are still in LE phase
(Supplemental Figure 3.5). In case of the DSPC-based ternary mixtures, the LE phase
is consequently formed only by the PEGylated molecules, whereas in the DPPC-
based mixtures the LE phase contains DPPC and/or PEGylated molecules.

To identify the contributions of the lipid headgroups to the transitions, we performed
a PCA on the IRRA spectra in the region of the PO, and C-O stretching vibrations
(symmetric and antisymmetric; Figure 3.3A and C, label d and e), originating from
the headgroup attached PEG chains (1050 — 1300 cm™), and the CD, stretching
vibrations, originating from the acyl chains (2020 — 2270 cm™) (Figure 3.4). This type
of analysis identifies the main variances in the spectra during compression of the
mixed monolayers and attributes them to different spectral regions, influential in
the reorganization of different molecular moieties. The extent of these variations is
expressed in first principal component (PC1) scores (Figure 3.4A, 3.4C). In the here
presented analysis, these scores change systematically with the surface pressure,
with a pronounced step at about 10 mN/m. This corroborates our finding that both
mixed monolayers show a transition when compressed above this surface pressure.
Interestingly, the reason for this transition is different in DPPC-d,, containing and
DSPC-d,, containing monolayers, as can be deduced from the PC1 scores depicted in
Figure 3.4B and 3.4D. The DPPC-d,, containing monolayer spectra show simultaneous
changes in the CD, stretching vibrational region and in the region of the headgroup
vibrations. This suggests that both the acyl chains and the PEGylated headgroups
contributed to the transition. In contrast, for the DSPC-d,, containing monolayer,
spectral changes corresponding to the transition were only identified in the head
group region, because the PC1 score (red line in Figure 3.4D) shows variations in
the spectral range of the PO, and C-O stretching vibrations but is essentially zero
in the range of the CD, stretching vibrations. With this finding, the transition in the
ternary mixtures containing DSPC can clearly be attributed to reorganizations in the
PEGylated headgroups, presumably a PEG mushroom to brush transition.
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To verify that the changes in the headgroup region are not only due to the
phospholipid phosphate groups but contain contributions of PEG chain
reorganization, we repeated the IRRAS compression experiment and PCA with a
pure DPPC-d,, monolayer (see Supplemental Figure 3.6). Comparison of the first
principal components shows lower PC1 scores in the range of the headgroup
vibrations for pure DPPC-d,, indicating that only phosphate reorganization would
not be sufficient to explain the variations in the above presented spectra. Thus, we
conclude that PEG chain conformational changes must be involved in the transitions
of the monolayers containing ternary mixtures of DSPE-PEG2000 and PEG40-
stearate with DPPC or DSPC.

All experiments described above were performed at the air/buffer interface. However,
during microbubble production, C,F, gas is added to the air and the phospholipids
are dispersed in PBS saturated with C,F, gas. Recently published work demonstrates
how the LE to LC transition of DPPC was shifted to higher surface pressures in the
presence of C,F, in the gas phase [421]. Another study showed a shift of the LE to
LC transition to higher surface pressures in a binary mixture of DPPC with 5 mol%
DSPE-PEG2000, in the presence of C.F,, in the subphase and air in the gasphase
[422]. Taking this into consideration, the influence of a fluorinated hydrocarbon in
the gas phase on the isotherms cannot be excluded, meaning the isotherms would
be slightly shifted to higher transition pressures.

Microbubbles

Figure 3.5 shows the number weighted size distribution of the streptavidin-
conjugated microbubbles. The number-weighted mean diameter was 3.6 um
for direct DPPC microbubbles, 4.2 um for direct DSPC microbubbles, and 5.17-
5.22 uym (N = 2 batches) for indirect DSPC microbubbles. The volume-weighted
mean diameter was 6.6 um for direct DPPC microbubbles, 6.4 um for direct DSPC

3.0
1
25 ” — DPPC direct
”\ ---- DSPC direct Fi.gu.re 3.5 Number ‘weighted size
S 2.0 mL - distribution of DPPC direct (blue line,
& ife DSPC indirect N = 1 batch), DSPC direct (green
5 1.5- | ) dashed line, N = 1 batch), and DSPC
g ! indirect (orange line, representative
5 1.04 '/ for N = 2 batches) microbubbles
Z with ternary coating composition
0.5 containing DSPE-PEG2000 (7.0 mol%)
and PEG40-stearate (8.2 mol%) as
0.0 additional components.

Microbubble diameter (um)
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microbubbles, and 7.9-8.4 um (N = 2 batches) for indirect DSPC microbubbles.
Direct and indirect DSPC microbubbles had a similar size distribution (span 1.0),
while the direct DPPC microbubbles were more polydisperse (span 1.4). The size
distributions of the direct microbubbles are in agreement with previously published
work [392]. The indirect method resulted in slightly larger DSPC microbubbles than
direct DSPC microbubbles, but did not affect the polydispersity.

Ligand distribution in microbubbles

The lipid phase and ligand distribution in the microbubble coating were imaged
for direct DPPC (N = 50, 2 batches), direct DSPC (N = 47, 3 batches), and indirect
DSPC microbubbles (N = 46, 2 batches) of 1.5-8 um in diameter. Typical examples of
the different types of microbubbles are shown in Figure 3.6. The ligand distribution,
representative for the DSPE-PEG2000 distribution, is shown in the left column, the
LE phase stained with Rhodamine-DHPE in the middle column, and a composite
of both signals is displayed in the right column. The calculated ligand distribution
inhomogeneity is shown in Figure 3.7. In concurrence with our previous study
[392], the direct DPPC microbubbles had a mostly homogenous ligand distribution
(Figure 3.6A, Figure 3.7), while there was a large variability in ligand distribution for
the direct DSPC microbubbles ranging from heterogeneous with areas where the
ligand was either lacking or enriched (Figure 3.6D), to a more homogenous ligand
distribution (Figure 3.6G). Nevertheless, the indirect DSPC microbubbles all had a
homogenous ligand distribution (Figure 3.6J, Figure 3.7). No correlation was found
between microbubble size and ligand inhomogeneity. A previous study, which
focused on phase separation in phospholipid-coated microbubbles processed
with different heating-cooling regimes, showed that the ligand was distributed
heterogeneously in slowly cooled microbubbles and homogenously in rapidly
cooled microbubbles [389]. These microbubbles were coated with a binary mixture
of DSPC and DSPE-PEG2000 (9:1) and made by mechanical shaking. In the present
study we investigated no heating-cooling regimes, yet we found that a different
handling of phospholipids before microbubble production could also result in a
more uniform ligand distribution.

Lipid phase distribution in microbubbles

In all types of direct and indirect microbubbles, the lipids were phase-separated
resulting in dark domains (ie. LC phase) and bright inter-domain regions (ie. LE
phase), when studying the fluorescence of Rhodamine-DHPE (Figure 3.6B, 3.6E,
3.6H, 3.6K). Although the LC domains in the DPPC- and DSPC-based ternary
mixture monolayers had different morphologies (Figure 3.2), the LC domains in the
microbubble coatings were similar for all types of microbubbles. Fluorescent dyes
have been used before to examine domain formation in microbubbles coated with
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Ligand LE phase Composite

DPPC direct

DSPC direct

DSPC indirect |
-

Min [ T Max [ Ligand

Fluorescence intensity B LE phase

Figure 3.6 Selected views of 4Pi confocal microscopy y-stacks of direct DPPC (A-C, diameter (d) = 4.7
um), direct DSPC (D-F, d = 4.9 um; G-I, d = 3.4 um) and indirect DSPC microbubbles (J-L, d = 5.3 ym)
with ternary coating composition containing DSPE-PEG2000 (7.0 mol%) and PEG40-stearate (8.2
mol%) as additional components. The images show the ligand distribution (A, D, G, J; Oregon Green
488), the LE phase (B, E, H, K; Rhodamine-DHPE), and the composite view (C, F, I, L). Scale baris 1 pm

and applies to all images. Full 3D reconstructions of these examples are provided as Supplemental
Videos 3.1-4).
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binary mixtures of DPPC and DSPC with PEG40-stearate or DSPE-PEG2000, with a
diameter larger than 10 um [25, 30, 388-390]. In these studies the microstructures in
the microbubble coating were tuned by varying the cooling rate after microbubble
production, or by varying the pure lipid to PEGylated molecule ratio. To the best of
our knowledge, the present study is the first to include microbubbles coated with a
ternary mixture and of clinically relevant sizes, namely 1.5-8 um in diameter.

The domain morphology of microbubbles coated with a ternary mixture presented
here resembles that of microbubbles (diameter >5 um) coated with a binary mixture
of DSPC and PEG40-stearate or DSPE-PEG2000 (9:1), despite the use of different
fluorescent dyes and microbubble production methods [388, 389]. Others imaged
phase separation with epifluorescence or confocal microscopy, in contrast to the
high resolution 4Pi confocal microscopy that was used for this study. Previous
studies reported that no domain formation was observed in microbubbles with a
binary mixture of DSPC and PEG40-stearate (9:1) smaller than 5 um, even though
domains smaller than 5 yum2 were observed in microbubbles larger than 5 pm
[25]. However, all microbubbles analyzed for the present study (1.5-8 um diameter)
had condensed domains in the coating. This is likely due to phase separation of
the three components: the main lipid component DPPC (in LE/LC phase), or DSPC
(in LC phase), PEG40-stearate in LE phase, and DSPE-PEG2000 in LC or LE phase.
Microbubbles were mounted in 87% glycerol for 4Pi high-resolution imaging.
Monolayer studies at the air/water interface showed that glycerol in the subphase
had no effect on the phase behavior below the transition temperature [423]. In our
study glycerol was added after microbubble production and the sample was kept
at room temperature during imaging experiments. We therefore assume that the
glycerol did not have an effect on the molecular structure of the lipid microbubble
coating.
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Figure 3.8 A) Example of a heatmap of Rhodamine-DHPE intensity over the analyzed surface area for
an indirect DSPC microbubble (d = 5.74 um). B) Thresholded map of (A) showing the parts classified
as LC area in black. C) Size of the LC area (% of total surface area) of DPPC direct (N = 50), DSPC direct
(N = 47), and DSPC indirect (N = 46) microbubbles with ternary coating composition containing
DSPE-PEG2000 (7.0 mol%) and PEG40-stearate (8.2 mol%) as additional components. Boxplots show
the median, interquartile range, and with whiskers from minimum to maximum. Statistical significance
was indicated with *** for p<0.001.

The Rhodamine-DHPE fluorescence intensity (/. ,,) and the surface area classified
as LC phase were plotted as a function of the axial plane and the corresponding
circumference (Figure 3.8A, 3.8B). The LC area fraction is presented in Figure 3.8C,
as the percentage of the total surface area analyzed per microbubble. The mean
percentage of LC area was significantly lower for the direct DPPC microbubbles
than for both types of DSPC microbubbles. This was expected since DSPC is always
in the LC phase, according to our monolayer results presented above and literature
[27]. The direct DSPC microbubbles had a significantly smaller LC phase area than
the indirect DSPC microbubbles. Since DSPC is always in the LC phase and the
other PEGylated components were the same, there must be a difference in the
localization of these PEGylated components causing the differences in LC area
between direct and indirect DSPC microbubbles. No correlation was found between
microbubble size and LC phase area. These results indicate that the lipid handling
affects the phase separation between different components. Previous studies that
investigated domain characteristics focused mainly on the effect of cooling rates in
microbubbles coated with binary mixtures of DSPC with PEG40-stearate [30, 388],
yet the microbubbles in those studies were much larger (diameter >20 um) than the
microbubbles investigated here.

The right column of Figure 3.6 shows composites of the lipid phase and ligand
distribution in the microbubble coating. For the direct DPPC and indirect DSPC
examples, the green fluorescent ligand is distributed homogenously over the
fluorescently stained LE phase and the LC phase (Figure 3.6C, 3.6L). For the direct
DSPC microbubbles two examples are shown to illustrate the variability within
this group: heterogeneous distribution where the ligand is colocalized with the
LE phase (Figure 3.6F), and homogenous ligand distribution similar to the other
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Figure 3.9 A) Colocalization ratio of direct DPPC (N = 50), direct DSPC (N = 47), and indirect DSPC
(N = 46) microbubbles with ternary coating composition containing DSPE-PEG2000 (7.0 mol%) and
PEG40-stearate (8.2 mol%) as additional components. Boxplots show the median, interquartile range,
and with whiskers from minimum to maximum. Statistical significance was indicated with ***p<0.001,
**p<0.01. B) Colocalization ratio as a function of the parts classified as inhomogeneous (%) ligand
distribution for direct DSPC microbubbles (N = 47).

types of microbubbles (Figure 3.61). Co-localization of the DSPE-PEG2000 with the
LE phase has been reported before for a single example of a ~20 um diameter
microbubble coated with a binary mixture of DSPC and DSPE-PEG2000 (9:1) without
quantification [389]. In our study we quantified the colocalization between the LC
phase (no Rhodamine-DHPE fluorescence) and DSPE-PEG2000, the component
where the fluorescent ligand Oregon Green 488 is attached to, which is presented
in Figure 3.9A. For the direct DPPC and indirect DSPC microbubbles the mean
colocalization ratio was approximately 1, indicating that the amount of DSPE-
PEG2000 in the LC phase domains was equal to the amount of DSPE-PEG2000 in the
inter-domain region. The colocalization ratio was significantly lower for the direct
DSPC microbubbles, indicating that there was less DSPE-PEG2000 in the LC phase
domains than in the inter-domain regions. For these direct DSPC microbubbles,
there was a negative correlation between the percentage of inhomogeneity in the
ligand distribution and the colocalization ratio (Figure 3.9B). This suggests that in
microbubbles with a heterogeneous ligand distribution, the ligand was depleted in
the LC domains.

Based on the difference we found in LC area and ligand distribution between
the direct and indirect DSPC microbubbles, we expect that the DSPE-PEG2000
component is either excluded from pre-formed LC domains (for direct method,
Figure 3.6D-F, Supplemental Video 3.2) or equally distributed over the LE and LC
phase (for indirect method), depending on the phospholipid handling prior to the
microbubble production. This is in accordance with the IRRAS results indicating that
the PEGylated components were distributed over both the LE and LC phase, whereby
we assume that the monolayer at the air/buffer interface was in thermodynamic
equilibrium. With the indirect method for microbubble production, all components
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were dissolved and mixed in organic solvent. After evaporation of the solvent, the
dried film of mixed lipids was dispersed in PBS buffer using a sonicator bath and a
probe sonicator at low power. With the direct method, in contrast, the components
were each dispersed in PBS buffer without use of sonication, and then mixed
together. Therefore, it is likely that the lipids in the precursors of the microbubbles,
i.e. in the liposomes and micelles [21], were more uniformly mixed with the indirect
method, than with the direct method. The lipids spontaneously self-assemble
around the newly formed gas microbubbles during probe sonication [11, 22], likely
through membrane spreading [424]. In other words, the indirect DSPC microbubbles
are more in equilibrium than the direct DSPC microbubbles. This is in contrast to
previous studies on monolayers at the air/water interface, which found that DSPC
and DSPE-PEG2000 were immiscible at all surface pressures [29].

For a fair comparison, the 4Pi confocal microscopy experiments were performed at
room temperature, in accordance with all microscopy studies on lipid and ligand
distribution on microbubble coatings. However, when developing microbubbles
for in vivo applications, experiments at body temperature will be more translatable
to human applications. Another important aspect for in vivo applications is the
ligand distribution, since a more homogenous distribution could result in higher
targeting efficiency. While the homogenous ligand distribution makes direct DPPC
microbubbles a good candidate for in vivo applications, they are acoustically less
stable than direct DSPC microbubbles [45]. Our studies now show that homogenous
ligand distributions are also possible for DSPC-based microbubbles. Future studies
on the acoustical behavior of indirect DSPC microbubbles may give insight on the
effect of LC area and ligand homogeneity on the acoustical stability, diversity in
response to ultrasound, and efficacy to enhance molecular imaging and local drug
delivery in a safe and effective way.

34 CONCLUSIONS

We investigated the ligand distribution and lipid phase state in microbubbles coated
with a ternary phospholipid-based mixture of clinically relevant sizes. For better
understanding of the lipid phases, we studied the lipid phase behavior in monolayers
at the air/water interface of the same ternary mixtures that coated the microbubbles.
Isotherms showed that DPPC had a transition from LE to LC phase during monolayer
compression at ~5 mN/m, which shifted to lower surface pressures in mixtures with
DSPE-PEG2000 only, or DSPE-PEG2000 and PEG40-stearate. In contrast, DSPC was
always in the LC phase, also in the binary and ternary mixtures we studied. All binary
and ternary mixtures had a transition plateau around 10-12 mN/m. As confirmed by
IRRAS, this plateau was due to a conformational transition (mushroom to brush)
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in the PEGylated components. Based on 4Pi high-resolution imaging, direct DPPC
microbubbles had a homogenous ligand distribution, with a significantly smaller
LC phase area than the DSPC-based microbubbles. The lipid handling prior to
microbubble production influenced both the ligand distribution and the LC phase
areain the DSPC-based microbubbles. Microbubbles made by the direct method had
a heterogeneous ligand distribution, while the ligand colocalized with the LE phase
area. Microbubbles made by the indirect method had a significantly larger LC phase
area and homogenous ligand distribution. By controlling the ligand distribution and
microstructures in the microbubble coating, we can better understand the underlying
mechanisms of targeting. This will lead to tailored microbubble formulations for
specific clinical applications.
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Supplemental Figure 3.1 Typical example of 2D heatmaps of an indirect DSPC microbubble with a
diameter of 5.7 um. Mean fluorescence pixel intensity (/pm) of (A) the ligand (Streptavidin-Oregon Green
488) and (B) the LE phase (Rhodamine-DHPE). €) Thresholded image with LC phase area in black and
inter-domain region in white. Masked image of ligand fluorescence intensity in (D) LC phase area (median
34.26) and (E) inter-domain region (median 34.13, colocalization ratio 1.00).
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Supplemental Figure 3.2 Theoretical calculation of the mushroom to brush transition for the binary
and ternary mixture. The solid lines are the calculations using Equation 2, D:\/(A”P‘.d/m) from Abou-
Saleh et al. [32], where D is the mean distance between PEG chains, A, |, the area occupied per lipid
chain, and m the mole fraction of PEG/lipid chain. For the binary mixture (orange solid line), an m of
0.038, i.e. 7.6 mol% PEG / (2*100) lipid chains, was used while this was 0.0781 for the ternary mixture
(15 mol% PEG / (2*85 + 2*7 + 1*8) lipid chains) (blue solid line). The dotted lines show the Flory radius
calculated from Equation 1, R,=aN”(3/5) from Abou-Saleh et al [32], where R, is the Flory radius of
the grafted PEG, a the size of the monomer (=0.35 nm), and N is the number of monomers per chain.
For the binary mixture (orange dotted line), an N set to 2000 / 44 (mean molecular weight of the
Polymer chain / monomer molecular weight), while for the ternary mixture (blue dotted line), which
contains PEG chains of slightly different length a weighted average of N = 44.24 was used (8/15 * 40 +
7/15*(2000/44)). The mushroom to brush transition is predicted where dotted and solid lines intersect,
i.e. where the mean PEG chain distance becomes smaller than the Flory radius.
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Supplemental Figure 3.4 Wavenumbers (¥) of antisymmetric (v,) and symmetric (v,) CD, (A, C) and
CH, (B, D) stretching vibration of the ternary mixtures DPPC-d,,/DSPE-PEG2000/PEG40-stearate (A, B)
and DSPC-d, /DSPE-PEG2000/PEG40-stearate (C, D) (84.8:7.0:8.2 mol%) as function of the surface

pressure (17). Note the difference in x-axis of 3A, 3B, 3C, and 3D.
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Supplemental Figure 3.5 Compression of a pure DPPC monolayer with simultaneous recording of
the compression isotherm (black line, left y-axis) and IRRA spectra. Wavenumbers of antisymmetric
CH, stretching vibrations (v_ of CH,) are shown as red symbols (right y-axis). The blue perpendicular
lines indicate the limits of the LE to LC phase transition plateau. The phase transition pressure is
marked with a blue horizontal line at ca. 6 mN/m. The position of v__at 2852 cm™ (marked with a red
line) is indicative for a partly ordered monolayer state with LE and LC phase co-existence, where the
majority of the lipids is still in the LE state and the minority in the LC state. The LE/LC ratio as estimated
from the position in the transition plateau was approximately 1.5 (or 60 % of the lipids are in LE, 40%
are in LC).

76



Ligand distribution and lipid phase behavior in microbubbles and monolayers

0.4 0.4
. 0.3
0.3} .
0.2
o 02}
g 0.1
¢ i
@ o1l . =z o0 o
i (=W
) .
a . 0.1
or .
-0.2
0.1} i3 et
. : . . -0.3
F X
'0'20 10 20 30 40 50 045200 2100 1200 1100 O
7 (mN/m) V(cm™)

Supplemental Figure 3.6 Principal component analysis of IRRA spectra recorded during the
compression of a pure DPPC-d,, monolayer. IRRA spectra were simultaneously analyzed in the range
of the headgroup vibrations (1050 — 1300 cm™) and the CD, stretching vibrations (2020 — 2270 cm™)
after separate vector normalization in the two respective ranges. The left panel shows the PC1 scores
as function of the surface pressure (). The right panel shows the reflection absorption (RA) as a
function of the wavenumber (v) for different surface pressures (low — light grey, to high — dark grey,
left y-axis), and the PC1 as a function of the wavenumbers (V) (red line, right y-axis).

SUPPLEMENTAL VIDEOS

Supplemental video 3.1 3D render of direct DPPC microbubble (diameter = 4.7 um)
coated with DPPC, PEG40-stearate, and DSPE-PEG2000 (84.8:8.2:7.0).

Supplemental video 3.2 3D render of direct DSPC microbubble (diameter = 4.9 um)
coated with DSPC, PEG40-stearate, and DSPE-PEG2000 (84.8:8.2:7.0).

Supplemental video 3.3 3D render of direct DSPC microbubble (diameter = 3.4 um)
coated with DSPC, PEG40-stearate, and DSPE-PEG2000 (84.8:8.2:7.0).

Supplemental video 3.4 3D renderofindirect DSPC microbubble (diameter =5.3 um)
coated with DSPC, PEG40-stearate, and DSPE-PEG2000 (84.8:8.2:7.0).
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ABSTRACT

Microbubbles (MBs) are versatile ultrasound contrast agents that can be used for
ultrasound molecular imaging and targeted drug delivery. However, a uniform
and controlled response to ultrasound is essential for safe and effective use of
targeted MBs in the clinic. It is suggested that the heterogeneous lipid distribution
of currently available MB formulations causes variability in acoustic response.
Hence, the objective of this study was to develop and characterize a new MB
formulation with all coating components miscible and in the same lipid phase. MBs
with 1,2-distearoyl-sn-glycero-3-phosphoethanolamine (DSPE) as main lipid were
produced by probe sonication (MB_ ) or by amalgamation, with 10% (MB,, -10)
or 30% (MB,,_,.-30) propylene glycol (PG). The lipid phase distribution, shelf-life, and
acoustic attenuation were investigated. MB_ | and MB, | -30 had a homogeneous
lipid distribution, while MB_  -10 had circular condensed phase domains. For all
MBs the condensed phase increased over time. The PG concentration also affected
the size and concentration: MB,, , -30 had the largest mean diameter 20 min after
production, while MB_,_, -10 had a tenfold higher concentration. All types of MBs had
a short shelf-life stability, decreasing in size during the first hour post-production. The
coating composition had a more significant effect on size and concentration than
the production method. The MBs had a size-dependent resonance behavior and
MB, ,.-10 and MB_, , -30 had the highest peak attenuation, revealing a stabilizing
role for PG in these MB formulations. Even though the in vivo applications for the
DSPE-based MBs may be limited because of the short shelf-life stability, the newly
developed MB formulations are interesting candidates for further studies on the
effect of lipid phase distribution on acoustic behavior of MBs.

shake

Keywords—Ultrasound contrast agents; Phospholipid coating; Lipid distribution;
Attenuation; Propylene glycol

4.1 INTRODUCTION

Phospholipid-coated MBs can be used for numerous applications, including
ultrasound molecular imaging and targeted drug delivery [425]. These applications,
however, require MBs that respond to ultrasound in a uniform and controlled
manner. Studies on the mechanism of sonoporation have demonstrated the delicate
balance between reversible pore formation and irreversible effects including non-
resealing pores in the membrane, depending on the oscillation amplitude of
vibrating MBs [58]. Commercially available MBs are currently tailored for diagnostic
use and respond to ultrasound in a non-uniform way [45]. Furthermore, single MBs
of the same size have been shown to respond differently to the same ultrasound
pulse [426].
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Lipid phase distribution and acoustic response of DSPE-based microbubbles

All  the studies mentioned above have used 1,2-distearoyl-sn-glycero-3-
phosphocholine (DSPC)-based MBs. In the phospholipid monolayer coating of a MB,
DSPC is always in the liquid condensed (LC) phase, whereas PEGylated components
are mostly in the liquid expanded (LE) phase. Due to the co-existence of these two
immiscible phases, DSPC-based MBs have distinct microstructures in their coating
[427]. The MBs acoustic response is dominated by the viscoelastic properties of
their coating [428]. Thus, since these microstructures are highly variable between
MBs, it is possible they modify the coating viscoelasticity, generating a non-uniform
response to ultrasound. Other lipid compositions, which are miscible and in the
same lipid phase, could yield a homogeneous coating, resulting in MBs with a
predictable response to ultrasound.

Characterizations of monolayers composed of phospholipids with phosphatidyl-
choline (PC) or phosphatidylethanolamine (PE) headgroups have revealed a different
phase behavior for PE than for PC phospholipids [429]. Due to the polar headgroup,
PE phospholipids are able to form intermolecular hydrogen bonds, which is desirable
to form a stable MB coating. The aim of this study was to investigate the feasibility
of using the PE lipid 1,2-distearoyl-sn-glycero-3-phosphoethanolamine (DSPE) as
main lipid component. MBs coated with a ternary mixture of DSPE, PEG40-stearate,
and DSPE-PEG2000 were produced by probe sonication or by amalgamation with
10% or 30% propylene glycol (PG). Lipid phase distribution, shelf-life stability, and
acoustic response to ultrasound were investigated.

4.2 METHODS

Microbubble production

DSPE (Lipoid GmbH, Ludwigshafen, Germany), PEG40-stearate (Sigma-Aldrich,
Zwijndrecht, the Netherlands), and DSPE-PEG2000 (Avanti Polar Lipids, Alabaster,
Alabama, USA) were dissolved in chloroform/methanol (9:1 vol/vol) and mixed
with a ratio of 84.8/8.2/7.0 mol% (0.5/0.16/0.14 mg/mL). A lipid film was obtained
by evaporation of the solvent with argon gas (Linde Gas Benelux, Schiedam, the
Netherlands) and freeze drying for two hours. Dried lipid films were rehydrated
with C,F,, (F2 Chemicals, Preston, UK) saturated phosphate buffered saline (PBS)
solution to a concentration of 3.74 mg/mL for probe sonicator MBs (MBpmbe) or0.88
and 1.14 mg/mL for VialMix MBs (MB_ ). After addition of 0.01 mol% Lissamine
rhodamine B 1,2-dihexadecanoyl-sn-glycero-3-phosphoethanolamine (rhodamine-
DHPE, Thermo Fisher, Waltham, Massachusetts, USA), lipid solutions were placed
in a sonicator bath for 10 min and finally the lipid film was dispersed using a probe
sonicator (Sonicator Ultrasounic Processor XL2020, Heat Systems, Farmingdale,

NY, USA) for 5 min at low power (setting 3). MBprobe were produced as described
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previously [426], by probe sonication at high power (setting 10) under constant
flow of C,F,, for 1T min. For MB_ _ , the dispersed lipid solution was divided over
glass vials (volume 2.5 mL) with 0.1 mL (MB_ , -10PG) or 0.3 mL (MB_ _ -30PG) PG
(Sigma-Aldrich, Zwijndrecht, the Netherlands) to a final volume of 1 mL with lipid
concentration 0.8 mg/mL and the headspace was filled with C,F,; gas. MB_ _ _were
produced by amalgamation using VialMix (Bristol-Myers Squibb Medical Imaging,
Inc., North Billerica, Massachusetts, USA) for 45 seconds. After production, all MBs
were stored at 4 °C for at least 15 min. For the acoustic attenuation measurements,
DSPC-based MBs were produced by amalgamation as described previously (F-type,
[400, 430]), to compare with the new formulations.

Physicochemical characterization
MB_ .. Were first washed by flotation: 3 mL MB suspension was placed in a syringe,

after 45 min the subnatant was drained and MB_ _ were resuspended in 1 mL
PBS saturated with C,F,. To study the lipid phase distribution, MB samples were
taken every 30 min up to 2 h post-production (for MB_ ) or post-washing (for
MB mounted on an object glass in 87 vol% glycerol, and imaged using a
custom-built confocal microscope (Nikon Instruments, Amsterdam, the Netherlands
[431]). Z-stacks with 0.3 um steps were acquired using a 60x water immersion (WI)
objective with a 561 nm laser exciting rhodamine-DHPE and detecting emitted light
in a 595/50 nm channel. MBs were scored manually for presence of LC domains. To
study the stability, i.e. shelf-life, of MBs in high concentration (i.e., stock solution), the
size distribution and concentration were measured over time with a Coulter Counter
Multisizer 3 (Beckman Coulter, Mijdrecht, the Netherlands). A 50 um aperture tube
was used to quantify particles between 1and 30 um. At each time point one sample
was measured 3 times with approximately 1 min in between. Samples were measured
every 20 min up to 2 h post-production for MB, | _-10PG and MB,  -30PG, while

MB_ .. Were measured every 20 min up to 1.5 h post-production, plus once at 24 h

post-production.

probe)’

Acoustical characterization

To characterize the acoustic attenuation of MBs, a poly(methyl methacrylate)
(PMMA) water tank with two single-element focused transducers was used [432].
Transducer 1 (3.5 MHz, 80% -6dB bandwidth, V381, Olympus, Tokyo, Japan)
was used to generate acoustic waves that were later received by transducer 2
(3.5 MHz, 75% -6dB bandwidth, V380, Olympus, Tokyo, Japan). A sample container
(2x2x10 cm) with 20 um polyester walls was filled with PBS and placed at the acoustic
foci (75 mm) of the co-aligned transducers. An arbitrary waveform generator (Tabor
ww2571a, Tabor Electronics, Nesher, Israel) was connected to an amplifier (38 dB,
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ENI 310L, Electronics and Innovation, New York, USA) and used to drive Transducer 1.
Signals from Transducer 2 were recorded with a digital oscilloscope at a 125 MHz
sampling rate (15 bits, PicoScope 5443D, Pico Technology, Cambridgeshire, United
Kingdom). The acoustic response of MBs was investigated using single-cycle
broadband pulses with a center frequency of 3.5 MHz and peak negative pressure
(PNP) of 15 kPa. The PNP was calibrated prior to the experiments using a 0.2-mm
needle hydrophone (Precision Acoustics, Dorchester, UK). Before adding the MBs to
the container, a measurement was taken as a reference for the attenuation. Next,
three MB samples with a concentration of 1.0 x10° MBs/mL were measured. All
measurements were performed at room temperature within 20 min after Coulter
Counter measurements (i.e. 60 min post-production for MB and 20 min post-
production for MB

probe

shake)'

4.3 RESuLTS

Physicochemical characterization

Figure 4.1 shows typical examples of the lipid phase distribution in the coating of
MB, oo MB,,.-T0PG, and MB__ -30PG. At 30 min after washing, 74% of MB,
(N = 34) had a homogeneous lipid phase distribution (Figure 4.1A), however, this
number decreased to 11% (N = 9) after 2 h. MB_  _with heterogeneous lipid phase
distribution had circular LC phase domains which grew in size and number over
time. MB,, , _-10PG had a heterogeneous lipid phase distribution from the first time
point on, with circular LC phase domains in black (Figure 4.1B). For the MB_ , -30PG,
50% (N = 10) had a fully homogeneous lipid phase distribution (Figure 4.1C) at
30 min post-production, while this number decreased to 30% (N = 10) after 2 h.
MB,, ,.-30PG with heterogeneous lipid phase distribution had LC phase domains in

different sizes, both smaller and larger than those shown in Figure 4.1B.

robe

C

Figure 4.1 Lipid phase distribution in coating of MBprobe (A), MB_ , -10PG (B), and MB_ , -30PG (C),
stained with Rhodamine-DHPE (0.01 mol%, red), shown as maximum intensity projection of confocal
Z-stack. Scale bars are 1 pm. MB samples shown here were taken 30 min post-production for MB
(10% and 30% PG) and 30 min post-washing for MB

shake

probe”
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Figure 4.2 presents the size and concentration of DSPE-based MBs over time. MB_ e
had a mean diameter of 3 pm at the first time point measured after washing, i.e. 70 min
post-production (Figure 4.2A). The mean size decreased over time and remained
stable at 2 um. MB_ , -10PG initially had a smaller mean diameter than MB_, , -30PG
(Figure 4.2A). At 40 min post-production both types of MB,, decreased in size to
approximately 2 um and remained stable up to 120 min post-production. The mean
diameter of MB, . at 70 min post-production was comparable to that of MB, , -10PG
at 20 min post-production, for both the first time point measured. MB_ , -30PG had
alarger mean diameter at the first time point measured. The concentration of MB_ .
followed the same trend as the size; it decreased until 100 min post-production and
then remained stable (Figure 4.1B). The concentration of MB_ |, -10PG was tenfold
higher than the concentration of MB_  -30PG (Figure 4.1B). For both types of
MB,, . the concentration in stock solution was relatively stable over time, although
the standard error of the mean (SEM) was notably larger for MB_  -10PG. The
concentration of MB_ |, -10PG decreased during the three measurements, whereas
the concentration of MB, , -30PG remained stable. The concentration of MB_ | was
slightly higher than the concentration of MB_, , -30PG, but MB,, | _-10PG had a much
higher concentration. Additionally, MB_ - were measured 24 h post-production to
check for overnight stability, however, no measurable amount of MBs was present

in the sample at this time point.

shake

Acoustical characterization

The attenuation spectra from 1 to 5 MHz of MBprobe, ke e~ 30PG,
and DSPC-based MB,  are shown in Figure 43. MB_  had a peak attenuation
at 2.2 MHz (Figure 4.3A) while MB_  -10PG had a peak attenuation at 2.6 MHz
(Figure 4.3B). MB_ , -30PG had no clear peak attenuation, although the attenuation

MB,_  -10PG, MB

A B + MB, .
£ - MB___-10PG
€ 5 @ 500 = MB,_, -30PG
3 2 shake
6 T ‘(DD 400'
*aE“J 34 x_ 3001
g 2- _§ 200+
< 1 € 100- —_ .
O c ._./H—l
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Time (min after production) 8 Time (min after production)

Figure 4.2 Microbubble (MB) shelf-life stability over time. A) Size (mean diameter in pm) over time
(in min post-production). B) Concentration (x10® MBs/mL) over time (in min post-production). All
datapoints are the mean from N=3 shown with the standard error of the mean (SEM).
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was increased at frequencies below 2 MHz (Figure 4.3C). DSPC-based MB_ _, - had
a peak attenuation at 3.1 MHz (Figure 4.3D). These results show the echogenicity
of the presented formulations. Since the acoustic measurements were done within
20 min after the Coulter Counter measurements, the same size distribution can be
assumed: MB_ e and MB_  -10PG had the same mean diameter of 2.9 ym while

MB_  _-30PG were larger with 4.4 ym and DSPC-based MB__  were smaller with

shake shake

2.1 um.

4.4 DiscussioN

DSPE-based MBs with a homogeneous lipid phase distribution were successfully
produced by probe sonication and by amalgamation. Forthe MB_ | _formulations, PG
was chosen as co-surfactant because it has been shown to increase MB stability [400]
and the amount of lipids incorporated in the MB coating [433]. Interactions between
PG and a hydrated phospholipid bilayer have been investigated previously [434].
While the main lipid in that study, 1,2-dipalmitoyl-sn-glycero-3-phosphatidylcholine
(DPPC), was different from the DSPE lipid used in the present study, the disordering
effect on the phospholipid bilayer is in agreement with the lipid phase distributions
observed in MBs: with an increasing amount of PG, a decreased LC phase area was
observed (Figure 4.1B, C). This indicates that the phospholipid molecules were in a
more disordered state with 30% PG. Phospholipid molecules in a more disordered
state, that is LE phase, have a larger area per molecule. This may have partly caused
the larger size of MB_  -30PG compared to MB,  -10PG at the first time point
(Figure 4.2A). A higher viscosity of the solution during amalgamation may have also
played a role in the size difference between MB_ , -10PG and MB__, -30PG.

shake shake
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Based on phospholipid monolayer studies with pure DSPE, the phospholipid is
expected to be in the LC phase [435], which is in contrast with the homogeneous
lipid distribution we observed at 30 min post-washing in MB_and 30 min post-
production in MB__ -30PG. This may be influenced by the emulsifiers PEG40-
stearate and DSPE-PEG2000, as the addition of either of these emulsifiers resulted
in a different compressibility in DSPC-based monolayers [25], suggesting that the
addition of these emulsifiers can modify the lipid phase behavior. In all MB types
investigated in the present study, the LC phase area increased over time, indicating
that the DSPE molecules present in the MB coating were compressed to a smaller
surface area. This is in agreement with the observed decrease in size (Figure 4.2A),
likely caused by a loss of gas from the MB core.

Previous studies focused on the lipid phase distribution of MBs with main lipid
DSPC that were produced by the same probe sonication method and coated with
the same ternary mixture, that is main lipid/PEG40-stearate/DSPE-PEG2000 in
84.8/8.2/7.0 molar ratio [427]. These DSPC-based MBs had a heterogeneous lipid
phase distribution with distinct LC phase domains. The difference in lipid phase
distribution with the MB_ from the current study can only be explained by the
difference in main lipid.

The size and concentration measurements indicate that the shelf-life stability was
limited, as all MB types decreased in size during the first 60 min (i.e. 3 time points)
measured. Previous studies comparing the size and concentration of DSPC-based
MBs found larger diameters for MBs produced by sonication than those produced
by amalgamation [400], in contrast to the comparable size found for MB_  and
MB,, ,.-10PG in the current study. Previously, it was suggested that other factors
than production method, such as the coating composition and gas core, may
affect the MB size. This is confirmed by the results from the present study (MB_  :
mean diameter 3 um, 0.15 x10° MBs/mL), as the only difference with MB type A
investigated by Daeichin et al [400, 430] (mean diameter 1.9 pm, 1.9 x10° MBs/mL)
was the use of DSPE instead of DSPC as main lipid component, while the size and

concentrations differ considerably.

It has been shown that the acoustic behavior of MBs is influenced by the phospholipid
packing of the MB coating as the lipid density or phase distribution determines
the stiffness and viscosity [43, 436]. Although MB_ , and MB,  -10PG had a peak
attenuation in the same range of frequencies, the attenuation curve of I\/IBprobe was
broader (Figure 4.3A,B). These two MB types had a similar size (mean diameter
2.9 um), while the lipid phase distribution was dramatically different as MB_ | had
a homogeneous lipid distribution and MB_ , -10PG had a heterogeneous lipid

distribution. This difference in shell structure could possibly lead to the differences in
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the attenuation spectra. MB_ , -30PG had a larger mean diameter than all other MB
types, leading to an increased attenuation at lower frequencies (Figure 4.3C), which
is expected for larger sized MBs [44]. MB_ | -10PG and MB_ , -30PG had a higher
attenuation than MB_ . indicating that PG might play a role in stabilizing the MB
formulations. The previously characterized and established DSPC-based MB_
(F-type MB) [400, 430, 437] was included for comparison to the newly developed
MB formulations. The DSPC-based MB_ had the smallest mean diameter and
lowest peak attenuation at the highest frequency, which is typical size-dependent

resonance behavior [44].

There are indications that the variability in lipid distribution between MBs at least
partly explains the variability in acoustic response of MBs of the same size [426]. Thus,
with the aim of obtaining a uniform response, DSPE-based MB_ |, and MB_ , -30PG
are interesting candidates for investigation of the single MB acoustic behavior, as
these MBs have a homogeneous lipid distribution. Furthermore, the MB_ _ -10PG
and MB_ , -30PG can be compared to investigate the effect of LC phase domains
on the acoustic behavior. In practice, however, these are challenging experiments
as all three types of MBs change over time with decreasing size and increasing LC
phase area in the MB coating, leaving only a short time window to acquire data.
Additionally, the lipid phase distribution should be imaged simultaneously with
the acoustic response, which can be achieved by using the combined confocal
microscope and Brandaris 128 ultra-high-speed camera system [431].

4.5 CONCLUSION

DSPE-based MBs with a homogeneous lipid distribution were successfully produced
by probe sonication and amalgamation with 30% PG. The MB size and concentration
were more affected by the coating composition, ie. choice of main lipid and co-
surfactant, than by the production method. Although the short shelf-life stability
may limit the in vivo applications for the newly developed MB formulations, they are
interesting candidates for further research on the effect of lipid phase distribution
on the acoustic behavior of single MBs.
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ABSTRACT

Controlling microbubble-mediated drug delivery requires the underlying biological
and physical mechanisms to be unraveled. To image both microbubble oscillation
upon ultrasound insonification and the resulting cellular response, we developed
an optical imaging system that can achieve the necessary nanosecond temporal
and nanometer spatial resolutions. We coupled the Brandaris 128 ultra-high-
speed camera (up to 25 million frames per second) to a custom-built Nikon
A1R+ confocal microscope. The unique capabilities of this combined system are
demonstrated with three experiments showing microbubble oscillation leading to
either endothelial drug delivery, bacterial biofilm disruption, or structural changes
in the microbubble coating. In con- clusion, using this state-of-the-art optical
imaging system, microbubble-mediated drug delivery can be studied with high
temporal resolution to resolve microbubble oscillation and high spatial resolution
and detector sensitivity to discern cellular response. Combining these two imaging
technologies will substantially advance our knowledge on microbubble behavior
and its role in drug delivery.

Keywords—Bacteria; Confocal microscopy; Drug delivery; Fluorescence microscopy;
High-speed imaging; Lipid coating; Microbubble; Sonoporation; Ultrasound;
Ultrasound contrast agents

5.1 INTRODUCTION

To successfully treat diseases, administered drugs need to overcome barriers
in the human body that hinder efficient delivery. Currently, high dosages are
required because only a fraction of the therapeutic actually reaches the target site.
This leads to high toxicity levels in healthy tissue, causing undesirable side effects
[438, 439]. However, lipid-coated gas microbubbles (1-10 mm) in combination
with ultrasound can locally enhance drug delivery, allowing for therapeutics to be
delivered efficiently and only to the intended target site. When ultrasound is applied,
microbubbles oscillate and thereby permeabilize cell membranes (sonoporation),
open intercellular junctions, and stimulate endocytosis [66, 153, 154]. The underlying
physical and biological mechanisms enhancing these different pathways are poorly
understood. Elucidating the microbubble-cell interaction is fundamentally important
for controlling and optimizing drug delivery, and therefore, microbubble oscillation
behavior and the cellular response should be studied simultaneously.

To resolve the microbubble oscillation in an ultrasound field of clinically relevant
frequencies (MHz), a system with nanosecond temporal resolution is required.
Currently, there are two ultra-high-speed cameras that can achieve such high
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frame rates, up to 25 million frames per second (Mfps) with sufficient consecutive
frames: the Brandaris 128 [62] and the UPMC Cam [440]. Both cameras have been
coupled to an upright microscope (BXFM, Olympus, Tokyo, Japan) for brightfield
and widefield fluorescence microscopy. This enables the concurrent visualization of
microbubble oscillation and cellular response. Although these systems have been
used to study vascular drug delivery [117, 164, 441, 442], imaging resolution showing
the cellular response was very poor. Microbubble oscillation leading to bacterial
biofilm disruption has been observed at a lower temporal resolution using a 3 Mfps
camera [380]. With the use of high-speed cameras, it has been possible to study the
microbubble-cell interaction; however, the cellular response was still imaged with
poor sensitivity and at a low optical and temporal resolution.

Confocal microscopy allows us to better unravel cellular response, as it provides
nanometer spatial resolution, 3D imaging with high axial resolution, and good
detector sensitivity for different fluorescent cell labeling. Live confocal microscopy
imaging of microbubble-mediated drug delivery has revealed a wide-range of
cellular effects: pore formation [187] and recovery [161], opening of intercellular
junctions [164], endocytosis [165], lipoplex [443] and doxorubicin [444] delivery,
changes in reactive oxygen species levels [163], increased bacterial metabolism
[73], sonoprinting [445], cytoskeleton disruption [162], and intercalation of model
drugs [446]. However, all these studies lack information on the specific microbubble
behavior that was responsible for the observed cellular effect, because of the
relatively low frame rates of confocal microscopy imaging (<500 fps).

Microbubble response to ultrasound varies a lot, and even equal-sized microbubbles
in the same ultrasound field do not respond identically [46, 396, 447]. We need
to gain more insight into microbubble behavior to achieve a more predicable
response to ultrasound. To understand how the response is affected by microbubble
composition, we want to image both the microbubble oscillation behavior and the
coating microstructure [448]. In the past, it has only been possible to image coating
microstructure in a static setup, without ultrasound, using, for example, 4Pi high-
resolution confocal microscopy [392].

To date, the technological gap has made it impossible to image microbubble
oscillation (high temporal resolution) and detailed cellular response (high spatial
resolution) in the same field of view of a single sample. To overcome this challenge,
we developed a novel optical imaging system by coupling an upright custom-
built Nikon confocal microscope to the Brandaris 128 ultra-high-speed camera
(Figure 5.1), which is described in this technical note.
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A Brandaris 128 B Brandaris 128
ultra-high speed ! ultra-high speed /£
2 camera A1R+ confocal camera
128 CCDs scan head

AR+ confocal
scan head

microscope

rotating main body

experimental

setup

Figure 5.1 Combined confocal microscope and Brandaris 128 ultra-high-speed camera. A) From the
back of the system, the inside of the Brandaris 128 casing with the rotating mirror and 128 charge-
coupled devices (CCDs) is seen. B) At the front of the system are the confocal microscope and the
experimental setup. The range extender facilitates the coupling of the Brandaris 128 to the confocal
microscope.

-

anti-vibration table

5.2 Methods

The Brandaris 128 ultra-high-speed camera is a programmable camera with 128
sensitive charge-coupled devices (CCDs) and a fast rotating mirror that sweeps
the image over the CCDs, resulting in a minimum interframe time of 40 ns (25
Mfps) [62]. Consecutive 128-frame recordings can be done at an 80 ms interval,
with a maximum of 50 consecutive recordings [449]. The brightfield image is
500x292 pixels with 8-bit gray-scale values and a typical resolution of 400 nm [62].

The main body of the confocal microscope is a custom-built upright Eclipse Ni-E
microscope (Nikon Instruments, Amsterdam, The Netherlands). By physically
removing the conventional base of the main body, the microscope was customized
to accommodate the water bath for ultrasound insonification. Microscope modules
were chosen to meet our requirements such that the light path (Figure 5.2) could be
directed toward the four different output ports: (i) a binocular (NI-TT-E Motorized
Quadrocular Tilting Tube, Nikon Instruments), (i) a color camera (DS-Fi3, Nikon
Instruments) for digital acquisition of brightfield and widefield fluorescence images,
(i) the ATR+ confocal scan head, and (iv) the Brandaris 128 ultra-high-speed camera.

Two motorized turret modules (NI-FLT6-E Mot Epi-fluorescent turret, Nikon
Instruments) were incorporated to rotate the desired filters or mirrors into the light
path. One turret holds a full mirror to direct the light path toward the Brandaris 128
camera (Figure 5.2, turret A). The other turret is used for switching between filter
cubes for widefield fluorescence imaging (Figure 5.2, turret B). The four installed filter
cubes have the following excitation (Ex), dichroic mirror (DM), and emission (Em)
filters: BFP-A with Ex390/18, DM416, and Em460/60; GFP-A with Ex469/35, DM497,
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and Em525/39; TRITC-A with Ex542/20, DM570, and Em620/52; and Cy5-4040 C with
Ex628/40, DM660, and Em692/40 (center wavelength/bandwidth in nanometers;
Semrock Inc., Rochester, NY, USA). Widefield fluorescence is performed with a metal
halide light source with motorized shutters and neutral density filters (C-HGFIE, Fiber
llluminator Intensilight, Nikon Instruments). During confocal imaging, excitation is
achieved with a laser unit (LU-N4, Nikon Instruments) equipped with four lasers
(405, 488, 561, and 640 nm; all 15 mW at the out- put of the fiber tip). The system
has a hybrid detector unit (A1-DUG, GaAsP Multi Detector Unit, Nikon Instruments)
that includes two gallium arsenide phosphide (GaAsP) photomultiplier tubes (PMTs)
and two standard multi-alkali PMTs. The GaAsP PMTs are highly efficient in
detecting the 525/50 and 595/50 nm ranges in comparison to the standard multi-
alkali PMTs. To create four detection channels, the emitted light is split using three
filter cubes. The first filter cube (DM FF495-Di03, Semrock Inc.; Em filter ET450/50 m,
Chroma, Bellows Falls, VT, USA) delimits the 450/50 nm channel which is detected
by a standard multi-alkali PMT. The second filter cube (DM T560 LPXR, Chroma; Em
filter ET525/50 m, Chroma) delimits the 525/50 nm channel, which is detected by
a GaAsP PMT. The third filter cube (DM T640 LPXR, Chroma; Em filter ET595/50 m,
Chroma; Em ET700/75 m, Chroma) delimits the 595/50 and 700/75 nm channels,
which are detected with a GaAsP PMT and a standard multi-alkali PMT, respectively.

A1R+ confocal
scan head

Color camera

rotating
mirror

!
A J
Brandaris 128

ultra-high speed
camera

extender

Transducer ) Light source

Figure 5.2 Schematic of the light paths to the different imaging output ports (not to scale). The light
path goes through the sample, the objective, and the main body of the microscope toward either the
color camera (green), the confocal scan head (yellow) or the Brandaris 128 ultra-high-speed camera
(red). The light source is used for brightfield and Brandaris 128 imaging. The motorized turret A can
place the full mirror in the light path for Brandaris 128 imaging, while turret B can insert the desired
filter cubes for widefield fluorescence imaging. The sample can be insonified from below under a 45°
angle in a water tank, which can be heated to 37 °C. CCDs = charge-coupled devices.
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For high-precision focusing and 3D z-stack imaging, the microscope’s main
body combines two z-scanning devices. First, long ranges (12 mm) can be scanned
with the main body’s motorized z functionality, which was retained despite the
customization. Next, with a piezo element (MCL NANO-F200 N, Mad City Labs Inc.,
Madison, WI, USA), faster and more precise z-focusing can be performed in a 200
mm range, resulting in improved z-stack imaging. To isolate vibration, the confocal
microscope was installed on an active antivibration optical table (74-9090 M
Cleanbench top and 12M-424-88 micro-g modular post mount support, Physik
Instrumente, Karlsruhe, Germany).

The field of view of the Brandaris 128 camera had to overlap with that of the
microscope. Therefore, the Brandaris 128 camera’s casing had to be aligned and
coupled to the output port of the microscope’s main body. This was achieved by
fixing a laser pointer on the casing of the Brandaris 128 to project onto a target on
the microscope body. Further, to reproduce alignment, the position of both systems
with respect to the room was documented using a laser distance measuring tool
(GLM 40, Bosch, Stuttgart, Germany). A second requirement was parfocality; that
is, the Brandaris 128 and the confocal need to have the same focal plane. To
that end, a range extender (XT2 Collimating Emission-Port Adaptor, Photometrics,
Tucson, AZ, USA) was inserted in the light path between the output port of the
microscope and the Brandaris 128 input port.

When fast switching between confocal imaging and Brandaris 128 acquisition is
desired, a Multifunction /O Device (USB-6000, National Instruments, Austin, TX,
USA) can trigger the motorized turret to rotate the full mirror into the light path,
temporarily intercepting timelapse confocal imaging to acquire with the Brandaris
128 camera instead. The trigger is given when the rotating mirror in the Brandaris 128
reaches a desired rotation speed. Once the Brandaris 128 acquisition is complete,
another trigger is given to remove the mirror from the light path, such that confocal
imaging is restored. The confocal recording is intercepted at least for the duration
of consecutive Brandaris 128 recordings and the mechanical turret rotation time
of 300 ms. The trigger events and turbine speeds are registered in the confocal
recording for correct data registration.

The capabilities of the combined Brandaris 128 and confocal microscopy imaging
system are demonstrated with three in vitro experiments: endothelial drug delivery,
bacterial biofilm disruption, and microbubble coating microstructure alterations.
The microbubbles used in the experiments were all in-house produced by probe
sonication as previously described [392]. Briefly, the main lipid of the coating
was 1,2-distearoyl-sn-glycero-3-phosphocholine and the microbubbles had a C,F,
gas core. All images were acquired with a 100x objective (CFI Plan 100XC W,
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Nikon Instruments) that is chromatic aberration-free infinity (CFl), corrected for field
curvature (Plan) and water dipping (W). This objective has a numerical aperture of
1.10; therefore, the resolution achieved with confocal microscopy is 250 nm. The
confocal scan speed varies from 0.03 to 1 fps per acquisition channel, depending
on the chosen pixel dwell time. By decreasing the field of view, we can image up to
5 fps. From the Brandaris 128 ultra-high-speed recordings, the microbubble radius
as function of time was determined using custom-designed image analysis software
[44]. During the endothelial drug delivery and biofilm disruption experiments, the
sample was inserted in the water tank at 37 °C (Figure 5.2) and insonified with a
single-element focused transducer (2.25 MHz center frequency, 76.2 mm focal
length, -6 dB beam width at 2 MHz of 3 mm; V305, Panametrics-NDT, Olympus,
Waltham, MA, USA). When the microbubble coating was studied, the sample was
inserted in the water tank at room temperature and insonified with a single-element
broadband transducer (1 to 9 MHz bandwidth, 25 mm focal distance, -6 dB beam
width at 1 MHz of 1.3 mm; PA275, Precision Acoustics, Dorchester, U.K.).

5.3 RESuLTS

In the first experiment, the response of human umbilical vein endothelial cells to
o B,-targeted microbubbles upon ultrasound insonification was imaged. Acquisition
started with confocal microscopy time-lapse imaging (0.65 fps, CFl Plan 100x W
objective), revealing the initial state of the cells and the location of the microbubble
(Figure 5.3A). Next, the light path was automatically switched toward the Brandaris
128 to record micro- bubble oscillation  during ultrasound insonification
(2 MHz, 250 kPa peak-negative-pressure [PNP], single 10-cycle burst) (Figure 5.3B).
This temporarily intercepted confocal microscopy imaging until the Brandaris 128
recording finished and the light path was switched back. Confocal microscopy
imaging proceeded for 3.5 min after ultrasound, monitoring the cellular
response (Figure 5.3C). Uptake of propidium iodide was observed locally around
the microbubble (Figure 5.3C, 00:30-00:44), followed by diffusion throughout the
cytoplasm and into the nucleus (Figure 5.3C, 02:25). Moreover, confocal microscopy
imaging revealed opening of the intercellular junctions (Figure 5.3C, 02:25-03:50,
arrows).
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Figure 5.3 Selected frames
from time-lapse imaging of
microbubble-mediated endothelial
drug delivery. Human umbilical
vein endothelial cells (Lonza,
Verviers, Belgium) were grown
in MV medium  (PromoCell
GmbH, Heidelberg, Germany) to
confluency for 2 d in a CLINIcell
(50 mm membrane; Mabio,
Turcoing, France). The cell nuclei
were stained with  Hoechst
(5 mg/mL; Thermo Fisher Scientific,
Waltham, MA, USA), the cell
mem- branes with CellMask Green
(4 mg/mL; Thermo Fisher Scientific),
and sonoporation with propidium
iodide (25 mg/mL; Sigma-Aldrich,
St. Louis, MO, USA). The dashed
line delineates the microbubble.
A) Confocal microscopy before
ultrasound (US) to image the
initial cell state. B) Microbubble
oscillation recorded with the
Brandaris 128 ultra-high-speed
camera (bar = 3 mm) and the
microbubble radius as a function
of time determined from this
recording. C) Confocal microscopy
after US to image cellular response.
The arrows indicate opening of
intercellular junctions.
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The second experiment started with confocal microscopy time-lapse imaging
(0.32 fps, CFl Plan 100x W objective) of a Staphylococcus aureus biofilm. This
revealed vancomycin-targeted microbubbles adhered to bacteria (Figure 5.4A).
Confocal time-lapse imaging was temporarily intercepted to record microbubble
oscillation with the Brandaris 128 upon ultrasound insonification (2 MHz, 250 kPa
PNP, single 10,000-cycle burst). After the Brandaris 128 recording, the light path
was switched back and confocal imaging continued for 40 s. Confocal microscopy
imaging after insonification revealed microbubbles had clustered (Figure 5.4C).
Moreover, bacteria detached in the area where microbubbles were originally
located, revealing microbubble-mediated disruption of the biofilm (Figure 5.4C,
0:22, arrows). Toward the end of the confocal recording, partial redisposition of
bacteria was observed (Figure 5.4C, 00:57).
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The third experiment aimed to image the microbubble coating microstructures
before and after ultrasound insonification. Before ultrasound, a z-stack was acquired
(0.4 mm step size, 31slices, CFl Plan 100x W objective) of a microbubble that also
contained rhodamine-B-1,2-dihexadecanoyl-sn-glycero-3-phosphoethanolamine,
triethylammonium salt (rhodamine-DHPE). The 3-D image (Figure 5.5A) revealed
that the lipid expanded phase, as stained by the rhodamine-DHPE [403], was
distributed in a characteristic honeycomb pattern. Next, Bran- daris 128 ultra-high-
speed imaging revealed microbubble oscillation (Figure 5.5B) upon ultrasound

[l Rhodamine-DHPE

Timeline
— e el —
Confocal T Confocal

Brandaris 128 + US

A) Confocal microscopy z-stack before US

Max. intensity projection

Figure 5.5 Imaging of structural
changes in microbubble coating.
The lipid-expanded phase
was stained with rhodamine-
DHPE (0.01 mol%; Thermo
Fisher Scientific). Microbubbles
were studied in a CLINIcell

B) Brandaris 128 imaging du

Radius (um)
N
wv

2 (50 mm membrane; Mabio).
0 2 . 4 6 8 A) Selected z-slices from 3D
Time (us) confocal microscopy  (i-iv)

and the maximum intensity
projection before ultrasound
(US). B) Selected frames of the
Brandaris 128 ultra-high-speed
recording revealing microbubble
oscillation (bar = 3 mm) and
the resulting microbubble radius
as a function of time. C) Selected
z-slices (i-iv) and maximum
intensity projection after US. The
arrows indicate a focal area of
increased fluorescence intensity
(ie., hot spot) suggestive of local
microbubble shell buckling.
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insonification (1.4 MHz, 50 kPa PNP, single 8-cycle burst). After ultrasound, another
z-stack was acquired revealing structural changes in the microbubble coating
(Figure 5.5C, arrows).

54 DiscussioN

The novel combined confocal microscope and Brandaris 128 ultra-high-speed
camera make it possible to study both the cell and microbubble structures with
nanometer spatial resolution and the microbubble oscillation with nanosecond
temporal resolution, as demonstrated with the three experiments. With this unique
device we were able for the first time to relate microbubble oscillation behavior
to alterations in cell integrity and microbubble coating microstructures.

Microbubble-mediated endothelial drug delivery (Figure 5.3) monitored with
confocal microscopy provides better detector sensitivity and higher frame rates
than the widefield microscope originally coupled to the Brandaris 128. As a result,
low and fast changes of local propidium iodide uptake caused by sonoporation
can now be detected. This is essential when studying safe drug delivery because
low uptakes have been associated with reversible sonoporation and cell viability
[169]. Moreover, specific fluorescent cell dyes can now be imaged with high
resolution, revealing previously concealed cellular responses. For example, we were
able to observe the opening of intercellular junctions using a cell membrane dye
(Figure 5.3C).

The advantage of high-resolution confocal microscopy is also demonstrated when
imaging biofilm disruption by oscillating microbubbles (Figure 5.4). Because of
the small size of bacteria (~1 mm in diameter), they cannot be well resolved with
widefield microscopy. The added value of this new optical system is that we can
now distinguish individual bacteria and observe effects on bio films caused by
oscillating microbubbles, while also gaining insight into how microbubbles vibrate
nearby a biofilm. Furthermore, the light path switching is quick enough to observe
the disruption of the biofilm before redisposition of bacteria occurs (Figure 5.4C).
However, this data set also reveals a drawback of the Brandaris 128 ultra-high-speed
camera recordings. Because a maximum of 128 frames can be acquired, it is only
possible to partially image the 10,000-cycle microbubble oscillation. Therefore,
in this Brandaris 128 acquisition, the microbubble clustering was not observed
(Figure 5.4B) and could only be inferred from the confocal microscopy after
ultrasound (Figure 5.4C).
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The developed optical imaging system will be essential not only in understanding
ultrasound-mediated drug delivery, but also in designing ultrasound contrast agents.
We can finally image how microbubble oscilla- tion behavior affects the structural
organization of the coating and vice versa. Although 4Pi microscopy has higher
axial resolution and overcomes the signal loss toward the part of the microbubble
furthest away from the objective (Figure 5.5, iv), because of the laser diffraction by
the microbubble’s gas core, we were able to discern the coating microstructures
with the confocal microscope (Figure 5.5). To date, lipid shedding and buckling
of the phospholipid shell caused by microbubble oscillation has been observed
only using widefield fluorescence microscopy, at 150,000 fps [450] or 5 Mfps [451].
However, because of the poor axial resolution of widefield microscopy, structural
details of the phospholipid shell could not be resolved.

Simultaneous Brandaris 128 and confocal microscopy imaging is not possible with
the combined system. This technical limitation remains as the Brandaris 128 requires
100% of the light path to overcome the CCD detection limits. Automatic switching
between confocal and Brandaris 128 imaging minimizes the time during which
confocal microscopy imaging is interrupted. It is difficult to precisely predict the
start of a Brandaris 128 acquisition, as the acceleration of the turbine is variable.
Therefore, confocal microscopy is often interrupted about 2 s before the Brandaris
128 recording starts. During this time no change is expected in the confocal image,
because insonification has not taken place yet. As soon as the Brandaris 128
acquisition has completed, during which ultrasound was applied, the full mirror
is rotated out of the light path. As a result, the confocal microscope can restore
imaging to detect rapid cellular effects with a maximum delay of 300 ms plus the
time to scan a confocal frame (which depends on the confocal scan speed chosen).
For the endothelial drug delivery example, this corresponded to <1.8 s, and for the
biofilm disruption example, this was <3.4 s.

The confocal microscope can image a larger field of view than the Brandaris 128
ultra-high-speed camera. For instance, with the CFI Plan 100x W objective, the field
of view of the confocal microscope is 128x128 mm and that of the Brandaris 128 is
45x32 mm. Hence, as seen in Figure 5.4, sometimes microbubbles are observed
in the field of view of the confocal microscope, but their oscilla- tion cannot be
recorded with the Brandaris 128. Finally, adapting the microscope’s main body
by removing the conventional base disabled the automatic refocusing capability.
Regardless, a desired focus depth can be manually restored because the software is
still able to read out the z-position of the objective.
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5.5 CONCLUSIONS

A state-of-the-art optical imaging system was developed by coupling a custom-built
confocal microscope to the Brandaris 128 ultra-high-speed camera. Microbubble-
mediated drug delivery can now be studied at both high spatial and temporal
resolution to evaluate cellular response upon microbubble oscillation. Additionally,
changes in microbubble coating structure caused by oscillation behavior can be
dis- cerned. With this novel optical imaging system we expect to further elucidate
microbubble-mediated drug delivery and advance the development of ultrasound
contrast agents.
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ABSTRACT

Phospholipid-coated microbubbles are ultrasound contrast agents that can
be employed for ultrasound molecular imaging and drug delivery. For safe and
effective implementation, microbubbles must respond uniformly and predictably to
ultrasound. Therefore, we investigated how lipid handling and phase distribution
affected the variability in acoustic behavior of microbubbles. Cholesterol was used to
modify the lateral molecular packing of 1,2-distearoyl-sn-glycero-3-phosphocholine
(DSPC)-based microbubbles. To assess the effect of lipid handling, microbubbles
were produced by a direct method, i.e. lipids directly dispersed in agueous medium,
or indirect method, i.e. lipids first dissolved in organic solvent. The lipid phase and
ligand distribution in the microbubble coating were investigated using confocal
microscopy and the acoustic response was recorded with the Brandaris 128 ultra-
high-speed camera. In microbubbles with 12 mol% cholesterol the lipids were
miscible and all in the same phase, which resulted in more buckle formation, lower
shell elasticity and higher shell viscosity. Indirect DSPC microbubbles had a more
uniform response to ultrasound than direct DSPC and indirect DSPC-cholesterol
microbubbles. The difference in lipid handling between direct and indirect
DSPC microbubbles significantly affected the acoustic behavior. Indirect DSPC
microbubbles are the most promising candidate for ultrasound molecular imaging
and drug delivery applications.

Keywords—Ultrasound contrast agents; Phospholipid coating; Ligand distribution;
Cholesterol; Acoustic response; Microbubble; Lipid phase

6.1 INTRODUCTION

Microbubbles are small gas bubbles (diameter 1-10 um) that are clinically used as
ultrasound contrast agent for non-invasive diagnostic imaging of blood perfusion
[37]. Targeted microbubbles are employed for molecular imaging of inflammation,
tumors, and cardiovascular disease [50]. Other types of microbubbles are being
developed specifically for drug delivery [425]. All of these applications make use
of the compression and expansion of the microbubble gas core upon ultrasound
insonification. These microbubble vibrations produce a non-linear response,
including super- and subharmonic oscillations, which can be differentiated from
the surrounding tissue to form a contrast-enhanced image [37]. Additionally, this
acoustic response can induce bioeffects on nearby cells — resulting in enhanced
uptake or extravasation of drug molecules [66]. Successful translation to clinical use
of microbubbles for molecular imaging and enhanced drug delivery is currently
challenged, however, by the microbubbles’ unpredictable acoustic behavior.
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To stabilize the gas core, microbubbles are usually coated with a phospholipid
monolayer, proteins, or polymers. For a schematic representation the reader is
referred to recent reviews on microbubbles [100, 452]. The coating reduces surface
tension and gas diffusion [11]. If phospholipids or polymers are used as microbubble
coating, a ligand can be attached for molecular imaging [385] and they can be
loaded with a drug for localized delivery [425]. The physicochemical properties of
the microbubble coating, such as the shell elasticity and viscosity, are related to the
acoustical properties, such as the resonance frequency and the damping coefficient
[43, 428]. Therefore, the composition of the microbubble coating can affect the
acoustical properties. For instance, the use of a phospholipid molecule with a longer
acyl chain length, 1,2-distearoyl-sn-glycero-3-phosphocholine (DSPC; C18), resulted
in a higher shell elasticity and more acoustic stability than the use of a shorter acy!
chain length phospholipid, 1,2-dipalmitoyl-sn-glycero-3-phosphocholine (DPPC;
C16) [45]. Besides the shell elasticity, acyl chain length has also been shown to affect
the half-life of microbubbles, with longer acyl chain length resulting in a more stable
size distribution and ultrasound signal over time [453].

Since microbubbles are generally coated with a mixture of phospholipids and a
PEGylated emulsifier, the physicochemical properties are determined by the
miscibility and lipid phase behavior. Molecules in the microbubble coating can be
in the liquid expanded (LE) or liquid condensed (LC) phase, resulting in distinctive
microstructures. These microstructures can be altered by using different types of
phospholipids [30], changing the ratio between phospholipid and emulsifier, or
heating and cooling of the microbubble coating [389]. Microstructures formed by
lipid phase separation have been shown to affect the subharmonic response to
ultrasound [396]. The effect of lipid phase separation on the subharmonic response
to ultrasound has been characterized previously in three types of microbubbles with
different levels of lipid phase separation: 20%, 50% or 80% of the microbubbles had
LC phase domains. Each microbubble type had a peak subharmonic response at
a different microbubble size, suggesting that microstructures in the coating affect
the acoustical properties of a microbubble [396]. The microbubble coating can
also be altered by the distribution of the phospholipid and PEGylated-emulsifier
molecules over the microbubble coating, depending on the lipid handling prior to
microbubble production by probe sonication. The use of organic solvent resulted
in a more homogeneous ligand distribution than the use of aqueous solutions
only [427]. The effect of lipid handling on the acoustic response of microbubbles,
however, has not been investigated.

For both ultrasound molecular imaging and drug delivery it is important that all
microbubbles respond uniformly and predictably to ultrasound. Currently available
microbubbles respond to ultrasound in a heterogeneous way [45, 394], even when
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they are the same size [46]. While it is thought this variability in response could
be due to the microstructures in the microbubble coating, this is challenging to
confirm because it can only be investigated by looking at single microbubbles.
Different approaches have been used to record a single microbubble’s response to
ultrasound, including an ultra-high-speed camera to image the microbubble during
insonification [44], recording the acoustic response [396] or optical scattering [454],
and photo-acoustic techniques [455]. Until recently however, no techniques were
available to image both the lipid phase distribution in 3D and the acoustic response
of the same microbubble. In this regard, the challenge lies in the time scale (us) and
optical resolution (um) needed to record the lipid phase distribution and response
to ultrasound of a single microbubble.

The purpose of this study was to relate the effects of lipid handling and phase
distribution before microbubble production to the acoustic behavior of
phospholipid-coated microbubbles. Cholesterol can modify the lateral molecular
packing of phospholipids in a monolayer, resulting in a single liquid phase [456-458].
While microbubbles with cholesterol in their coating have been produced before
[459, 460], the effect of cholesterol on the lipid phase separation in microbubbles
has not been studied. To determine this effect in the microbubble coating, we
made microbubbles by probe sonication with DSPC as main lipid, and varying
concentrations of cholesterol. The lipid phase distribution and ligand distribution
in the microbubble coating were imaged using high-axial-resolution 4Pi confocal
microscopy. To assess the acoustic response and variability in the acoustic behavior,
we used a unique system combining a confocal microscope with the Brandaris 128
ultra-high-speed camera. With this system the lipid phase separation (in nanometer
resolution) and acoustic response to ultrasound (in nanosecond resolution) were
captured at single microbubble level.

6.2 MATERIALS AND METHODS

6.2.1 Materials

DSPC was provided by Lipoid GmbH (Ludwigshafen, Germany). PEG40-stearate
and cholesterol were purchased from Sigma-Aldrich (Zwijndrecht, the Netherlands),
1,2-distearoyl-sn-glycero-3-phosphoethanolamine-N-carboxy-(polyethylene glycol)
(DSPE-PEG2000) was purchased from Iris Biotech GmbH (Marktredwitz, Germany),
and 1,2-distearoyl-sn-glycero-3-phosphoethanolamine-N-biotinyl(polyethylene
glycol) (DSPE-PEG2000-biotin) was purchased from Avanti Polar Lipids (Alabaster,
Alabama, USA). Perfluorobutane (C,F,)) was purchased from F2 Chemicals (Preston,
UK) and argon gas was purchased from Linde Gas Benelux (Schiedam, the

Netherlands). Streptavidin Oregon Green 488 was purchased from BioSynthesis
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(Louisville, Texas, USA), and Lissamine rhodamine B 1,2-dihexadecanoyl-sn-glycero-
3-phosphoethanolamine, triethylammonium salt (rhodamine-DHPE) was purchased
from Thermo Fisher (Waltham, Massachusetts, USA).

6.2.2 Microbubble production

Biotinylated lipid-coated microbubbles with a C,F, gas core were made as described
previously [397], by probe sonication at 20 kHz with a Sonicator Ultrasonic Processor
XL2020 at power setting 10 (HeatSystems, Farmingdale, NY, USA) for 10 s. Three
types of microbubbles were made by altering the production method or adding
cholesterol to the microbubble coating. For microbubbles without cholesterol the
coating components (84.8 mol% DSPC; 8.2 mol% PEG40-stearate; 5.9 mol% DSPE-
PEG2000; 1.1 mol% DSPE-PEG2000-biotin) were prepared with either an indirect
or a direct method as described previously [427]. In short, for the indirect method
the components were dissolved in chloroform/methanol (9:1 vol/vol), the solvent
was evaporated using argon gas, and the obtained lipid film was dried overnight
under vacuum. The lipid film was then dispersed in saline solution (0.9% NaCl|,
saturated with C,F,) with a final concentration of 2.5 mg/mL DSPC, 0.625 mg/mL
PEG40-stearate, 0.625 mg/mL DSPE-PEG2000 and 0.125 mg/mL DSPE-PEG2000-
biotin. The fluorescent dye rhodamine-DHPE (0.01 mol%) was added to image the
lipid phase separation in the microbubble coating. The solution was placed in a
sonicator bath for 10 min, and the probe sonicator was used at power setting 3 for
5 min. For the direct method, the coating components (84.8 mol% DSPC; 8.2 mol%
PEG40-stearate; 5.9 mol% DSPE-PEG2000; 1.1 mol% DSPE-PEG2000-biotin) were
dispersed directly in C,F -saturated saline solution with a final concentration of
2.5 mg/mL DSPC, 0.625 mg/mL PEG40-stearate, 0.625 mg/mL DSPE-PEG2000 and
0.125 mg/mL DSPE-PEG2000-biotin. Fluorescent dye rhodamine-DHPE (0.01 mol%)
was added before sonication.

Microbubbles with cholesterol, referred to as DSPC-cholesterol microbubbles,
were produced with the indirect method only, since cholesterol is insoluble in
aqueous medium and organic solvent was required to mix all microbubble coating
components [461]. Cholesterol was added (7, 10, 12, 14, or 32 mol%) to the ternary
mixture of coating components: DSPC, PEG40-stearate, DSPE-PEG2000, and DSPE-
PEG2000-biotin (molar ratio 84.8/8.2/5.9/1.1) in chloroform/methanol (9:1 vol/vol).
The lipids were then dried to form a lipid film and dispersed in saline solution, as
described above, with 0.02 mol% rhodamine-DHPE added for fluorescent labeling
of the microbubbles. All types of microbubbles were produced by sonicating under
constant flow of CF, .
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6.2.3 Physicochemical characterization

To image the ligand distribution, fluorescent ligand streptavidin Oregon Green 488
was conjugated to the biotinylated microbubbles as described previously [392]. Briefly,
microbubbles were first washed by flotation: 0.9 mL microbubble suspension was
placed in a 3 mL syringe and topped with 2.1 mL saline solution saturated with C,F, .
After 45 min the subnatant was drained and the microbubbles were resuspended
in 0.3 mL saline solution saturated with C,F, . Then, 22.5 uL of streptavidin-Oregon
Green 488 (2 mg/mL) was allowed to incubate with 0.7-1.0 x 108 microbubbles for
30 min on ice. The excess of streptavidin was washed away by flotation as described

above, with resuspension of the microbubbles in 0.2 mL saline solution.

To measure the microbubble size distribution and concentration, a Coulter
Counter Multisizer 3 (Beckman Coulter, Mijdrecht, the Netherlands) was used.
To quantify particles between 1 and 30 ym, a 50 um aperture tube was used. To
evaluate the polydispersity of the samples, the span value was calculated, defined
as (d90-d10%)/d50%, where d90, d10 and d50% are the microbubble diameters
below which 90, 10 and 50% of the cumulative number of microbubbles was found.
Samples were measured after the first flotation wash and again after conjugation
with streptavidin Oregon Green 488.

The streptavidin-conjugated microbubbles were imaged by microscopy as described
by Langeveld et al. [427]. In short, the microbubbles were placed between quartz
glass in 87% glycerol (vol/vol in phosphate buffered saline) to reduce Brownian
motion, and imaged with a Leica TCS 4Pi confocal laser-scanning microscope
[406]. An axial resolution up to 90 nm was achieved with a matched pair of aligned
opposing 100x glycerol HCX PL APO obijective lenses (Numerical aperture 1.35).
For excitation of Oregon Green 488 a 488 nm laser was used and for excitation of
rhodamine-DHPE a 561 nm laser was used. Images were recorded in 3D as y-stacked
xz-scans in a green (500-550 nm) and red (580-640 nm) spectral channel. The
“voltex” function was used to volume-render the image stacks with AMIRA (Version
2020.2, FEI, Mérignac Cedex, France).

Quantitative analysis was performed on the 4Pi microscopy data using custom-
developed image analysis software in MATLAB (Mathworks, Natick, Massachusetts,
USA), based on the method described by Langeveld et al. [427]. The microbubble
coating was subdivided into 32 parts of which the mean fluorescence pixel intensity
(I, forthe greenchanneland/  , forthe red channel) was calculated. The median
intensity of all parts (/ forthe green channeland/ . forthered channel) was
calculated per microbubble. To evaluate the ligand distribution, parts were classified
as inhomogeneous when the absolute difference between Ipart and Imedian was
more than two-third times the value of / (Le, | | >2/3 x| ,and the

median

median

part - /median median)
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percentage of inhomogeneous parts was calculated per microbubble. To evaluate
the lipid phase distribution, parts were classified as LC phase when the value of
Ipart-rhod was less than one-third of /. (ie,/ <13 =1 .. ) ThelC
phase surface area was first calculated in um? and then as percentage of the total
analyzed surface area per microbubble. Before evaluating the ligand distribution
or the lipid phase distribution, an additional normalization step was included in
the image analysis. This step corrected for a difference in fluorescence intensity
between the center and the top or bottom of the microbubbles, likely caused by
attenuation of the laser light leading to a lower fluorescence signal at the center
of the sample. The normalization factor was calculated based on the median Ipart
(for the green channel) or the median /part-rhod (for the red channel) per angular
part from all microbubbles (Supplemental Figure 6.1). To determine the number
of microbubbles with buckles, the microbubble coating was manually scored for
fluorescent signal outside and attached to the microbubble coating, based on the
red channel (rhodamine-DHPE signal). Only bright spots with 1T um diameter or
larger were classified as a buckle.

part-rhod

6.2.4 Acoustical characterization

To study both the acoustical behavior and the lipid phase separation of single
microbubbles simultaneously, the combined confocal microscopy and Brandaris
128 ultra-high-speed camera system was used [431]. Microbubble spectroscopy
was employed to characterize the acoustic behavior of single microbubbles as
described previously [45, 462]. Microbubbles were washed by flotation once and
counted using the Coulter Counter Multisizer 3, as described above. An acoustically
compatible [462] CLINIcell (MABIO, Tourcoing, France) with 50 um membranes
(25 pum?) was first blocked with 12 mL of 2% (w/v) bovine serum albumin (BSA) in
phosphate buffered saline (PBS) for 1 h, to avoid unspecific microbubble binding to
the membranes. The CLINIcell was washed three times with PBS before inserting
12 mL of 10° microbubbles/mL in PBS. Next, the CLINIcell was placed under water
in the experimental set-up and kept at room temperature for up to 2 hours. To
study the lipid phase separation, the custom-built confocal microscope (Nikon
Instruments, Amsterdam, The Netherlands) was used with a 561 nm laser to
excite rhodamine-DHPE and emitted light was detected in a 595/50 nm channel.
Z-stacks with 0.4 pm steps were acquired with a CFl Plan 100x W objective of single
microbubbles directly before and after insonification. To perform microbubble
spectroscopy, each individual microbubble was insonified over a range of transmit
frequencies (f,) from 1to 4 MHz in steps of 200 kHz. The microbubbles were insonified
with 8-cycle Gaussian tapered sine wave bursts either at 50 kPa, or first at 20 kPa
and then at 150 kPa external peak negative pressure (PNP), generated by a Tabor
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8026 arbitrary waveform generator (AWG, Tabor Electronics, Tel Hanan, Israel). The
signal was first attenuated by a 20-dB attenuator (Mini-Circuits, Brooklyn, New York,
USA), then amplified by a broadband amplifier (ENI A-500, Electronics & Innovation,
Rochester, New York, USA), and finally transmitted to the microbubble sample at a
45° incidence angle with a single-element transducer (1-9 MHz bandwidth, 25 mm
focal distance, -6 dB beamwidth at 1 MHz of 1.3 mm, PA275, Precision Acoustics,
Dorchester, UK), which was calibrated using a 1-mm needle hydrophone (Precision
Acoustics, Dorchester, UK) in water. The Brandaris 128 ultra-high-speed camera [62],
coupled to the confocal microscope [431], was used to record the microbubble
oscillation behavior at approximately 17 million frames/s. First, a recording was made
without ultrasound to establish the initial microbubble size. Next, 16 recordings at
50 kPa PNP, or 16 recordings at 20 kPa PNP and then 16 recordings at 150 kPa PNP,
were made of a single microbubble upon ultrasound insonification at the different
transmit frequencies with 80 ms in between recordings. To avoid any effects from
nearby microbubbles on the oscillation behavior, only microbubbles which were at
least 0.7 mm from other microbubbles were investigated.

To quantify microbubble oscillation, custom-developed image analysis software in
MATLAB was used to determine the change in microbubble radius as a function of
time (R—t curve) [44]. As previously described, the resonance frequency and shell
parameters can be obtained from the spectroscopy dataset [44, 45]. Briefly, the
relative oscillation amplitude (x,) of each microbubble was defined as the maximum
of the filtered R—t curve (a third-order Butterworth bandpass filter centered at f, with
a 300-kHz bandwidth) and divided by the resting size of the microbubble (R, mean
size of the first five frames). Next, for each f,, the x, obtained at 50 kPa were fitted to
the harmonic oscillator model
|P|/ (47 pRy )
Xo = (eq. 6.1)

W =72) +@ sty

with P being the acoustic pressure and p = 10° kg/m? being the density of water. The
eigenfrequency (f,) of the microbubble is defined as

23y -1)o, 4
/ 1\/ 1 {3y%+w+_ﬁ (eq. 6.2)

" 27\ pR? R, R,

with y = 1.07 the ratio of specific heats for C,F, , P, = 10° Pa the ambient pressure,
g, = 0.072 N/m the surface tension in water, and x the microbubble shell elasticity.
The damping coefficient () is given by
5= o, R, 4r N 4icg
2 3
¢ Rypo, R, pa,

(eqg. 6.3)
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with w, = 27tf, ¢ = 1500 m/s the speed of sound in water, = 107 Pa-s the viscosity
of water, and , the microbubble shell viscosity. The resonance frequency is defined

by fo.=fN1-82/2.

The variability in acoustical response of each microbubble type was quantified by
determining the interquartile range (IQR) of the relative oscillation amplitude (x,)
at each f; and in diameter bins of 0.5 um (N > 3 per bin). Since the microbubbles
deflated after insonification, the acoustic stability was evaluated by quantifying the
relative diameter decrease upon insonification as (D,~D, )/D, with D, the mean
microbubble diameter of all 128 frames of the first recording without ultrasound and
Dend the mean microbubble diameter of the last ten frames of the last recording.

The non-linear behavior of microbubbles was assessed by calculating the Fast
Fourier Transforms (FFTs) of the R—t curves. The noise level of each microbubble
was determined by the FFT of the first recording before ultrasound. A microbubble
was categorized as exhibiting non-linear behavior when in at least two recordings
it showed a detectable peak in the FFT (using the islocalmax function in MATLAB)
around Y2-f, for the subharmonic or around 2+, for the second harmonic and the
peak’'s amplitude was at least 6 dB above the noise level. If so, then the amplitude of
the non-linear component was defined as the maximum FFT amplitude in a 300-kHz
bandwidth around Yz, for the subharmonic component and around 2-f, for the
second harmonic component and normalized to the fundamental at f,.

Finally, the confocal microscopy recordings were scored manually for the presence
of buckles (none, single, multiple, or extensive) before and after ultrasound and for
change in the microbubble coating before and after ultrasound (unchanged, buckles
formed, coating material shed). Only bright spots with 1 um diameter or larger were
classified as buckle (Supplemental Figure 6.2). Microbubbles between 4.5 and 6.0 pm
in diameter were manually scored for the LC domain size as well (mostly large,
large and small, undefined). The relationship between these classifications and the
acoustical data was evaluated to determine the effect of the lipid phase distribution
and buckling in the microbubble coating on the resulting acoustic response. To rule
out size dependent differences in oscillation amplitude, only microbubbles with an
initial diameter in the range of 4.5-6.0 ym were included in this analysis.

6.2.5 Statistics

Statistical analysis was performed using IBM SPSS Statistics 25 for all 4Pi microscopy
image analysis. Statistical analysis for the acoustical characterization was performed
using MATLAB. A Shapiro-Wilk test was used to assess the distribution of the data.
For data that was normally distributed a regular t-test was used to analyze the
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differences between groups. For all other data the Mann—-Whitney U test was used
to test the difference between groups. Differences between groups were only tested
for N > 2. Pearson correlation tests were performed to assess correlation between
parameters.

6.3 RESULTS

6.3.1 Physicochemical characterization

Figure 6.1A presents the number weighted size distributions of indirect DSPC-
based microbubbles with and without cholesterol. For microbubbles without
cholesterol (0 mol%; N = 5) and microbubbles with 12 mol% cholesterol (N = 6) the
size distributions of batches for 4Pi microscopy and for acoustic experiments are
both included, and the mean number (%) per diameter is shown with the standard
error of the mean (SEM). For microbubbles with 7, 10, and 14 mol% cholesterol a
representative curve is shown from 2 batches, as these types of microbubbles were
produced for 4Pi microscopy only. The concentration of microbubbles ranged from

A 2.0 -‘E
15 l S
. — + 0 mol% cholesterol (N =5)
® — + 7 mol% cholesterol
E 1.0 + 10 mol% cholesterol
= ‘ — + 12 mol% cholesterol (N = 6)
E 05 " — + 14 mol% cholesterol
M
0.0
0 5 10 15 20
Diameter (pum)
B 6 I * C 4
25 : |4
:/ 4 g 3 l v L 4
[ = vi—
g n 1 ® S " Y e
g 3 A % 2 _351? L
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b
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0 7 10 12 14 0 7 10 12 14
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Figure 6.1 A) Number weighted size distribution; B) Number weighted mean diameter (um); and (C)
span value of indirect DSPC-based microbubbles with cholesterol in a range from 0 to 14 mol%. In (B)
and (C) each symbol represents one batch of microbubbles; jittering was applied to avoid overlapping.
The overlaid black lines represent the median and interquartile range. Statistical significance is
indicated with *p<0.05.
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2.78x108 to 1.17x10° microbubbles per mL (Supplemental Table 6.1). The indirect
DSPC-based microbubbles without cholesterol had more particles with diameter
>3 um than all types of microbubbles with cholesterol in the coating. Indirect DSPC-
based microbubbles with 32 mol% cholesterol in the coating were highly unstable,
with a concentration too low for measurement of the size distribution. Therefore,
indirect DSPC-based microbubbles with 32 mol% cholesterol were not investigated
further.

Figure 6.1B shows the mean diameter (um) of indirect DSPC-based microbubbles
without cholesterol and with 7, 10, 12, or 14 mol% cholesterol. Microbubbles with
12 mol% cholesterol had a smaller mean diameter than those without cholesterol
(p = 0.045). Figure 6.1C shows the width of the size distributions represented as the
span value. The size distributions of microbubbles with 12 mol% cholesterol were
more polydisperse than those of microbubbles without cholesterol (p = 0.068).

The ligand and lipid phase distribution in the microbubble coating were imaged
in indirect DSPC-based microbubbles without cholesterol (N = 58), with 7 mol%
cholesterol (N = 34), with 10 mol% cholesterol (N = 40), with 12 mol% cholesterol
(N = 61), and with 14 mol% cholesterol (N = 45). Images were recorded of at least
two batches of microbubbles for all formulations, with microbubble diameters
ranging from 2.2 pm to 8.7 um. Typical examples of all formulations are presented
in Figure 6.2. The ligand distribution is shown in the top row, the LE phase in the
middle row, and a composite of both channels in the bottom row. Figure 6.3 shows
a quantitative analysis of the 4Pi confocal microscopy images, with the calculated
ligand distribution inhomogeneity in Figure 6.3A and the LC phase relative to
the total surface area analyzed per microbubble in Figure 6.3B. Indirect DSPC-
based microbubbles without cholesterol had a homogeneous ligand distribution
(Figure 6.2A, Figure 6.3A). The inhomogeneity of the ligand distribution can be
observed in Figure 6.2B, 6.2C, and 6.2E, where the ligand is enriched in some areas
of the microbubble surface. All indirect DSPC-cholesterol microbubbles had a
significantly more heterogeneous ligand distribution compared to those without
cholesterol (Figure 6.2B-E, Figure 6.3A). Microbubbles with 12 mol% cholesterol
had a more homogeneous ligand distribution than those with 7 mol% cholesterol
(p = 0.070), 10 mol% cholesterol (p = 0.040), and 14 mol% cholesterol (p < 0.001).

The lipids were phase-separated in indirect DSPC-based microbubbles without
cholesterol, as shown in Figure 6.2F and quantified in Figure 6.3B. The fluorescent
dye rhodamine-DHPE was enriched in bright interdomain regions (i.e., LE phase) and
absent in LC domains. In indirect DSPC-cholesterol microbubbles, the LC domains
were less pronounced compared to those without cholesterol (Figure 6.2G-J).
With increasing concentrations of cholesterol up to 12 mol%, the lipid phase
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LE phase Composite

Cholesterol in coating

m Ligand
Fluorescence intensity m LE phase

Figure 6.2 Selected views of 4Pi confocal microscopy y-stacks of indirect DSPC-based microbubbles
without cholesterol (A, F, K, diameter (d) = 6.4 um, LC phase area 35%), with 7 mol% cholesterol (B, G,
L, d = 5.6 pm, LC phase area 22%), with 10 mol% cholesterol (C, H, M, d = 6.1 um, LC phase area 22%),
with 12 mol% cholesterol (D, I, N, d = 3.6 ym, LC phase area 7%), and with 14 mol% cholesterol (E, J, O,
d = 5.8 uym, LC phase area 22%) in the phospholipid coating. Images show the ligand distribution (A-E;
Oregon Green 488), LE phase (F-J; rhodamine-DHPE), and composite view (K-O). Scale bars are 1 pym.
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Figure 6.3 A) Parts classified as inhomogeneity (%) in the ligand distribution, and (B) size of the LC
area (% of total surface area) of indirect DSPC microbubbles without cholesterol (N = 58), with 7
mol% (N = 34), 10 mol% (N = 40), 12 mol% (N = 61), and with 14 mol% (N = 45) cholesterol in the
coating. Boxplots show the median and interquartile range with whiskers from minimum to maximum.
Statistical significance is indicated with *p<0.05, **p<0.01, or ***p<0.001.

distribution was increasingly affected, as reflected by quantification of the LC phase
area (Figure 6.3B). Microbubbles without cholesterol had a significantly larger
surface area in LC phase than those with cholesterol in their coating. Microbubbles
with 7 mol% cholesterol displayed LE phase areas with enriched fluorescent dye
(Figure 6.2G) and had a significantly larger surface area in LC phase than those with
more cholesterol in their coating. Microbubbles with 10 mol% cholesterol displayed
LE phase areas as well (Figure 6.2H). Microbubbles with 12 mol% cholesterol had a
homogeneous distribution of the fluorescent dye Rhodamine-DHPE (Figure 6.21),
with the smallest LC phase area per microbubble of all formulations (Figure 6.3B). In
microbubbles with 14 mol% cholesterol, Rhodamine-DHPE was not only distributed
homogeneously in the coating, but also present in buckles on the outside of the
coating (Figure 6.2J). The LC phase area in microbubbles with 14 mol% cholesterol
was comparable to the LC phase area in microbubbles with 10 mol% cholesterol
(Figure 6.3B).

Figure 6.4 shows the percentage of indirect DSPC-based microbubbles
with buckles per batch. An example of a microbubble with buckles is shown in
Figure 6.2J, 6.20. Microbubbles without cholesterol in the coating had the lowest
incidence of buckles. Microbubbles with 12 mol% cholesterol in the coating had a
higher incidence of buckles (p = 0.050) than those without cholesterol. Furthermore,
the variability between batches increased with higher concentrations of cholesterol.
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6.3.2 Acoustical characterization

Based onthe physicochemical characterization described above, indirect DSPC-based
microbubbles with 12 mol% cholesterol were chosen for acoustical characterization
because they had the most homogeneous ligand and lipid phase distribution.
They were compared to the direct and indirect DSPC-based microbubbles without
cholesterol and for each type of microbubble data was acquired from at least two
separate batches. Figure 6.5 shows a typical example of a 3D confocal acquisition
before and after ultrasound with the corresponding Rt curve obtained from the
ultra-high-speed recording at 50 kPa PNP for a direct DSPC (top row), indirect DSPC
(middle row), and indirect DSPC-cholesterol (bottom row) microbubble. The coating
of direct and indirect DSPC microbubbles was phase separated into dark LC domains
with a bright interdomain region, while the coating of indirect DSPC-cholesterol
microbubbles was in one homogeneous lipid phase. This was in line with the results
obtained by 4Pi confocal microscopy. The direct DSPC microbubble shown in Figure
6.5 had one bright spot present in the coating before and after ultrasound, which
was classified as a buckle. The coating of the indirect DSPC microbubble in Figure
6.5 had one large and several smaller LC phase domains. For the indirect DSPC-
cholesterol microbubble in Figure 6.5, the maximum intensity projection of the
confocal z-stacks resulted in more brightness near the edge of the microbubble
than in the center. However, when looking at the separate z-slices the fluorescent
signal was homogeneous over the microbubble coating (Supplemental Figure 6.3).
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Figure 6.5 Maximum intensity projections of confocal z-stack from direct DSPC, indirect DSPC,
and indirect DSPC-cholesterol (12 mol%) microbubbles with the LE phase in red, before and after
ultrasound, with the microbubble radius as a function of time obtained from the Brandaris 128 ultra-
high-speed recordings during ultrasound (50 kPa PNP, 1.6 MHz). Scale bar is 1 ym and applies to all
images.

Oscillation amplitudes at frequencies between 1-4 MHz and acoustic pressure of
50 kPa were obtained per microbubble from the R—t curves and fitted to the harmonic
oscillator model at each f, (examples at 1.2, 1.6. and 2.0 MHz shown in Supplemental
Figure 6.4). Resonance frequencies resulting from the fit to the harmonic oscillator
model are presented in Figure 6.6, with the obtained shell elasticity and viscosity
parameters listed in Table 6.1. The shell elasticity of direct DSPC microbubbles was
the highest, while the shell elasticity of indirect DSPC-cholesterol microbubbles was
close to that of an uncoated microbubble. The shell viscosity parameter is related to
damping of the oscillation, and was lowest for the direct DSPC microbubbles, which
had the highest oscillation amplitudes.
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Table 6.1 Microbubble (MB) spectroscopy results at 50 kPa.

B Type y  Shellelastcty shellviscosity 80 SO E
(N/m) (x10* kg/s) amplitude (%) amplitude (%)
Direct DSPC 44 0.14 (0.12-0.15)  0.43 (0.38-0.67) 8.0 15
Indirect DSPC 49  0.03 (0.01-0.06)  0.99 (0.89-1.40) 4.5 0.6
DSPC-cholesterol> 50  0.01(0.01-0.02)  1.39 (0.97-1.55) 10.2 0.7

" presented as median (IQR); 2 indirect DSPC-cholesterol microbubbles with 12 mol% cholesterol.

Figure 6.7 illustrates the variability in acoustical response within the three types
of microbubbles. The variability was quantified as the interquartile range (IQR) of
the oscillation amplitude from different microbubbles of the same size at the same
transmit frequency (N > 3 per bin). The maximum and median IQR values for each
type of microbubble are listed in Table 6.1. Indirect DSPC-cholesterol microbubbles
had the highest maximum IQR, while direct DSPC microbubbles had the highest
median IQR. Overall, indirect DSPC microbubbles exhibited the lowest variability in
acoustical response.

Figure 6.8 shows the deflation of the microbubble, quantified as the diameter
decrease relative to the initial diameter, for direct DSPC, indirect DSPC, and indirect
DSPC-cholesterol microbubbles. At 50 kPa, direct DSPC microbubbles deflated
significantly more than the indirect DSPC and DSPC-cholesterol microbubbles,
while no statistically significant difference in deflation was found between the
indirect DSPC and DSPC-cholesterol microbubbles. However, at 50 kPa the direct
DSPC microbubbles had higher oscillation amplitudes than the other two groups.
When comparing the deflation of microbubbles with similar oscillation amplitudes,
marked as a grey area in Figure 6.8B, no statistically significant differences were
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Figure 6.7 Variability in acoustic response represented as the IQR of the oscillation amplitude at
50 kPa of direct DSPC, indirect DSPC, and indirect DSPC-cholesterol (12 mol%) microbubbles of
different sizes (3.5-6.5 um) at different transmit frequencies (1-4 MHz). All bins are based on N > 3,
bins with N < 3 are blank.

found. Therefore, the statistical differences found at 50 kPa can be explained by a
difference in oscillation amplitude, not acoustical stability. At 150 kPa, all types of
microbubbles deflated significantly more than at 50 kPa. Furthermore, the indirect
DSPC microbubbles deflated significantly less than both other groups, also when
comparing only microbubbles with similar oscillation amplitudes (Figure 6.8C). No
statistically significant difference in deflation was found between direct DSPC and
indirect DSPC-cholesterol microbubbles.

The non-linear behavior was studied by looking at the acoustic response at the
subharmonic and second harmonic frequencies at 50 and 150 kPa. At subharmonic
frequencies, all types of microbubbles had a low response rate and no statistical
differences were found between the groups (Supplemental Figure 6.5). The
percentages of microbubbles with a response at the second harmonic frequency
are presented in Figure 6.9A. At 50 kPa, the direct DSPC microbubbles exhibited
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Figure 6.8 A) Diameter decrease (%) for direct DSPC (green), indirect DSPC (blue), and indirect DSPC-
cholesterol (red, 12 mol% cholesterol) microbubbles at 50 kPa (left panel) and 150 kPa (right panel).
Boxplots represent the median and IQR. **p<0.01. ***p<0.001. B-C) Maximum oscillation (%) as a
function of diameter decrease (%) for direct DSPC (green), indirect DSPC (blue), and DSPC-cholesterol
(red, 12 mol% cholesterol) microbubbles at 50 kPa (B) and 150 kPa (C). Grey areas indicate the range
of maximum oscillation values reached by all three types of microbubbles.
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Figure 6.9 A) Percentage of direct DSPC (green), indirect DSPC (blue), and indirect DSPC-cholesterol
(red, 12 mol% cholesterol) microbubbles with second harmonic response at 50 kPa (left panel) and 150
kPa (right panel). B) Second harmonic amplitude normalized to the fundamental (dB) of direct DSPC
(green), indirect DSPC (blue), and indirect DSPC-cholesterol (red, 12 mol% cholesterol) microbubbles
at 50 kPa (left panel) and 150 kPa (right panel). Boxplots represent the median and IQR, with whiskers
ranging from maximum to minimum. **p<0.01. ***p<0.001.

the highest number of second harmonic responses (68%), while this number was
considerably lower for the indirect DSPC (26%) and the indirect DSPC-cholesterol
(38%) microbubbles. At 150 kPa, all three types had similar percentages of
microbubbles with a second harmonic response, and all occurrences were higher than
those at 50 kPa. The second harmonic amplitudes were similar for all microbubble
types at 50 kPa (Figure 6.9B). At 150 kPa, however, the direct DSPC microbubbles
had significantly higher second harmonic amplitudes than both other microbubble
types. Additionally, the indirect DSPC-cholesterol microbubbles had a significantly
higher second harmonic amplitude than the indirect DSPC microbubbles.

Confocal z-stacks of each microbubble were manually scored for the presence of
buckles (none, single, multiple, or extensive with examples provided in Supplemental
Figure 6.2), before and after ultrasound insonification (Figure 6.10). Indirect DSPC
microbubbles (N = 49 at 50 kPa; N = 39 at 150 kPa) had the lowest occurrence
of buckles both before and after ultrasound insonification, which was comparable
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Figure 6.10 Percentage of microbubbles with buckles (none, single, multiple, or extensive) before
and after insonification at 50 kPa (left panel) and 150 kPa (right panel). Indirect DSPC-cholesterol
microbubbles contained 12 mol% cholesterol.
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Figure 6.11 Maximum oscillation amplitude (%) of single direct DSPC (left, N = 85), indirect DSPC
(middle, N = 88), and indirect DSPC-cholesterol (right, 12 mol% cholesterol, N = 92) microbubbles
as a function of the initial microbubble diameter (um). Microbubbles imaged by confocal microscopy
directly before and after insonification (1-4 MHz, 50 or 150 kPa) were compared and scored as
unchanged (grey), formed a buckle (red) or shed lipid material (blue).
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to that of the direct DSPC microbubbles (N = 44 at 50 kPa; N = 41 at 150 kPa).
Indirect DSPC-cholesterol microbubbles (N = 50 at 50 kPa; N = 42 at 150 kPa) had
a notably higher occurrence of buckles than both other groups at both 50 and
150 kPa. Further analysis did not reveal a direct correlation between the oscillation
amplitude and the presence of buckles in the shell before ultrasound insonification
(Supplemental Figure 6.6). The maximum oscillation amplitude was compared
between microbubbles without buckles, with a single buckle, with multiple buckles,
or with extensive buckles in the coating before ultrasound insonification. For all
types of microbubbles, at 50 and 150 kPa, no statistically significant differences
in oscillation amplitude were found between the groups. Next, the correlation
between the change in microbubble coating upon ultrasound insonification and the
maximum oscillation amplitude was evaluated as shown in Figure 6.11. The median
excursion amplitude of microbubbles that experienced a change, either by forming
a buckle or by shedding lipids from the coating, was significantly larger (p < 0.001)
than the excursion amplitude of unchanged microbubbles for all microbubble types.
For direct DSPC microbubbles, the difference between changed and unchanged
coatings was the most explicit, with a threshold amplitude of approximately 20%
above which most microbubbles were changed after ultrasound insonification.
For indirect DSPC microbubbles the threshold amplitude was similar, albeit less
pronounced. The indirect DSPC-cholesterol microbubbles also exhibited formation
of buckles and shedding of lipid material in microbubbles oscillating with amplitudes
<20%.

Finally, the correlation between LC domain size and oscillation amplitude was
investigated for a limited size range of microbubbles, ruling out size dependent
differences in oscillation (Figure 6.12). Since the indirect DSPC-cholesterol
microbubbles were lacking LC domains they could not be scored for their LC domain
size. Unscored microbubbles are shown as black dots in Figure 6.12. For the direct
and indirect DSPC microbubbles of 4.5-6.0 um (initial diameter), the lipid phase
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Figure 6.12 Maximum oscillation amplitude (%) at 50 kPa (over 1-4 MHz) as a function of initial
diameter (um) (A-B) for single direct DSPC (left) and indirect DSPC (right) microbubbles of 4.5-6.0
pm in diameter with LC domain size score as undefined (grey), large and small (red) or only large LC
domains (blue), and as boxplot (C-D) representing the median and IQR with whiskers ranging from
maximum to minimum. In (A) and (B) the unscored microbubbles outside the 4.5-6.0 ym range are
shown as black dots. *p<0.05. **p<0.01.

distribution was scored as “only large LC domains”, “large and small LC domains”, or
“undefined” (Supplemental Figure 6.7). Both the direct (N = 11) and indirect (N = 14)
DSPC microbubbles with large and small LC domains had a significantly higher
oscillation amplitude than those with only large LC domains (direct: N = 4, indirect:
N =15).

6.4 DiscussioN

The results of this study showed that cholesterol significantly affected the ligand and
lipid phase distribution in DSPC-based phospholipid-coated microbubbles made by
the indirect method. The lipid handling prior to microbubble production also affected
the ligand distribution, as shown previously [427]. Both the addition of cholesterol
and the lipid handling prior to microbubble production were shown to influence
the acoustic behavior of the microbubbles, as reflected in the apparent elasticity
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and viscosity values and resonance frequencies. Finally, the variability in acoustic
response was enhanced for the microbubbles without lipid phase separation in the
coating, namely the indirect DSPC-based microbubbles with 12 mol% cholesterol.

6.4.1 Physiscochemical characterization

The first part of this study revolved around the production and physicochemical
characterization of DSPC-based microbubbles with cholesterol. Results indicated
that the mean size of the microbubbles decreased with increasing concentrations
of cholesterol. In contrast, Kaur et al. found that microbubbles with DSPC and
cholesterol (1:1 molar ratio) were not significantly different in size from microbubbles
with DSPC only [459]. However, those microbubbles were air-filled and did
not contain any emulsifier such as PEG40-stearate or DSPE-PEG2000 like the
microbubbles investigated in the present study. In our study, the span value increased
with increasing concentrations of cholesterol, indicating that microbubbles with
cholesterol were more polydisperse than those without cholesterol. Furthermore,
the variability in polydispersity was larger between batches of microbubbles with
cholesterol than those without cholesterol.

Addition of cholesterol to the indirect DSPC-based microbubble coating affected
both the ligand and the lipid phase distribution. Indirect DSPC microbubbles
without cholesterol had a mostly homogeneous ligand distribution as shown by
fluorescence microscopy imaging, which is in agreement with results from Langeveld
et al. [427]. However, all types of microbubbles with cholesterol had a significantly
more heterogeneous and variable ligand distribution than those without cholesterol.
While the ligand distribution of microbubbles with 12 mol% cholesterol was the
most homogeneous and comparable to that of the indirect DSPC microbubbles
without cholesterol, indirect DSPC microbubbles with 14 mol% cholesterol had a
more heterogeneous ligand distribution. The increased number of buckles in the
coating is likely the reason for this increase in heterogeneity.

The indirect DSPC microbubbles without cholesterol had a lipid phase distribution
similar to previous reports, with dark LC domains and a bright interdomain LE region
[389, 427]. All types of microbubbles with cholesterol had a significantly smaller LC
phase area than those without cholesterol, indicating that cholesterol molecules
modified the lateral molecular packing of the microbubble coating. The impact
of cholesterol on the lipid phase distribution was most evident in microbubbles
with 12 mol% cholesterol, where all components appeared to be miscible and in a
single homogeneous phase. With a higher concentration of cholesterol, specifically
14 mol%, the quantified LC phase area was larger than in microbubbles with
12 mol% cholesterol. A previously reported analysis of the lipid phase behavior in
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binary monolayers of DPPC or DSPC with cholesterol suggested a three-state phase
model [457], where cholesterol either reduced or increased the lateral molecular
packing. According to that study, the lateral molecular packing of a lipid monolayer
is expected to decrease with low concentrations of cholesterol and increase with
higher concentrations of cholesterol. This is in agreement with our results of the
lateral molecular packing, quantified here as LC phase area, decreasing up to 12 mol%
and then increasing at 14 mol% cholesterol. Other work focused on lipid phase
behavior in monolayers includes atomic force microscopy images of monolayers
with DPPC and 33 mol% cholesterol, showing a homogeneous phase distribution
[456]. While we found microbubbles with 33 mol% cholesterol to be highly unstable,
those with 12 mol% had a homogeneous phase distribution. This suggests that the
phase behavior of phospholipids in a monolayer cannot be directly translated to the
phase behavior of phospholipids in a microbubble coating, which is supported by a
direct comparison of lipid phase behavior in monolayers and microbubble coatings
with the same ternary mixture of DPPC or DSPC with DSPE-PEG2000 and PEG40-
stearate [427].

Interestingly, cholesterol (10-50 mol%) has been used for many years to stabilize
liposomes with DPPC or DSPC by increasing the lateral molecular packing [464],
emphasizing the difference in lamellar structures, ie. bilayers, of a liposome
compared to the phospholipid monolayer coating of a microbubble. DSPC forms
lamellar structures when suspended in water at room temperature [21], however,
during microbubble production by probe sonication the lamellar structures are
disrupted and the molecules self-assemble as a monolayer of phospholipids at
the gas-liquid interface [22]. In a model membrane system with monolayer-bilayer
junctions, cholesterol was shown to be involved in lipid-driven budding of the
membrane, with higher concentrations of cholesterol resulting in increased budding
[464]. These findings are in agreement with the increased budding and formation of
buckles we found in microbubbles with higher concentrations of cholesterol in the
coating. In this context budding refers to formation of lipid bilayer-coated vesicles,
while buckle formation refers to bilayers that are still attached to the lipid monolayer
coating of the microbubble.

The present study includes a normalization factor in the analysis of the 4Pi
microscopy data, to compensate for a difference in fluorescence intensity between
the middle and the top or bottom of the microbubbles. The normalization factor
did not affect the proper quantification of LC phase area in microbubbles without
cholesterol. Since the difference in fluorescence signal between LC and LE phase
in those microbubbles was much larger than the difference in signal between the
middle and top or bottom of the microbubble, the LC phase area could easily be
quantified in microbubbles with clear separation of the lipids into LC and LE phase.
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The imaging artefact only became evident during analysis of microbubbles with a
homogeneous lipid phase distribution, i.e. containing cholesterol. All experiments in
this study were performed at a room temperature of 19-21 °C. Since the 4Pi confocal
microscope operates at a limited range of temperature, this practice facilitated
comparison of the data obtained from the 4Pi confocal microscopy and the acoustic
characterization with the combined confocal and Brandaris 128 system, and was
in accordance with previous microscopy studies on lipid and ligand distribution
in microbubble coatings [389, 427]. Slight fluctuations in the temperature of the
sample due to for instance the light or ultrasound are not expected to affect the
lipid phase distribution, since the transition temperature for DSPC is 55 °C [465].
Furthermore, it was previously reported that in lipid bilayers of DPPC and cholesterol
(10 or 20 mol%) the lipid phase distribution was only affected by temperatures
above 40 °C [466]. Processing of lipid films in the sonicator bath and with the probe
sonicator at power 3 did not affect the temperature of the samples.

6.4.2 Acoustical characterization

Microbubble spectroscopy was performed on direct DSPC, indirect DSPC, and
indirect DSPC-cholesterol (12 mol%) microbubbles to characterize their acoustic
behavior. The shell parameters found here can be directly compared to a previous
study by van Rooij et al. [45], that used a similar method and included the same
direct DSPC microbubbles as the current study. The shell elasticity found in the
present study (0.14 (0.12-0.15) N/m) (median (IQR)) was slightly lower and the shell
viscosity (0.43 (0.38-0.61) %108 kg/s) slightly higher than previously published
(0.26 £ 0.13 N/m, mean + SD; 1.0 (0.7) x10°® kg/s, median (IQR)), however, still within
the error margins. The indirect DSPC microbubbles had a shell elasticity approaching
that of an uncoated microbubble, similar to the DPPC-based microbubbles studied
by van Rooij et al. [45]. As the shell elasticity was lower, the resonance frequency
was also lower (Eq. 6.2). Both the indirect DSPC and the indirect DSPC-cholesterol
microbubbles had a higher shell viscosity than the direct DSPC microbubbles. This
was reflected in the oscillation amplitudes at 50 kPa, which were higher for the
direct DSPC microbubbles than for the other groups, indicating lower damping and
therefore lower viscosity (Eq. 6.1).

The influence of lipid phase distribution and lipid handling on the variability
in acoustic response was assessed by comparing microbubbles with lipid phase
separation, Le. indirect DSPC, to those without lipid phase separation, ie. indirect
DSPC-cholesterol (12 mol%), and to those made with a different way of lipid handling
prior to microbubble production, ie. direct DSPC. While indirect DSPC-cholesterol
microbubbles had the highest maximum variability in response, the median variability
was highest for the direct DSPC microbubbles. These results suggest that lipid
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handling prior to microbubble production can reduce the variability in response and
that although the maximum variability was highest in the indirect DSPC-cholesterol
microbubbles, the difference in lipid phase separation did not affect the variability
in acoustic response overall. Due to their more uniform response, the indirect DSPC
microbubbles would be the most suitable candidate for drug delivery applications.
Two maxima can be observed in the variability in response of direct and indirect
DSPC microbubbles. While this might be explained as a size dependent effect,
it is not a distinct trend and perhaps more likely due to the limited sample size.
Apart from differences between the microbubble types, all microbubbles exhibited
the highest variability in response at the resonance frequency. Thus, to insonify
microbubbles at a frequency other than their resonance frequency could be a new
strategy to achieve a more uniform response to ultrasound, although monodisperse
microbubbles are needed for this strategy to yield a uniform and predictive response
of a bulk of microbubbles.

Acoustical stability was studied using the decrease in diameter after ultrasound,
ie. deflation. For this analysis, the mean microbubble diameter of 128 frames
without ultrasound was regarded as the initial diameter. Since the final diameter was
determined based on the last recording of each microbubble, ie. the recording of
ultrasound insonification at 4 MHz, only the last 10 frames were used to calculate the
mean microbubble diameter. The microbubble size in these last frames was stable
and the difference in sample size is therefore not expected to influence the results.
At 50 kPa, statistical differences in deflation could be explained by differences in
the oscillation amplitude. At 150 kPa, however, the indirect DSPC microbubbles
were significantly more stable than the direct DSPC and indirect DSPC-cholesterol
microbubbles. Since no statistical differences were found between the direct DSPC
and indirect DSPC-cholesterol microbubbles, the difference in acoustical stability
was not caused by a difference in coating microstructure, which is in accordance with
previous studies [467]. As the composition of direct and indirect DSPC microbubbles
was exactly the same, the difference in acoustical stability must have been caused
by the difference in lipid handling prior to microbubble production which is known
to alter the ligand distribution, synonymous to the distribution of DSPE-PEG2000
[427].

The non-linear behavior of microbubbles is imperative for successful contrast-
enhanced ultrasound imaging and ultrasound molecular imaging. At 50 kPa, the
direct DSPC microbubbles had a more frequent second harmonic response than the
other types of microbubbles. At 150 kPa, the majority of all types of microbubbles
had a second harmonic response. The differences in variability in the acoustic
response between the types of microbubbles, as presented in Figure 7, are also
reflected in the range of the second harmonic response at 150 kPa, presented in
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Figure 9B. Indirect DSPC microbubbles had the lowest variability in second harmonic
amplitude at 150 kPa, while the response at 50 kPa was comparable to the other
types. This could be due to the low amplitudes of the second harmonic response
at 50 kPa, which translates to a larger experimental error. The percentage of direct
DSPC microbubbles with a non-linear response, subharmonic or second harmonic,
at 50 kPa was lower than published before [45]. This may be explained by the
different pulse length (8 cycle instead of 10 cycle pulse), or the fact that as a lower
amount of light reaches the Brandaris 128 camera in the current imaging system,
the noise level is slightly higher. More experiments focused on non-linear behavior
are needed for a comprehensive assessment of indirect DSPC microbubbles for
ultrasound molecular imaging. However, this lies outside the scope of the present
study.

6.4.3 Lipid phase distribution and acoustical behavior

The homogeneous lipid phase distribution in indirect DSPC-cholesterol microbubbles
found by 4Pi confocal microscopy was confirmed with confocal microscopy of the
microbubbles also analyzed acoustically. Besides the homogeneous lipid phase
distribution, indirect DSPC-cholesterol microbubbles had buckles in their coating
before insonification more frequently and more extensively than microbubbles
without cholesterol, demonstrated by 4Pi confocal microscopy as well. The DSPC-
cholesterol microbubbles insonified at 150 kPa had more buckles than those
insonified at 50 kPa, underlining the heterogeneity between different indirect DSPC-
cholesterol microbubbles from the same batch. The variable buckle incidence may
be explained by the low stability of the DSPC-cholesterol coating. Due to the low
amount of LC phase area in their coating, indirect DSPC-cholesterol microbubbles
are expected to dissolve at a faster rate than those without cholesterol [468]. Different
collapse and shedding mechanisms, such as budding, folding, and buckling, have
been proposed to explain how the phospholipid monolayer around the gas core
responds to spontaneous dissolution of the microbubble [469].

Next, the correlation between maximum oscillation amplitude and change in the
microbubble coating was investigated. After combining the data from microbubbles
insonified at 50 and 150 kPa, the oscillation amplitude of microbubbles that
experienced change due to ultrasound insonification was found to be significantly
higher than that of unchanged microbubbles for all microbubble types, with
a threshold amplitude of approximately 20%. Other studies investigating the
lipid coating behavior in microbubbles during ultrasound insonification found
comparable results, namely a threshold oscillation amplitude of 30% [450, 451]. The
difference in threshold amplitude may be explained by the microbubble formulation
as microbubbles in other studies were coated with DPPC [450] or DSPC [451] and
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DSPE-PEG2000, without PEG40-stearate. Another explanation could be a difference
in the production method, as the microbubbles for the present study were all made
by probe sonication, in contrast to the vial shaker method used for previous studies.

This study is the first to record both the lipid phase distribution and acoustic
response in single microbubbles with the combined confocal microscope and
Brandaris 128 camera system. Whereas no correlation could be confirmed between
the oscillation amplitude and the amount of buckles present before insonification,
the LC domain size did correlate with the oscillation amplitude. Microbubbles with
small sized LC domains had higher oscillation amplitudes, which is in accordance
with previous reports on phospholipid-coated microbubbles with different sized
LC domains, where those with smaller LC domains had a lower resistance to
deformation [388]. By contrast, another study found no significant differences in
the behavior or stability of microbubbles during ultrasound insonification when
they related the lateral molecular packing to the acoustic behavior of microbubbles
in different formulations, even though the method of production did affect the
lipid packing significantly [470]. The reason for this could be the quantification
of the lateral molecular packing as this was done by calculating the generalized
polarization value for single microbubbles, which does not account for lipid phase
separation or microstructures in the coating. Before the DSPC-based microbubbles
with and without cholesterol studied here can be used for in vivo applications,
several differences between the in vitro setting and the in vivo situation need to be
considered. Besides the temperature, these differences also include the blood flow,
blood viscosity, and soft boundaries affecting the microbubbles’ acoustic behavior.
Furthermore, the targeting strategy has to be adapted to avoid an immune response
to streptavidin, a foreign protein [471].

6.4.4 Implications of the study

Addition of cholesterol to the indirect DSPC-based microbubble coating increased
the variability in ligand distribution, acoustic response, polydispersity, and buckle
formation. These effects can be explained by the altered lipid phase distribution as
described above, and imply that the indirect DSPC-cholesterol microbubbles are
less stable than those without cholesterol. Because the indirect DSPC-cholesterol
microbubbles had heterogeneities in the form of buckles, they could not be regarded
as microbubbles with a uniform lipid distribution when comparing their acoustic
behavior to that of the microbubbles with heterogeneous lipid phase distribution,
ie. the direct and indirect DSPC microbubbles. Thus, reduced stability of the
microbubble coating is expected when the components are all miscible and in the
same LE phase, which will increase the heterogeneity of the microbubble population
and thereby increase the variability of the acoustical response. Therefore, a different
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approach will be required to achieve a more uniform microbubble response to
ultrasound, possibly by tailoring the LC phase domains, as our results suggest that
differences in LC domain size can predict the relative oscillation amplitude.

6.5 CONCLUSIONS

We produced indirect DSPC-based microbubbles with 7, 10, 12, and 14 mol%
cholesterol in the coating. Cholesterol reduced lipid phase separation in the
microbubble coating, resulting in a single phase at 12 mol% where all components
were miscible. Buckle formation was increased with reduction of the LC phase area,
suggesting increased spontaneous dissolution of the microbubbles. As the acoustic
behavior of DSPC-based microbubbles made by the direct and indirect method was
compared to that of indirect DSPC-based microbubbles with 12 mol% cholesterol,
indirect DSPC microbubbles had the most uniform response to ultrasound and
were the most stable acoustically. They had a lower shell elasticity and higher shell
viscosity than the direct DSPC microbubbles. The modified lateral molecular packing
of indirect DSPC-cholesterol microbubbles resulted in the lowest shell elasticity
and highest shell viscosity of all microbubble types. Direct DSPC microbubbles
displayed more non-linear acoustic behavior than the indirect DSPC and indirect
DSPC-cholesterol microbubbles. Based on these results we can conclude that the
both the lipid phase separation and lipid handling prior to microbubble production
significantly affected the acoustic behavior of microbubbles. The indirect DSPC
microbubbles had the most promising results with regard to stability and uniform
ultrasound response. These are important traits for an ultrasound molecular
imaging agent and for drug delivery applications, as the acoustic behavior of the
microbubble must be predictable and controllable.
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Supplemental Table 6.1 Concentration of indirect DSPC microbubbles (MBs)

Mean concentration SD (x108) or Range

Cholesterol (mol%) N )
(%108 MBs/mL) (min — max x10%)

0 5 4.71 2.14
7 2 5.28 5.01-5.55
10 2 9.85 8.04-11.7
12 6 5.96 2.60
14 2 7.21 6.01-8.40
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Supplemental Figure 6.1 Normalization factors for quantitative analysis of 4Pi confocal microscopy
data. A) Normalization factor for Oregon Green (green channel) per angular part. B) Normalization
factor for Rhodamine (red channel) per angular part. The normalization factor is based on the
difference in fluorescence intensity between angular parts in the center (part 5-10 and part 23-28)
and the angular parts at the top and bottom of the microbubble (part 15-20, part 1-3, part 30-32).
The fluorescence signal from the center of the microbubble is captured by both objectives, while
the fluorescence signal from the top and bottom of the microbubble is captured by only one of the
objectives. This is caused by attenuation of the signal and because the gas core of the microbubble
has a different refraction index than the rest of the sample.
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None Single Multiple Extensive

Supplemental Figure 6.2 Confocal maximum intensity projections of z-stack from indirect DSPC-
cholesterol (12 mol%) microbubbles with LE phase in red. Examples of buckle score: none, single, multiple,
extensive. Bright spots with 1 um diameter or larger were classified as a buckle. Scale bar represents 1 um
and applies to all images. In the single buckle example, the bright spot classified as buckle is indicated
with a white arrow.

Supplemental Figure 6.3 Confocal slices from z-stack acquisition of indirect DSPC-cholesterol (12 mol%)
microbubble, presented as maximum intensity projection in Figure 6.5. Scale bar represents 1 um and
applies to all images. Positions of the slices (z-axis) are 0, 1.6 um, 3.6 ym.
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Supplemental Figure 6.5 A) Percentage of direct DSPC (green), indirect DSPC (blue), and indirect
DSPC-cholesterol (red, 12 mol%) microbubbles with subharmonic response at 50 kPa (left panel) and
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(green), indirect DSPC (blue), and DSPC-cholesterol (green) microbubbles at 50 kPa (left panel) and
150 kPa (right panel). Boxplots represent the median and IQR.
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Supplemental Figure 6.6 Shell buckles versus oscillation amplitude. Maximum oscillation amplitude (%)
of single direct DSPC (left, N = 85), indirect DSPC (middle, N = 88), and indirect DSPC-cholesterol (right,
N = 92, 12 mol%) microbubbles as a function of the initial diameter (um). Microbubbles were scored for
buckles present before insonification (1-4 MHz, 50 or 150 kPa) based on confocal z-stacks as none (grey),
single (orange), multiple (bright red) or extensive (dark red).
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Mostly large Large + small Undefined

Supplemental Figure 6.7 Confocal maximum intensity projections of z-stacks from indirect DSPC
microbubbles with LE phase in red. Examples of lipid phase distribution scores: “only large LC domains”,
“large and small LC domains”, or “undefined”. Scale bar represents 1 pm and applies to all images.
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Chapter 7

ABSTRACT

Ultrasound insonification of microbubbles can locally enhance vascular drug
delivery by increasing the cell membrane permeability. To aid development of a
safe and effective therapeutic microbubble, more insight into the microbubble-
cell interaction is needed. In this in vitro study we aimed to unravel the initial 3D
morphology of a microbubble (N = 301) bound to an endothelial cell, determine
whether this morphology was affected by the type of ligand on the microbubble, and
investigate its influence on microbubble oscillation and the drug delivery outcome.
High-resolution 3D confocal microscopy revealed that targeted microbubbles were
internalized by endothelial cells, while this was not the case for non-targeted or
lgG1-k control microbubbles. The extent of internalization was ligand-dependent,
since o B,-targeted microbubbles were significantly more internalized than CD31-
targeted microbubbles. Ultra-high-speed imaging (~17 Mfps) in combination
with high-resolution confocal microscopy (N = 246) showed that microbubble
internalization resulted in a damped microbubble oscillation upon ultrasound
insonification (2 MHz, 200 kPa, 10 cycles). Nevertheless, the cell's susceptibility to
sonoporation (i.e. Pl uptake) was increased for internalized microbubbles. Monitoring
cell membrane integrity (N = 230) upon sonoporation showed the formation of
either a pore, for intracellular delivery, or a tunnel (ie. transcellular perforation),
for transcellular delivery. Internalized microbubbles caused fewer transcellular
perforations and lead to smaller pore areas. In conclusion, studying microbubble-
mediated drug delivery using a state-of-the-art imaging system provided novel
insights and revealed receptor-mediated microbubble internalization and its effect
on microbubble oscillation and resulting membrane perforation.

Keywords—Microbubbles; Ultrasound; Drug delivery; Sonoporation; Transcellular
perforation; Contrast agents

71 INTRODUCTION

Endothelial cells lining the vessel walls form an excellent barrier against drugs, while
they are rarely the intended target as drugs often need to extravasate to reach the
underlying diseased tissue. Thus, if extravasation can be locally enhanced, lower
dosages of drugs can be administered systemically and therefore lower toxicity
will be achieved. Phospholipid-coated microbubbles (110 um in diameter) can
do just that: upon ultrasound insonification, microbubbles with a gas core start to
oscillate resulting in various mechanical and cellular effects [425]. Microbubbles
were developed as ultrasound contrast agents and are widely used in the clinic
for diagnostic ultrasound imaging [37]. Drug delivery is enhanced by oscillating
microbubbles through different pathways: by perforation of the cell membrane,
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referred to as sonoporation, by opening intercellular junctions or cell-cell contacts,
and by stimulating endocytosis [53, 66, 153]. While the exact mechanisms are not
fully understood [53, 66, 154, 425], it is clear that there exists a delicate balance
between stable microbubble oscillation leading to enhanced drug delivery and more
violent microbubble oscillation or inertial cavitation causing irreversible damage [3,
66, 472]. More insight in the interaction between microbubbles and endothelial cells
is needed to facilitate translation to safe and effective clinical use of phospholipid-
coated microbubbles for locally enhanced drug delivery.

Previous work on endothelial cells has mostly focused on establishing the
relationship between the microbubbles’ acoustic behavior and subsequent cellular
effects such as intracellular drug uptake [473], opening of cell-cell contacts [58], and
intracellular calcium fluctuations [59]. However, the therapeutic outcome in terms
of drug delivery enhancement is expected to also depend on the microbubble-cell
morphology prior to ultrasound insonification. This morphology may be affected by
phagocytosis or internalization of microbubbles, as has been observed since the first
generation of ultrasound contrast agents. Contrast enhanced ultrasound imaging
has shown hepatosplenic uptake of microbubbles stabilized by either a polymer
shell in Sonovist [474, 475], a surfactant in Levovist [476-478], or a phospholipid
shell in BR14 [479] and Sonazoid [478, 480]. A spleen-specific uptake has been
shown for SonoVue [482]. The uptake of microbubbles gives a late phase contrast
enhancement that is sustained after the typical blood pool phase. The hepatosplenic
uptake has been attributed to the phagocytosis by Kupffer cells in particular [478].
Phagocytic ratios differ for various contrast agents, influenced by for instance the
charge of the microbubble or the shell composition [33, 478, 482].

Although macrophages and neutrophils are the classic examples of phagocytic
cells, endothelial cells can also internalize particles through phagocytosis. Human
umbilical vein endothelial cells (HUVECs) have been shown to phagocytose lipid
droplets [483], bacteria [484], and micron-sized magnetic beads conjugated to a
VEGFR2 antibody [485]. However, up to now the microbubble-cell interaction has
been investigated mostly in 2D with a focus on what happens after microbubble
oscillation. To incorporate possible phagocytosis into the understanding of
sonoporation mechanisms, the microbubble-cell morphology prior to oscillation
must be studied in 3D. Furthermore, Helfield et al. [473] have shown how
sonoporation of endothelial cells can be transmembrane in nature, indicating that
3D images are also essential for a holistic view of sonoporation after ultrasound.

A recent literature overview on targeted microbubbles for therapeutic applications
revealed that all studies reported a better therapeutic outcome with targeted
microbubbles than with non-targeted microbubbles [486]. This inspired the idea that
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there must be a receptor- or ligand-dependent component influencing the efficacy
of enhanced drug delivery by ultrasound-activated microbubbles. A comprehensive
study focusing on the microbubble-cell configuration, or morphology of targeting,
both prior to and after ultrasound activation, will give valuable insights for future
development of targeted microbubbles for therapeutic applications.

The aim of this study was to investigate the 3D morphology of microbubbles on
the endothelial cell membrane and the resulting drug delivery response upon
ultrasound insonification. The phagocytosis, or internalization, of microbubbles by
endothelial cells was evaluated using 3D confocal microscopy for non-targeted,
o B,-targeted, CD31-targeted, and IgGl-k control microbubbles. Additionally,
the oscillatory response of the microbubbles was quantified by ultra-high-speed
Brandaris 128 imaging. The influence of microbubble-cell morphology on the drug
delivery potential was evaluated by studying propidium iodide (Pl) uptake and
membrane perforation upon microbubble oscillation for each microbubble type.

7.2 MATERIALS AND METHODS

7.2.1 Microbubble preparation and targeting

The four types phospholipid-coated biotinylated microbubbles (non-targeted,
a,B,- and CD31-targeted, and IgGl-k control) were produced in-house with a
C,F,, gas core according to the indirect method as described previously [397, 427].
The coating composition included 1,2-distearoyl-sn-glycero-3-phosphocholine
(DSPC; 84.8 mol%; Lipoid GmbH, Ludwigshafen, Germany), polyoxyethylene-40-
stearate (PEG-40 stearate; 8.2 mol%,; Sigma-Aldrich, Zwijndrecht, the Netherlands),
1,2-distearoyl-sn-glycero-3-phosphoethanolamine-N-[carboxy(polyethylene
glycol)-2000] (DSPE-PEG(2000); 5.9 mol%; Iris Biotech GmbH, Marktredwitz, Germany),
and  1,2-distearoyl-sn-glycero-3-phosphoethanolamine-N-[biotinyl(polyethylene
glycol)-2000] (DSPE-PEG(2000)-biotin; 1.1 mol%; Avanti Polar Lipids, Alabaster,
Alabama, USA). In short, all components were dissolved in chloroform:methanol
(9:1 vol/vol), which was evaporated with argon gas (Linde Gas Benelux, Schiedam,
the Netherlands). The lipid film was first freeze-dried (Alpha 1-2 LD plus; Mertin
Christ GmbH, Osterode am Harz, Germany), then dispersed in PBS with lipid dye
DiD (1,1'-dioctadecyl-3,3,3',3'-tetramethylindodicarbocyanine perchlorate; Thermo
Fisher Scientific, Waltham, MA, USA) to fluorescently label the microbubble coating.
The solution was next placed in a sonicator bath for 10 min and then the mixture was
further dispersed using low power probe sonication (Sonicator ultrasonic processor
XL2020, HeatSystems, Farmingdale, NY, USA) for 5 min. Finally, microbubbles were
produced by high power probe sonication for 1 min.
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Microbubbles were functionalized to target o 8, or CD31 using biotin-streptavidin
bridging as described previously [47, 58]. Before targeting, microbubbles were first
washed three times by centrifugation at 400g for 1 min, then counted with the
Coulter Counter Multisizer 3 (50 um aperture tube, Backman Coulter, Mijdrecht,
the Netherlands). Next, 6x10® microbubbles were incubated with 60 pg streptavidin
(Sigma-Aldrich) for 30 min on ice, washed once, then incubated for 30 min on ice
with 6 ug of either biotinylated anti-human CD51/61 antibody (ie. o 8,; BioLegend,
San Diego, CA, USA) or biotinylated anti-human CD31 antibody (R&D Systems,
Minneapolis, MN, USA). After incubation one final washing step was performed
and the targeted microbubbles were counted to determine the final concentration
and size distribution. Control microbubbles were functionalized with 1gG1-k, a
biotinylated isotype control antibody for both the CD31 and o 8, antibody (Sony
Biotechnology, San Jose, CA, USA). When using non-targeted microbubbles, these
were taken from the counted stock after the first three wash steps.

7.2.2 Endothelial cell culture

All experiments were performed with primary human umbilical vein endothelial cells
(HUVECs) from pooled donors (C2519A, LOT 437550, Lonza, Verviers, Belgium) with
passage number 4 to 8. The HUVECs were cultured with Endothelial Cell Growth
Medium (EGM)-2 (Lonza) in T75 flasks and grown at 37 °C and 5% CO, in a humidified
incubator to full confluency before replating. Before each experiment, the HUVECs
were detached with Accutase solution (Sigma-Aldrich) and replated on the bottom
membrane of an acoustically compatible CLINIcell [463] (Mabio, Tourcoing, France)
with 50 um membranes (25 um?) in 12 mL EGM-2. CLINIcells were incubated for two
days at 37 °C and 5% CO, to achieve a confluent monolayer [58, 59]. In total, 23
cultured CLINIcells were used for experiments.

7.2.3 Experimental set-up

To investigate the microbubble-cell interaction in 3D, the combined confocal
microscopy and Brandaris 128 ultra-high-speed camera system was used as
described previously [58, 59, 431]. In short, a CLINIcell was placed into a water tank
at 37 °C for simultaneous imaging and ultrasound insonification (Figure 7.1A). At 45°
incidence angle, a single element focused transducer (2.25 MHz center frequency;
76.2 mm focal length; -6 dB beam width at 2 MHz of 3 mm; V305, Panametrics-
NDT, Olympus, Waltham, MA, USA) was mounted in the water tank after calibration
with a needle hydrophone (1-mm diameter, PA2293, Precision Acoustics, Dorchester,
UK). After alignment of the ultrasound and optical foci, the cells were insonified with
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Figure 7.1 Schematic representation of the experimental set-up and sample orientations to study
microbubble-cell morphology and drug delivery outcome. A) System for simultaneous high-resolution
imaging and ultrasound insonification of the CLINIcell with Human Umbilical Vein Endothelial Cells
(HUVEC). B) Orientation with microbubbles under the cells. C) Orientation with microbubbles above
the cells.

non-targeted

under

CLINIcell

above

with HUVEC

a single 2 MHz and 10-cycle burst by an arbitrary waveform generator (33220A,
Agilent, Palo Alto, CA, USA). A peak negative pressure (PNP) of 200 kPa at the focus
was generated with a broadband amplifier (ENI A-500, Electornics & Innovation,
Rochester, NY, USA).

7.2.4 Live cell experimental protocol

The cell membranes were stained with CellMask Green Plasma Membrane Stain
(Thermo Fisher Scientific) by incubating with 4 pug/ml final concentration for 10 min
inside the cell incubator. Next, Hoechst 33342 (5 pg/ml final concentration; Thermo
Fisher Scientific) was added to stain the cell nuclei, propidium iodide (PI; 25 pg/ml
final concentration; Sigma-Aldrich) was added as a marker for sonoporation, and
a final concentration of 1x10° microbubbles/ml was added. The CLINIcell was
incubated during 5 min in the cell incubator while turned upside down (i.e., with the
cells on top). This allowed microbubbles to float towards the cells and, in the case of
targeted microbubbles, allow them to bind to the cells. This was done for all types
of microbubbles to ensure a proper control experiment in the case of non-targeted
and IgG1-k control microbubbles.

Figure 7.1 shows a schematic of the different CLINIcell configurations used for
imaging, with either the microbubbles positioned under the cells (Figure 7.1B) or
the microbubbles positioned above the cells (Figure 6.1C). For non-targeted and
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lgG1-k microbubbles the configuration with microbubbles above the cells is not
experimentally feasible, since the microbubble would float up and away from the
cell. From now on we will refer to targeted microbubbles as o 8, ... and CD31
when positioned under the cells, while o, . - and CD31 will indicate they are
positioned above the cells. To image the CLINIcell as depicted in Figure 7.1C, the
CLINIcell was turned upright after the last incubation step and the top membrane
without cells was cut out from the CLINIcell to enable imaging with an objective
with a working distance smaller than the 5 mm spacing between the CLINIcell
membranes. A 100x water dipping objective (CFI Plan 100XC W, 2.5 mm working
distance, Nikon Instruments, Amsterdam, the Netherlands) was used with four laser
channels to image the microbubble-cell interaction: (1) Hoechst excited at 405 nm,
detected at 450/50 nm (center wavelength/bandwidth), (2) CellMask Green excited
at 488 nm, detected at 525/50 nm, (3) Pl excited at 561 nm, detected at 595/50 nm,
and (4) DiD excited at 640 nm, detected at 700/75 nm. Channel 1 and 4 were excited
and detected simultaneously because there is no spectral overlap between Hoechst
and DiD.

above

To image the microbubble-cell morphology in 3D prior to microbubble oscillation,
first a z-stack was acquired with 0.33 pm steps and at 0.12 pm/pixel (FOV of
256 x 256 pixels). Next, the microbubble oscillation and cellular response upon
ultrasound insonification wereimagedin 2D at 0.25 um/pixel (FOV of 256 x 256 pixels),
similarly to as described previously [58, 59]. In short, a time-lapse of 3 min was
acquired with 2.6 frames per second (fps). After about 30 s, the light path was
automatically switched from the confocal to the Brandaris 128 ultra-high-speed
camera to record the microbubble oscillation during ultrasound insonification at
~17 Mfps. Start of ultrasound insonification was defined as t = 0 s. Once completed,
the light path was automatically switched back to the confocal to monitor the cellular
response for at least 2.5 min. After time-lapse imaging was completed, another
z-stack was acquired to observe the cellular effect of microbubble oscillation in 3D.

To obtain a control measurement of the cell thickness without a microbubble,
z-stacks were also taken of FOVs without a microbubble on the cell. To mimic both
set-up orientations images were taken of cells when under the CLINIcell membrane
(configuration Figure 7.1B, ‘under’) and when above the CLINIcell membrane
(configuration Figure 7.1C, ‘above’).

7.2.5 Chromatic aberration

The 100x water dipping objective used in this study was not corrected for axial
chromatic aberration. Therefore, during confocal microscopy different excitation
wavelengths were focused onto different planes and lead to a slight displacement

141



Chapter 7

of the four imaging wavelengths along the focal axis. In this study, we are especially
interested in the axial colocalization of the green 488 nm channel (ie. the cell
membrane) and the far-red 640 nm channel (i.e. the microbubble shell). Therefore,
the axial offset between these two channels was quantified by acquiring a confocal
microscopy z-stack (21 slices with 0.2 pm step size) of the reflection from a glass
coverslip [487]. The focal plane for each channel was obtained by fitting a Gaussian
to the intensity profile along the z-axis, similar to the internalized depth image
analysis, as explained below. The focal plane of the far-red channel (640 nm) was
found to appear 0.32 um closer to the objective than the green (488 nm) channel.
During the quantification of the axial location of the microbubble, we compensated
for this axial offset of 0.32 um.

7.2.6 Microbubble internalization image analysis

Microbubble internalization by the endothelial cell was quantified using the Cell Mask
green and DiD channels of the z-stacks before ultrasound by using a custom semi-
automated procedure in MATLAB (The Mathworks Inc., Natick, MA, USA). A step-
by-step example of the internalized depth analysis is presented in Supplementary
Figure 7.1. First of all, to identify the orthogonal planes slicing through the center of
the microbubbile, in the xy-plane with maximum sum of DiD intensity the microbubble
was located (imfindcircles function). Next, the xz- and yz-planes intersecting at the
center of the microbubble were used to quantify the internalization depth (red
lines in Supplementary Figure 7.1A). In the DiD channel of the intersection planes
(Supplementary Figure 7.1B), the upper half of the microbubble (closest to the
objective) has the highest fluorescent intensity because only the upper half can
be imaged without artefacts due to the gas core. Therefore, a circular fit (circfit)
through the maximum of each z-intensity profile in both intersection planes was
used to identify the microbubble location (red circle in Supplementary Figure 7.1B).
Next, in the CellMask Green channel of the same intersection planes the apical and
basal cell membrane were identified. Since the microbubble’s gas core may alter
the cell membrane’s visualization, the membranes were tracked on the side of the
microbubble. For each z-intensity profile, two Gaussian non-linear least square fits
(gaussT) were used to identify the apical and the basal membrane (Supplementary
Figure 7.1D). This was repeated for all z-profiles within 4 um to the left and right of the
microbubble. A linear least-squares fit (poly2) through the maximum of the Gaussian
fit provided the apical and basal cell membranes at the microbubble (Supplementary
Figure 7.1C). Finally, the internalized depth was quantified as the difference between
the z-plane of the apical cell membrane at the microbubble’s center and the z-plane
of the microbubble closest to the basal membrane (top of microbubble when
under the cell and bottom of the microbubble when above the cell). Due to the
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limited axial resolution (600 nm with the current 100x objective) [488], the distorted
imaging through the gas core of a microbubble, and the common inhomogeneities
in the cell membrane staining, the determined z-plane of the microbubble did not
always intersect with the z-plane of the apical cell membrane or lie inside the cell,
resulting in a negative internalization depth. Similarly, the microbubble’s z-plane
was sometimes deeper than the z-plane of the basal cell membrane, resulting in a
relative internalization up 101%.

To quantify how deep a microbubble went into a cell, the cell thickness at the
microbubble location was also quantified for all field of views (FOVs) as the difference
between the apical and basal cell membranes at the microbubble’s center. Since
the endothelial cell thickness is known to vary depending on the location on the
cell, being thickest around the nucleus and thinning towards the edges, the effect
of microbubble location on internalization was also evaluated. The microbubble
location on the cell was quantified as the distance from the microbubble to the
closest cell edge in the first frame of confocal microscopy time-lapse imaging, as
previously described [58].

The occurrence of distinctive cell membrane morphological traits identified in the
CellMask Green channel was manually scored for all FOVs with microbubbles. We
evaluated for the presence of four different traits at the microbubble location:
1) a circular area of decreased intensity in the xy-plane, referred to as 'shadow’
(Supplementary Figure 7.2F); 2) a high intensity ring in the xy-plane, referred to as
‘green ring’ (Supplementary Figure 7.2C and D); 3) a protrusion of the cell membrane
in the xz- and yz-plane, referred to as ‘dome’ (Supplementary Figure 7.2D); and 4)
the presence of green signal around the microbubble shell outside the cell, referred
to as ‘dye-transfer’ (Supplementary Figure 7.2F).

7.2.7 Ultra-high-speed imaging analysis

The microbubble radius upon ultrasound insonification as a function of time was
quantified from the Brandaris 128 ultra-high-speed recordings using custom-
designed image analysis [44]. Microbubble excursion amplitude was defined as the
difference between the maximum radius (R __) and the initial radius (R, determined
from the first 10 frames without ultrasound). The oscillation amplitude thresholds
for sonoporation were determined by linear discriminant analysis, as previously
described [58, 164].

7.2.8 Drug delivery image analysis
The cellular response after ultrasound was evaluated for sonoporation, identified as
a local increase of Pl in the cell on which the microbubble was located. This cell was
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also delineated using custom-built image analysis software to quantify the amount
of Pl uptake over time, as previously described [58, 59]. To quantify membrane
perforation, a semi-automated custom-built image analysis script in MATLAB was
used to automatically track the perforated area in the CellMask Green channel
as a function of time after insonification. In the first confocal microscopy frame
after ultrasound an initial square region of interest (ROI) was drawn, approximately
6 x 6 um. Within this initial ROI, the script searched for a local decrease of CellMask
green intensity, defined as a connected region (bwconncomp) of more than 3 pixels
that have a fluorescent intensity lower than 2/3 of the mean intensity in the ROI
(after imfill of holes, at 4-pixel connectivity). For each time point, this analysis was
repeated in a ROI defined by the bounding box of the previously found perforated
area increased by 5 ym in width and height (or the initial square RO, as long as no
perforated area could be identified). Finally, a perforated area was classified as a
pore when there was still CellMask signal remaining or as a tunnel when there was
no apparent CellMask fluorescent intensity remaining in the perforated area, hence
comparable to the background noise level.

7.2.9 Statistical analysis

Statistical analysis was performed using MATLAB. Data was tested for normality
using the Shapiro-Wilk test. For data that was not normally distributed, the Kruskal-
Wallis test was performed to evaluate whether groups (N > 2) originated from the
same distribution. When the Kruskal-Wallis test was rejected at a significance level
of p < 0.05, follow-up multiple comparison Mann Whitney tests on pairs with a
Bonferroni correction were performed to determine which groups were statistically
significantly different. To determine the correlation between non-normally distributed
parameters, the Spearman’s rank-order correlation was evaluated. Categorical data
was tested for significant differences among groups using a Fisher's exact test,
accounting for possible zero occurrence.

To explore the influence and correlation of the many different parameters involved
in microbubble internalization and microbubble-mediated drug delivery, principal
component analysis (PCA) was applied. PCA was used since this method reduces
the dimensionality of a large dataset, thereby increasing its interpretability, by
computing the principal components (i.e. eigenvectors) along which the data has
the largest variance and quantifying how much variance there is in each direction
(Le. the corresponding eigenvalues). The principal components were calculated
for the microbubble excursion amplitude, internalized depth, distance from the
microbubble to the nearest cell edge, and cell thickness. This was employed to
explore the differences between the microbubble types and set-up orientations and
drug delivery outcomes.
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All graphical representations using boxplots display the median and interquartile
range (IQR), using the standard whiskers ranging from the first quartile minus 1.5
times the IQR up to the third quartile plus 1.5 times the IQR, and show outliers
outside this range with black dots.

7.3 REsuLTS

7.3.1 Microbubble internalization

The position and morphology of a microbubble with respect to a cell was evaluated
for 221 FOVs with a microbubble underneath a cell and for 80 FOVs with a
microbubble above a cell, with N > 39 for each microbubble type and orientation.
The detailed N numbers for each microbubble type can be found in Supplementary
Table 1.

In Figure 7.2, typical examples of the 3D microbubble-cell morphology are shown
for each microbubble type and set up orientation. Figure 7.2A shows a non-targeted
microbubble (diameter (@) = 3.5 ym) underneath the cell and without any apparent
alteration of the cell membrane (Supplementary Figure 7.2A). By quantifying the
distance between the microbubble and the apical membrane, the internalized depth
was foundtobe 0.2 um. Figure 7.2B shows an1gG1-k control microbubble (@ = 3.3 um)
underneath the cell, with an internalized depth of 0.5 pm, and without any apparent
alteration of the cell membrane (Supplementary Figure 7.2B). Figure 7.2C shows an
B, . Microbubble (@ = 5.0 um) that is localized between the two cell membranes,
with an internalized depth of 3.9 um, and with a distinguishable green ring in the
cell membrane around the microbubble (Supplementary Figure 7.2C). In Figure
7.2C(ii) and (iii) the apical cell membrane directly below the microbubble is poorly
distinguishable because imaging is hampered by the gas core of the microbubble.
Figure 7.2D shows an o 3, , _ microbubble (@ = 3.9 um) localized inside the cell,
with an internalized depth of 3.1 um, and with both a distinctive green ring and
a dome in the cell membrane (Supplementary Figure 7.2D). Figure 7.2E shows a
CD31, ., microbubble (@ = 3.1 um) underneath the cell, with an internalized depth of
0.8 um, and with no distinguishably alteration of the cell membrane (Supplementary
Figure 7.2E). Finally, Figure 7.2F shows a CD31,, _ _ microbubble (& = 3.3 ym) above
the cell, with an internalized depth of -0.1 um, and with a distinguishably shadow on
the cell membrane and CellMask Green dye-transfer around the microbubble shell
(Supplementary Figure 7.2F). In Figure 7.2F(ii) and (iii) the cell membrane is again
poorly distinguishable directly below the microbubble.

The o, microbubbles showed significantly (p < 0.001) more internalization than
any other type of microbubble, with a median (IQR between square brackets)
internalized depth of 4.0 um for o 8 and 3.0 um for o 8 (Figure 7.3A).

3-under 3-above
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A) Non-targeted

under above

E) CD31 F) CD31

[ cell membrane (CellMask Green) ] Microbubble (DiD)

Figure 7.2 Orthogonal views of typical examples of confocal microscopy z-stacks showing the 3D
morphology of microbubbles and cells: A) non-targeted microbubble underneath the cell, (B) IgG1-k
control microbubble underneath the cell, (C) a B, ... targeted microbubble underneath the cell, (D)
B, oo targeted microbubble above the cell, (E) CD31 . targeted microbubble underneath the cell,
and (F) CD31_,  microbubble above the cell. Side views have the objective imaging from (ii) above or
(i) the right. Orange markings indicate the cross-section of the orthogonal planes of the side views.
See Supplementary Figure 7.2 for only the CellMask Green channel of the same views.
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The CD31, . microbubbles, with an internalized depth of 0.9 pm, internalized
significantly (p < 0.001) more than the CD31, _ microbubbles (0.1 pym), non-
targeted microbubbles (0.1 um), and IgG1-k microbubbles (0.1 um). The orientation
of the microbubble with respect to the cell affected the internalized depth when
comparing the same microbubble type. When the o 3, or CD31 microbubble was
located underneath the cells the internalized depth was significantly larger (p < 0.001)
than when located above the cells.
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Figure 7.3 Internalized depth of microbubbles into endothelial cells for non-targeted microbubbles
(dark blue), IgG1-k control microbubbles (light blue), o B, .. targeted microbubbles (light green),
B, e targeted microbubbles (dark green), CD31 . targeted microbubbles (yellow), CD31
targeted microbubbles (orange). A) Internalized depth for the distinct microbubble types and
experimental set-up orientations; statistically significant differences indicated by horizontal lines (all
at p<0.001, ie. p<6.67e-05 after Bonferroni correction). B) Internalized depth as a function of cell
thickness. C) Internalized depth as a function of microbubble (MB) diameter. D) Internalized depth
as a function of the distance from the microbubble to the nearest cell edge. In all plots the arrows
indicate the data points corresponding to the typical examples of Figure 7.2.
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In Figure 7.3B the correlation between the internalized depth and cell thickness is
shown for each microbubble type and set-up orientation. The internalized depth of
o, B, microbubbles strongly correlated with the cell thickness [Figure 7.3B(iii)], both
for a B, . (Spearman’s correlation coefficient p = 0.89, p < 0.001) and o, ,
(o = 0.69, p < 0.001). This correlation appeared to weaken for microbubbles types
with decreasing internalized depths, showing a moderate correlation for CD31
microbubbles (o = 0.57, p < 0.001) [Figure 7.3B(iv)]. A weak correlation was found for
the categories that had a median internalized depth < 0.1 um, which was significant
for non-targeted microbubbles (o = 0.26, p < 0.05) and non-significant for CD31,
(0o =026, p =0.1) and IgG1-k (o = 0.11, p = 0.4) microbubbles. An overview of all
correlation coefficients between internalized depth and cell thickness is given in
Supplementary Table 7.2.

To further investigate internalization, we can compare the scatter plots of o,
microbubbles in Figure 7.3B(iii) and of CD31 microbubbles in Figure 7.3B(iv). It
becomes apparent that there are more CD31 microbubbles with an internalized
depth smaller than the cell thickness (on the right bottom half of the graph), than for
a,B, microbubbles. This indicates that there are more CD31 than o 8, microbubbles
that do not completely fill the cell. If we normalize the internalized depth to the cell
thickness, to quantify how much of the cell is filled with the microbubble, this is only
28% for CD31 microbubbles and indeed significantly (p < 0.001) lower than the 101%
for o 8, microbubbles.

The cell thickness (Supplementary Figure 7.3) was also evaluated for cells without a
microbubble in both set up orientations, i.e. with the cells under (N = 21) or above
(N =12) the CLINIcell membrane. The median cell thickness was 2.3 um and 2.2 um,
respectively. There was no significant difference in cell thickness between these two
orientations when there was no microbubble on the cell. The cell thickness found
for o B, microbubbles was significantly (p < 0.001) larger than that of any other type
of microbubble.

In Figure 7.3C the internalized depth is shown as a function of the microbubble
diameter. The internalized depth of o, microbubbles correlated with the
microbubble diameter, both for o 8, .. (Spearman’s correlation coefficient p = 0.50,
p < 0.007) and o B, ... (0 = 0.62, p < 0.001). Despite that this correlation was
not significant for CD31 microbubbles, Figure 7.3C(iv) does show that the CD31
microbubbles that are most internalized correspond to those with the largest
diameter. An overview of all correlation coefficients between the internalized depth
and microbubble diameter is given in Supplementary Table 7.2.

Finally, Figure 7.3D shows the relationship between internalized depth and the
microbubble location on the cell, quantified as the distance between the microbubble
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and the nearest cell edge. There was no correlation between internalization and
microbubble location for any of the microbubble types or set-up orientations, see
detailed correlation coefficients in Supplementary Table 7.2.

The overall occurrence of the distinctive cell membrane morphological traits
identified and described above (Figure 7.2 and Supplementary Figure 7.2), revealed
that a shadow was found significantly (p < 0.001) more often for microbubbles
above a cell (o B, . .and CD31__ )and for o8 than for the other microbubble
types (CD31, .., non-targeted, IgG1-«; Supplementary Figure 7.4A(i)). In 24% of
the CD31, ., microbubbles a shadow was identified, which corresponded to the
most internalized microbubbles: the internalized depth of CD31 . with a shadow
was significantly (p < 0.001) larger than those not exhibiting a shadow, as shown
in Supplementary Figure 7.4A(ii). Green rings were found significantly (p < 0.001)
more often for o B, and CD31 microbubbles than for IgG1-k or non-targeted
microbubbles (Supplementary Figure 7.4B). Domes were found for 33% of all
o, B, and CD31 microbubbles, but significantly (p < 0.001) more often for the o 8,
bove Microbubbles (79%) than for any other type or orientation (Supplementary
Figure 7.4C). Finally, dye transfer was found significantly (p < 0.001) more often
for CD31 . microbubbles than any other type and orientation (Supplementary
Figure 7.4D). When either a dome or dye-transfer was identified in the xz- or yz-
plane, most often also a green ring was identified in the xy-plane (striped areas in
Supplementary Figure 7.4C and D).

above: 3-under

7.3.2 Acoustic behavior

After 3D imaging of the initial microbubble-cell configuration, for 246 of these
FOVs the microbubble’s excursion upon ultrasound insonification was recorded
using the Brandaris 128 ultra-high-speed camera, with N > 32 per microbubble
type. The sample size per microbubble type and set-up orientation can be found in
Supplementary Table 7.1. The ultra-high-speed imaging revealed that microbubble
excursion amplitude was smaller when microbubbles were internalized (Figure 7.4).
In Figure 7.4A, the microbubble excursion amplitude (R__-R ) is shown as a function
of initial microbubble radius (R ), where the scatter markers are color-coded ranging
from not internalized in blue to highly internalized in yellow. This color-coded
representation reveals the blue scatter points at higher excursion amplitudes than
those colored in green/yellow tones, hence showing how a larger internalized depth
led to a lower excursion amplitude. This is confirmed by the average excursion
of non-internalized microbubbles (internalized depth < 1 um, blue line) being
consistently higher than that of internalized microbubbles (internalized depth > 1um,
yellow line). Additionally, in Figure 7.4A, the characteristic resonance behavior of
microbubbles can be recognized, revealing a resonance radius of approximately
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2.1 um at 2 MHz insonification, irrespective of internalized depth. For microbubbles
with R, up to 3.2 um, statistical testing confirmed that the excursion amplitude was
significantly higher for non-internalized microbubbles (internalized depth < 1 pm),
as represented in Figure 7.4B.

7.3.3 Drug delivery by pores or tunnels

After ultra-high-speed imaging of the microbubble oscillation behavior, the cellular
response upon microbubble oscillation was evaluated for a total of 230 FOVs using
time-lapse confocal microscopy, with N > 31 per microbubble type and set-up
orientation (detailed sample size per category in Supplementary Table 7.1). Typical
examples of the cellular responses are presented in Figure 7.5, showing selected
frames of confocal microscopy time-lapse imaging, the microbubble excursion, and
time profiles of the perforated area and Pl and CellMask Green intensity. Before
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ultrasound, confocal microscopy showed a single microbubble in each field view
and revealed that each cell was viable and had an intact cell membrane (absence
of PI).

Figure 7.5A shows a typical example of Pl uptake and distinguishable membrane
perforation. The corresponding confocal microscopy recording is shown in Video 7.1.
After ultrasound, high Pl uptake was observed starting at the microbubble location
and gradually spreading into the cell over time. Additionally, membrane perforation
was identified as an area with decreased CellMask Green intensity, localized next
to the microbubble. This perforated area increased to about 30 pm? during the
first ~30s and then remained stable throughout the rest of the recording. The 3D
confocal microscopy image after the time-lapse recording, confirmed that there was
still CellMask Green signal in the perforated area (Supplementary Figure 7.5A). This
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Figure 7.5 Typical examples of microbubble-mediated drug delivery by pores and tunnels. A) High
Pl uptake and a distinguishable membrane perforation identified as a pore caused by an IgG1-k
microbubble (0.7 um internalized depth). B) High Pl uptake and distinguishable membrane perforation
identified as a tunnel caused by a non-targeted microbubble (-0.1 um internalized depth). C) Low
Pl uptake and distinguishable membrane perforation identified as a tunnel caused by a CD31
microbubble (1.0 pm internalized depth). D) Low Pl uptake and no distinguishable membrane
perforation caused by an o B, under microbubble (3.1 um internalized depth). For every example
the images from left to right show: one confocal microscopy frame showing the initial cell state
before ultrasound; the microbubble (MB) radius as a function of time obtained from the Brandaris 128
ultra-high-speed imaging during ultrasound; four selected frames of confocal microscopy time-lapse
imaging after ultrasound; and the time profiles (thick line shows moving average) of the perforated
area (black), Pl fluorescent intensity in the cell (red), and CellMask Green fluorescent intensity within
the area indicated by the white corners in the initial cell state (green). See Supplementary Figure 7.5
for the 3D confocal microscopy imaging of these examples before and after time-lapse imaging.
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indicates that there was still cell membrane present there, suggesting that only the
apical membrane was perforated and that the basal membrane was still intact. This
type of perforation will from now on be described as the formation of a pore.

InFigure 7.5B another typical example is shown of Pl uptake and visibly distinguishable
membrane perforation. The corresponding confocal microscopy recording is shown
in Video 7.2. After ultrasound insonification, again high Pl uptake was observed
to gradually fill the cell over time and membrane perforation was identified. The
perforated area quickly increased to about 50 ym? within the first ~20s and then
stabilized. However, in this case the CellMask Green signal seemed to have completely
disappeared in the perforated area. This suggests that both the apical and the basal
membrane had been perforated. This resulted into a transcellular perforation, as
confirmed by the final 3D confocal microscopy (Supplementary Figure 7.5B). This
type of perforation will from now on be described as formation of a tunnel.

In Figure 7.5C another typical example is shown of Pl uptake and tunnel formation.
The corresponding confocal microscopy recording is shown in Video 7.3. After
ultrasound insonification, Pl uptake was observed but in contrast to the previous
examples, it stabilized at a low level. About 50 s after ultrasound, a perforated area
appeared and gradually increased to about 25 pm?, with no remaining CellMask
Green signal in the perforated area, indicating the formation of a tunnel. This
transcellular perforation was again confirmed by the final 3D confocal microscopy
(Supplementary Figure 7.5C). The confocal microscopy images and the time
profile of the Pl intensity in the cell (red curve) indicate noticeably lower Pl uptake
in Figure 7.5C than that in Figure 7.5A and B, despite that in all three cases the
membrane perforation clearly remains and is of similar size (black curve). This
suggests that in Figure 7.5C the initial perforation allowing uptake of Pl from
the extracellular space into the cytoplasm has resealed and only the transcellular
perforation remains. The difference between the perforated areas classified as a pore
or a tunnel is clearly confirmed by the time profile of the CellMask Green intensity:
for a pore (Figure 7.5A) the intensity decreased to 54% of the fluorescent intensity
before ultrasound, while for the tunnel it decreased to only 13% (Figure 7.5B) or 20%
(Figure 7.5C) of the initial fluorescent intensity.

Finally, in Figure 7.5D a typical example is shown of Pl uptake without distinguishable
membrane perforation. The corresponding confocal microscopy recording is shown
in Video 7.4. After ultrasound, Pl uptake was observed to gradually fill the cell
while stabilizing at a low level. However, this time no area of decreased CellMask
Green intensity could be identified that would indicate membrane perforation
(Supplementary Figure 7.5D). This indicates that a pore was formed by the oscillating
microbubble, causing Pl uptake, but that it resealed too quickly and/or was too
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small to be identified with the CellMask Green dye and current imaging resolution.

The uptake of PI and the perforation of the cellular membrane was monitored,
revealing four distinct responses: 1) no Pl uptake and no distinguishable membrane
perforation, 2) Pl uptake with a distinguishable membrane perforation identified
as a pore (Figure 7.5A), 3) Pl uptake with a distinguishable membrane perforation
identified as a tunnel (Figure 7.5B and C), and 4) Pl uptake without distinguishable
membrane perforation (Figure 7.5D).

The occurrence of tunnels upon sonoporation was lower for o 8, microbubbles (0%
of sonoporated cells for o B, ... and 11.5% for o B, ) than for the other types
of microbubbles (25.0% of sonoporated cells for non-targeted, 17.9% for IgG1-k,
26.1% for CD31, .., and 34.8% for CD31__ ) (Figure 7.6, blue). Additionally, o,
microbubbles resulted in Pl uptake with invisible pores upon sonoporation more
often (93.3% of sonoporated cells for o 3, .. and 80.8% for o B, , ), than for any
other type of microbubble (12.5% of sonoporated cells for non-targeted, 28.6% for
IgG1-k, 26.1% for CD31, ., and 56.5% for CD31__ ) (Figure 7.6, light red).

ve:

In Figure 7.7A, the amount of Pl uptake is shown as a function of the perforated
area, evaluated 120 s after ultrasound insonification. This quantification reveals that
for o B,-targeted microbubbles the perforated area upon Pl uptake was small and
often not distinguishable [Figure 7.7A(iii)]. High Pl uptake took place; however,
the membrane disruption could often not be identified (see typical example in
Figure 7.5D). For the other types of microbubbles, upon sonoporation with a pore
(red) a large perforated area correlated with high Pl uptake [Figure 7.7A (i), (ii), and
(iv)]. On the other hand, upon sonoporation with a tunnel (blue) a large perforated
area did not correlate with the amount of Pl uptake (see typical example in
Figure 7.5C). This indicates that sometimes Pl uptake stabilized early on, suggesting
resealing of the membrane, while the transcellular perforation (i.e. tunnel) remained

n=47 46 39 31 34 33
100 T T T T T .

] NoPi

| I Pland invisible pore
[l P! and visible pore
{ [ Pland tunnel

80
60
40 + Figure 7.6 Occurrence of drug delivery
and cellular responses upon microbubble
oscillation: no Pl uptake (gray), Pl uptake

without distinguishable membrane perforation
identified as invisible pore (light red), Pl uptake

Occurence (%)

20

T ¥ 58 & = ¢ with a distinguishable membrane perforation
g %, E ﬁ s = identified as visible pore (dark red), and Pl uptake
s ig @b; a8 ] with a distinguishable membrane perforation
IS vou identified as a tunnel (blue).

c

153



Chapter 7

A)
3 non-targeted 19G1-k
— i )
:S [
<2 :.o °
% lmee &
S
S 1@e%
= 58
o
200 300
s aB, CD31
jii Qunder Aabove Qunder Aabove
=
32 =
u
~
©
o CJ
=]
— 5D
o A A
0
0 100 200 300 200 300
Perforated area (um?) Perforated area (um?)
B) n=92 n=47 Q) n=91 n=110 n=29
x 8
— 300 g
= 6
£ = -
g 200 g 4 1
© 5D H
° )
2 N
T 100 s sA 5C
2 SB g o %
Cctl-) 5A SC—» <
0 5D = e =2
<1 =1 No PI Pore Tunnel
Internalized depth (um)
D) E)
n=91 n=110 n=29 n=91 n=110 n=29
8 30
= € —_—
Sel =
ﬁ ] o 20
g .18
z 50 Cl e
= 2 S8 S 10
8 e sl -
0 =
0
No PI Pore  Tunnel No PI Pore Tunnel

Figure 7.7 Cellular response upon microbubble oscillation either resulting in no propidium iodide (PI)
uptake (gray, N = 91) or causing Pl uptake with pores (red, N = 110) or tunnels (blue, N = 29). A) Amount
of propidium iodide (Pl) uptake upon sonoporation as a function of the perforated cell membrane
area at 120 s after ultrasound for i) non-targeted microbubbles, ii) IgG1-targeted microbubbles, iii)
o, B,-targeted microbubbles, and iv) CD31-targeted microbubbles, with circles for MB on the bottom
of the cell and triangle, above. B) Perforated area of sonoporated cells caused by microbubbles with
an internalized depth < 1 or > 1 uym. C) Internalized depth of microbubbles leading to the various
cellular responses. D) Cell thickness at the microbubble location for each cellular response. E) Distance
from the microbubble to the cell edge for each cellular response. The arrows indicate the data points
corresponding to the typical examples of Figure 7.5. In Supplementary Figure 7.6 the data in C-E is
presented per microbubble type.

154



Microbubble internalization and drug delivery by pores and tunnels

open (Figure 7.10B iii). Overall, Figure 7.7B reveals that microbubbles internalized
by at least 1 ym, created significantly (p < 0.001) smaller perforated areas upon
sonoporation.

The median (IQR between square brackets) internalized depth of microbubbles
that caused sonoporation with a tunnel was 0.0 [-0.3 — 0.6] um and significantly
(p < 0.01) smaller than that of microbubbles that caused sonoporation with a pore
(0.6 [0.0 — 2.8] um) (Figure 7.7C). The thickness (1.1 [0.8 —1.4] um) of cells in which
tunnels were caused was significantly (p<0.001) smaller than that of cells with
pores (1.7 [1.1 = 3.2] um) or without sonoporation (1.7 [1.0 — 2.9] um) (Figure 7.7D).
Additionally, tunnels were caused by microbubbles that were significantly closer to
the cell edge than those that caused a pore or no sonoporation (Figure 7.7E). Finally,
there was no significant difference between the excursion amplitude of microbubbles
that caused pores or tunnels (Supplementary Figure 7.6A), but in both cases the
excursion amplitude was significantly (p < 0.001) higher than the amplitude of the
microbubbles that caused no sonoporation.

The threshold for sonoporation was lower for o, targeted microbubbles
(R~ R, = 07 pm) than for CD31, IgGl-k, or non-targeted microbubbles
(R~ R, =0.9 um) (Figure 7.8). The response appeared more predictable when the
o, B, microbubble was above the cell, since 24 out of 24 microbubbles above the
threshold caused sonoporation for o 8, ., but only 12 out of 20 microbubbles that
oscillated above the threshold caused sonoporation for o
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7.3.4 Principal component analysis

To explore the influence of the different parameters on microbubble internalization,
drug delivery outcome and cellular response, a principal component analysis was
performed of which the results are presented in Table 7.1 and Figure 7.9. The first
principal component (PC1) is dominated by the microbubble excursion amplitude,
cell thickness, and internalized depth. The second principal component (PC2)
is dominated by the microbubble excursion amplitude and distance from the
microbubble to the nearest cell edge. The loading plot in Figure 7.9A visualizes
these components.

In Figure 7.98B, the PCA scoring and loading plot show the distribution of the different
microbubble types and set-up orientations. The o8, targeted microbubbles (light
and dark green) are clearly shifted towards the right of the plot, towards the PC1 > 0.
Based on the variable loading (Table 7.1), that means that o 8, microbubbles exhibit
lower microbubble excursion amplitudes, higher internalized depths, larger
distances from the cell edge, and higher cell thicknesses than any of the other
microbubble types. In Figure 7.9C, the PCA scoring is shown for the different drug
delivery outcomes. The occurrence of sonoporation with distinguishable pores (red)
is shifted towards both the top and left quadrants of the plot, corresponding to the
higher excursion amplitudes. The occurrence of sonoporation with tunnels (blue) is
shifted more towards the left (PC1 < 0), corresponding to lower internalized depths,
smaller distance from the cell edge, and lower cell thickness.
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Figure 7.9 Principal component analysis (PCA) of the microbubble
) excursion amplitude (R__ —R,), internalized depth, cell thickness at
the microbubble location, and distance from the microbubble to
15 the cell edge (MB-cell). A) PCA loading plot, with the first principal
component (PC1) explaining 51.4% of the variance and the second
principal component (PC2) explaining 25.7% of the variance. B)
05 PCA loading plot and scores color-based on the microbubble type
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Table 7.1 Scores of principal component analysis of microbubble excursion amplitude (R__-R),
internalized depth, distance between microbubble and nearest cell edge, and cell thickness.

PC1 PC2
Microbubble excursion -0.4239 2.2570
Internalized depth 0.3850 -0.0364
Distance to cell edge (MB-cell) 0.0829 0.1005
Cell thickness 0.5119 -0.0062

The scores indicate the weight of each variable in the PCA component.

7.4 DiscussioN

The 3D morphology of microbubbles on the endothelial cell membrane was
evaluated for non-targeted, o B,-targeted, CD31-targeted, and IgGl-k control
microbubbles. The o B, microbubbles were most internalized, with a median
internalized depth of 3 um when above and 4 um when under the cell, while for
CD31 microbubbles internalization was only significant when the microbubble was
under the cell (0.9 um). Since non-targeted and IgG1-k control microbubbles showed
negligible internalized depths (< 0.1 um), internalization appeared to be a receptor-
mediated mechanism. Furthermore, the influence of microbubble internalization
on the drug delivery outcome and cellular response was investigated by recording
the microbubble oscillation at ultra-high temporal resolution and subsequent
model drug uptake and membrane perforation at high-spatial resolution in 2D
and 3D. Different cellular responses were observed with sonoporation occurring
by formation of pores and tunnels. The sonoporation threshold was lower for o,
microbubbles than all other microbubble types, signifying that the 3D morphology
of the internalized microbubble in the endothelial cell and the resulting microbubble
oscillation affected the drug delivery outcome.

7.41 Internalized targeted microbubbles

For a better understanding of microbubble internalization, the correlations between
internalized depth and other parameters — cell thickness, microbubble size, and
microbubble distance to cell edge — were explored in more detail (Figure 7.3). While
there was no clear correlation between the microbubble distance to cell edge and
the internalized depth, the cell thickness and microbubble size both correlated with
the internalized depth, especially for o 8, microbubbles. Cell thickness was larger
when microbubbles were more internalized and when compared to the control
cells without microbubbles. Moreover, the larger the microbubble, the higher the
internalized depth. Hence, it appears that o B, microbubbles were fully internalized
into the cell, with the cell membrane covering the internalized microbubbles entirely
and resulting in thickening of the cells (Figure 7.10A iii, iv). This can be observed in
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the typical examples shown in Figure 7.2C and D (Supplementary Figure 7.2C and
D) and often resulted into dome formation (Figure 7.2D) when the cell membrane
covered the microbubble but the microbubble was bigger than the cell thickness
(Figure 7.10A iv).

The orientation of the set-up, being microbubble under the cell or microbubble
above the cell, also affected the internalized depth. Both o 8, and CD31microbubbles
located above the cells were significantly less internalized than the same type of
microbubble located underneath the cell. This can be explained by buoyancy, since
despite the fact that the microbubble is internalized when it is located above the cells
it tends to float upwards, thereby slightly ‘pulling’ itself out of the cells causing lower
internalized depths (Figure 7.10A iv). In this orientation (o8, , ) the formation
of domes was observed more often, confirming that the cell membrane lined the
internalized microbubble. Vice versa, when the microbubble was underneath the
cell, it would float upwards, hence favoring a higher internalized depth. By studying
microbubbles internalization in two orientations, we were able to properly visualize
the basal cellular membrane when the microbubble was located under the cell or
properly visualize the apical cellular membrane when the microbubble was above
the cell, thereby still providing us with a complete picture of the internalization
morphology.

No difference was found between internalized depth measured after about 10 min,
i.e. the first microscopy imaging time point, compared to after 2 hours after adding
the microbubbles to the cells. This indicates that internalization of microbubbles by
endothelial cells occurred within 10 min upon targeted microbubbles coming into
contact with the receptors on the cells, instead of progressing over a longer time
window. This is in agreement with the previously found timescales of internalization
(5-15 min) of similarly-sized particles by HUVEC and of microbubbles by leukocytes
[489, 490].

Distinct morphological traits in the cell membrane were monitored, being the
occurrence of a shadow or green ring at the microbubble location, and dome
formation or dye-transfer from the cell membrane to the microbubble coating. When
the microbubble was under the cell, observation of a shadow indicated microbubble
internalization (o B, ., and CD31 ., Supplementary Figure 7.4). The appearance of
a shadow in the endothelial cell membrane was related to the internalized depth of
the microbubble. When the microbubble was above the cell (o8, . .and CD31, ),
a shadow was found irrespective of internalization, explained by the microbubble’s
gas core having a different breaking index than the surrounding medium, resulting
in a decreased fluorescent signal. In the case of dome formation, it appeared as if
the cell membrane fully covered the microbubble, which was noticeably different
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Figure 7.10 Schematic representation of the observed 3D microbubble-endothelial cell dynamics. A)
Microbubble-cell morphology showing the microbubble (i) under or (ii) above the cell and a targeted
microbubble internalized (iii) under or (iv) above the cell. B) Cellular response and drug delivery
outcome resulting in Pl uptake by (i) an indistinguishable perforation, (ii) a distinguishable perforation,
(i) a tunnel with low Pl uptake due to resealing of the membrane while the tunnel remains open and
(iv) a tunnel with simultaneous membrane perforation leading to high Pl uptake.

from the occurrence of dye-transfer, where only some spots of cell membrane dye
were visible on the microbubble shell. Based on our results it is not possible to
distinguish between the transfer of dye only, or the transfer of membrane lipids
into the microbubble coating bringing the fluorescent dye molecules along. Dye
transfer was observed for IgG1-k control, non-targeted, and CD31 microbubbles,
but not for o B, microbubbles. This suggests that the process of dye or lipid transfer
was not solely receptor-mediated. Since dome formation was often observed for
a,B, microbubbles, perhaps dye transfer was inhibited or obscured by complete
internalization of the microbubble by the endothelial cell. Finally, green rings were
observed for the majority of o 8, and CD31 microbubbles, but notably less observed
for the non-targeted and IgG1-k control microbubbles. The occurrence of this highly
fluorescent ring might be due to the rearrangement of membrane lipids, which
could become more tightly packed around the microbubble location resulting in an
increased concentration of dye.
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Previous work that focused on internalization of microbubbles by macrophages and
endothelial cells showed that while macrophages efficiently internalized polyvinyl-
alcohol-coated microbubbles, endothelial cells did not [491]. This is in agreement
with the non-targeted and IgG1l-k control groups, which were not internalized
in our study. To the best of our knowledge, internalization by endothelial cells of
microbubbles targeted to specific receptors has not been investigated before;
althoughthe endothelial cell receptors o B,-integrin and CD31have been investigated
extensively. HUVECs cultured under flow are able to internalize submicron-sized
membrane vesicles with a mechanism involving o ,-integrin [492], which is in line
with our observations of o B,-targeted microbubbles being internalized.

The CD31-targeted microbubbles adhered to the endothelial cells by binding to CD31,
also known as PECAM-1. Similar sized particles, such as Plasmodium falciparum-
infected erythrocytes, also adhere to PECAM-1, but were suggested to be too large
for internalization [493]. Different ligand-dependent pathways have been shown to
facilitate internalization of smaller particles (100-300 nm in diameter) by HUVECs
through PECAM-1 binding [494]. Since for CD31 microbubbles internalization was
only significant when the microbubble was located under the cell and to a lesser
extent than for o, B, microbubbles, it is possible that internalization for CD31 was
partly driven by the buoyancy of the microbubble. Although non-targeted and
IgGT1-k microbubbles were studied under this same orientation, internalization was
not observed. Hence, internalization of o 8, and CD31 microbubbles appeared to be
a combined result of an orientation- and ligand-driven process.

Previous work on the phagocytosis of microbubbles found that non-targeted
phospholipid-coated microbubbles were phagocytosed by leukocytes through
opsonization of the complement component C3/C3b [489]. However, in the current
study non-targeted microbubbles were not internalized by HUVECs, hence it is
unlikely that complement factors binding to the microbubble surface or ligand play
a role in the internalization of targeted microbubbles by HUVECs.

7.4.2 Drug delivery outcome by pores and tunnels

The acoustic response of individual microbubbles was recorded with ultra-high-
speed imaging to determine the effect of acoustic behavior on the drug delivery
outcome. The excursion amplitude was lower for internalized microbubbles, while
the resonance size appeared to be unaltered by internalization. This suggests an
increase in viscous damping, which is in agreement with the decreased oscillation
observed by high-speed streak imaging of phagocytosed MP1950 microbubbles in
neutrophils [495].
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After microbubble oscillation, sonoporation identified by Pl uptake and a frequently
coincided distinguishable cell membrane perforation were observed (Figure 7.5). In
the distinguishable perforated areas, the level of fluorescence signal in the CellMask
Green channel was either half of the pre-insonification level or approaching
zero. Hence a distinction could be made between pore formation, where only
the apical cell membrane was perforated, and tunnel formation, where both the
apical and basal cell membranes were perforated. These different cellular effects
can lead to either intracellular delivery with or without a distinguishable pore
(Figure 7.10B i, ii), transcellular delivery through a tunnel with limited intracellular
delivery (Figure 7.10B iii), or both intracellular and transcellular delivery occurring
simultaneously (Figure 7.10B iv). The occurrence of tunnels or pores was affected
by different factors such as the orientation, internalized depth, cell thickness,
microbubble distance to the cell edge, and the excursion amplitude (Figure 7.7
and Figure 7.8). Tunnels occurred more often when the microbubble was closer
to the cell edge (Figure 7.7). This could just be a mechanical effect because the
cell is thinner there, as confirmed by tunnels occurring more often at thinner cell
locations (Figure 7.7). However, it could also be enhanced by a biological underlying
mechanism, just like neutrophils are known to migrate towards the cell edge for
extravasation [496, 497].

Tunnels upon microbubble oscillation, also known as transcellular or transendothelial
perforations or holes, have been previously identified in HUVECs upon insonification
of non-targeted DSPC-based microbubbles [473]. This is in agreement with the
tunnel formation by non-targeted microbubbles we observed in the current study. In
the current study, we additionally found tunnel formation by targeted microbubbles.
The range of perforated areas of tunnels found in the current study (2,287 um?,
at 200 kPa PNP) was comparable to those found previously (39,683 um? at
100-800 kPa PNP) [473]. However, we additionally observed intracellular uptake via
pores (perforations of only the apical membrane) or indistinguishable perforations,
suggesting that there are multiple potential drug delivery pathways as opposed to
only tunnel formation. Additionally, Helfield et al. [473] show membrane resealing
to occur, on timescales up to 15 min after ultrasound, indicating that in the current
study resealing might be missed due to the limited timescale of up to 2.5 min after
ultrasound. The difference in cellular responses observed may be caused by the cell
culture chamber: for the present study the acoustically compatible CLINIcell with
50 um thick membranes was used in contrast to the glass-bottom dishes used in
the previous study [473]. This highlights the importance of the in vitro model, in this
case the surface on which endothelial cells are cultured, and how a model more
analogous to the in vivo situation may produce more relevant results.
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When a CD31-targeted microbubble was located above the cell, the higher
occurrence of sonoporation with an indistinguishable perforation may partly be
explained by the microbubble orientation, since the gas core of a microbubble
above the cell membrane could obscure pore formation. However, for other
microbubble types the observed perforated areas were often much larger than
the microbubble size, their imaging would therefore not have been fully hampered
by the microbubble. Hence, it is more likely that the microbubble orientation
influenced the microbubble-cell interaction resulting in smaller perforated areas
upon sonoporation. The occurrence of transcellular perforations was the lowest
for o B,-targeted microbubbles, both when under or above the cell. Additionally,
the perforated area was smallest, and often even indistinguishable, for internalized
microbubbles. This indicates that the microbubble-cell morphology prior to
microbubble oscillation, including the internalized depth and dome formation, had
a major effect on the cellular response. When pooling all types of microbubbles
and orientations together, there was a significant difference in internalized depth,
cell thickness, and microbubble location on the cell between pore and tunnel
formation. The microbubble excursion amplitude was not significantly different
between pore and tunnel outcomes, indicating that while a certain oscillation
threshold must be reached to induce Pl uptake, causing either pores or tunnels was
not oscillation-driven within the studied range of excursion amplitudes. As the o ,-
targeted microbubbles were the most internalized, the excursion amplitudes were
lower than for the other groups. However, the threshold for sonoporation was also
lower for o B,-targeted microbubbles than for any other microbubble type, with a
value of 0.7 um in agreement with previous studies [58, 59]. Hence, the different
microbubble-cell interaction caused by internalized microbubbles increased the
susceptibility to sonoporation.

A principal component analysis was performed to bring all different parameters
influencing the drug delivery outcome and cellular response together. Microbubble
excursion was an important determinant, which was negatively correlated to the
internalized depth and cell thickness. Together with the rest of the data analysis
this again indicates that while the microbubble excursion is indeed an important
factor in sonoporation, the drug outcome is also determined by the microbubble-
cell interaction, including internalized depth, cell thickness, and the microbubble
location on the cell. For less internalized microbubbles and located closer to the
cell edge, tunnel formation and thus transcellular delivery is more likely to occur.
However, the complex interaction between all different parameters ultimately
determine which cellular response occurs.
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7.4.3 Limitations and future perspectives

All experiments performed for this study were done in vitro, raising the question
how the results translate to the in vivo situation. Human endothelial cells are a
proper model for this type of experiments, however, in the current study all cells
were cultured in static conditions instead of under flow. This may influence the
cellular responses and drug delivery outcome, as previous studies indicated that the
susceptibility to sonoporation was significantly lower for HUVECs cultured under flow
than for HUVECs cultured statically, while using the same ultrasound settings [498].
In practice, this difference in sonoporation threshold can be easily circumvented by
increasing the acoustic pressure when translating to in vitro experiments under flow
or an (n vivo situation.

Another consequence of the in vitro experimental method is the absence of
immune cells, making it impossible to study the role of the immune response in the
internalization of targeted microbubbles. Furthermore, if reducing internalization
would be desired, that may be achieved by introducing a longer PEG tail to the
microbubble formulation to reduce the immune recognition by creating a buried-
ligand architecture, as previously described [33].

The microbubble targeting strategy used here is not suitable for in vivo applications,
as the streptavidin protein may induce an unwanted immune response [471].
However, several studies are ongoing to develop clinically translatable targeting
strategies for microbubbles targeted to o, integrin [433, 499, 500]. The use of
o, B,-targeted microbubbles has been proposed for ultrasound molecular imaging
of angiogenesis [501, 502], however, up to now no studies have investigated the
cellular response upon binding of o B,-microbubbles. Since our results indicate that
endothelial cells are able to internalize o f,-targeted microbubbles in vitro under
static conditions, it should be further investigated if this also occurs in vivo, and if
so if this leads to endothelial cell activation and subsequent platelet adhesion as
reported for HUVECs cultured under flow after internalization of submicron-sized
membrane vesicles [492].

The results presented here reveal that the microbubble-cell interaction stretches
beyond a simple ligand-receptor binding, with the internalization of microbubbles
playing a substantial role in the acoustic response and drug delivery outcome. We
found significant differences in the internalization of microbubbles depending on the
ligand, when comparing o 8, versus CD31-targeted microbubbles. This implicates
the importance of investigating internalization by other ligands in the future, before
choosing which ligand must be used for the desired outcome, such that the targeted
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microbubble formulation can be tailored to specific applications. For ultrasound
molecular imaging lower oscillation amplitudes of internalized microbubbles may be
undesirable, while for drug delivery applications the internalization of microbubbles
might be favorable.

7.5 CONCLUSIONS

Investigating the 3D morphology of microbubbles on endothelial cells revealed that
microbubbles were internalized into the cell when targeted to o ,, both when they
were orientated under and above the cell, or targeted to CD31, only when under
the cell. Hence, microbubble internalization was found to be a receptor mediated
and buoyancy-enhanced cellular mechanism and correlated with cell thickness and
microbubble size. Although internalized microbubbles exhibited lower excursion
amplitudes upon insonification, the oscillation threshold for sonoporation was
also lowest thus making cells with internalized microbubbles more susceptible to
sonoporation. Evaluating the morphology of membrane perforation revealed that
microbubble oscillation either caused a pore, when only the apical cell membrane was
perforated resulting in intracellular drug delivery, or a tunnel, when both the apical
and basal cell membrane were perforated resulting in intracellular drug delivery
and a transcellular perforation. Internalized microbubbles caused less transcellular
perforations and lead to the smallest, or even indistinguishable, perforated areas.
These novel insights demonstrate the influence of the microbubble-cell morphology
on the drug delivery outcome and thereby aid the development of the optimal
therapeutic microbubble.
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VIDEO CAPTIONS

Video 1. Time-lapse confocal microscopy imaging showing
sonoporation with high Pl uptake and a distinguishable
membrane perforation identified as a pore (corresponding
to Figure 7.5A). Ultrasound insonification occurred at the
22 s timestamp, during which confocal microscopy was
temporarily intercepted for Brandaris 128 ultra-high-speed
imaging of microbubble oscillation. The pseudo-colored
video shows cell nuclei in blue, cell membranes in green,
propidium iodide in red, and microbubble in white and
is displayed 20x faster than real time (at 50 frames per
second).

Video 2. Time-lapse confocal microscopy imaging showing
sonoporation with high Pl uptake and distinguishable
membrane perforation identified as a tunnel caused by a
non-targeted (corresponding to Figure 7.5B). Ultrasound
insonification occurred at the 23 s timestamp, during
which confocal microscopy was temporarily intercepted
for Brandaris 128 ultra-high-speed imaging of microbubble
oscillation. The pseudo-colored video shows cell nuclei in
blue, cell membranes in green, propidium iodide in red, and
microbubble in white and is displayed 20x faster than real
time (at 50 frames per second).

Video 3. Time-lapse confocal microscopy imaging showing
sonoporation with low Pl uptake and distinguishable
membrane perforation identified as a tunnel (corresponding
to Figure 7.5C). Ultrasound insonification occurred at the
22 s timestamp, during which confocal microscopy was
temporarily intercepted for Brandaris 128 ultra-high-speed
imaging of microbubble oscillation. The pseudo-colored
video shows cell nuclei in blue, cell membranes in green,
propidium iodide in red, and microbubble in white and
is displayed 20x faster than real time (at 50 frames per
second).

Video 4. Time-lapse confocal microscopy imaging showing
sonoporation with low Pl uptake and no distinguishable
membrane perforation (corresponding to Figure 7.5D).
Ultrasound insonification occurred at the 22 s timestamp,
during which confocal microscopy was temporarily
intercepted for Brandaris 128 ultra-high-speed imaging of
microbubble oscillation. The pseudo-colored video shows
cell nuclei in blue, cell membranes in green, propidium
iodide in red, and microbubble in white and is displayed

20x faster than real time (at 50 frames per second).

10 pm
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SUPPORTING INFORMATION

A) B)

DiD

E15

y (W

api‘cal

—— CellMask Green intensity
—— Gaussian fit basal
—— Gaussian fit apical

4
0.3 of max

[ 5 10 15
Z (um)

Supplemental Figure 7.1 Step-by-step examples of the image analysis to quantify the internalized
depth. The example in the analysis corresponds to Figure 7.2C, ie. aB, .. A) The xy-plane with
the highest sum of DiD intensity. The center of the microbubble was found using the imfindcircles
function. The red lines indicate the orthogonal xz- and yz- planes that intersect through the center
of the microbubble and in which the internalized depth was quantified. B) The intersection planes
of the DiD channel and the red line showing the circular fit (circfit) through the maximum of each
z-intensity profile (red dots). The top of the microbubble is located at z = 8.9 um, average of the xz-
and yz-plane. C) The intersection planes of the CellMask Green channel with the orange line showing
the poly2 fit through the maxima of the Gaussian fits for the basal membrane and the blue line for
the apical membrane. The Gaussian fits were performed for every z-intensity profile within 4 pm on
both sides of the microbubble (indicated by the black arrows). The apical membrane at the center of
the microbubble is located at z = 13.1 um, average of the xz- and yz-plane. D) For each z intensity
profile, the basal membrane was found by fitting a Gaussian through the intensities up to 3 pm after
the first occurrence of 30% of the maximum intensity; and the apical membrane was found by fitting
a Gaussian through the intensities from 3 pm before the last occurrence of 30% of the maximum.
Hence, the internalized depth of this example was: [z of the apical membrane] — ([z of the top of the
microbubble] + [chromatic aberration correction]) = 13.1 - (8.9 + 0.32) = 3.9 ym.
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Supplementary Table 7.1 The sample size (N numbers) for each microbubble type.

AS]

S

[\

N 5 g g g

= X 2 8 s g

< 5 d)“ m:; = = S
Dataset sample size 2 S 3 < S S R
Internalization 63 54 54 39 50 41 301
Microbubble excursion 50 50 42 32 34 38 246
Drug delivery outcome 47 46 39 31 34 33 230

After imaging microbubble internalization using 3D confocal microscopy, the microbubble excursion
upon ultrasound was recorded for a subset of the data, and for a subset of that, the drug delivery
outcome was also monitored by time-lapse confocal microscopy. The microbubble excursion and
drug delivery outcome data is only available for subsets of the original internalization dataset due to
technical challenges, such as poor image quality, focus drift, or system malfunctions.

A) Non-targeted

<) av[33—under E) CD31 under

B) IgG1-k

above

F) CD31

[ Cell membrane (CellMask Green)

Supplementary Figure 7.2 Typical examples of Figure 2 showing only the CellMask Green channel
to visualize the cell membrane. Side views have the objective imaging from (ii) above or (iii) the right.
Orange markings indicate orthogonal planes of the side views. The white arrows in C(i) and D(i) indicate
a green ring, in D(ii) and D(iii) a dome, in F(i) a shadow, and in F(ii) and F(iii) dye-transfer.

167



Chapter 7

Cell thickness (um)
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Supplementary Figure 7.3 Cell thickness found at the location of the microbubble for each
microbubble type and set-up orientation and for the control images of cells without microbubbles
(gray). Statistically significant differences indicated by horizontal lines, using a dotted line when
p < 0.05 (p < 0.018 after Bonferroni correction) and a continuous line when p < 0.001 (p < 3.57e-05

after Bonferroni correction).

Supplementary Table 7.2 Spearman correlation coefficient (o) and corresponding statistical
significance indicated by the p-value between internalized depth and either the cell thickness, the
microbubble diameter, or the distance between microbubble (MB) and cell edge.

e}
g
QO
2 5 ¢ § 3
2 3 g g 3 €
. 5 5 < | & | 3 ]
Spearman correlation between < AS) o] 3 O O
Internalized depth vs. cell p| 026 0.1 0.89 0.69 0.57 0.26
thickness p-value | <0.05 | 042 | <0.001 | <0.001 | <0.001 | 0.11
Internalized depth vs. o| 034 | -062 | 050 0.62 0.14 0.22
microbubble diameter p-value | <0.01 | <0.001 | <0.001 | <0.001 | 0.33 0.16
Internalized depth vs. distance p| -001 036 0.22 032 0.16 0.16
between MB and cell edge p-value | 094 | <005 | 017 0.08 0.36 0.38
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Supplementary Figure 7.4 Distinctive cell membrane morphological traits
microbubble types and set-up orientations. A) (i) Occurrence of shadows and internalized depth of (ii)
CD31 and (iii) o, B, microbubbles under the cell either showing a shadow on the cell membrane or not.
B) Occurrence of green rings, with or without a dome and/or dye-transfer. C) Occurrence of domes
with or without green ring. D) Occurrence of dye-transfer with or without green ring. Statistically
significant differences indicated by horizontal lines, using a dotted line when p < 0.05, a dashed line
when p < 0.01, and a continuous line when p < 0.001.
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Supplementary Figure 7.5 Typical examples of confocal microscopy 3D imaging of microbubble
mediated drug delivery by pores and tunnels, corresponding to the examples presented in
Figure 7.5. The first row shows 3D view of the initial cell state approximately 1-2 min before ultrasound
insonification, the second and third row show the endothelial cell approximately three minutes after
ultrasound insonification, in a 3D view and an orthogonal view, respectively. A) High Pl uptake and
distinguishable membrane perforation identified as a pore, as in Figure 7.5A. B) High Pl uptake and
distinguishable membrane perforation identified as a tunnel, as in Figure 7.5B. C) Low Pl uptake and
distinguishable membrane perforation identified as a tunnel, as in Figure 7.5C. D) Low Pl uptake and
no distinguishable membrane perforation, as in Figure 7.5D.
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Supplementary Figure 7.6 Drug delivery outcome and microbubble and cell parameters: A)
Microbubble excursion amplitude (R _ - R), B) internalized depth, C) cell thickness at the microbubble
location, D) distance from the microbubble (MB) to the nearest cell edge. Drug delivery outcome: no
Pl (gray) and sonoporation with pores (red) or tunnels (blue). Orientation of the set-up indicated with
different scatters: under the cell (circles) or above the cell (triangles).
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Chapter 8

ABSTRACT

Phospholipid-coated targeted microbubbles are used for ultrasound molecular
imaging and locally enhanced drug delivery, with the binding efficacy being an
important trait. The use of organic solvent in microbubble production makes
the difference between a heterogeneous or homogeneous ligand distribution.
This study demonstrates the effect of ligand distribution on the binding efficacy
of phospholipid-coated o 8,-targeted microbubbles in vitro using a monolayer
of human umbilical vein endothelial cells and in vivo using chicken embryos.
Microbubbles with a homogeneous ligand distribution had a higher binding efficacy
than those with a heterogeneous ligand distribution both in vitro and in vivo. In vitro,
1.55x more microbubbles with a homogeneous ligand distribution bound under
static conditions, while this was 1.49x more under flow with 1.25 dyn/cm?, 1.56x
more under flow with 2.22 dyn/cm?, and 1.25x more in vivo. The in vitro dissociation
rate of bound microbubbles with homogeneous ligand distribution was lower at low
shear stresses (1-5 dyn/cm?). The internalized depth of bound microbubbles was
influenced by microbubble size, not by ligand distribution. In conclusion, for optimal
binding the use of organic solvent in targeted microbubble production is preferable
over directly dispersing phospholipids in aqueous medium.

Keywords—Phospholipid-coated  microbubbles;  Binding  efficacy; Ligand
distribution; Ultrasound molecular imaging; Targeted drug delivery

8.1 INTRODUCTION

Microbubbles are a type of ultrasound contrast agents that consist of a gas core
with phospholipid, polymer, or protein coating [11]. With a diameter of 1to 10 pm,
microbubbles are confined to the vasculature and therefore function as a blood
pool marker in diagnostic ultrasound imaging [37]. The gas core of a microbubble
responds to an ultrasound wave by compressing and expanding, referred to as
oscillation. Depending on the ultrasound pressure and frequency, this acoustic
response results in stable or inertial cavitation and elicits a non-linear signal that
provides contrast to the surrounding tissue [503]. Microbubble oscillation can
induce several biological effects, such as sonoporation - ie. pore formation —
[117], opening of cell-cell junctions [58], and stimulated endocytosis [167]. Together
these effects result in locally enhanced drug uptake, which is particularly useful for
targeted delivery of chemotherapeutics [101, 227, 500] and for reversible opening of
the blood brain barrier [6, 54].

174



Microbubbles with homogeneous ligand distribution for higher binding efficacy

Phospholipid-coated microbubbles have a thinner shell than polymer- or protein-
coated microbubbles, making them less stiffand more echogenic [16-18]. Furthermore,
phospholipid-coated microbubbles can be functionalized with the addition of a
ligand targeting to a specific biomarker [47, 504]. Targeted microbubbles can be
used for ultrasound molecular imaging [386, 505, 506], and when combined with
therapeutic agents they function as theranostic agents [56, 57, 507]. A recent review
on targeted microbubbles stated that when comparing the therapeutic effects of
targeted and non-targeted microbubbles, treatment with targeted microbubbles
always resulted in a significantly better therapeutic outcome [486]. Clinical translation
is ongoing, with one microbubble formulation targeted to vascular endothelial
growth factor receptor 2 (VEGFR2) showing potential for diagnostic imaging in
patients with prostate cancer [51] and breast and ovarian lesions [386], both first-
in-human studies. Besides clinical use, targeted microbubbles are already being
applied in pre-clinical studies as ultrasound molecular imaging agents for studying
disease progression [508, 509] and monitoring response to therapy [510-512].

While it is clear that targeted microbubbles are a powerful diagnostic and therapeutic
tool, translation from the pre-clinical phase to clinical studies requires extensive
safety studies. Furthermore, pre-clinical drug development studies involving
targeted microbubbles need standardization of microbubble production methods
and ultrasound molecular imaging protocols [50]. An abstract first published by
Klibanov etal. [504] is often referred to in papers where phospholipid-coated targeted
microbubbles were produced by directly dispersing the coating components in
aqueous medium [47, 399, 508, 513, 514] such as phosphate buffered saline (PBS),
i.e. the direct method [427]. Others reported dissolving the coating components first
in organic solvent, then drying to form a lipid film and finally dispersing the lipid film
in agueous medium [515-518], i.e. thin-film hydration or the indirect method [427].
Both production methods have been used for in vitro [427, 504, 515-517] as well as
in vivo [47,399, 508, 513, 514, 518] studies. Our previous study comparing the spatial
ligand distribution over the surface of 1,2-distearoyl-sn-glycero-3-phosphocholine
(DSPC)-based microbubbles functionalized by streptavidin-biotin coupling showed
that microbubbles produced by the direct method had a heterogeneous ligand
distribution, in contrast to the microbubbles produced by an indirect method which
had a homogeneous ligand distribution [427]. However, to the best of our knowledge
no studies have been done to directly compare the binding efficacy of microbubbles
with the same coating composition with either a homogeneous or heterogeneous
ligand distribution. Improved binding efficacy entails higher numbers of bound
microbubbles, which is expected to improve the ultrasound molecular imaging
signal [397] and, for therapeutic applications, has shown to increase drug uptake
[519].
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The aim of this study was to determine if a homogeneous ligand distribution in
targeted microbubbles results in different binding efficacy than a heterogeneous
ligand distribution. Microbubbles produced with a direct method, resulting in
heterogeneous ligand distribution, were compared to microbubbles produced with
an indirect method, resulting in homogeneous ligand distribution. The binding
efficacy was determined in vitro by confocal microscopy imaging of o j3,-targeted
microbubbles bound to human umbilical vein endothelial cells (HUVECs) cultured
under static conditions and under physiologically relevant flow. The chorioallantoic
membrane (CAM) vessels of chicken embryos were used to evaluate the binding
efficacy of o B,-targeted microbubbles in vivo. A recent study showed that the
microbubble-cell interaction upon binding led to microbubble internalization, which
affected the drug delivery outcome after ultrasound insonification (Chapter 7). Hence
the 3D morphology of direct and indirect o 3,-targeted microbubbles bound to
HUVECs under static conditions was investigated, to determine the effect of ligand
distribution on the internalization of o B,-targeted microbubbles.

8.2 MATERIALS AND METHODS

8.2.1 Targeted microbubble preparation

Phospholipid-coated microbubbles were produced with a C,F, gas core as described
previously [397, 427]. Two methods were used and the resulting microbubbles will
be referred to as direct and indirect microbubbles. For both methods the coating
consisted of 84.8 mol% DSPC (Lipoid GmbH, Ludwigshafen, Germany), 8.2 mol%
PEG40-stearate (Sigma-Aldrich, Zwijndrecht, the Netherlands), 5.9 mol% DSPE-
PEG2000 (Iris Biotech GmbH, Marktredwitz, Germany), and 1.1 mol% DSPE-PEG2000-
biotin (Avanti Polar Lipids, Alabaster, AL, USA). For the indirect method all coating
components were first dissolved in chloroform/methanol (9:1vol/vol), the solvent was
then evaporated using argon gas (Linde Gas Benelux, Schiedam, the Netherlands)
and the lipids were freeze dried (Alpha 1-2 LD plus, Martin Christ GmbH, Osterode
am Harz, Germany) for 2 h. The obtained lipid ilm was rehydrated by adding PBS
saturated with C,F, gas (F2 Chemicals, Preston, UK), fluorescently labelled by adding
lipid dye DiD (1,1'-dioctadecyl-3,3,3",3'-tetramethylindodicarbocyanine perchlorate,
Thermo Fisher Scientific, Waltham, MA, USA), placed in a sonicator bath for 10 min
and subsequent probe sonication with a Sonicator ultrasonic processor XL2020
(HeatSystems, Farmingdale, NY, USA) at power setting 3 for 5 min (20 kHz). For the
direct method, all coating components were dispersed directly in PBS saturated with
C,F,, mixed, and lipid dye Dil (1,1'-dioctadecyl-3,3,3',3'-tetramethylindocarbocyanine
perchlorate, Thermo Fisher Scientific) was added for fluorescent labeling of the direct
microbubbles. For both methods the final concentration was 2.5 mg/mL DSPC,
0.625 mg/mL PEG40-stearate, 0.625 mg/mL DSPE-PEG2000 and 0.125 mg/mL
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DSPE-PEG2000-biotin. Microbubbles were then produced by sonication at 20 kHz
(power setting 10) at the gas/water interface for 1 min under a constant stream of
C,F, gas.

After production, microbubbles were functionalized to target the o B, integrin by
biotin-streptavidin coupling, as described previously [47, 442]. In short, microbubbles
were first washed three times by centrifugation for 1 min at 400g using PBS saturated
with C,F, . The microbubble concentration was determined using a Coulter Counter
Multisizer 3 (50 um aperture tube, Beckman Coulter, Mijdrecht, the Netherlands) and
6 x 10® microbubbles were incubated with 60 ug of streptavidin (2 mg/mL in PBS,
Sigma-Aldrich) for 30 min on ice, followed by washing by centrifugation. Next, the
streptavidin-conjugated microbubbles were incubated with 6 pg biotinylated anti-
human CD51/61 antibody (ie. anti-o 8, 304412, BioLegend, San Diego, CA, USA) for
30 min on ice. After incubation the o 8,-targeted microbubbles were washed again,
the concentration and size distribution were determined by Coulter Counter, and a
mixed sample with a 1:1 ratio of indirect:direct was prepared, from here on referred
to as stock sample. A new sample of microbubbles was functionalized for each
experimental day, six batches of microbubbles were produced in total, and samples
were taken from a batch of microbubbles up to 21 days post-production.

8.2.2 Endothelial cell culture

All in vitro experiments were performed using primary human umbilical vein
endothelial cells (HUVECs; C2519A, Lonza, Verviers, Belgium) from pooled donors,
cultured with Endothelial Cell Growth Medium (EGM)-2 (Lonza) and grown to full
confluency at 37 °C with 5% CO, in T75 flasks in a humidified incubator. HUVECs were
detached before each experiment with Accutase solution (Sigma-Aldrich). HUVECs
used for experiments were between passage number 4 and 9. For experiments in
static conditions, HUVECs were replated onto the bottom membrane of a CLINIcell
(Mabio, Tourcoing, France) with 50 ym membranes (25 cm?) in 12 mL EGM-2, and
incubated for two days at 37 °C with 5% CO, to achieve a confluent monolayer.
In total eight CLINIcells were used for binding efficacy experiments and four
CLINIcells were used for internalization experiments. For experiments under flow,
IbiTreat polymer p-slides (80196, 0.8 mm channel height, Ibidi GmbH, Gréfelfing,
Germany) were first pre-coated by incubating with 7.6 ug fibronectin (Roche, Basel,
Switserland) in 200 pL PBS at 37 °C with 5% CO, for 1to 2 h as instructed by Ibidi,
then washed with 800 L PBS. After seeding in the y-slide, the HUVECs were placed
in the humidified incubator at 37 °C with 5% CO, without flow for 2 h to attach, then
connected to and Ibidi fluidic unit and the computer-controlled Ibidi Pump system
(Ibidi) with corresponding perfusion sets (Perfusion set Yellow and Green, 10964,
Ibidi). For later injection of fluorescent dyes and microbubbles, two Luer injection

177



Chapter 8

ports (Ibidi) were inserted in the perfusion set: one at 3.5 cm downstream from the
p-slide and the other 7 cm upstream from the p-slide. Laminar flow was started with
controlled shear stress at 2.5 dyn/cm? for 30 min, then 5.0 dyn/cm? for 30 min, and
finally 7.5 dyn/cm? until at least 48 h post-seeding to obtain a confluent monolayer.
In total six p-slides were used to evaluate binding efficacy under flow, and eight
p-slides were used to evaluate dissociation of bound microbubbles under increasing
flow.

8.2.3 CAM model preparation

For in vivo experiments, the CAM was prepared as described previously [520]. All
animal experiments were conducted in accordance with the Netherlands Experiments
on Animals Act and in accordance with the European Council (2010/63/EU) on the
protection of animal use for scientific purposes. In short, freshly fertilized eggs (Drost
Pluimveebedrijf Loenen BV, Loenen aan de Vecht, the Netherlands) were incubated
for 5 days at 37 °C in a humidified incubator. The chicken embryo was taken out of
the eggshell and placed into a weighing boat with the embryo and CAM on top. First
a mixture of 2 pl Hoechst 33342 (10 mg/mL, Thermo Fisher Scientific) to stain the
cell nuclei, 3 pl CellMask Green Plasma Membrane Stain (5 mg/mL, Thermo Fisher
Scientific) to stain the cell membrane, and 5 pL targeted microbubbles (indirect and
direct 1:1 ratio) was prepared, then 5 pL of this mixture was injected into a CAM vein
using a capillary glass needle with a VisualSonics micro injection system (Fujifilm
VisualSonics, Toronto, Canada). A CLINIcell (Mabio) was prepared by cutting out
the top membrane and filling the frame with a solution of 2% agarose (A9539,
Sigma Aldrich) in demi water. The membrane containing the chicken embryo and
the CAM was cut out, rinsed with PBS, and pinned down on the prepared CLINIcell
for imaging with a confocal microscope. The heart rate was monitored prior to and
during the imaging and a total of seven chicken embryos were used for in vivo
experiments.

8.2.4 Confocal microscopy imaging

For the in vitro binding efficacy and dissociation and in vivo binding efficacy
experiments, fluorescent images were acquired with a custom-built Nikon ATR+
confocal microscope [431] equipped with a 60 x water dipping objective (NIR
Apo 1.0W DIC, Nikon Instruments). For the in vitro 3D imaging of microbubble
internalization, the microscope was equipped with a 100 x water dipping objective
(CFI Plan 100XC W, Nikon Instruments). Four channels were used to capture the
different fluorescent signals: Hoechst was excited at 405 nm and detected at 450/50
nm (center wavelength/bandwidth), CellMask Green was excited at 488 nm and
detected at 525/50 nm, Dil was excited at 561 nm and detected at 595/50, and
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DiD was excited at 640 nm and detected at 700/75 nm. All imaging experiments
were performed in a custom-made water bath at 37 °C positioned beneath the
microscope and completed within 2 h after placing the sample in the confocal set-

up.

8.2.5 Binding efficacy in vitro static

Statically cultured HUVECs in the CLINIcells were first incubated with CellMask
Green Plasma Membrane Stain (4 pg/mL final concentration) for 10 min inside
the humidified incubator to stain the cell membranes. Then, to stain the cell
nuclei, Hoechst 33342 (5 ug/mL final concentration) was added together with the
microbubbles (direct/indirect 1:1 ratio, 1 x 10® microbubbles/mL final concentration)
and the CLINIcell was placed with the HUVEC monolayer on top in the incubator
for 5 min, to allow the targeted microbubbles to float up and bind to the cells. The
CLINIcell top membrane was cut out to image the cells with an objective with a
smaller working distance than the 5 mm between the CLINIcell top and bottom
membranes [58] and the CLINIcell was then placed in the confocal set-up in a water
bath at 37 °C with the HUVEC monolayer on the bottom membrane. Each confocal
microscopy field of view (FOV) covered 210 x 210 um (512x512 pixels) and 25 FOVs
were acquired in each CLINIcell. Additionally, to determine the ratio of indirect:direct
microbubbles in each stock sample, 25 FOVs were acquired using a control CLINIcell
without HUVECs, every experimental day when a new stock sample of targeted
microbubbles was prepared. This control CLINIcell was first blocked with 2% (w/v)
bovine serum albumin (BSA) for 1 h, to avoid nonspecific microbubble binding to the
CLINIcell membranes, then washed three times with PBS and pre-heated to 37 °C
before adding the microbubbles (1 x 106 microbubbles/mL final concentration) and
placing the CLINIcell in the confocal microscopy imaging set-up.

8.2.6 Binding efficacy in vitro under flow

For experiments under flow, the flow on the HUVECs cultured in the p-slide was
stopped for approximately 10 min to transport the y-slide from the humidified
incubator to the experimental set-up. The p-slide was first inserted into the set-up
upright in a water bath at 37 °C, with the HUVEC monolayer on the bottom of the
u-slide. Then, flow was started at a shear stress of 7.5 dyn/cm? and a mixture of
1.36 pL Hoechst 33342 (10 mg/mL) and 10.9 pL CellMask Green Plasma Membrane
Stain (5 mg/mL) in 200 puL EGM-2 was injected into the upstream Luer injection
port with a 1T mL Luer Solo syringe (Omnifix-F, B Braun, Melsungen, Germany) and
19G needle (Sterican, B Braun). The fluorescent dyes were allowed to incubate
under flow for 15 min, after which the p-slide was inverted to have the HUVEC
monolayer on the top side of the u-slide [507]. For the binding efficacy under
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flow experiments, different flow conditions were evaluated with a shear stress of
1.25, 2.22, 445, 5.0, 6.8, or 7.5 dyn/cm?. To monitor binding under flow, confocal
microscopy time lapse imaging (0.31 fps) was started 15 s prior to injection of the
microbubbles (indirect:direct 1:1 ratio, 1 x 10° microbubbles/mL final concentration)
into the downstream Luer injection port and continued for 7 min. Next, to quantify
the number of bound microbubbles under flow, single frame FOVs were acquired
at different locations throughout the p-slide with each FOV covering 210 x 210 um
(512x512 pixels). For 1.25 and 2.22 dyn/cm?, the flow was kept constant during
imaging of 25 FOVs. For 6.8 and 7.5 dyn/cm?, after acquiring 15 FOVs the flow was
adjusted to a shear stress of 4.45 or 5 dyn/cm?, respectively, and 15 more FOVs were
acquired. Additionally, 25 FOVs were acquired in a control p-slide without HUVECs
to determine the ratio of indirect:direct microbubbles on each experimental day. The
control y-slide was connected to the Ibidi pump system and filled with pre-heated
EGM-2 to compare to the situation of p-slides with HUVECs. The microbubbles
(1 x 108 microbubbles/mL final concentration) were injected downstream at a shear
stress of 1.5 dyn/cm? to mimic the experimental procedure of the binding efficacy
under flow experiment. However, 10 s after injection the flow was turned off to make
imaging feasible, since otherwise the non-bound microbubbles would float out of
the p-slide in the absence of HUVECs.

8.2.7 Dissociation in vitro under flow

For the dissociation under flow experiments, the p-slide with HUVECs grown under
flow was transported to the confocal set-up and dyes were added as described above
in Section 9.2.6. After 15 min incubation of the dyes and subsequent inverting of the
u-slide, the flow was adjusted from 7.5 dyn/cm? to 1.5 dyn/cm?. The microbubbles
(direct/indirect 1:1 ratio, 1 x 10% microbubbles/mL final concentration) were injected
downstream and after 10 s the flow was stopped, to allow the microbubbles to flow
into the p-slide and bind to the HUVEC monolayer. After 5 min incubation with
microbubbles a confocal microscopy time lapse recording (0.31 fps) was started
first without flow, then the flow was started at 1.0 dyn/cm? and gradually increased
with 0.5 dyn/cm? steps every 60 s up to 7.5 dyn/cm?. The time lapse FOV covered
210 x 210 ym (512x512 pixels) and one time lapse was recorded per p-slide.

8.2.8 Binding efficacy in vivo

For in vivo experiments the CAM was prepared and dyes were added as described
above in Section 8.2.3. The CLINIcell with the CAM was placed in the confocal set-up
in a water bath at 37 °C. Each FOV covered 210 x 210 um (512x512 pixels) and to
get a full picture of the blood vessels, z-stacks (step-size 0.575 um) were acquired
to include all microbubbles bound at one FOV at different z-planes. On average
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12 FOVs were imaged per CAM. Additionally, 25 FOVs were acquired of the stock
sample in a control CLINIcell without HUVECs as described above, to determine the
indirect:direct ratio of the sample on each experimental day.

8.2.9 Internalization of bound microbubbles in vitro

To image the microbubble-cell morphology in 3D of microbubbles internalized by
HUVECs, as described previously (Chapter 7), CLINIcells were prepared and placed
in the confocal imaging set-up as described above. Z-stacks were acquired with
0.325 pm steps.

8.2.10 Data analysis

All in vitro binding efficacy and dissociation under flow results were analyzed with
ImagelJ software by counting the number of direct and indirect microbubbles in each
FOV. The in vivo binding efficacy results were analyzed with the NIS-Elements AR
Analysis software (version 5.02.00) from Nikon by counting the cumulative number
of direct and indirect microbubbles per FOV over all z-slices. For the binding efficacy
experiments, the median ratio of indirect:direct microbubbles in the control FOVs
was calculated per experimental day to correct for any deviations in the stock sample
from the desired ratio of 1:1 (indirect:direct). All FOVs with less than five bound direct or
indirect microbubbles were excluded from the binding efficacy analysis. The binding
efficacy was quantified as the ratio of the number of bound indirect microbubbles
divided by the number of bound direct microbubbles (indirect:direct) and corrected
for the indirect:direct ratio of the stock sample. The cumulative number of bound
microbubbles per p-slide under flow at 4.45-7.5 dyn/cm? was multiplied by 1.67 to
correct for the difference in number of FOVs, since for 1.25-2.22 dyn/cm? 25 FOVs
were recorded and for 4.45-7.5 dyn/cm? 15 FOVs were recorded. The results from
4.25 and 5 dyn/cm? were pooled and are presented as 4.7 dyn/cm?, and the results
from 6.8 and 7.5 dyn/cm? were pooled and are presented as 7.2 dyn/cm?.

For the dissociation under flow experiments, for each shear stress the number of
bound microbubbles was counted and normalized to the initial number of bound
microbubbles, thereby starting at 100% before flow. If the focus was lost for the full
60 s of a shear stress condition during time lapse imaging, the data point at that
shear stress was excluded from analysis. A curve was fitted through the data using the
restricted cubic spline curve function (5 knots) in GraphPad Prism 9.0.0. Microbubble
sizes were measured using the measure Radius tool in the NIS-Elements AR Analysis
software (version 5.02.00) from Nikon. Microbubbles were only measured if the gas
core was clearly visible inside the circular fluorescent coating. For the in vitro binding
efficacy, a random sample of 11 FOVs at 1.25 dyn/cm? and 11 FOVs at 2.22 dyn/cm?
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were analyzed to obtain a minimum N number of 100 microbubbles per type at
each flow condition. For 4.45, 5, 6.8, and 7.5 dyn/cm? all FOVs were analyzed. The
results from 4.25 and 5 dyn/cm? were pooled and are presented as 4.7 dyn/cm?, and
the results from 6.8 and 7.5 dyn/cm? were pooled and are presented as 7.2 dyn/cm?.
For the in vitro dissociation under flow, microbubbles were measured in the first
FOV of a time lapse, before starting flow, and at the last FOV, at the maximum flow
of 7.5 dyn/cm?.

The internalization of bound microbubbles was quantified as described previously
(Chapter 7), with a custom semi-automated procedure in MATLAB (The Mathworks
Inc., Natick, MA, USA). Briefly, the orthogonal planes crossing the center of the
microbubble were found based on the xy-plane with maximum fluorescence
intensity in the Dil (direct microbubble) or DiD (indirect microbubble) channel. These
orthogonal planes, i.e. xz- and yz-planes, were then used to obtain the microbubble
location by fitting a circle through the maximum intensity in the Dil or DiD channel.
The CellMask Green channel of the same orthogonal planes was then used to identify
the apical and basal cell membrane at the location of the microbubble. These planes
were used to quantify the cell thickness. Next, the internalized depth was quantified
at the center of the microbubble, as the difference between the z-plane of the apical
cell membrane and the bottom of the microbubble (i.e., z-plane closest to the basal
cell membrane). Finally, the CellMask Green channel was scored manually for the
occurrence of a dome, that is when the top of the microbubble was covered by the
cellmembrane, and the occurrence of green rings, that is when there was a ring with
high fluorescence intensity present at the location of the microbubble.

8.2.11 Statistics

The statistical analysis was done using IBM SPSS Statistics 25. First a Shapiro-Wilk
test was used to assess the normality and distribution of the data. As the data was
non-parametric, a Mann-Whitney U test or Kruskal-Wallis test was used to test for
differences between groups and the exact Wilcoxon Signed-Rank test was used for
paired data (microbubble size from Coulter Counter measurement and percentage
of bound microbubbles in dissociation under flow experiment). The correlation
between parameters was assessed with Pearson’s correlation test and differences
between groups were only tested for N > 2.
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8.3 RESuLTS

In Figure 8.1 the mean microbubble diameters and size distribution of direct and
indirect targeted microbubbles are summarized. There was no significant difference
between the mean size of direct and indirect targeted microbubbles (p = 0.209,
Figure 8.1A). The size distribution was polydisperse and comparable for both types
of microbubbles, as shown in Figure 8.1B.

The binding efficacy of direct and indirect targeted microbubbles was evaluated in
three models using confocal imaging of bound microbubbles, as shown in Figure 8.2.
HUVECs grown under static conditions (Figure 8.2A) had a typical cobble stone
appearance, with high fluorescence intensity at the cell-cell borders. In contrast,
the HUVECs grown under flow (shear stress 7.5 dyn/cm?, Figure 8.2B) were more
elongated and covered a larger area per cell. The Dil and DiD channels showing the
bound direct and indirect microbubbles in red and white, respectively, are presented
in Figure 8.2A2 and 8.2B2. The white stripes in Figure 8.2B2 represent non-bound
microbubbles flowing through the p-channel during imaging. Figure 8.2C shows
the volume view of a z-stack acquired of a vessel in the in vivo CAM model. The
curved top side of the vessel is visible with targeted microbubbles (red and white)
bound to the endothelial cells in green. Three slices from the z-stack are shown in
Figure 8.2D-F, with the bound microbubbles in Figure 8.2D2-2F2. In comparison to
the HUVEC monolayers, the cell-cell borders were less distinguishable in the CAM
model due to the more challenging imaging environment and 3D structure in vivo.
The mean heart rate was 88 + 24 beats per minute.
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Figure 8.1 (A) Number weighted mean diameter (um) of direct and indirect targeted microbubbles
(tMBs). Each circle represents one sample of targeted microbubbles (N = 12) for each experimental
day, with the median and interquartile range (IQR) overlaid in black. The size distribution of circles
with a black border is shown in (B): number weighted size distribution of direct (red) and indirect
(blue) targeted microbubbles.
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Figure 8.2 Typical examples of targeted microbubbles bound to a monolayer of HUVECs cultured (A)
statically or (B) under flow (cultured at 7.5 dyn/cm? imaged at 1.25 dyn/cm?) showing (1) all channels
and (2) Dil and DiD channels. (C) Volume view of targeted microbubbles bound to endothelial cells
in vivo in the CAM model based on confocal z-stack. (D-F) 2D view of slices at different z positions in
z-stack shown in (€) and imaged from the top, showing (1) all channels and (2) Dil and DiD channels.
Cell membrane shown in green, cell nuclei in blue, direct microbubbles in red (Dil) and indirect
microbubbles in white (DiD). Scale bar represents 50 ym and applies to all 2D images. Normalized
ratio of indirect/direct bound microbubbles was (A) 1.87, (B) 3.09, (C) 1.14. All experiments were
performed in a temperature-controlled water bath at 37 °C.

The binding efficacy was quantified as the normalized ratio of indirect to direct
bound microbubbles in vitro under static conditions and under flow (1.25 and
2.22 dyn/cm?), and in vivo in the CAM model, as presented in Figure 8.3. Since
all ratios based on FOVs with less than five bound microbubbles were excluded,
results from higher shear stresses in vitro (4.7 to 7.2 dyn/cm?) are not presented
in Figure 8.3. The mean ratio in the stock sample was (0.85 + 0.25):1 indirect:direct
targeted microbubbles (N = 12 experimental days). For the static condition, more
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indirect than direct microbubbles were bound in 89.2% of the FOVs, with a median
of 1.55x more indirect microbubbles bound. There was some variability in the extent
of how many more indirect microbubbles were bound, ranging from 0.72 to 7.2x
the number of direct bound microbubbles. The cumulative number of microbubbles
bound in 25 FOVs, i.e. one CLINIcell, ranged from 1000 to 2000. For the flow condition
with 1.25 dyn/cm?, 87.2% of the FOVs had more indirect than direct microbubbles
bound, with a median of 1.49x more indirect microbubbles bound, and for the
flow condition with 2.22 dyn/cm?, 82.6% of the FOVs had more indirect than direct
microbubbles bound with a median of 1.56x more indirect microbubbles bound.
Both in vitro flow shear stresses resulted in ratios comparable to the static condition
but with a lower maximum and lower standard deviation. Finally, using the in vivo
CAM model, in 77.3% of the FOVs more indirect than direct microbubbles had bound
with a median of 1.25x more indirect microbubbles bound. /In vivo, most of the
microbubbles bound in the vein near the injection site and no bound microbubbles
were observed in the arteries. The cumulative number of microbubbles bound
per chicken embryo ranged from 150 to 1800. The ratio of indirect:direct bound
microbubbles in static conditions was significantly higher than in vivo (p < 0.001).
Furthermore, the ratios at 1.25 and 2.22 dyn/cm? for the in vitro flow conditions were
significantly higher than in vivo (p = 0.001 and p = 0.031, respectively).

Binding efficacy under flow was investigated in vitro at shear stresses of 1.25 and
2.22 as shown in Figure 8.3, and also 4.7 and 7.2 dyn/cm?. With increasing shear
stress, the number of microbubbles binding under flow decreased towards zero
at 7.2 dyn/cm?. The cumulative number of bound microbubbles per p-slide is
shown in Figure 8.4A, to incorporate the results from high shear stress conditions
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Figure 8.4 Direct and indirect targeted microbubbles (tMBs) bound in vitro at different shear stresses.
(A) Mean cumulative number of microbubbles counted in a total of 25 FOVs per slide, each symbol
represents one slide. Bar represents mean of N = 2 p-slides. (B) Microbubble diameter as a function
of shear stress. N = number of microbubbles measured, in 11 FOVs for 1.25 and 2.22 dyn/cm? and
all FOVs for 4.7 and 7.2 dyn/cm?. Boxplots are presented with median, IQR, and whiskers from min
to max. For N < 6 individual data points are shown as circles. Statistical significance is indicated with
*p < 0.05. Results from 4.25 and 5 dyn/cm? were pooled presented as 4.7 dyn/cm?, results from 6.8
and 7.5 dyn/cm? were pooled presented as 7.2 dyn/cm?.

(> 2.22 dyn/cm?) in which only a limited number of microbubbles bound under
flow. Despite the variability in numbers of bound microbubbles between p-slides
at the same shear stress, the number of bound indirect microbubbles was higher
than the number of bound direct microbubbles at all shear stresses except for
7.2 dyn/cm?. The diameters of bound microbubbles were measured to investigate
the influence of shear stress on the size distribution of microbubbles binding under
flow (Figure 8.4B). N numbers in Figure 8.4B do not correspond to the cumulative
numbers from Figure 8.4A, as not every microbubble had a clearly visible gas core
and thus some microbubbles were counted without measuring the diameter. The
mean diameter of bound microbubbles was comparable at 1.25 to 4.7 dyn/cm?, while
the diameter of bound direct microbubbles at 7.2 dyn/cm? was significantly smaller
than the diameter of bound direct (p = 0.011) and indirect (p = 0.023) microbubbles
at 1.25 dyn/cm?. The sample size of bound indirect microbubbles at 7.2 dyn/cm?
(N = 2) was too small for statistical comparison to the other groups.

The binding dissociation under flow was investigated in vitro by allowing targeted
microbubbles to bind to a HUVEC monolayer without flow and subsequent exposure
to increasing shear stress conditions. The median number of direct microbubbles
bound before flow in one FOV was 63 [interquartile range (IQR) 32 — 139] and
the median number of indirect microbubbles bound was 49 [IQR 25 — 91]. After
correction for the stock sample this corresponded to a ratio of 1.13 + 0.32 indirect/
direct targeted microbubbles (mean + SD, N = 8). Figure 8.5 shows the percentage
of targeted microbubbles, relative to the number of microbubbles bound before
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flow, remaining bound to the HUVEC monolayer upon increasing shear stress with a
spline curve fitted through the data. The median percentage of indirect microbubbles
bound was always higher than the median percentage of direct microbubbles,
with a significant difference at 4, 4.5, and 6.5 dyn/cm?. Based on the curve fitting,
there was a significant difference in dissociation rate between direct and indirect
microbubbles at low shear stresses (1to 3 dyn/cm?), with the slope being -7.5 (95%
confidence interval: -8.0 — -7.0) for direct microbubbles and -4.7 (95% confidence
interval: -5.0 — -4.4) for indirect microbubbles. No differences in microbubble size
distribution were found after evaluation of the microbubble sizes before flow and at
7.5 dyn/cm? (Supplemental Figure 8.1).

To evaluate the internalization of direct and indirect bound microbubbles, the 3D
morphology of targeted microbubbles bound to HUVECs was studied in static
conditions with confocal z-stacks as shown in Figure 8.6. In Figure 8.6A and B a
bright fluorescent ring can be observed in the middle of the image in the CellMask
green channel, at the location of the internalized direct and indirect microbubble
respectively. Furthermore, the apical cell membrane in green is covering the top of
the internalized microbubbles, referred to as a dome. In Figure 8.6C an example
is shown of an internalized indirect microbubble where a dome is present, but no
green fluorescent ring.

Quantification of the internalized depth is presented in Figure 8.7. The internalized
depth of direct targeted microbubbles was significantly larger than that of indirect
targeted microbubbles (p = 0.027, Figure 8.7A). Moreover, the size of direct
microbubbles (median diameter 3.7 um) was significantly larger (p < 0.001) than the
size of indirect microbubbles (median diameter 2.8 pm) analyzed for internalized
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Figure 8.6 Orthogonal views of confocal microscopy z-stack of (A) bound direct microbubble
(diameter 6.0 pm, internalized depth 5.5 pm), (B) bound indirect microbubble (diameter 5.8 pm,
internalized depth 4.7 um), and (C) bound indirect microbubble (diameter 3.7 ym, internalized depth
4.4 um) with microbubble location marked with white dotted circle in C1. Side views were imaged with
the objective from (ii) above or (iii) the right. Scale bar represents 5 pm, orange and blue markings
indicate the cross-section of the orthogonal planes of the side views.

depth. All microbubbles analyzed for internalized depth (N = 61 in total) were
also scored for the presence of a dome and a green ring in the cell membrane.
The internalized depth of microbubbles with a dome (N = 41) was significantly
(p < 0.001, Supplemental Figure 8.2A) larger than that of microbubbles without a
dome (N = 20). Furthermore, the internalized depth of microbubbles with a green
ring (N = 37) was significantly (p < 0.001, Supplemental Figure 8.2B) larger than
that of microbubbles without a green ring (N = 24). Not all microbubbles covered
by the apical cell membrane, classified as a dome, also displayed a green ring
(N = 4, Figure 8.6C). However, in all cases where a green ring was present in the
CellMask Green channel, a dome was also found (N = 37). The influence of ligand
distribution on the occurrence of domes and green rings was further investigated
by comparing the direct and indirect targeted microbubbles (Figure 8.7B, C). For
microbubbles with a dome, the internalized depth of direct microbubbles (N = 22)
was significantly higher (p = 0.001) than that of indirect microbubbles (N = 19).
For microbubbles with a green ring, the internalized depth of direct microbubbles
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Figure 8.7 Internalization of targeted microbubbles (tMBs) bound to a HUVEC monolayer in static
conditions with direct (circles) in red and indirect (squares) in blue. (A) Internalized depth (um) of
direct (N = 32) versus indirect (N = 29) targeted microbubbles with median and IQR. Significance
is indicated with *p < 0.05. (B-C) Internalized depth of direct (D, red) and indirect (ID, blue) bound
microbubbles with (B) dome or (C) green ring present or absent in the CellMask Green channel,
shown as boxplot with whiskers from min to max and N numbers listed above the graphs. Statistics
are indicated with a solid black line for p < 0.001 and a dashed line for p < 0.01. (D) Internalized depth
as a function of microbubble diameter. (E) Internalized depth as a function of cell thickness. In A, D,
and F the examples from Figure 8.6 are marked with: F6A) black circle, F6B) black square, and F6C)
dotted black square.

(N = 22) was significantly higher (p = 0.001) than that of indirect microbubbles
(N =15). There were no significant differences in internalized depth of direct (N = 10)
and indirect (N = 10) microbubbles without a dome (p = 0.059) and without a green
ring (direct N = 10, indirect N = 14, p = 0.861). The correlation of internalized depth
with microbubble size and cell thickness was first analyzed per microbubble type.
Based on linear regression no significant differences were found between the slopes
and intercepts of the lines for direct and indirect microbubbles, therefore, the data
was pooled for correlation analysis. The internalized depth was positively correlated
with the microbubble size (Spearman correlation coefficient p = 0.278, p = 0.030,
Figure 8.7D). Additionally, the internalized depth was positively correlated with the
cell thickness (o = 0.686, p < 0.001, Figure 8.7E).
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Figure 8.8 Internalization event of targeted direct microbubble (diameter 5.9 pm) over time indicated
with min:sec, at a shear stress of 1.25 dyn/cm? and with targeted microbubbles added at 0:15. Scale
bar represents 10 um and applies to all images.
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With time-lapse imaging of targeted microbubbles binding under flow to a
HUVEC monolayer, an internalization event could be tracked over time, as shown
in Figure 8.8. At 0:36 a direct targeted microbubble appeared in the field of view
and bound to the HUVEC monolayer. Over the next six minutes a bright green
ring appeared in the cell membrane at the location of the bound microbubble,
indicating that the bound microbubble was being internalized by the HUVEC.

8.4 Discussion

The effect of ligand distribution on the binding efficacy of o B,-targeted microbubbles
was evaluated by comparing direct and indirect targeted DSPC-based microbubbles
with heterogeneous and homogeneous ligand distributions, respectively. In the
three experimental models used for this study — a HUVEC monolayer under static
conditions and under flow with a shear stress of 1.25 to 7.5 dyn/cm? and the in
vivo CAM model — microbubbles with a homogeneous ligand distribution always
had a higher binding efficacy than those with a heterogeneous ligand distribution.
Furthermore, the dissociation rate of microbubbles with a homogeneous ligand
distribution was significantly lower and more microbubbles with a homogeneous
ligand distribution remained bound at a shear stress of 1.5 to 7.5 dyn/cm?.
Additionally, the effect of ligand distribution on internalization of o f3,-targeted
microbubbles was evaluated by quantifying the internalized depth of bound direct
and indirect microbubbles to a HUVEC monolayer in static conditions, and was
found to be independent of the ligand distribution.
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The ratio of indirect to direct bound microbubbles was calculated as a measure
of binding efficacy and found to be > 1, indicating that more indirect targeted
microbubbles had bound. Therefore, the indirect microbubbles, with a homogeneous
ligand distribution, had a higher binding efficacy than the direct microbubbles,
with a heterogeneous ligand distribution. There were no significant differences in
microbubble size, therefore any differences in binding efficacy between direct and
indirect targeted microbubbles cannot be caused by a difference in size. Although
our previous study found a slight difference in size between direct and indirect
microbubbles [427], the microbubbles in that study were washed twice whereas
the targeted direct and indirect microbubbles in the present study underwent five
washing steps before measuring the size distribution. Washing of microbubbles by
centrifugation is known to influence the size distribution [521], which may explain
why the more size-selected direct and indirect targeted microbubbles in the present
study had no significant difference in size. The variability in binding efficacy was
the highest without flow, when microbubbles bound to a HUVEC monolayer under
static conditions. There was no correlation between the cumulative number of
microbubbles bound per CLINIcell, ranging from 1000 to 2000 in 25 FOVs, and the
percentage of indirect bound microbubbles, suggesting that the variability in binding
efficacy was not due to a difference in total number of bound microbubbles per
CLINIcell. In addition, there was no correlation between the percentage of indirect
bound microbubbles and the passage number of the HUVECs used. Regardless of
the variability in the binding efficacy under static conditions, the normalized ratio
of indirect:direct bound microbubbles was > 1in 89.2% of the FOVs, indicating that
microbubbles with a homogeneous ligand distribution had a higher binding efficacy
than microbubbles with a heterogeneous ligand distribution in static conditions.

The next step was to evaluate the binding efficacy and dissociation rate of o 8,-
targeted microbubbles under flow, in order to mimic more physiologically relevant
conditions. Shear stresses of 1to 7.5 dyn/cm? were investigated, comparable to
the blood flow in healthy veins [522]. The target o 3, integrin is expressed during
angiogenesis [523] and atherosclerosis [524], and is an established target for
molecular imaging of tumors [525] and anti-tumor therapies [526]. Although
tumors are known to have a complex microenvironment with highly variable blood
flow, shear stresses have been estimated to be as low as 0.5 dyn/cm? [527, 528]. The
HUVEC monolayers cultured under flow (shear stress 7.5 dyn/cm?) in this study had
a different morphology compared to the HUVEC monolayers cultured under static
conditions, indicating that the cells had adapted in response to the shear stress to
which they were exposed, in agreement with previous observations [498]. Although
this was not investigated in the present work, previous studies reported that the o 3,
integrin expression was upregulated when HUVECs [529] and bovine endothelial cells
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[530] were cultured under flow, in contrast to cells cultured under static conditions.
Although all experiments were performed at 37 °C and thus can be extrapolated
to the in vivo situation, different ambient hydrostatic pressures and temperatures
were not investigated in relation to microbubble binding characteristics. What is
known is that microbubble’s acoustic properties change dependent on the ambient
hydrostatic pressure, where the subharmonic amplitude decreased with increasing
pressure [531], and temperature, where the shell elasticity and viscosity decreased
[455, 532] and attenuation either decreased [533] or increased [532, 534] with
increasing temperature. In addition, temperature changes may affect microbubble
sizes, as decreases [533], increases [534, 535], and no effect [532, 533] in size have
been reported. An increase in size will affect microbubble binding efficacy at higher
shear rates as shown in our study (Figure 8.4B).

When looking at the cumulative number of bound microbubbles in all 25 FOVs
per p-slide (Figure 8.4), always more indirect microbubbles bound than direct
microbubbles. This indicates that o B,-targeted microbubbles with a homogeneous
ligand distribution bound more efficiently under flow than those with a heterogeneous
ligand distribution, which was confirmed by the ratio of indirect:direct bound
microbubbles (Figure 8.3). At 1.25 dyn/cm?, the cumulative number of bound
microbubbles was comparable to the number of bound microbubbles under static
conditions, being approximately 1000 bound microbubbles per 25 FOVs (Figure 8.4A).
The number of microbubbles binding under flow decreased with increasing shear
stress, which is in agreement with previous studies on o j3,-targeted microbubbles
binding to HUVECs under flow (shear stress 0.5-5 dyn/cm?) [536], and microbubbles
targeted to other biomarkers such as P-selectin [49], vascular cell adhesion molecule
(VCAM)-1 [537], and intracellular adhesion molecule (ICAM)-1 [324], all using
microbubbles functionalized with an antibody through biotin-streptavidin coupling.
In our study, the size distribution of bound microbubbles at 1.25 to 4.7 dyn/cm? was
comparable, suggesting that at a low shear stress the microbubble size has limited
influence on the binding rate. In contrast, at 7.2 dyn/cm? the microbubble diameter
of bound direct microbubbles, median 3.1 um (IQR 2.77-3.23), was significantly
smaller with than at 1.25 dyn/cm?. While it should be noted that the sample sizes
of bound microbubbles at 7.2 dyn/cm? were small, this could be an indication
that smaller microbubbles have a higher binding rate at a high shear stress. A
computational model revealed that a diameter of 2 to 4 ym would be the optimal
size for microbubbles targeted to P-selectin and E-selectin [538], and a study on
targeted spherical particles (diameter 0.1to 10 um) showed that spheres with 2 to 5
um diameter were optimal for targeting under flow [539]. This may be explained by
the increased force encountered by larger particles, as they extend further from the
endothelial cell layer to the center of the vessel.
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The dissociation under flow was investigated by allowing the microbubbles to
bind first and then starting an escalating flow regime with shear stresses from 1
to 7.5 dyn/cm?. The measured dissociation rate of direct microbubbles was higher
than that of indirect microbubbles at low shear stresses (1-5 dyn/cm?), although
above 5 dyn/cm? the dissociation rates of direct and indirect microbubbles were
similar. The difference between direct and indirect microbubbles in percentage of
bound microbubbles was significant at 4, 4.5, and 6.5 dyn/cm?, however, with a
larger sample size a significant difference between direct and indirect microbubbles
may also be expected for other shear stresses above 4.5 dyn/cm?. There were no
differences in size distribution of microbubbles bound before flow started and at
7.5 dyn/cm?, indicating that although the binding rate may be influenced by the
microbubble size, the dissociation of bound microbubbles occurred independent
of the size. Moreover, the mean size of bound microbubbles was similar to the
mean size measured by Coulter Counter. Together, these results confirm that under
flow a homogeneous ligand distribution results in a higher binding efficacy than a
heterogeneous ligand distribution.

A study on P-selectin-targeted microbubbles reported that microbubble dissociation
or detachment under flow was related to the receptor density on the target surface
[49], with our results corresponding to the dissociation rate of the highest receptor
density tested (109 molecules/um?). In our study, the percentage of microbubbles
remaining bound at increasing shear stress was several times higher than the
percentage reported recently on vancomycin-decorated microbubbles binding to a
bacterial biofilm under flow [507]. With the experimental set-up used for the present
study, the unbound targeted microbubbles kept on circulating through the p-slide
with the HUVEC monolayer for as long as the flow was on. Hence, it is possible that at
low shear stresses new microbubbles bound during the experiment and the results
do not only reflect a difference in dissociation rate, but also a difference in binding of
microbubbles at low shear stresses. The number of microbubbles remaining bound at
shear stresses above 4 dyn/cm? was much higher than the number of microbubbles
binding under flow at 4.7 and 7.2 dyn/cm?, which is in concert with previous reports
on P-selectin-targeted microbubbles [49]. This indicates that while the binding rate
may be low at high shear stress, the microbubbles can remain bound successfully.
To improve the binding rate in high shear stress conditions, acoustic radiation forces
can be used to reduce the flow speed of targeted microbubbles and displace them
towards the target surface [120].

Finally, the binding efficacy of o ,-targeted microbubbles was evaluated in vivo
using the CAM model. Although the size of the injected vein and the number of
microbubbles injected varied, the number of indirect bound microbubbles was higher
than the number of direct bound microbubbles in 77.3% of the FOVs, with a median
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of 1.25x more indirect bound microbubbles. Studies have shown that for ultrasound
molecular imaging, the acoustic scattering of individual bound microbubbles can
be detected [397]. Based on this, using indirect targeted microbubbles — with
homogeneous ligand distribution — would result in 25% higher molecular signal
in vivo compared to the direct targeted microbubbles, with heterogeneous
ligand distribution. The experimental set-up limited the view of the CAM hence
the injection site could not be imaged in each chicken embryo. Nonetheless, this
should have no effect on the ratio of indirect:direct bound microbubbles. A study
using intravital microscopy to observe the behavior of targeted microbubbles in
the microcirculation of rodents reported that microbubbles predominantly bound
in veins and not the arteries or arterioles [540], similar to our observation in the
present study. The observed heart rates of the chicken embryos were in agreement
with a previous report on chicken embryo experiments involving o f8,-targeted
microbubbles, where it was found that the uptake of a model drug was increased
when more microbubbles bound to the endothelial cells [519]. In the context of our
results, this suggests that the use of targeted microbubbles with homogeneous
ligand distribution may result in increased enhancement of drug delivery compared
to those with a heterogeneous ligand distribution.

The effect of ligand distribution on the internalization of o 3,-targeted microbubbles
was investigated, since a recent study has shown how the drug delivery outcome
upon sonoporation is affected by the internalization of targeted microbubbles
(Chapter 7). While there was a significant difference in internalized depth between
direct and indirect microbubbles, the internalized depth was size-dependent and a
significant difference was found in the diameters of direct and indirect microbubbles
in this data set. Therefore, the difference found in internalized depth is likely
due to a difference in microbubble size, as opposed to the difference in ligand
distribution. The internalized depth and its correlations with microbubble diameter
and cell thickness reported here are all in agreement with the previously published
results on indirect microbubbles, although the number of non-internalized indirect
microbubbles found here was slightly higher than in the previous study. The dome
formation and occurrence of green rings is substantiated by the previous study as
well. For both types of microbubbles, two separate groups were observed: those
with internalized depth between 2 to 6 ym and those with internalized depth
around 0 um (Figure 8.6A). This separation into two groups was confirmed by
the dome formation, based on which the microbubbles could be divided into a
non-internalized group without dome and an internalized group of microbubbles
with a dome. All cases where a green ring was observed in the cell membrane,
the microbubble was internalized, and hence a green ring was a clear marker for
internalization. On the other hand, a green ring was not always present when a
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microbubble was internalized. It is possible that the occurrence of bright fluorescent
rings at the location of the bound microbubbles is caused by rearrangement of the
cell membrane lipids and fluorescent dye. The process of internalization appeared
to be independent of the ligand distribution, and is instead expected to be receptor-
mediated (Chapter 7).

A live internalization event was observed with a direct targeted microbubble under
flow, based on the emerging green fluorescent ring observed in the cell membrane
(Figure 8.7). Since the confocal microscopy imaging of microbubbles binding
under flow was all in 2D, it was not possible to quantify the internalized depth. The
internalization of the microbubble took approximately 6 minutes, the same time
scale found in studies on internalization of 3.2 um sized silicon micro-particles, which
were starting to be encapsulated by the HUVEC cell membrane after 5 minutes of
incubation, and fully internalized after 15 minutes [541]. Furthermore, non-targeted
phospholipid-coated microbubbles with diameters from 2.8 to 4.1 um adhered
to activated leukocytes after 3 min incubation and were fully phagocytosed, ie.
internalized, after 15 min of incubation [489]. These microbubbles were internalized
through complement opsonization, however, in our previous study non-targeted
microbubbles were not internalized by HUVECs (Chapter 7). Therefore, it is unlikely
that complement factors binding to the microbubble surface or ligand play a role in
the internalization of microbubbles by HUVECs as studied here.

8.5 CONCLUSIONS

The effect of the ligand distribution on the binding efficacy of o f3,-targeted
microbubbles was evaluated in vitro under static conditions and under flow with a
shear stress from 1.25 to 7.5 dyn/cm?, and in vivo in the CAM model. Microbubbles
with a homogeneous ligand distribution had a higher binding efficacy than those with
a heterogeneous ligand distribution. The dissociation rate of bound microbubbles
with homogeneous ligand distribution was significantly lower than the dissociation
rate of those with heterogeneous ligand distribution at a low shear stress (1 to
5 dyn/cm?). Although the ligand distribution had no influence on the internalization
of o f,-targeted microbubbles by HUVECs, the internalization depth correlated
with the microbubble size and cell thickness. In conclusion, the ligand distribution
of targeted microbubbles has a significant effect on the binding efficacy in vitro
and in vivo. For optimal results in ultrasound molecular imaging and drug delivery
with targeted microbubbles, the indirect production method of phospholipid-
coated microbubbles is preferred, whereby the phospholipid-components are first
dissolved in organic solvent to obtain a lipid film before the lipids are dispersed in
aqueous medium to achieve a homogeneous ligand distribution.
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Chapter 9

ABSTRACT

Bacterial biofilms are a huge burden on our healthcare systems worldwide. The lack
of specificity in diagnostic and treatment possibilities result in difficult-to-treat and
persistent infections. The aim of this in vitro study was to investigate if microbubbles
targeted specifically to bacteria in biofilms could be used both for diagnosis as well
for sonobactericide treatment and demonstrate their theranostic potential for biofilm
infection management. The antibiotic vancomycin was chemically coupled to the
lipid shell of microbubbles and validated using mass spectrometry and high-axial
resolution 4Pi confocal microscopy. Theranostic proof-of-principle was investigated
by demonstrating the specific binding of vancomycin-decorated microbubbles
(VMB) to statically and flow grown Staphylococcus aureus (S. aureus) biofilms under
increasing shear stress flow conditions (0-12 dyn/cm?), as well as confirmation of
microbubble oscillation and biofilm disruption upon ultrasound exposure (2 MHz,
250 kPa, and 5,000 or 10,000 cycles) during flow shear stress of 5 dyn/cm? using
time-lapse confocal microscopy combined with the Brandaris 128 ultra-high-speed
camera. Vancomycin was successfully incorporated into the microbubble lipid
shell. vMB bound significantly more often than control microbubbles to biofilms,
also in the presence of free vancomycin (up to 1,000 ug/mL) and remained bound
under increasing shear stress flow conditions (up to 12 dyn/cm?). Upon ultrasound
insonification biofilm area was reduced of up to 28%, as confirmed by confocal
microscopy. Our results confirm the successful production of vMB and support their
potential as a new theranostic tool for S. aureus biofilm infections by allowing for
specific bacterial detection and biofilm disruption.

Keywords—Biofilm;  Sonobactericide; Targeted microbubble;  Theranostic;
Ultrasound; Vancomycin

9.1 INTRODUCTION

Approximately 80% of all bacterial infections are associated with biofilms [542], where
bacteria encase themselves in a protective matrix hindering antibiotic effectiveness
up to 1,000-fold compared to free-floating (i.e., planktonic) bacteria and facilitating
development of antibiotic resistance [543, 544]. This increased resistance is largely
due to the reduced metabolic activity of biofilm-embedded bacteria and the limited
penetration of antibiotics throughout the biofilm [545-547]. These life-threatening
infections are challenging to diagnose and treat, and are increasing in prevalence
alongside the vulnerable aging population and surging use of implantable life-
saving/enhancing technologies that create niches primed for colonization [548,
549]. Furthermore, biofilm infections are difficult to cure, often requiring high-risk,
costly, invasive procedures and can still become persistent, necessitating lifelong
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antibiotic use and/or repeated medical interventions. Biofilm infections can occur
anywhere in all organ systems and can carry a high mortality rate depending on the
location and infecting microbe. For example, infective endocarditis is an infection
of the heart valves and/or endocardial surface with an in-hospital mortality of
18-47.5% [550, 551] and a 5-year mortality of 40-69% [552-555]. Delayed diagnosis
of infective endocarditis is associated with increased mortality and early diagnosis of
biofilm infection is therefore critical [552, 556, 557]. Currently there is no theranostic
tool available in the clinic which combines the detection of bioflms with treatment
possibilities. A novel theranostic agent to detect early biofilm formation with
subsequent treatment possibilities would be a major breakthrough.

Microbubbles (1—-10 um in diameter) are ultrasound contrast agents that consist of
an inert-gas core encapsulated by a protein, phospholipid, or biocompatible polymer
shell [66, 400] and used in daily clinical practice for several decades to aid in the
ultrasound diagnosis of cardiovascular diseases and cancer [66, 425, 558, 559]. Their
therapeutic potential, however, has only begun being substantiated with clinical
trials over the past years [226, 227, 282, 283]. Microbubbles respond volumetrically,
i.e., oscillate, to the increase and decrease of pressure from ultrasonic waves [66,
400], and it is these ultrasound-activated responses that enable them to be detected
as well as induce various bioeffects for potential therapeutic applications. Promising
pre-clinical investigations have only recently begun to determine if microbubble-
mediated effects can be used to treat bacterial infections, which is referred to as
sonobactericide [382]. Until now, biofilms both grown and then treated under flow
with sonobactericide have yet to be investigated, which would be physiologically
relevant for infections situated in flow environments.

Targeted microbubbles are microbubbles that have a ligand incorporated into their
coating so they can specifically bind to biomarkers, and have been extensively
studied for their theranostic potential in regards to mammalian cells [50].
Preclinically, targeted microbubble binding under flow conditions has been used for
the diagnosis of atherosclerosis [560], while clinical studies have shown the potential
of ultrasound molecular imaging of cancer [51, 386]. Treatment of different diseases
was more effective with targeted than with non-targeted microbubbles in in vitro
and in vivo studies [385, 425]. To the best of our knowledge, targeted microbubbles
for biofilms have been investigated only once before, which was for the detection
of Staphylococcus aureus (S. aureus) biofilms using a monoclonal immunoglobulin
antibody to protein A (S. aureus bacterial cell wall surface protein) or a Pseudomonas
aeruginosa lectin [561]. Although these microbubbles successfully bound to the
biofilms, the clinical translation is poor because the antibody to protein A must
compete with host antibodies that already bind to protein A forimmune surveillance/
clearance and the P. geruginosa lectin causes red blood cell agglutination [562, 563].
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The purpose of this proof-of-principle study was to develop a clinically translatable
novel theranostic agent using vancomycin-decorated microbubbles (vMB) for the
detection and treatment of clinically relevant bacteria-associated biofilms. The
antibiotic vancomycin was chosen as the ligand for its 1) binding ability to the
D-Ala-D-Ala moiety (K, ~1-4 uM) present in most gram-positive bacterial cell walls
[564], 2) potential for clinical application, and 3) possibility to covalently couple
this compound without losing its functionality (Figure 9.1) [565]. Vancomycin was
chemically coupled to the microbubble coating via the functionalized polyethylene-
glycol (PEG) conjugated lipid (DSPE-PEG(3400)) and confirmed with matrix-assisted
laser desorption/ionization - time-of-fight mass spectrometry (MALDI-TOF
MS), thin-layer chromatography (TLC), and 4Pi microscopy imaging. To mimic
physiological conditions, a bioflm flow model was grown and treated under
physiological shear stress conditions using an Ibidi microchannel flow set-up. We
investigated the capability of the vMB to remain bound to bacterial biofilms under
static and shear stress conditions and evaluated their theranostic potential using
confocal microscopy combined with ultra-high-speed imaging using the Brandaris
128.

9.2 METHODS

9.2.1 Conjugation of vancomycin to phospholipid and incorporation
in the microbubble shell

9.2.1.1 Vancomycin coupling to lipid DSPE-PEG(3400)-N-hydroxysuccinimide

Thirty milligrams of DSPE-PEG(3400)-N-hydroxysuccinimide (DSPE-PEG(3400)-NHS;
Sunbright DSPE-034GS; NOF America Corporation, New York, USA or NOF Europe
GmbH, Frankfurt am Main, Germany) was dissolved in 1280 uL dimethylsulfoxide
(276855; Sigma-Aldrich, Saint. Louis, Missouri, USA) for a final concentration of
23.4 mg/mL. The covalent coupling of vancomycin to DSPE-PEG-NHS was performed
as previously described for coupling of the cyclic RGD peptide [433], where the
NHS ester of DSPE-PEG reacts with the primary amino group of the peptide. The
reaction mixture was made by adding the DSPE-PEG(3400)-NHS solution to a 20%
molar excess of vancomycin hydrochloride hydrate (V0045000, Sigma-Aldrich) in
dimethylsulfoxide. A 2-fold molar excess of N,N-diisopropylethylamine (496219,
Sigma-Aldrich) relative to the vancomycin hydrochloride hydrate was also added.
The reaction mixture was incubated on a rocker (15 rpm, PTR-35, Grant Instruments
Ltd, Shepreth, United Kingdom) overnight at room temperature. N-hydroxy
succinimide, unreacted vancomycin, and byproducts were removed by dialysis
(Spectra/Por 1 Dialysis Membrane 6-8 kD; Spectrum, New Jersey, USA) in 500 mL
0.9% saline solution (Baxter International Inc., Deerfield, lllinois, USA) at 4 °C for 24 h.
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DSPE-PEG(3400) vancomycin

Figure 9.1 Molecular structure of the functionalized polyethylene-glycol (PEG) conjugated lipid
(DSPE-PEG(3400)) coupled to the antibiotic molecule vancomycin. Green circles indicate where the
vancomycin interacts with the D-Ala-D-Ala moiety present in gram-positive bacterial cell walls [566].

Then the saline solution was replaced with 4 °C demi water every 24 h for two days.
On the fourth day of dialysis, the demi water was replaced twice with 4 h in between
to reach the microSiemens value (Greisinger GMH 3431, Regenstauf, Germany) of
demi water, ie. 1-3 uS. The final product (Figure 9.1) was then freeze-dried (Alpha
1-2 LD plus; Martin Christ GmbH, Osterode am Harz, Germany) and stored at -20
°C. Depending on the supplier of the DSPE-PEG(3400)-NHS, the produced DSPE-
PEG(3400)-vancomycin conjugate is referred to as ‘lipid conjugate (batch USA)’, ie.
made from the DSPE-PEG(3400)-NHS obtained from NOF America Corporation or
'lipid conjugate (batch EU), ie. made from DSPE-PEG(3400)-NHS obtained from
NOF Europe.

9.2.1.2 Mass spectrometry

Electrospray ionization mass spectrometry experiments were performed on an
Agilent Accurate Mass QToF 6520 quadrupole time-of-flight instrument (Agilent
Technologies, Santa Clara, CA, USA) based on mass spectrometry analysis reported
for similar compounds [567]. The electrospray ionization source was operated in
the positive ionization mode using a capillary voltage of 4500 V and the following
conditions: nebulizer nitrogen gas pressure, 10 psig; drying gas flow rate, 5 L/min;
and drying temperature, 340 °C. The scan range was m/z 50-3200 at 1s/scan. Data
acquisition was performed using MassHunter Qualitative Analysis software (B.07.00,
Agilent). Direct introduction conditions: samples were prepared at a concentration
of 1 mg/mL (in chloroform for the DSPE-PEG(3400)-NHS, lipid conjugate (batch
USA), and lipid conjugate (batch EU) and in water for vancomycin) and 1 pL was
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injected. Injections were done using acetonitrile as the mobile phase with a flow
rate of 0.1 mL/min. MALDI-TOF Mass measurements were carried out on an Autoflex
MALDI-TOF mass spectrometer (Bruker Daltonics GmbH, Bremen, Germany). This
instrument was used at a maximum accelerating potential of 20 kV in positive mode
and was operated in linear mode. The delay extraction was fixed at 560 ns and
the frequency of the laser (nitrogen 337 nm) was set at 5 Hz. The acquisition mass
range was set to 2,000-8,000 m/z with a matrix suppression deflection (cut off) set to
1,500 m/z. The equipment was externally calibrated with the single charge and double
ion of insulin. Each raw spectrum was opened with flexAnalysis 2.4 build 11 (Bruker
Daltonics GmbH, Bremen, Germany) software and processed using the following
parameters: Savitzky-Golay algorithm for smoothing (width 5 and cycles 2), and
sum algorithm for peak detection and labelling. The matrix solution was prepared
from a saturated solution of a-cyano-4-hydroxycinnamic acid in water/acetonitrile
50/50. The sample (less than 0.1 mg) was suspended in 1T mL of chloroform, and
then 1 yL of the sample was added to 10 pL of saturated matrix solution. The mixture
(1 yL) was loaded on the target and dried at room temperature.

9.2.1.3 Thin-layer chromatography

TLC sheets (TLC Silica gel 60 F254 Aluminum sheets; EMD Millipore Corporation,
Burlington, Massachusetts, USA) were used as a stationary phase. A mixture of
chloroform and methanol in a 9:1 vol/vol ratio was used as the mobile phase.
DSPE-PEG(3400)-NHS and the lipid conjugate (batch USA and EU), were dissolved
in chloroform to a concentration of 25 mg/mL and vancomycin was dissolved in
methanol to a concentration of 25 mg/mL. Dissolved compounds were then spotted
onto the TLC sheet using glass capillaries. Sheets were inspected for compounds
under UV light (VL-6M, Vilber Lourmat, Collégien, France) after exposure to iodine
vapors (207772; Thermo Fisher Scientific, Waltham, Massachusetts, USA).

9.2.1.4 Microbubble production

To produce vMB, 1,2-distearoyl-sn-glycero-3-phosphocholine (DSPC, 12.5 mg/mL,
86.4 mol%; Sigma-Aldrich), custom-made lipid conjugate (batch USA or EU) (4.35 mg
dissolved as 2.9 mg/mL, 5.3 mol%), and PEG-40 stearate (12.5 mg/mL, 8.3 mol%;
Sigma-Aldrich) were first dissolved in phosphate buffered saline (PBS; 14200083;
Thermo Fisher Scientific) saturated with perfluorobutane (CF,; 355-25-9, F2
Chemicals Ltd, Preston, Lancashire, UK) using a sonicator bath for 10 min. To
fluorescently label the vMB coating, the lipid dye DD (1,1'-dioctadecyl-3,3,3',3'-
tetramethylindodicarbocyanine perchlorate; D307; Thermo Fisher Scientific) was
added and mixed by probe sonication (Sonicator Ultrasonic Processor XL2020, Heat

Systems, Farmingdale, New York, USA) at 20 kHz at power level 3 for 3 min. This
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was followed by probe sonication for 60 s at power level 8 under continuous C,F,;
gas flow [397]. vMB were produced without the addition of lipid dye for ultrasound
molecular imaging experiments and determining the vancomycin concentration
on VMB. Microbubbles were stored in sealed 30 mL glass vials (DWK Life Sciences
GmbH, Mainz, Germany) under C,F, atmosphere at 4 °C and used within three
days. To produce non-targeted control microbubbles (cMB), the custom-made lipid
conjugate was substituted for DSPE-PEG(3400) (2142-3400; Nanosoft Polymers,
New York, USA). To fluorescently label the cMB coating, the lipid dye DiD or
Dil  (1,1'-Dioctadecyl-3,3,3",3'-Tetramethylindocarbocyanine ~ Perchlorate; D282;
Thermo Fisher Scientific) was added before probe sonication. Before experiments,
microbubbles were washed three times with C,F, -saturated PBS by centrifugation
at 400 g for 1 min (Heraeus Biofuge Primo, Waltham, Massachusetts, USA). The
microbubble size distributions and concentrations were measured using a Coulter
Counter Multisizer 3 (Beckman Coulter, Brea, California, USA). Particles (1-30 pm)
were quantified using a 50 um aperture tube. To determine the vancomycin loading
efficiency of the vMB, 1970 uL out of a total of 3260 uL washed vMB (batch EU), were
sonicated in a water bath for 10 min to destroy the microbubbles. This was followed
by freeze-drying (Martin Christ GmbH) which yielded 23.24 mg of destroyed freeze-
dried vMB. The destroyed freeze-dried vMB (4.65 and 3.83 mg) and corresponding
lipid conjugate (batch EU; 0.79 and 0.48 mg) were dissolved in 50 pL and 350 pL
Multi-Assay Manual Diluent (7D82P; Abbott Laboratories, Chicago, lllinois, USA),
respectively. The obtained solutions were inserted in the Architect c4000 clinical
chemistry analyzer (Abbott Laboratories) in combination with the Multigent
vancomycin reagents kit (6E44-21; Abbott Laboratories) to obtain the vancomycin
concentration. The vMB loading efficiency was defined by the following formula:

vancomycin in 1 washed vMB batch

Loading efficiency = x100%

vancomycin in 4.35 mg lipid conjugate

The amount of vancomycin molecules per um? of microbubble shell was calculated
by dividing the amount of vancomycin on the vMB by the surface of the vMB:

ko2
47TNZ i=1 Xt

where x_ is the number fraction, r, the radius of that fraction, and k the number of
bins (as determined with the Coulter Counter).

9.2.1.5 4Pi microscopy imaging

vMB (lipid conjugate batch EU) and Dil-containing cMB were incubated with anti-
vancomycin IgG rabbit antibody coupled to a FITC-molecule (1 ug/1x108 MBs; LS-
C540056; LifeSpan BioSciences, Seattle, Washington, USA) on ice for 30 min. To
remove excess antibody, microbubbles were washed with C,F, -saturated PBS as
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described above. Microbubbles were then placed in 87% glycerol (vol/vol in PBS)
to reduce Brownian motion. Y-stacked xz-scans were acquired using a Leica TCS
4Pi confocal laser-scanning microscope with two aligned opposing objectives for
high axial resolution (90 nm step size, 100x glycerol HCX PL APO objective lens,
numerical aperture 1.35). The FITC antibody was excited using a 488 nm laser and
detected at 500-550 nm. For lipid shell visualization, Dil and DiD were excited with a
561 nm laser and detected at 580-640 nm and 647-703 nm, respectively. The 'voltex’
function in AMIRA software (Version 2020.1, FEI, Mérignac Cedex, France) was used
for rendering volume projections of the acquired y-stacked xz-scans.

9.2.2 Biofilm formation

9.2.2.1 Static biofilm formation

An infective endocarditis patient-derived S. aureus bacterial strain, associated with
cardiovascular infections (ST398), was used for this study. This strain was collected
by the department of Medical Microbiology and Infectious Diseases, Erasmus
MC University Medical Center Rotterdam, the Netherlands, and anonymized and
de-identified according to institutional policy. Frozen stock samples were streaked
onto tryptic soy agar containing 5% sheep blood (BD, Trypticase, Thermo Fisher
Scientific) and allowed to grow overnight at 37 °C. Bacterial colonies were suspended
in Iscove's Modified Dulbecco's Media (IMDM; Gibco, Thermo Fisher Scientific) until
an optical density of 0.5 (+ 0.05) was reached at 600 nm (Ultraspec 10, Amersham
Biosciences, Little Chalfont, United Kingdom) corresponding to 1x108 colony forming
units per mL (CFU/mL). IbiTreat polymer p-Slides (80196; 0.8 mm channel height;
| Luer; Ibidi GmbH, Grafelfing, Germany) were inoculated with 200 ulL of diluted
bacterial suspension consisting of 1x10* CFU/mL. The IbiTreat p-Slide in- and outlet-
reservoirs were filled with 60 uL of IMDM. Slides were then incubated at 37 °C for
24 h in a humidified incubator under constant agitation (150 rpm; Rotamax 120,
Heidolph Instruments, Schwabach, Germany).

9.2.2.2 Biofilm formation under flow

IbiTreat p-Slides were incubated with 320 pL of type O human plasma (citrate
phosphate double dextrose as an anti-coagulant; pooled from five donors to
minimize donor variability; Sanquin, Rotterdam, the Netherlands) to aid bacterial
attachment under flow. After incubation at 37 °C for 24 h in a humidified incubator,
plasma was removed and the slides were rinsed three times with 200 pL 0.9% saline
solution (Baxter International). Then, an IMDM diluted S. aureus bacterial suspension
of 200 pL containing 1x108 CFU/mL was pipetted into the slide. Bacteria were allowed
to attach to the surface of the p-Slide for 3 h at 37 °C and then the p-Slide was
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connected to an Ibidi fluidic unit using corresponding perfusion sets (Perfusion set
red, 10962; Ibidi) and a computer-controlled air pressure pump (Ibidi pump system;
Ibidi). In order to later on inject microbubbles and dyes, an in-line Luer injection
port (10820; Ibidi) was placed in the perfusion set 3.5 cm before the y-Slide inlet.
Biofilms were grown under laminar flow at 5 dyn/cm? (14.4 mL/min, corresponding
to a Reynolds number of 32) for 24 h at 37 °C.

9.2.3 Experimental set-up

The p-Slides were inserted into a custom-built water tank, that was maintained at
37 °C and situated underneath a custom-built Nikon ATR+ confocal microscope [431]
(Nikon Instruments, Amsterdam, the Netherlands) (Figure 9.2A, C). The orientation
of the p-Slide was either upright (Figure 9.2A-B) or flipped 180° (Figure 9.2C-D)
depending onthe experiment performed. The transducer (2.25 MHz center frequency
used at 2 MHz; 76.2 mm focal length; -6 dB beam width of 3 mm at 2 MHz; V305;
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Panametrics-NDT, Olympus, Waltham, MA, USA) was placed underneath the sample
at a 45° angle to minimize ultrasound reflection and standing wave formation. Both
the optical and ultrasound foci were aligned using a pulse-echo approach and a
needle tip located at the optical focal plane [440], hereby the microbubbles and
biofilm could both be simultaneously imaged and insonified. An arbitrary waveform
generator (33220A; Agilent), in combination with a broadband amplifier (ENI A-500;
Electronics & Innovation, Rochester, NY, USA), was connected to the transducer.
The transducer output was calibrated in a separate experiment using a needle
hydrophone (1 mm diameter; PA2293; Precision Acoustics, Dorchester, UK). As a
live/dead staining, SYTO 9 (S34854; Thermo Fisher Scientific) was excited at 488 nm
and detected at 525/50 nm (center wavelength/bandwidth) and propidium iodide
(PI; P4864-10ML; Sigma-Aldrich) was excited at 561 nm and detected at 595/50 nm.
For experiments with Dil incorporated into the cMB, the 561 nm laser with the
same detection was also used for optical imaging. A third channel was used for the
visualization of DiD incorporated into vMB or cMB with an excitation at 640 nm and
fluorescence detected at 700/75 nm.

9.2.4 Binding of targetd microbubbles to bacteria in biofilms

9.2.4.1 Competitive microbubble binding assay

To study the competitive binding of vMB (lipid conjugate batch USA and EU), statically
grown biofilms were pre-incubated at room temperature for 5 min with vancomycin
concentrations of 0, 10, 20, 100 or 1,000 pg/mL dissolved in IMDM. This includes
the maximal recommended clinical blood level concentration of vancomycin, ie.
20 ug/mL [568, 569]. A final vancomycin concentration of 0 or 1,000 ug/mL was used
in the p-Slides for cMB. After this, the dyes (0.4 pyL of 5 mM SYTO 9, 5 pL of 1.5 mM
Pl) and fluorescent DiD microbubbles (7.0x105 vMB or cMB) were added to IMDM
containing the same pre-incubation vancomycin concentration to a total of 200 pL,
which was then added to the p-Slide replacing the pre-incubation. Slides were
flipped 180° for 5 min to allow the microbubbles to float up towards the biofilm for
binding at room temperature and then flipped back to their original position, such
that any unbound microbubbles would rise to the top of the channel (Figure 9.2B).
For each vancomycin concentration, the binding assay was performed in at least
three p-slide. Slides were systematically imaged with a 100x water-dipping objective
(CFI Plan 100XC W, Nikon Instruments) of which each field-of-view consisted of
512 x 512 pixels (128 x 128 um). Locations within the slide were named 1 to 5 and
were equally spaced apart, with 1 representing the field-of view nearest to the inlet
and 5 nearest to the outlet. The number of microbubbles attached to bacterial
biofilms was manually determined using Fiji software for 20 different fields-of-view
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(5 locations distributed over the length of the microchannel, with 4 equally spaced
fields-of-view per location) distributed over each p-Slide.

9.2.4.2 Non-specific microbubble binding assay

For assessment of non-specific binding of microbubbles, p-Slides with and without
statically grown biofilms were treated similarly. p-Slides without biofilm were
filled with 200 yL IMDM and in- and outlet-reservoirs with 60 uL of IMDM. Slides
were then incubated at 37 °C for 24 h in a humidified incubator under constant
agitation (150 rpm). Before the binding assay, all u-Slides were first rinsed by adding
200 uL IMDM to the inlet and removing 200 pL IMDM from the outlet. After 5 min,
200 pL IMDM containing the dyes (0.4 uL of 5 mM SYTO 9, 5 pL of 1.5 mM PI),
7.0x10> fluorescent microbubbles (vMB lipid conjugate batch EU), and either O,
0.1, or 1% of bovine serum albumin (BSA; A9418-50G; Sigma-Aldrich) [426, 451]
or casein (37582; Thermo Fisher Scientific) [570] was added to the microchannel.
p-Slides were then flipped 180° for 5 min to allow the microbubbles to float up
towards the bottom of the microchannel for binding and then flipped back to their
original position. Three binding assays were performed for each condition. p-Slides
were systematically imaged with the 100x objective (for specifics see Section 9.2.4.7).
The number of vMB attached to the bottom and top of the microchannel was
manually determined using Fiji software in 40 different field-of-view distributed over
the u-Slide, divided in 20 fields-of-view located at the bottom and 20 fields-of view
located at the top of the microchannel. The binding efficiency was defined by the
following formula:

Sum amount MBs bottom

Binding efficiency = x100%
Total amount MBs bottom and top

9.2.4.3 Microbubble binding under increasing shear stress

To exclude differences in results due to biofilm heterogeneity and possible variable
biofilm erosion under flow conditions, vMB (lipid conjugate batch EU) and Dil-
containig cMB were simultaneously added at a ratio of 1:1 to biofilms grown under
flow at 5 dyn/cm?. A solution of 200 pL IMDM containing 0.4 pyL of 5 mM SYTO 9
and 1.2x10” microbubbles was injected into the in-line Luer injection port with a 1
mL Luer Solo syringe (Omnifix-F, B Braun, Melsungen, Germany) and 19G needle
(Sterican, B Braun) while the flow was turned off and the Ibidi u-Slide was oriented
upside down (Figure 9.2D). To introduce microbubbles and SYTO 9 into the
microchannel, a shear stress of 1.3 dyn/cm? (3.74 mL/min) was applied for 17 s.
The vMB and cMB were then incubated with the biofilm for 5 min without flow.
Flow was started and increased every 60 s, with an initial shear stress increase of
0.5 dyn/cm? (1.43 mL/min), from 1.5 (4.33 mL/min) to 2 dyn/cm? (5.76 mL/min),
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and then each subsequent step was increased by 1 dyn/cm? (~2.87 mL/min) until
12 dyn/cm? (34.53 mL/min, Reynolds number: 74.2) was achieved. The number of
microbubbles remaining attached to the biofilm while applying increasing flows
was monitored with confocal time-lapse microscopy (0.77 frames per second (fps))
using a 60x water-immersion objective (Plan Apo 60XA WI, Nikon Instruments) of
which each field-of-view consisted of 512 x 512 pixels (210 x 210 ym). The binding

percentage was defined by the following formula:
MBs bound after 60 s shear stress

Binding percentage = x100%
Total amount MBs before flow

9.2.5 Sonobactericide with vancomycin-decorated microbubbles

9.2.5.1 Sonobactericide therapy

To biofilms grown under flow at 5 dyn/cm?, a solution of 200 pL containing 0.4 pL
of 5mM SYTO 9, 5 pL of 1.5 mM PI and 1.2x10” vMB (lipid conjugate batch EU) in
IMDM was added into the in-line Luer injection port as described above. After this, a
continuous laminar flow of 5 dyn/cm? was applied to the biofilm. For sonobactericide
therapy, the clinically used transthoracic echocardiography frequency of 2 MHz was
chosen [571]. Biofilms were insonified with ultrasound after a minimum of 50 s of
continuous flow exposure. A single 5,000- or 10,000-cycle burst at 250 kPa peak
negative pressure was given, resulting in a treatment time of 2.5 or 5 ms. For the
ultrasound only control, a single 10,000-cycle burst at 250 kPa peak negative pressure
was given. The spatial peak intensity (/) was calculated by using the formula:
I, = P°/2pc [572, 573] where P denotes the peak pressure, p denotes the density
and ¢ the speed of sound, resulting in an /., of 2.06 W/cm? All experiments were
monitored for bacterial and vMB responses with time-lapse confocal microscopy
(0.77 fps) using the 60xobjective (for specifics see Section 9.2.4.3).

The biofilm reduction was quantified based on the SYTO 9 signal using a custom-
built image analysis code in MATLAB (The MathWorks, Natick, MA, USA). The area
without biofilm was determined in a frame before and within 15 s after ultrasound
insonification, both selected based on minimal signal variability due to focus drift.
Images were first converted to binary by thresholding at 300 (image intensity
ranging from 0-4095). Next, all connected components were identified through the
bwconncomp function in MATLAB. All connected components with an area larger
than 200 pixels (33.5 um?) were classified as areas without biofilm and normalized
to the size of the field-of-view (512x512 pixels; 210 x 210 um). The biofilm reduction
was defined as the change in normalized area without biofilm before and after
ultrasound insonification.
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9.2.5.2 Brandaris 128 ultra-high-speed recordings

To resolve the oscillation behavior of the vMB (lipid conjugate batch EU) while
bound to the bacterial biofilm under flow at 5 dyn/cm? upon ultrasound exposure,
the Brandaris 128 ultra-high-speed camera was used as previously described [431].
Briefly, the Brandaris 128 was coupled to the custom-built Nikon A1R+ confocal
microscope, which made it possible to visualize both the microbubble behavior
on a microsecond time-scale and sonobactericide treatment effect after ultrasound
exposure with high resolution confocal microscopy. Time-lapse confocal imaging
using the 100x objective (for specifics see Section 9.2.4.1) started during continuous
flow (5 dyn/cm?), capturing first the initial state of the biofilm and bound vMB.
For the Brandaris 128 ultra-high-speed camera recording, the light path was
automatically switched from the confocal scan head to the Brandaris 128 and was
defined as t = 0 s. During ultrasound exposure (2 MHz, 250 kPa, 5,000 cycles), the
first ~14 microbubble oscillations were recorded in 128 frames at a framerate of
14.9 million fps. The microbubble diameter as a function of time was subtracted
from the Brandaris 128 recording using custom-designed software [44]. After
obtaining all 128 frames, the light path was automatically switched back to the
original position to continue confocal time-lapse imaging. The biofilm reduction
was quantified as described above with the exception that 544 pixels were taken
for all connected components with an area larger than 33.5 pm? to account for the
difference in magnification.

9.2.6 Ultrasound molecular imaging

A high frequency pre-clinical scanner (Vevo 3100, FUJIFILM VisualSonics, Toronto,
Canada) was used in combination with an ultra-high frequency linear array
transducer (MX250, FUJIFILM VisualSonics) operated at 18 MHz to visualize vMB
bound to the biofilm. Biofilms were grown under flow at 5 dyn/cm? as described
under Section 9.2.2.2, with the exception that the perfusion set was modified with
the addition of an y-style splitter (1.6 mm, 10828; Ibidi) placed 11.5 cm from the inlet
of the p-Slide. To the y-style splitter, 20 cm of additional biocompatible silicone
tubing (1.6mm; 10828; Ibidi) was attached which was clamped off during biofilm
growth using a hose clip (10821; Ibidi). For the experiment, the flow by the Ibidi
pump system was stopped and the perfusion set clamped just after the additional
y-style splitter. Then, the tubing was cut just under the original y-style splitters on
both sides of the perfusion set, the additional tubing unclamped, and attached to
a syringe pump (Pump 11 Elite, Harvard Apparatus, Holliston, Massachusetts, USA)
so that injected fluid and vMB passed the biofilm only once (Figure 9.2E). A solution
of 200 uL IMDM containing 1.2x107 vMB (lipid conjugate batch EU) and 1% BSA was
added into the in-line Luer injection port as described under Section 9.2.4.3. After
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5 min of incubation, a shear stress of 1.5 dyn/cm? was applied for 60 s to remove
unbound vMB from the biofilm. The transducer was operated in a 7° angle at 10%
transmit power, medium beamwidth and 40 dB dynamic range and manipulated
using a 3D acquisition motor (FUJIFILM VisualSonics) with a step size of 0.04 mm.
Burst mode was used 1, 5 and 10 times to locally destroy vMB. B-mode and non-
linear contrast mode were used to acquire images. Vevo LAB software was used
to determine the mean contrast power and for rendering volume projections of
6.52 mm non-linear contrast scans.

9.2.7 Statistical analysis

All data were statistically analyzed using IBM SPSS Statistics 27 (IBM Corporation,
Armonk, New York, USA), and a p-value of < 0.05 was used as the significance
level. Data distribution was assessed using the Shapiro-Wilk test. The data on the
microbubble size distribution, competitive microbubble binding assay, stability and
microbubble binding under increasing shear stress was not normally distributed
and was compared by performing a Mann-Whitney U test. To further analyze the
competitive microbubble binding assay data, the Spearman’s rank-order correlation
was evaluated in MATLAB. The sonobactericide therapy data was not normally
distributed and the robust test of equality of means showed to be significant, so a
Welch's t-test was performed instead. Normally distributed data of the non-specific
vMB binding assay was compared using an unpaired t-test or one-way ANOVA with
post-hoc Tukey HSD test for multiple groups.

9.3 RESULTS

9.3.1 Conjugation of vancomycin to phospholipid and incorporation
in the microbubble shell

The freeze-dried product obtained after dialysis was analyzed by mass spectrometry
in order to assess the formation of the expected DSPE-PEG(3400)-vancomycin
conjugate. Electrospray experiments were performed on the freeze-dried product
containing both the lipid and the expected lipid conjugate. The multiplicity of PEG
units in the lipid and the presence of the chlorine isotopes in vancomycin led to
intricated spectra where the average molecular weight (MW) determination of the
conjugate was not possible. According to MALDI-TOF experiments, the starting lipid
was found to have a MW of ~4,260 (Figure 9.3A). The presence of the starting lipid
and a second compound with an average MW of 5,691, matching with the expected
conjugate of ~5,700, was confirmed for the freeze-dried product (Figure 9.3B).
Successful conjugation between the DSPE-PEG(3400)-NHS and vancomycin was
further confirmed by TLC (Supplemental Figure 9.1).
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Figure 9.3 Matrix-assisted laser desorption/ionization - time-of-flight mass spectra of (A) DSPE-
PEG(3400) and (B) the freeze-dried product after dialysis with the red shaded region confirming the
vancomycin coupled to the polyethylene-glycol (PEG) lipid.

The number weighted mean diameter of the vMB produced with the lipid conjugate
batch USA or lipid batch conjugate EU did not show a significant difference between
batches (p = 0.737). When comparing the number weighted diameter of vMB
(median: 3.97, interquartile range: 0.52) to cMB diameter (median: 3.83, interquartile
range: 0.58) (Figure 9.4A), no significant difference was found (p = 0.604). The
number weighted diameter of vMB does not indicate changes in microbubble size
over the three-day period in which the experiments were performed. Figure 9.4B
shows similar polydisperse microbubble size distributions for vMB and ¢cMB.
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Figure 9.4 Microbubble number-weighted mean diameter and size distribution. (A) The mean diameter
of vancomycin-decorated microbubbles (vMB, red, N = 19 batches) and control microbubbles (cMB,
blue, N = 10 batches) used in all experiments. The vMB were produced with either lipid conjugate
batch USA (red circles) or lipid conjugate batch EU (red triangles). The median and interquartile range
are overlaid. Orange-colored symbols indicate the MB batches corresponding to those represented in
B. (B) Representative size distribution of vMB and ¢cMB batches.
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Incubation of vMB with a FITC-labeled anti-vancomycin antibody confirmed the
presence of vancomycin as a ligand on the phospholipid coating using high-axial
resolution 4Pi confocal microscopy. The patch-like FITC-signal within the three-
dimensional reconstruction of the vMB, as seen in Figure 9.5A, indicates that
vancomycin is heterogeneously distributed over the vMB coating. The corresponding
4Pi confocal microscopy recording is shown in Video 9.1. The absence of any FITC-
signal in the cMB (Figure 9.5D) shows that there was no non-specific binding of
the FITC-labeled anti-vancomycin antibody to the other phospholipid components.
The corresponding 4Pi confocal microscopy recording is shown in Video 9.2. The
destroyed freeze-dried vMB samples contained 3.23 and 2.69 ug/mL of vancomycin,
corresponding to an average of 0.035 ug of vancomycin per mg of destroyed
freeze-dried vMB. The lipid conjugate samples contained 87.46 and 60.43 ug/mL
vancomycin, corresponding to an average of 41.41 ug vancomycin per mg of lipid
conjugate. The average vancomycin loading efficiency was calculated to be 0.71%.
The average number of vancomycin molecules per um? of microbubble shell was
calculated to be 5358 (5285 and 5431 molecules).
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Figure 9.5 Representative 3D reconstructions of high-axial resolution 4Pi confocal microscopy
y-stacks of (A-C) a vancomycin-decorated microbubble (vMB, diameter = 4.2 ym) and (D-F) a control
microbubble (cMB, diameter = 4.3 pm). (A, D) Fluorescence intensity images of the FITC-labeled
anti-vancomycin antibody (vancomycin-ab) and (B, E) the phospholipid shells with the lipid dye DiD
for vMB and Dil for cMB. (C, F) The composite image of the fluorescence emitted by the FITC-labeled
anti-vancomycin antibody (green) and lipid dye (red). Scale bar is 1 pm and applies to all images.
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9.3.2 Binding of targeted microbubbles to bacteria in biofilms

The ability of vMB and cMB to bind to statically grown biofilms was assessed with
a competitive microbubble binding assay (Figure 9.6). Significantly more vMB were
found at the bacterial biofilms compared to cMB, regardless of the concentration of
free vancomycin present. For vMB, increasing the concentration of free vancomycin
up to 20 ug/mL prior to the incubation with vMB did not result in a significant
decrease in the amount of bound vMB. Only the preincubation of biofilms with
a free vancomycin concentration greatly exceeding the maximal clinical dose
of 20 pg/mL, namely 100 and 1,000 pg/mL, reduced the number of bound vMB
(respectively, p = 0.02 and p < 0.001). No significant difference (p = 0.74) was found
between the binding of vMB produced with either the USA or EU lipid conjugate
batch. There was no significant difference (p = 0.065) between the number of cMB
after preincubating without or with 1,000 pug/mL of vancomycin. Furthermore,
using the same data as in Figure 9.6 the number of vMB and cMB was found to be
unaffected by the location within the p-Slides (Supplemental Figure 9.2). At most a
moderate negative correlation (i.e. number of microbubbles moderately decreases
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Figure 9.6 The number of bound vancomycin-decorated (vMB, red symbols) and control (cMB, blue
squares) for varying concentrations of free vancomycin with statically grown biofilms. The vMB were
produced with either lipid conjugate batch USA (red circles) or batch EU (red triangles). Each symbol
represents the number of microbubbles counted in one field-of-view. The overlaid boxplots show the
median, interquartile range, and the minimum to maximum values. Statistical significance for vMB is
indicated with *p < 0.05, and ***p < 0.001 when comparing different free vancomycin concentrations,
#(p < 0.001) when comparing cMB without free vancomycin to all vMB conditions, and $(p < 0.001)
when comparing cMB with 1,000 pg/mL free vancomycin to all vMB conditions.
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as the distance from the inlet increases) was observed for two conditions, both with
vMB, with a free vancomycin concentration of 10 ug/mL (r = -0.53, p < 0.001) and
1,000 pg/mL (r = =0.54, p < 0.001). All other conditions had coefficient values less
than 0.4 (r values ranging from -0.33 to 0.13), which indicate little to no relationship
between the two variables. The stability of the vMB did not decrease during the
three-day period the microbubbles were used for experiments (Supplemental
Figure 9.3). On day 3 there was even a slight but significant increase in the number
of bound vMB (p <0.05).

cMB showed negligible non-specific binding to the p-Slides without biofilm.
Figure 9.7 shows that the percentage of vMB bound to the p-Slide without biofilm
was approximately two-thirds of the percentage of vMB bound to biofilms. When
0.1% BSA was added, the percentage of vMB bound to the y-Slide without biofilm
significantly (p < 0.05) dropped while no significant changes (p = 0.51) were observed
for the vMB bound to biofilms. When the BSA concentration was increased to 1%,
the same trend was visible; a significant decrease of the percentage of vMB bound
to the p-Slide without biofilm (p < 0.05) and no significant differences (p = 0.13) for
the percentage of vMB bound to the biofilm. Similar results were obtained when
BSA was substituted for casein (Supplemental Figure 9.4).

Figure 9.7 Non-specific binding
100 — of vancomycin-decorated
microbubbles. Ibidi p-Slides with
and without statically grown
biofilms in IMDM were incubated
80 - with either 0 %, 0.1 % or 1%
bovine serum albumin (BSA) to
bind to non-specific binding sites.

60 — Each bar represents the mean
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0.1% BSA and all other conditions
except for IMDM 1% BSA, and
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except for IMDM 0.1% BSA.
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To determine the number of microbubbles that remained bound under flow, the
vMB and cMB were distinguished by the different lipid dyes incorporated into their
coating as shown in Figure 9.8B, E and C, F, respectively. The average number of
vMB present before flow was 51 + 37 and for cMB 61 + 44 (mean + SD; N = 8) per
field-of-view, and the ratio of vMB/cMB was 0.87 + 0.16. Time-lapse imaging while
flow shear stress increased from 1.5 to 12 dyn/cm? was performed to distinguish
bound from unbound microbubbles and revealed that vMB had a significantly higher
binding percentage in comparison to cMB at all shear stress values, except from 7
to 9 dyn/cm? (Figure 9.8G). The biofilm remained attached to the microchannel
throughout the duration of flow binding experiments (Figure 9.8A,D).

9.3.3 Sonobactericide with vancomycin-decorated microbubbles

Biofilms grown under flow had a field-of-view coverage of 89.7 + 10.7% (mean + SD)
(N = 22 fields-of-view in 11 different u-Slides). A typical example of a biofilm treated
with sonobactericide using vMB is shown in Figure 9.9, where five vMB (diameter
ranging from 2.0 to 4.5 um) remained attached to the biofilm under flow (5 dyn/cm?)
before ultrasound treatment (Figure 9.9A). Upon ultrasound insonification using
5,000 cycles, all vMB displaced from the field-of-view resulting in a 24.0% reduction in
biofilm area localized along the microbubble displacement trajectories (Figure 9.9B).
The corresponding confocal microscopy recording is shown in Video 9.3. Overall,
bioflms (N = 7) treated with vMB and a single ultrasound burst of 5,000 cycles
resulted in a median reduction of 19.6% (interquartile range 11.5%; Figure 9.9C). When
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Figure 9.8 Percentage of microbubbles that remained bound upon increasing shear stress with flow
grown biofilms. Confocal microscopy images of (A-C) the initial state before flow and (D-F) after 60 s
of 1.5 dyn/cm? shear stress flow. Both sets of images are the same biofilm with (A, D) bacteria stained
with SYTO 9 (green), (B, E) vancomycin-decorated microbubbles (vMB) stained with DiD (red), and (C,
F) control microbubbles (cMB) stained with Dil (blue). Scale bar is 20 um and applies to all confocal
images. (G) Bars represent median percentage with interquartile range of microbubbles in the field-
of-view remaining bound to the bacterial biofilm during increasing shear stress (N = 8). Statistical
significance between bound vMB percentage and bound ¢cMB percentage is indicated with *p < 0.05
or **p < 0.01.
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Figure 9.9 Biofilms treated under flow at 5 dyn/cm? with vancomycin-decorated microbubbles (vMB)
and ultrasound. Confocal microscopy images of (A) before and (B) after sonobactericide treatment
(2 MHz, 250 kPa, 5,000 cycles. Live bacteria were stained with SYTO 9 (green), dead bacteria with
propidium iodide (orange), and vMB with DiD (red; indicated by white dashed circles). Scale bar is
20 um and applies to all confocal images. (C) Percentage of biofilm reduction upon treatment. Boxplots
show the median, interquartile range, and the minimum to maximum values. The ultrasound (US)
setting of 2 MHz, 250 kPa, 10,000 cycles was used for US alone. Statistical significances between vMB
in combination with US and the control treatment groups are indicated with **p < 0.01; cyc = cycles.

vMB were exposed to 10,000 cycles, a more consistent biofilm reduction amount
was observed, with the highest being 27.6% and a median of 20.8% (interquartile
range 6.3%; N = 4; Figure 9.9C), albeit not significantly different from 5,000 cycles.
No noticeable increase in Pl positive cells was observed following all treatments.
Both ultrasound settings in combination with vMB resulted in significantly higher
biofilm area reduction than any of the control treatments (imaging under flow only,
vMB only, and ultrasound only). Similar low percentages (< 6.3%) of biofilm area
reduction were obtained for all control treatments partly due to focus drift during
the confocal microscopy recordings and biofilm erosion.

To visualize the effect of the sonobactericide treatment on a microsecond time
scale, Brandaris 128 ultra-high-speed camera recording was combined with time-
lapse confocal microscopy. Figure 9.10A shows an example of a selected confocal
microscopy frame of a biofilm with two vMB (diameter 6.3 um and 4.3 um) attached
under flow before ultrasound insonification. During continuous flow, the vMB
were simultaneously insonified (5,000 cycles) and the largest vMB in the middle
of the field-of-view recorded at an ultra-high-speed for the first 14 cycles, where
selected frames of this recording are shown in Figure 9.10B. Throughout the
Brandaris 128 recording (Figure 9.10E), the vMB remained bound to the bacterial
biofilm and the microbubble oscillation amplitude was determined in each frame,
resulting in a diameter range from 4.7 um to 7.8 um during ultrasound exposure.
The corresponding Brandaris 128 recording is shown in Video 9.4. After ultrasound
insonification, the effect of the oscillating vMB on the biofilm was clearly visible
(Figure 9.10C), where approximately 606.1 um? was removed, corresponding to a
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Figure 9.10 Theranostic potential of vancomycin-decorated microbubble (vMB) upon ultrasound
under flow (5 dyn/cm?). (A) Initial state confocal microscopy image of vMB (red, DiD stained; indicated
by white dashed circles) bound to bacteria (green, SYTO 9 stained) ~1 s before ultrasound exposure.
Dead bacteria were stained with propidium iodide (orange). Scale bar is 10 pm and also applies to
C. (B) Selected frames of Brandaris 128 ultra-high-speed camera recording showing the vMB in the
center of A oscillating in response to a single burst of ultrasound (US; 2 MHz, 250 kPa, 5,000 cycles).
Scale bar is 5 pm. (C) Corresponding confocal image ~3 s after ultrasound exposure showing biofilm
disruption. (D) Imaging timeline during recordings. (E) Microbubble diameter as a function of time
visualizing the oscillation behavior of the microbubble during ultrasound insonification. The black
dots correspond to the selected images in B.

3.7% total reduction in the field-of-view. This reduction is within the range observed
for this insonification as shown in Figure 9.9C, even though the magnification was
higher.

9.3.4 Ultrasound molecular imaging

B-mode images of p-Slides without biofilm showed minimal ultrasonic signal
compared to p-Slides containing biofilms (Supplemental Figure 9.5). Non-linear
contrast mode imaging showed only minimal signal for p-Slides without biofilm
(Figure 9.11A). When a biofilm grown under flow was imaged in non-linear contrast
mode, thicker parts of the biofilm could be detected in the microchannel before
the introduction of vMB (Figure 9.11B). After incubation with vMB (Figure 9.11C),
the contrast-to-tissue ratio increased dramatically by 20.2 dB. The ultrasound
molecular signal, with an 18.1 dB contrast-to-tissue ratio, only slightly decreased
after washing away unbound vMB (Figure 9.11D). To confirm that the non-linear
signal was generated by the vMB, bursts were applied on three different places
resulting in three individual lines across the 3D rendered image (Figure 9.11E) where
the vMB were destroyed.
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Figure 9.11 Ultrasound molecular imaging of biofilm. 3D rendered non-linear contrast image of
the microchannel of a p-Slide (A) without biofilm (microchannel delineated by the white dashed
rectangle), (B) with biofilm before addition of vancomycin-decorated microbubbles (vMB), (C) with
biofilm after incubation with vMB, (D) with biofilm after incubation and washing away unbound vMB,
and (E) after applying 1, 5 or 10 flash bursts (white arrows followed by 1, 5 and 10). Scale bar is T mm
and applies to all images.

9.4 DiscussioN

In this study, a novel targeted microbubble was successfully developed based on
the NHS ester chemical reaction that resulted in the coupling of the antibiotic
vancomycin to the microbubble coating. Furthermore, using bacteria-associated
biofilms, ultrasound, and flow, the theranostic proof-of-principle was demonstrated
for the first time using a vMB and ultra-high-speed recording of the microbubble
oscillation behavior. Targeting microbubbles directly to biofilms has the potential
to further enhance therapy and provide a diagnostic component at the same time,
both of which are desperately needed.

9.41 Successful conjugation of vancomycin to phospholipid and
incorporation in the microbubble shell

The coupling of vancomycin to the microbubble phospholipid component DSPE-
PEG(3400) was done via the NHS ester functional group of the lipid and primary
amine of the vancomycin, a method also used by others for coupling vancomycin
to a fluorescent dye [565]. MALDI-TOF mass spectrometry confirmed successful
conjugation, where the starting material only shows a peak at around ~4,260 Da and
all conjugated samples had a second peak at ~5,700 Da indicating the conjugate
(Figure 9.3). However, due to the chloride isotopes of vancomycin and multiplicity
of the lipid's PEG-tail, it was not possible to determine the exact ratio between
starting materials and final conjugate. The 4Pi microscopy data shows that the
vancomycin was heterogeneously distributed over the microbubble coating after
production (Figure 9.5). This heterogeneous ligand distribution might play a role in
binding given that not every part of the microbubble coating can bind to bacteria.
Although heterogeneous ligand distributions have previously been reported for
DSPC-based microbubbles [389, 392], a more homogeneous distribution could
increase the probability of the vMB to bind to the bacteria. Lipid handling prior
to microbubble production [427] or different heating-cooling protocols after
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microbubble production [389] have been shown to alter ligand distribution to
become homogeneous in DSPC-based microbubbles, but these require organic
solvents or high temperatures which may compromise vancomycin functionality.
One of the possibilities to improve the binding profile of the vMB is to expand the
purification process of the lipid conjugate after dialysis.

The antimicrobial property of vancomycin coupled to a microbubble coating should
still be present since the binding site used to inhibit cell wall synthesis remains intact
after conjugation. The overall therapeutic effect of the conjugated vancomycin
alone is then only limited by the amount that is coupled and how many bacteria can
bind to each microbubble. By determining the vancomycin concentration on the
vMB, the amount of vancomycin in a clinical dose of 1x10° vMB [24] was calculated
to be 0.78 pg. This is extremely low when considering the clinical target serum
concentration of vancomycin is 15-20 pg/ml [568, 569]. On the other hand, the
calculated average number of 5358 vancomycin molecules per um? of microbubble
shell is in the similar range as the previously reported ~2500 antibody molecules for
P-selectin targeted lipid coated microbubbles [49]. Although microbubble coating
coverage is crucial when considering it may increase chances of microbubble
binding in vivo, the therapeutic enhancement effects that vMB can provide lies more
on the ultrasound-mediated microbubble behavior. This includes the potential to
decrease the current dosage of vancomycin necessary for patients, which could
lower the incidence of antibiotic-induced nephrotoxicity.

9.4.2 Successful binding of targeted microbubbles to bacteria in
biofilms

Almost all sonobactericide studies use static biofilm cultivation [382]. For some
research questions and target diseases, static bioflms are adequate. However, to
also include flow-related biofilm-mediated diseases, the addition of multiple flow
shear stresses to the bioflm model was pivotal. This addition, in combination with
the human plasma coating, resulted in differently grown biofilms which often had
a more three-dimensional structure to it than statically grown biofilms. Our vMB
successfully bound to bacteria and remained bound through increasing shear stresses
of up to 12 dyn/cm? (Figure 9.8). Although the maximal shear stress used in this in
vitro model is on the lower spectrum in healthy human arteries (10-70 dyn/cm?), it is
above the shear stress found in healthy veins (1-6 dyn/cm?) [574]. Binding of targeted
microbubbles under high shear stress conditions can be challenging. To bypass
this problem, one could make use of primary acoustic radiation forces. Dayton
et al. [120] and Rychak et al. [570, 575] showed that this phenomenon increases
microbubble binding in flow conditions by displacing microbubbles towards the
desired binding area in vitro and in vivo, while also significantly reducing the flow
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speed of these microbubbles. Theoretically, this approach can increase the number
of targeted microbubbles binding to biofilms. Another consideration is that the
circulatory system experiences pulsatile flow with each heartbeat. The lull between
each cyclical increase and decrease in flow and the forwards and backwards motion
of fluid, both due to pulsatile flow, could provide enough time for vMB to bind
compared to a continuous flow state. It therefore is of interest for future studies
to investigate binding under flow using ultrasound and pulsatile flow, potentially
providing an even better binding profile of vMB.

A factor that could affect vMB binding success is that patients are started on
antibiotic therapy the moment infection is suspected, which means that the
available binding sites could already be occupied before VMB are administered.
Therefore, competition was assessed using free vancomycin concentrations ranging
from 0 to 1,000 pg/ml (Figure 9.6), and no significant differences were observed
between 0 and 20 pg/ml, which is the clinical dose. This lends support that vMB
can still be used as a theranostic whether or not the patient is already on high-
concentration vancomycin therapy. Another factor which can also affect vMB
efficiency is plasma protein binding. For free vancomycin, this has been reported as
approximately 26% [576], which could also be the case for vMB. It is also possible
that if vancomycin is administered to the patient before vMB are infused, it could
minimize the off-target binding to plasma proteins and other potential non-desired
attachment. Nonetheless, experiments need to be performed in order to make this
determination.

Variability was seen in the number of bound vMB (Figure 9.6), which partly could be
explained by the heterogenous nature of biofilms, such as differences in the amount
and accessibility of the D-Ala-D-Ala moiety of the bacteria in the biofilm. This relation
between binding of targeted microbubbles and the density of the biomarker is
clearly demonstrated by Takalkar et al. [49] in their in vitro study using anti P-selectin
antibody microbubbles and P-selectin as biomarker. Likely, this variability can also
partly be explained by the fluctuation in the number of microbubbles entering the
microchannel of the Ibidi u-Slide. Regardless, the number of bound vMB for each
condition was all significantly higher than the cMB groups. cMB did exhibit some
non-specific binding to the biofilm (Figure 9.6), however this was minor and known
to also occur with non-targeted microbubbles for mammalian cells [502, 577, 578].
Under flow conditions the cMB adherence to biofilms, for example at 1.5 dyn/cm?
(Figure 9.8G), could in fact be due to the natural rough, irregular surface of biofilms
preventing microbubbles from moving away and requiring a certain level of flow
to overcome this. cMB binding results were significantly different than vMB, both
in number of microbubbles bound statically and in their ability to withstand flow,
except for 7 to 9 dyn/cm? which could also be explained by microbubbles getting
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stuck in the biofilm’s irregular surface (e.g., protuberances) without binding. Higher
flow shear stresses remove the residual unbound control microbubbles from the
irregular surface while vMB remained bound. To minimize the effect heterogenous
biofilms could have on the binding percentage, both vMB and cMB were tested
together in the flow experiments at a 1:1 ratio. However, the ratio in the fields-of-view
was found to be 0.87:1, and therefore the percentage in the microbubble binding
under increasing shear stress represents a smaller number of vYMB compared to
cMB. It is possible that vMB could have bound to bacteria potentially growing within
the tubing set or inlet, and/or planktonic bacteria in the media before reaching the
field-of-view within the p-Slides resulting in the lower amount of vMB in comparison
to cMB.

The non-specific binding of vMB found in p-Slides only containing IMDM, (e.
without biofilm, (Figure 9.7) was likely due to electrostatic non-specific binding to
the microchannel of the u-Slide. When 0.1% or 1% BSA was added to the vMB
solution, this non-specific binding was significantly decreased while maintaining the
specific binding to the bacterial biofilm. No similar non-specific binding is expected
in vivo, since human serum albumin is abundantly present in the bloodstream, i.e.
up to 5.5% [579].

9.4.3 Theranostic proof-of-principle of vancomycin-decorated
microbubbles

This study provides diagnostic and therapeutic proof-of-principle by showing vMB
response upon ultrasound insonification. The ability of bound vMB to biofilms
to generate an echogenic signal in non-linear contrast mode (Figure 9.11) shows
vMB could be used to detect early biofilm development via ultrasound molecular
imaging, for which up till now no single suitable detection method is available. Using
the Brandaris 128 ultra-high-speed camera, a vMB under flow was shown to exhibit
oscillations upon insonification while staying bound to the biofilm (Figure 9.10).
Concerning therapeutic potential, YMB bound to bacteria were able to significantly
disrupt biofilms when exposed to ultrasound (Figure 9.8). This conforms to other
reports from sonobactericide papers where non-targeted microbubbles combined
with ultrasound can have a therapeutic effect on in vitro and in vivo biofilms [382].
However, this study revealed some different biofilm reduction effects which might
be contributed to targeted microbubbles and flow. Specifically, the streak pattern
and large amount of reduction caused by individual microbubbles and one burst
of ultrasound versus the craters and holes that others report by concentrated non-
targeted microbubbles and different insonification schemes. Biofilm reduction was
most likely caused by the microbubble oscillatory mechanical effects (Figure 9.10),
such as microstreaming in combination with flow. Regardless of the mechanism,
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damaged biofilms become more sensitive to antibiotics [580], which could translate
to shorter duration and lower dosage of antibiotics needed to achieve biofilm
eradication.

Direct bacterial killing could also occur and in a manner of two avenues. Firstly,
the vancomycin on vMB bound to bacteria still has the ability to kill via the same
mechanisms as free vancomycin. Secondly, ultrasound-induced microbubble
behavior could enhance membrane permeabilization ultimately leading to cell death,
as observed in mammalian cells [169]. The Pl fluorescence stain is commonly used
as a marker of cell death, as used in this study to assess the initial state of bacteria
within biofilms, but also as a permeabilization marker since it is cell impermeable to
intact membranes. However, direct Pl uptake after sonobactericide treatment was
not observed in this study. This could be due to bacterial cells requiring more time
to die following membrane damage and dispersed cells not being trackable outside
of the field-of-view, since other studies report higher Pl positive cell numbers
but only seen by optical imaging minutes to days after insonification [382]. The
therapeutic impact of one bound vMB is probably multifaceted, with direct and
indirect consequences on both the bacteria and biofilm structure.

While this new approach shows promise to improve biofilm infection patient
outcomes, it needs to be certain that vMB do not contribute to bacterial dispersal and
or the release of biofilm fragments into the circulation. Bacteria that are dispersed or
dislodged from biofilms due to vMB should be characterized to understand and be
able to address the potential risks to be viable as a therapeutic [580, 581]. For vMB as
a diagnostic, less risk is envisioned since the ultrasound settings used would remain
within a few cycles and on the lower acoustic pressure spectrum not intended to
induce major bioeffects. It is expected that the vMB itself will not contribute to
adverse effects. The main compound, DSPC, is also the main component of SonoVue
microbubbles which are already safely used in the clinic for several decades [582].
PEG-40 stearate is widely used as an emulsifier in microbubble formulations [25, 583,
584]. The gas used to produce the vMB, C,F, , is a component of Sonazoid, another
clinically approved microbubble [585]. Although in this study DSPE-PEG(3400) was
used to couple vancomycin, the comparable DSPE-PEG(2000) is a component of the
BR55 microbubble, which has shown safety in clinical trials [386]. Vancomycin as an
antibiotic is used in the clinic with minimal side-effects [586].
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9.5 CONCLUSION

In this study, to the best of our knowledge for the first time, vMB were produced and
characterized which showed successful incorporation of the antibiotic vancomycin
to the microbubble’s lipid shell. Confocal microscopy revealed that vMB were able
to bind to S. aureus biofilms and remained attached under increasing physiological
flow conditions. Significant biofilm reduction was seen upon ultrasound-activation of
vMB. vMB oscillation under flow was visualized on a microsecond time-scale using
the Brandaris 128 ultra-high-speed camera. Bound vMB to the biofilm evidently
enhanced the ultrasound signal during ultrasound molecular imaging. The ability
of vMB to bind to biofilms combined with the mechanical effects induced upon
ultrasound insonification have promising potential to both enhance treatment
through sonobactericide and provide early diagnosis by ultrasound molecular
imaging of biofilm-mediated diseases.
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SUPPORTING INFORMATION

The Supportlng Informat|on is available free of charge at

Supplementary Figure 9.1 Vancomycin coupling
to the DSPE-PEG(3400)-NHS lipid. Thin-layer
chromatography (TLC) visualized the main components
of the conjugation before the chemical reaction (left).
Vancomycin did not migrate, while DSPE-PEG(3400)-
NHS did migrate and separated into two components:
an unreacted part (Lipid-NHS) and a hydrolyzed
part (Lipid-OH). After the conjugation, TLC reveals
the chemically coupled end product after dialysis
and freeze-drying (right). The hydrolyzed unreacted
Lipid-OH remains visible while the Lipid-NHS has
reacted with the vancomycin and is not present
anymore. Lipid-NHS is DSPE-PEG(3400)-NHS; Lipid-
OH is hydrolyzed DSPE-PEG(3400); conjugate is DSPE-
PEG(3400)-vancomycin.
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Supplemental Figure 9.2 Scatter plots visualizing the relationship between the number of bound
microbubbles (MBs) for vancomycin-decorated microbubbles (vMB) or control microbubbles (cMB)
and their location within p-Slides with statically grown biofilms and free vancomycin (0 — 1,000 ug/mL).
The blue circles are the experimental data points, and the lines represent the best fit, with correlation
assessed using the Spearman'’s correlation coefficient (r). Location 1 to 5 were equally spaced, with 1
representing the field-of view nearest to the inlet and 5 nearest to the outlet.
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Supplemental Figure 9.5 B-mode imaging of an p-Slide. Cross-section of a p-Slide (A) without
biofilm, and (B) with biofilm grown under flow. Scale bar is T mm and applies to both images.
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Chapter 10

ABSTRACT

Phospholipid-coated microbubbles are ultrasound contrast agents that, when
functionalized, adhere to specific biomarkers on cells. In this concise review, we
highlight recent developments in strategies for targeting the microbubbles and
their use for ultrasound molecular imaging (UMI) and therapy. Recently developed
novel targeting strategies include magnetic functionalization, triple targeting, and
the use of several new ligands. UMI is a powerful technique for studying disease
progression, diagnostic imaging, and monitoring of therapeutic responses. Targeted
microbubbles (tMBs) have been used for treatment of cardiovascular diseases and
cancer, with therapeutics either co-administered or loaded onto the tMBs. Regardless
of which disease was treated, the use of tMBs always resulted in better therapeutic
outcome than non-tMBs when compared in vitro or in vivo.

Keywords—Targeted microbubble; Ultrasound molecular imaging; Targeted drug
delivery; Ultrasound; Biomarker; Ligand

10.1 INTRODUCTION

Microbubbles (MBs) with sizes of ~1-10 um are clinically used as ultrasound contrast
agent (UCA) for perfusion imaging [587]. The MB coating can be functionalized with
a ligand thereby creating targeted microbubbles (tMBs) that can bind to biomarkers
expressed during disease. Biomarkers expressed by endothelial cells are excellent
targets for ultrasound molecular imaging (UMI) since microbubbles are confined to
the vasculature due to their size. Ultrasound imaging of adhered tMBs allows UMI
[50], which has recently been used successfully in clinical studies with tMBs targeted
to VEGFR2 in prostate [51], breast, and ovarian tumors [386]. Although non-targeted
microbubbles (non-tMBs) are known to enhance drug delivery since 1997 [64], for
example by creating a pore in the membrane called sonoporation [425], it was not
until 2011 that tMBs were reported to also induce sonoporation in an in vitro study
using endothelial cells [442]. For both UMI and therapy, it is the response of the tMB
to ultrasound, ie. by expanding and compressing, that provides the acoustic signal
and stimulates drug uptake.

Since the field of tMBs s relatively new in comparison to non-tMBs, it is still in full
development regarding 1) targeting strategies, 2) UMI, and 3) therapy. This review
focuses on the latest developments of phospholipid-coated tMBs in these three
areas. Articles were excluded if they used nanosized agents (<1 pm), for example
nanobubbles, for which the reader is referred to an excellent other review [588].
Articles that mentioned ultrasound targeted MB destruction (UTMD) or ultrasound
and MB targeted drug delivery (UMTD) and used non-tMBs were also excluded.
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These terms relate to the ultrasound signal targeting a tissue or organ, but have
become confusing since the development of tMBs. In total 55 articles were selected
for this review.

10.2 MICROBUBBLE TARGETING STRATEGIES

Besides the conventional way of targeting with an antibody or small peptide,
several new strategies were recently reported. Magnetically responsive MBs were
produced by incorporating lipid-coated magnetic nanoparticles in the MB coating
by sonication [589]. Iron oxide nanoparticles (IONPs) can be loaded on the outside
surface of MBs, within the coating, or within an oil layer underneath the coating,
with surface loading yielding the highest number of retained MBs in a magnetic field
[590]. IONPs can be coated with different phospholipids or dendrons, affecting the
size and stability of the MBs that incorporate them [591]. Magnetic functionalization
of MBs requires specialized hardware for optimal use: the use of a combined
magnetic-acoustic device, when compared to the use of two separate devices,
increased drug delivery in vitro in an agar phantom and improved tumor response
in vivo in a xenograft pancreatic cancer murine model [592].

Conventional targeting of MBs was improved by conjugating two or more ligands to
the same tMB. The difference in signal intensity in hepatocellular carcinoma tumors
in mice was significantly higher for dual-targeted MBs labeled with anti-VEGFR2
and an RGD peptide, compared to those labeled with only anti-VEGFR2 or only an
RGD peptide [593]. Triple-targeted MBs were developed to mimic leukocytes by
conjugating anti-VCAM-1, anti-ICAM-1, and synthetic polymeric sialyl Lewis X to
custom-made 1,2-distearoyl-sn-glycero-3-phosphocholine (DSPC)-based MBs [594].
These tMBs adhered more efficiently than single-targeted MBs to activated murine
bEnd.3 cells in vitro, and were used in vivo to monitor atherosclerosis development
and atorvastatin treatment in ApoE-deficient mice with atherosclerosis.

With the ever-increasing number of known biomarkers, new ligands and therefore
newly developed tMBs follow. For example, for diagnostic UMI, a Thyl-binding
single-chain antibody was used as ligand on tMBs for the detection of pancreatic
ductal adenocarcinoma [506] and anti-netrin-1 for breast cancer [505], both in
tumor bearing mice. An affibody, a ligand smaller than a full-sized antibody, was
used to produce breast cancer-marker B7-H3-tMB for UMI in an orthotopic human
breast cancer and a transgenic breast cancer mouse model [595]. Furthermore, tMBs
functionalized with anti-MMP-1were used for early diagnosis of laryngeal squamous
cell carcinoma in mice [596], anti-Type IV collagen functionalized tMBs were used
to monitor endothelial injury after carotid balloon angioplasty in rats [597], and
anti-GPC3 functionalized tMBs were used for targeted sonophotodynamic therapy
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in mice with hepatocellular carcinoma [598]. One study used DSPC-based MBs first
conjugated with anti-CD4, then coupled to CD4 positive lymphocytes, to monitor
lymphocyte-endothelium adhesion during acute rejection of cardiac allografts in
rats [599]. All of these studies used streptavidin-biotin bridging to couple the new
ligand to the commercially available Target-Ready Micromarker [505, 506, 595] or
custom-made DSPC-based MBs [596-599].

To bridge the gap between pre-clinical tMBs and those suitable for clinical use, an
alternative to biotin-streptavidin coupling must be used to avoid immune responses
[471]. To produce a UMI agent targeting P- and E-selectin, one study used a
recombinant protein based on TIM-1 for covalent conjugation with a thioether
bond in a canine model of myocardial ischemia-reperfusion [600]. Another strategy
involved chemical coupling of the ligand to a maleimide group incorporated in the
MB coating, which can be done either prior to [433], or after MB formation [601]. These
tMBs were evaluated in vitro using a parallel plate flow system and in vivo in mice
with colon adenocarcinoma [433] and atherosclerotic mice [601]. Newly developed
strain-promoted [3+2] azide-alkyne cycloaddition (SPAAC) click chemistry was used
in a sterile process of ligand conjugation after MB formation which was used in a
canine tolerability study [602]. Finally, Sonazoid was functionalized with lactadherin
in a top-down approach [499, 603], in which the use of an already approved UCA
may speed up translation to the clinic. These tMBs were evaluated in vitro using
activated platelets and human blood clots [603], and in vivo using mice with human
ovarian adenocarcinoma [499]. Many of the studies mentioned in this review use
their own custom-made MBs without reporting a thorough characterization of the

()

Hkk

x

w
2

2

Fluorescence intensity
Inhomogenous parts (%)
N
<

[ w—

DSPC DSPC
Method: Direct Indirect direct indirect

o
I

Figure 10.1 Lipid handling prior to MB production affects ligand distribution. (A,B) 3D reconstructions
of 4Pi confocal microscopy images showing the ligand distribution (Streptavidin-Oregon Green
488) of MBs coated with DSPC/PEG40-stearate/DSPE-PEG2000/DSPE-PEG2000-biotin (molar ratio
84.8/8.2/5.9/1.1) with C,F, gas core, produced by (A) the direct method, i.e. lipids directly dispersed
in aqueous solution, or (B) the indirect method, i.e. lipids first dissolved in organic solvent, then dried
and dispersed in aqueous solution. Scale bar is 1T ym and applies to both images. (C) Quantification
of ligand distribution showing inhomogeneous parts (%) of direct DSPC (N = 47) and indirect DSPC
(N = 46) MBs. Boxplots show the median, interquartile range and have whiskers from minimum to
maximum. Statistical significance was indicated with ***p < 0.001. Reprinted (adapted) with permission
from Langmuir 2020, 36, 12, 3221-3233. https://pubs.acs.org/doi/full/10.1021/acs.langmuir.9b03912
Copyright (2020) American Chemical Society.
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tMB's response to ultrasound, thereby hindering systematic comparison of their
performance. Seemingly minor differences in the production method, such as the
lipid handling prior to MB production, already result in significant differences in
ligand distribution (Figure 10.1) [427].

10.3 ULTRASOUND MOLECULAR IMAGING

UMI can be employed for three main goals (Figure 10.2A): studying disease
progression, diagnostic imaging, and monitoring of response to therapy, for example
for cardiovascular disease, inflammation, and cancer. To study disease progression,
the targets P-selectin, VCAM-1, VWF or SDF-1 were used to track the inflammatory
response after myocardial infarction in atherosclerotic mice [508] and swine with
acute myocardial infarction [509]. Dual-P and E-selectin-tMBs have been established
for longitudinal monitoring of anti-inflammatory treatment in swine with acute ileitis
[604], however, inflammation could not be detected when the same tMBs were
applied in newly developed chronic colitis mouse models [605]. As for diagnostic
imaging, P-selectin-tMBs were used to assess thrombotic risk in atrial fibrillation
in rats [606] and, together with leukocyte- and CD4-lymphocyte-tMBs, ventricular
fibrosis and remodeling could be predicted in an autoimmune myocarditis mouse
model [399]. Netrin-1-tMBs were used to detect Netrin-1 positive breast cancer in
mice (Figure 10.2B, C), a vital diagnostic before starting Netrin-1interference therapy
[505]. UMI with B7-H3-tMBs allowed differentiation between metastatic and reactive
sentinel lymph nodes in a breast cancer mouse model [607], while dual-targeted
MBs — with P-selectin and o B,-integrin as targets — resulted in significantly higher
signal intensity in metastatic lymph nodes than in benign lymph nodes in swine with
melanoma tumors [608].

UMI is well-suited to monitor the effect of antiangiogenic therapy. The inhibitory
effect of sunitinib and bevacizumab on the expression of VEGFR can be directly
monitored with VEGFR1- or VEGFR2-tMBs. Commercially available VEGFR2-tMBs,
for example BR55, were used to track disease progression and therapy response
in different models, including a colon cancer mouse model [511], a rat mammary
tumor model [609], and a clear-cell renal cell carcinoma (ccRCC) mouse model [52],
with therapeutic effects being detected by UMI before changes in tumor volume
could be observed, as also demonstrated previously [510]. VEGFR1- and FSHR-tMBs
were used to evaluate the response to sunitinib in a ccRCC mouse model, with a
significant difference in signal between the placebo and sunitinib-treated groups
and between responders and non-responders [512]. When antioxidant therapy in
mice with atherosclerosis was assessed by UMI, three types of tMBs were used,
namely P-selectin-, VWF-, or platelet GP1ba-targeted [610]. The reduced signal
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A
Ocular cancer Carotid artery injury
Ref:[612] Ref: [597]
Laryngeal cancer Atrial fibrillation
Ref: [596] Ref: [606]
Breast cancer Atherosclerosis
Ref: [52, 505, 595, 614] Ref: [560, 594, 601, 610]
SLN metastases Myocardial infarction, ischemia,
Ref: [607, 608] myocarditis. Ref: [399, 509, 600]
Liver cancer Acute rejection of cardiac
Ref: [593, 598, 613, 614] allograft. Ref: [599]
Renal cancer Pancreatic cancer
Ref:[510, 512] Ref: [506, 592]
Ovarian cancer Colon cancer
Ref: [499] Ref: [513, 609]
Remote artery injury Chronic colitis
Ref: [508] Ref: [605]
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Figure 10.2 (A) UMI applications in vivo (preclinically) as described in the review. (B,C) UMI with
netrin-1-tMBs and isotype control tMBs in (B) netrin-1-positive human subcutaneous SKBR7 breast
tumor in nude mice prior to and post-blocking with NET1-H-antibody, and (C) weakly netrin-1
expressing human subcutaneous MDA-MB-231 breast tumors in nude mice. Top rows: B-mode
ultrasound image; bottom rows: UMI signal; region of interest outlined in green. (B,C) Reprinted
(adapted) from Theranostics 2018, 8, 18, 5126-5142. Copyright (2018) Ivyspring International
Publisher. SLN, sentinel lymph node.

234



Targeted microbubbles for ultrasound molecular imaging and therapy

intensities found after therapy correlated well with therapeutic effects found in the
ex vivo plaque histology.

Before UMI can be translated, the clinical relevance of each molecular target has to
be demonstrated. Biomarkers for high-risk carotid plaques in atherosclerosis, such
as VCAM-1, LOX-1, P-selectin, and VWF, were identified using ex vivo high- and low-
risk human carotid plaques [611]. After development of clinically translatable small
peptide-bearing tMBs with ligands to these four targets [560], the VCAM-1-tMB
bound best in vitro using human aortic endothelial grown under flow [611]. VEGFR1
was validated as biomarker for vascular mimicry in an ocular melanoma mouse
model, where vascular networks formed by tumor cells could be quantitatively
monitored with UMI of VEGFR1-tMBs [612].

Ultrasound settings and post-processing for UMI is constantly advancing, alike
the tMBs used as active agents. Short-lag spatial coherence (SLSC) beamforming
was compared to conventional delay-and-sum beamforming and proved to be
particularly useful for detecting low concentrations of tMBs [613]. New ways to
distinguish adhered from circulating tMBs without using a destructive ultrasound
pulse —which is the conventional method —include the use of a 4-layer convolutional
neural network [614] and the use of normalized singular spectrum area instead of
differential targeted enhancement during post-processing [513].

10.4 THERAPY

To enhance local drug delivery, tMBs can be used in multiple ways and for a wide
variety of therapeutic applications (Figure 10.3A). The mechanism behind these
therapeutic effects is not fully understood but multiple drug delivery pathways have
been described, like sonoporation, endocytosis, and cell-cell contact opening [425].
Recently, it was reported that in vitro endothelial cell-cell contact opening only
occurred upon sonoporation (Figure 10.3b) [58]. Furthermore, irreversible calcium
influx into an endothelial cell upon sonoporation could predict cell-cell contact
opening n vitro [59].

Targeted MBs show significantly better therapeutic outcomes than non-tMBs both
in vitro [500, 515, 516, 615] and in vivo in mice [500, 616, 617] and rats [369, 618,
619]. The therapeutic outcome was improved regardless of whether tumors [500,
515, 516, 518, 616, 617, 619] or cardiovascular diseases [355, 369, 514, 615, 618, 620]
were treated, or whether the therapeutic was co-administered [518, 615, 617, 618]
or coupled to the tMB [355, 369, 500, 514-517, 616, 619, 620]. For in vivo studies
on cardiovascular diseases, the intravenously injected tMBs were retained with a
magnetic field [618] or targeted to ICAM-1 [514, 517] or P-selectin [369]. For in vivo
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(R) Brain cancer Thrombosis
Ref:[619] Ref: [615,618]
Breast cancer Atherosclerotic plaques
Ref: [500, 515] Ref: [355, 514, 620]
Lung cancer Ischemic reperfusion
Ref: [518] Ref: [369]
Gastric cancer Pancreatic cancer
Ref: [616] Ref: [617]
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Figure 10.3 (A) Therapeutic applications of tMBs in vivo (preclinically) as described in this review.
(B) Endothelial cell before (left) and after (middle and right) 2 MHz ultrasound treatment (10 cycles,
200 kPa peak negative pressure) in vitro with nuclei stained with Hoechst and cell membrane with
CellMask Green. The tMB induced sonoporation, indicated by the infiltration of Propidium lodide
(red) into the cell, which resulted in cell-cell contact opening indicated with the white arrowheads.
Reprinted (adapted) from Journal of Controlled Release 2020, 322, 426-438. Copyright (2020) Elsevier.
(C-D) Magnetically responsive MBs to treat red thrombi in vivo in rats; the four treatment groups
consisted of control (sham), ultrasound and control MB (US+C-MB), ultrasound and magnetically
responsive MB (US+M-MB), and ultrasound and magnetically responsive MB in combination with
the co-administered fibrinolytic agent r-tPA (US+M-MB+r-tPA). Magnetic field was applied in all
groups, US therapy parameters: frequency of 2 MHz and a mechanical index of 1.9. (C) Ultrasound
longitudinal images (top) and Doppler blood flow velocity maps (bottom) of thrombi in vivo pre and
post treatment. (D) Cross-section HE staining of the middle of a thrombus after treatment. Reprinted
(adapted) from Thrombosis and Haemostasis 2019, 119, 11, 1752-1766. Copyright (2019) Georg
Thieme Verlag KG Stuttgart, New York.
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studies on tumors, the intravenously injected tMBs were targeted to VEGFR-2 [617],
o, B, [500], CD13 [619] or DLL4 [616]. The intratumorally injected tMBs had CD326
as target [518]. Ultrasound treatment in vivo varied from single treatment between
1-20 min [369, 514, 518, 617-619] up to multiple treatments ranging from 2 to 18
days for 10 s-2 min [355, 500, 616, 620]. Most in vivo studies applied an ultrasound
frequency of 1 MHz [355, 369, 500, 514, 616, 618-620], but some studies used a lower
or higher frequency, namely 0.25 [518] or 4 MHz [617]. Besides this, magnetically
responsive tMBs with co-administrated r-tPA were used to increase thrombolytic
effects and enhance cavitation energy near the clot in an in vivo rat thrombus model
(Figure 10.3C, D) [618].

Therapeutics can be loaded onto the tMB by incorporating drugs, like
S5-fluorouracil and paclitaxel, in the lipid coating during MB production [515, 516],
cationic binding of DNA to the coating [369, 517], or linked to the coating by
streptavidin-biotin bridging of antibodies [514, 616, 620], liposomes [500, 619], or
biotinylated drugs like Endostar [355]. Ultrasound-mediated destruction of anti-
DLL4-loaded tMBs resulted in pro-apoptotic effects on gastric tumors in mice [616]
and anti-IL-8-loaded tMBs stabilized atherosclerotic plaques in an atherosclerotic
rabbit model [620]. Antibodies were also used to couple MBs to stem cells, using
a dual-targeted MB with a CD90 antibody, binding to the stem cell, and a ICAM-1
antibody that targets endothelial cells in atherosclerotic plaques [514]. This so called
‘Stembell’ reduced inflammation and stabilized plaques in an in vivo atherosclerotic
mouse model. For tMBs with liposomes attached, the ligand is incorporated in the
liposome coating [500, 619]. An example is a MB with a CD13-targeted liposome
containing short hairpin RNA (shRNA) to open the blood brain barrier (BBB) and
enhance delivery of shRNA, which inhibited tumor growth and prolonged survival
in an in vivo glioma rat model [619].

10.5 OUTLOOK AND CONCLUSION

This overview underlines the diverse use and potential of phospholipid-coated
tMBs for ultrasound molecular imaging and therapy and the advantage of using
tMBs over non-tMBs for therapy. The tMBs could even be used as theranostics, a
combination of diagnostic imaging and therapy. At the same time, the complex
biological mechanism and tMB-cell-drug interaction need further elucidation to
maximize the therapeutic efficacy of tMB treatment. With new UCAs being constantly
developed [100], these could also be tailored towards UMI and therapy. To advance
development of phospholipid-coated tMBs or other UCAs and accelerate their
translation to clinical use, it is imperative that investigators report the method of
MB production in sufficient detail, including not only the different components with
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molar ratio, but also what solvents were used since this can have significant effects.
The variety of ligands on the tMB complicates the path to the clinic because approval
is likely needed for each individual tMB. Consensus on good manufacturing practice
and a gold standard for tMB production are also needed to facilitate widespread
use of tMBs.
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Chapter 1]

Phospholipid-coated microbubbles have been around since the 90s [15] with
new diagnostic and therapeutic applications being discovered constantly, for
example to image and kill bacterial infections, i.e. sonobactericide [8]. While several
formulations of non-targeted microbubbles have been approved for diagnostic
ultrasound imaging in the clinic [23, 24], targeted microbubbles for ultrasound
molecular imaging and locally enhanced drug delivery are still under evaluation [51].
This thesis focused on the current status of theranostic microbubbles by looking
at microstructures in the coating and how to tailor new formulations to specific
applications. The relation between microstructures in the microbubble coating and
the acoustic response to ultrasound was investigated and the microbubble-cell
interaction and binding dynamics of targeted microbubbles were evaluated. Finally,
a new theranostic microbubble formulation was developed for sonobactericide
and an overview of recent literature on targeted microbubbles was provided. This
concluding chapter will touch on the new findings presented in this thesis and the
implications for future research and development of theranostic phospholipid-
coated microbubbles.

11.1 MICROSTRUCTURES

The first step towards tailored microbubble formulations was to characterize the
existing or conventional formulations. The two most commonly used formulations
that are clinically approved, Definity (called Luminity in Europe) [23] and SonoVue
(called Lumason in the United States) [24], are based on DPPC and DSPC as main
lipid component. These phospholipids have proven to be favorable as main lipid
component and are also widely used in custom-made microbubble formulations
(Chapter 2). The microbubble formulations characterized in Chapter 3 were based on
the same main lipid components, however, with adifferentgas core as perfluorobutane
was used instead of octafluoropropane (gas core of Definity microbubbles) or sulfur
hexafluoride (gas core of SonoVue microbubbles). Perfluorobutane was selected
because this gas has a lower solubility in water than octafluoropropane and sulfur
hexafluoride [621], resulting in more stable microbubbles. Fluorinated gases have
significant impact on the phospholipid phase behavior, both in the context of flat
monolayers and microbubbles [421, 422]. The compression isotherms of pure DPPC
[421] and a binary mixture of DPPC with 5 mol% DSPE-PEG2000 [422] indicate
that the surface tension was decreased in the presence of perfluorohexane (C.F,,).
Furthermore, microbubbles with a C,F,, gas core had a longer lifetime with lower
coefficient of diffusivity than microbubbles with a C,F, gas core [422]. Based on these
reports, it is possible that the liquid condensed (LC) area in Definity and SonoVue
microbubbles is smaller than in the custom-made microbubbles investigated in
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Chapter 3. Besides the main lipid component, Definity and SonoVue both contain
emulsifying components, being DPPA and DPPE-PEG5000 for Definity [23] and
DPPG-Na for SonoVue [24]. As these components affect the lipid phase behavior
in a complex manner, future studies on the lipid phase distribution in commercially
available microbubble formulations remain of interest.

After characterization of existing microbubble formulations and confirming the
presence of microstructures in the coating, the next step was to manipulate the lipid
phase behavior in order to eliminate the microstructures. Two new formulations were
developed as described in Chapter 4 and 6. In Chapter 4, the main lipid component
of the formulations studied in Chapter 3 was replaced by DSPE. This resulted in
microbubbles with a homogeneous lipid phase distribution lacking microstructures,
although the concentration and size decreased considerably within one hour after
production and after dilution of the microbubbles in PBS. In Chapter 6, the lipid
phase distribution was altered by adding different concentrations of cholesterol
to the DSPC-based formulation studied in Chapter 3. This resulted in a more
homogeneous lipid phase distribution, depending on the cholesterol concentration.
However, the amount of buckles on the outside of the microbubbles increased with
an increasing amount of cholesterol and after diluting the cholesterol-containing
microbubbles in PBS. Hence, while the microstructures could be eliminated, the
microbubble population was not homogeneous. Previous studies on the effect
of microstructures on the gas permeability of the microbubble coating reported
that the amount of gas exchange was negatively correlated with the LC area, and
proposed that the gas from the microbubble core mainly diffuses through the LE
interdomain region as opposed to the LC domains [468]. Together, these findings
demonstrate the importance of phase separation for stability of the microbubble
coating, inspiring the concept that the presence of microstructures in the coating is
a requirement for sufficient stability of microbubbles for in vivo use as theranostic
agents.

In order to study the relation between microstructures and the acoustic response
of microbubbles, an advanced system was needed that could image the lipid phase
distribution in micrometer resolution and the microbubble oscillation in microsecond
resolution. Chapter 5 describes the development and use of the combined confocal
microscope and Brandaris 128 ultra-high-speed camera. This unparalleled innovation
created the opportunity to study the lipid phase distribution and acoustic behavior
of individual microbubbles simultaneously, whereas previously it was only possible
to study the lipid phase distribution and acoustic behavior separately, so on different
bubbles, making it impossible to relate a particular acoustic response directly to the
lipid phase distribution.
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The microstructures and acoustic response of individual microbubbles were studied
in Chapter 6, comparing DSPC-based microbubbles produced by the direct method,
that is directly dispersing the coating components in PBS, or produced by the
indirect method, where the coating components were first dissolved in organic
solvent to obtain a lipid film, which was dried and then dispersed in PBS (Figure 11.1)
to DSPC-based microbubbles containing 12 mol% cholesterol. Initially the aim of
this study was to compare variability in response to ultrasound of microbubbles with
heterogeneous lipid distribution, i.e. microstructures, to those with a homogeneous
lipid distribution without microstructures. Yet it became apparent that the stability
of the coating was significantly reduced after dilution of the DSPC-cholesterol
microbubbles in PBS, which resulted in more than twice the amount of buckles
than for microbubbles without cholesterol. While this increased occurrence of
buckles was reflected in the variability of the oscillation amplitudes with the
maximum variability found for the DSPC-cholesterol microbubbles, the direct
DSPC microbubbles had the highest median variability. The lipid handling prior to
microbubble production had just as much influence on the variability of response
as the addition of cholesterol, since the indirect DSPC microbubbles had the lowest
variability in oscillation amplitudes. Furthermore, for the direct and indirect DSPC
microbubble types, the microbubbles with only large LC domains had significantly
lower maximum oscillation amplitudes than microbubbles with both small and large
LC domains. While it has been demonstrated nearly two decades ago that lipid
domain size and distribution in microbubble coatings affect the coating material
properties including elasticity [388], the fact that lipid handling prior to microbubble
production can significantly influence the acoustic properties of microbubbles with
exactly the same components is an entirely new concept.

INDIRECT MBs

Dissolve phospholipids
in organic solvent

\4

Lipid fil
DIRECT MBs P
Dissolve phospholipids Dissolve lipid film
in aqueous medium in aqueous medium

Probe sonication (20 kHz) + C,F

Figure 11.1 Scheme detailing the direct and indirect production methods for phospholipid-coated
microbubbles as used in Chapter 3, 6, 7, and 8.
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Based on the results presented in Chapter 6, the hypothesis that microstructures
in the microbubble coating contribute to an unpredictable response to ultrasound
can be accepted. At the same time, microstructures may also form the solution to
the problem of a non-uniform response to ultrasound. The first half of this thesis
centered around developing a new microbubble formulation with all coating
components miscible and in the same phase. After achieving this goal and performing
preliminary acoustic characterization on DSPE-based microbubbles in Chapter 4 and
extensive acoustic characterization on DSPC-cholesterol microbubbles in Chapter 6,
it became clear that a coating with all components miscible and in the same phase
will inherently lead to an unstable microbubble formulation that is unsuitable for in
vivo use. Thus, microstructures are needed to create a stable microbubble, and as
the results from Chapter 6 have shown, the LC domain size affects the maximum
oscillation amplitude. In order to understand this, the microbubble must be viewed
as a heterogeneous object and can be imagined as a planet with landmasses, Le.
LC domains, floating in a viscous lava, ie. the LE interdomain region. There is a
difference in elasticity between the LC domains and LE interdomain region, with the
LC domain size and shape affecting not only the permeability of the microbubble
coating before ultrasound insonification, but also the magnitude of expansion
during microbubble oscillation. This sparked the notion that a microbubble with
microstructures in the coating and all LC domains in the same size and shape may
have a uniform response to ultrasound and be stable enough for in vivo use.

11.2 TARGETED MICROBUBBLES

In the second half of this thesis, the focus was shifted from microstructures in the
microbubble coating to the therapeutic and theranostic application of microbubbles.
Phospholipid-coated microbubbles can be functionalized with a ligand targeting a
specific biomarker. A common method to achieve this in pre-clinical research is
through streptavidin-biotin bridging [48], as used in Chapter 7 and 8. A consequence
of this method is that the ligand is only attached to the biotinylated component of
the microbubble coating, in this case DSPE-PEG2000-biotin. Therefore, the DSPE-
PEG2000-biotin or ligand distribution was studied in DPPC-based and DSPC-
based microbubbles in Chapter 3. The effect of lipid handling prior to microbubble
production was also investigated by comparing DSPC-based microbubbles
produced either by the direct or indirect method (Figure 11.1). The production
method had a remarkable effect on the ligand distribution as the indirect method
resulted in a homogeneous ligand distribution while the direct method resulted in
a heterogeneous ligand distribution. Hence, the indirect method was selected for
production of targeted microbubbles in Chapter 7.
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For therapeutic applications, the bioeffects induced by the microbubbles’ response to
ultrasound are harnessed to achieve safe and effective drug delivery. Hence, the drug
delivery outcome is the result of a complex interaction between the microbubbles
and endothelial cells. Chapter 7 addressed the microbubble-endothelial cell
morphology in 3D, including the internalization of microbubbles by endothelial cells
and the influence on drug delivery outcome. To the best of our knowledge, this is the
first study looking into microbubble-endothelial cell interaction prior to ultrasound
insonification by comparing the internalization of non-targeted microbubbles,
o, B,-targeted, CD31-targeted, and isotype control microbubbles by endothelial
cells. The internalized depth of o 8,-targeted microbubbles was significantly higher
that of CD31-targeted microbubbles, while non-targeted microbubbles were not
internalized by the endothelial cells. Moreover, the internalization depth also affected
the microbubbles’ acoustic response and drug delivery outcome, as the oscillation
of internalized microbubbles was damped and endothelial cells with internalized
microbubbles were more susceptible to sonoporation. This highlights an important
consideration in the design of theranostic microbubbles: not all ligands available
may result in the same level of internalization. A step further would be that targeting
certain receptors, such as o B, may result in activation of cellular pathways and
for example increased platelet adhesion [492]. While platelet adhesion is vital to
maintain homeostasis, it has been suggested that platelet adhesion may induce
an inflammatory cascade leading to thrombosis [622]. Therefore, the activation
of cellular pathways by targeting o 8, should be examined to give insight on the
possible development of thrombosis as adverse effect.

Currently there are several ligands available for ultrasound molecular imaging of
angiogenesis and targeted delivery of anti-tumor therapeutics. The anti-o 8, antibody
[608] as used in this thesis, lactadherin [499], and cyclic RGD peptide [500, 593] have
all been used as ligand to target microbubbles to o 8, integrin, which is a marker for
angiogenesis [523], atherosclerosis [524], and different types of tumors [525]. Anti-
VEGFR1 [612], anti-VEGFR2 [512, 593], and a heterodimer peptide [511, 609] have all
been used as ligand to target microbubbles to VEGFR1 and VEGFR2, both receptors
that are expressed in different types of tumors [623, 624] and other diseases such
as diabetes [625]. When both VEGF receptors were recently evaluated as biomarker
to discriminate between benign and malignant breast cancer in humans, VEGFR2
proved to be a better vascular target for microbubbles while o 8, was more suitable
as target for smaller agents, for example droplets or PET and SPECT probes, that are
able to extravasate and reach tumor cells outside the vasculature [626]. Both VEGFR2
and o B, are excellent candidate targets for theranostic agents, since both receptors
can be used to obtain diagnostic information, track disease progression and are
located at the site where therapeutics must be delivered. However, as the results
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presented in Chapter 7 demonstrated, the complex microbubble-cell interaction
must be taken into consideration before a certain ligand can be selected for a
diagnostic, therapeutic, or theranostic application. The internalization of VEGFR2-
targeted microbubbles by endothelial cells remains to be investigated, as well as
the influence on internalization of different ligands targeting the same receptor.
Furthermore, when the cellular pathways that are activated by microbubbles binding
to o B, or VEGFR2 are identified this will aid in the design and establishment of
theranostic microbubbles.

The difference in ligand distribution found in Chapter 3 was expected to influence
the binding efficacy of the microbubbles, although this had not been investigated
previously. Therefore, the aim of Chapter 8 was to compare direct and indirect
targeted microbubbles to evaluate the influence of ligand distribution on binding
efficacy. While the difference in binding efficacy between the microbubbles was
smaller in vivo than in vitro, there was still a 25% increase in bound microbubbles
with homogeneous ligand distribution compared to those with heterogeneous
ligand distribution. As the signal of individual microbubbles can be detected with
ultrasound molecular imaging [397], this increase in bound microbubbles could
mean a 25% improvement of ultrasound molecular signal. A recent review on
ultrasound molecular imaging mentioned that while targeted microbubbles are
already applied in pre-clinical research and the first clinical trials had promising
results, the field could benefit from more standardized protocols on microbubble
production, targeting, and ultrasound imaging [50]. The results presented in
Chapter 8 will hopefully contribute to a consensus and standardization of targeted
microbubble production, with the indirect method being preferable over the direct
method.

In Chapter 9, the development of a novel theranostic agent for S. aureus biofilms
is described: the conjugation of vancomycin to one of the microbubble coating
components, in vitro validation of the targeted microbubbles binding to S. aureus
biofilms, and performing ultrasound molecular imaging and sonobactericide
therapy using the vancomycin-decorated microbubbles. As a proof-of-principle
study, the results on ultrasound molecular imaging and sonobactericide therapy
were promising. Nonetheless, the binding efficacy of the targeted microbubbles
under flow was lower compared to the o f8,-targeted microbubbles studied in
Chapter 7 and 8. Both the direct and indirect DSPC-based microbubbles studied
in Chapter 3 had a larger area covered with ligand on the outside of the coating,
than the vancomycin-decorated microbubbles studied in Chapter 9. This indicates
that the amount of ligand on the vancomycin-decorated microbubbles was lower
than on the o B,-targeted microbubbles. Another explanation for the lower binding
efficacy could be the difference in dissociation constant [627], as the o 8, antibody
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has a dissociation constant (K,) of 0.1 nM whereas vancomycin has a dissociation
constant in the range of 1-3 pM [628]. Several challenges can be identified in the
development of microbubbles targeted to S. aureus biofilms. Firstly, since vancomycin
is insoluble in organic solvent, the indirect method could not be used for production
of vancomycin-decorated microbubbles and instead the direct method was used
resulting in a heterogeneous distribution of vancomycin in the coating. Secondly,
the vancomycin loading efficiency was only 0.71%, which may be improved by using
a different or optimized method for the production of targeted microbubbles. In
a study using amalgamation to produce targeted microbubbles, the ligand was
conjugated to a lipid in a similar fashion as the vancomycin-lipid conjugate used
in Chapter 9. The ligand loading efficiency was then optimized by changing the
lipid concentration during amalgamation and the concentration of co-surfactant
propylene glycol [433]. Furthermore, a dual-targeted approach may result in a
microbubble formulation with higher binding efficiency. Dual-targeted microbubbles
have shown promising results in ultrasound molecular imaging of angiogenesis
[593] and as theranostic agent for breast cancer [209]. S. aureus biofilms produce a
variety of proteins and fibrin [629], which could be a potential target for a second
ligand incorporated into the vancomycin-decorated microbubbles.

A concise overview of recent developments (2018-2020) in phospholipid-coated
targeted microbubbles for ultrasound molecular imaging and therapy is provided
in Chapter 10. Targeted microbubbles have a bright future with new targeting
strategies being developed, such as magnetic targeting, and new biological targets
being discovered. In fact, targeted microbubbles had significantly better therapeutic
outcomes than non-targeted microbubbles in all in vitro and in vivo studies
comparing the two, emphasizing the great potential of targeted microbubbles as
theranostic agents.

11.3  FUTURE PERSPECTIVES

The field of microbubble research can be imagined as a concert piano. Without an
expert piano tuner, it does not matter how well the pianist plays the keys of the piano,
if it is out of tune the sounds from the strings will fail to enchant the audience. In a
similar way, when the wrong type of microbubble is used for a certain application,
wrong either because of the coating composition or because of the production
method, it does not matter how advanced the ultrasound pulse and data processing
methods are, the microbubble oscillation will fail to achieve the intended goal. It is
concerning that the microbubble background is often disregarded when researchers
focus on testing a new type of insonification scheme or signal processing, and there
are numerous papers published that failed to mention the exact composition or
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detailed production method of the microbubbles that were used [47, 49, 324, 399,
437, 508, 513, 610]. To help advance the field of microbubbles, it must become
standard practice that all researchers using microbubbles invest their time in
learning and understanding the background and considerations of microbubble
composition and manufacturing. Moreover, there should be a golden standard for
which details on microbubble composition and production are necessary to report,
such as the molar ratio of different coating components and the use of organic
solvent, to ensure that experiments can be reproduced by others.

Targeted microbubbles hold great promise as ultrasound molecular imaging or
therapeutic agents, and when imaging and therapy can be combined as theranostic
agents. In pre-clinical research, targeted microbubbles are already starting to live
up to this expectation as they have been used to study disease progression [508,
509] and monitor response to treatment [610]. Ultrasound molecular imaging is
also an excellent imaging modality for longitudinal studies; since the technique is
non-invasive and non-toxic it can help reduce the numbers of animals needed for
experiments. Better standardization of microbubble production and reporting of
detailed production protocols will aid in the comparison of results between groups
and help in standardization of the ultrasound imaging protocols, which are highly
dependent on the microbubble characteristics such as size and resonance frequency.

Translation of targeted microbubbles to clinical use is ongoing and several clinical
trials have reported exciting results on ultrasound molecular imaging with a VEGFR2-
targeted microbubble formulation in patients with prostate cancer [51] and breast
and ovarian lesions [386]. As the literature overview in Chapter 10 showed, targeted
microbubbles are the future for therapeutic applications. However, the step from
pre-clinical proof-of-principle studies to approved clinical use in humans is immense
and for novel ligands and microbubble formulations it will take tremendous time
and effort to perform all the safety studies needed to commence clinical trials. In this
regard, clinical research involving targeted microbubbles is lagging behind as the
first formulations were developed over two decades ago [48]. A recent study used
Sonazoid, a commercially available formulation of phosphatidylserine-containing
microbubbles [630], for molecular imaging of myocardial ischemia in humans [631].
Although Sonazoid does not contain a specific ligand, phosphatidylserine-containing
microbubbles have been shown to attach to leukocytes which can be used to image
inflammation [632]. With this innovative strategy, ultrasound molecular imaging
could be done in humans using an already approved microbubble formulation.
Clinical trials using non-targeted microbubbles for therapeutic applications show
promising results, for example on enhanced delivery of trastuzumab to treat Her2-
positive brain metastases in human patients [6]. Clinical approval of the first targeted
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microbubble formulation will pave the way for more clinical research focused on the
therapeutic use and ultimately theranostic use of targeted microbubbles.

This thesis has focused on different aspects of theranostic microbubbles, from the
microstructures in the coating to the ligand distribution and binding efficacy in vitro
and in vivo. The findings presented here contribute to advancement towards the
“perfect microbubble”. Admittedly, there is no one perfect microbubble, as each
application requires specific characteristics. Therefore, the perfect microbubble
is one where all features are designed with the ultimate goal in mind: a specific
gas core is needed for delivery of a therapeutic gas such as oxygen, a specific
ligand is needed for molecular imaging of certain biomarkers, and a balanced or
symmetrical microstructure is needed for a uniform response to ultrasound. Besides
these choices that can be controlled during the design of a theranostic agent, one
must keep in mind that microbubbles can be like people. Often the response of an
individual person is tainted by their history, whether they had a negative or positive
experience in the past will influence how they react to certain situations. Each
individual microbubble is influenced by their history as well, for example changes
in temperature and dilution may result in deflation and formation of buckles in
the coating. This will influence the microbubbles’ acoustic response to ultrasound,
making it non-uniform by nature. The perfect microbubble would therefore be
stable enough not to be disturbed by its history, to an extent that all microbubbles
in a bulk will respond within a limited range of oscillation amplitudes and can be
trusted to achieve the desired effect without causing irreversible damage.
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Microstructures in theranostic microbubbles

SUMMARY

Microbubbles are small particles, 1to 10 um in diameter, that consist of a gas core
coated with phospholipids, proteins, or polymers. When exposed to an ultrasound
wave, microbubbles respond by compressing and expanding, known as oscillation.
This acoustic response is used in contrast enhanced ultrasound imaging and can
have various cellular effects on the endothelial cell layer lining the vasculature.
Chapter 1 introduces how phospholipid molecules in the microbubble’s coating are
organized in microstructures which affect the acoustic response of microbubbles. By
incorporating a ligand targeting a specific biomarker on the cell, microbubbles can
also be functionalized for ultrasound molecular imaging and targeted therapeutic
applications. For these purposes it is of essence that microbubbles respond
uniformly to ultrasound, as each individual microbubble’s response is needed to
detect the imaging signal and must be controlled for safe drug delivery to the
endothelial cell layer and beyond. The aim of this thesis was to develop a novel
microbubble formulation with all coating components in the same phase, ie.
without microstructures, and to study the contribution of microstructures to an
unpredictable microbubble response to ultrasound.

Chapter 2 provides an overview of microbubbles and other ultrasound-responsive
cavitation nuclei, such as nanodroplets, used for therapy and drug delivery. The
different available cavitation nuclei are summarized as well as the microbubble-cell
interactions. Developments in different therapeutic areas are described, including
treatment of tumors, immunotherapy, opening of the blood-brain and blood-spinal
cord barriers, sonothrombolysis, cardiovascular drug delivery, and sonobactericide.

Two microbubble formulations based on the widely used main lipids DPPC and DSPC
were characterized in Chapter 3. The lipid phase behavior of both formulations
was evaluated using a Langmuir trough to study the phospholipid monolayers
at the air/water interface. Both the DPPC- and DSPC-based formulations had a
transition plateau due to a change in conformation of the PEGylated components,
from mushroom to brush. While the domain morphology of both monolayers was
different, the microstructures in DPPC- and DSPC-based microbubbles had a similar
appearance. DSPC-based microbubbles were produced by probe sonication using
the direct method, ie. by directly dispersing the coating components in aqueous
medium, or the indirect method, ie. by dissolving the coating components in
organic solvent, drying to form a lipid film, and finally dispersing the lipid film in
aqueous medium. This lipid handling prior to microbubble production significantly
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affected the ligand distribution on the outside of the microbubble coating, with
the direct method resulting in a heterogeneous ligand distribution and the indirect
method resulting in a homogeneous ligand distribution.

A new microbubble formulation with DSPE as main lipid was developed and
characterized in Chapter 4. Microbubbles were produced by probe sonication or
amalgamation and the stability, lipid phase distribution, and acoustic attenuation
were investigated. Microbubbles produced by probe sonication and microbubbles
produced by amalgamation with 30% propylene glycol both had a homogeneous
lipid phase distribution, with all coating components miscible and in the same lipid
phase. Microbubbles produced by amalgamation with 10% propylene glycol had
circular condensed phase domains in the coating. Furthermore, all microbubble
formulations had a short shelf-life stability as they decreased in size within one hour
post-production. Although this limits the use of DSPE-based microbubbles in vivo,
the formulations with homogeneous lipid phase distribution remain of interest for
further studies on the relation between lipid phase distribution and the acoustic
behavior of microbubbles.

To study the lipid phase distribution and acoustic response of individual microbubbles
simultaneously, a unique optical imaging system was developed as described in
Chapter 5. A custom-built confocal microscope was coupled to the Brandaris 128
ultra-high-speed camera, which was used in Chapter 6 to 9. In Chapter 6, the
effect of cholesterol on the lipid phase distribution of DSPC-based microbubbles
was investigated. Increasing concentrations of cholesterol resulted in decreased
phase separation and microbubbles with 12 mol% cholesterol had a coating with
all lipids miscible and in the same phase. However, the occurrence of buckles in
the coating also increased with the addition of cholesterol. The combined confocal
and Brandaris 128 system was used to study the relation between lipid handling
and phase distribution to the acoustic behavior of individual microbubbles. Indirect
method DSPC-based microbubbles had a more uniform response to ultrasound
than direct method DSPC-based microbubbles and indirect method DSPC-based
microbubbles containing 12 mol% cholesterol. Thus, the lipid handling and phase
distribution significantly affected the acoustic behavior and indirect method DSPC-
based microbubbles were the most promising formulation for ultrasound molecular
imaging and therapeutic applications.

After the development and characterization of the new DSPE-based and cholesterol-
containing microbubble formulations, the focus was shifted to the microbubble-cell
morphology and interaction with indirect DSPC-based microbubbles in Chapter 7.
Microbubbles targeted to o 8, or CD31 were compared to non-targeted and isotype
control microbubbles. The internalization of microbubbles and effect on microbubble
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oscillation and sonoporation were evaluated using the combined confocal
microscope and Brandaris 128 system, with 3D confocal microscope imaging before
and after exposure to ultrasound. Internalization of targeted microbubbles was found
to be receptor-mediated, as non-targeted and isotype-control microbubbles were
not internalized. Additionally, internalization of microbubbles had a damping effect
on the oscillation and increased the cellular susceptibility to sonoporation. Finally,
different cellular responses were observed, including pore formation resulting in
intracellular drug delivery and tunnel formation, ie. transcellular perforation, which
may lead to transcellular drug delivery.

The influence of ligand distribution on binding efficacy was investigated in Chapter 8,
by comparing the binding of o ,-targeted DSPC-based microbubbles produced
by the direct and indirect method in vitro to a HUVEC monolayer under static
conditions and under flow, and in vivo to the endothelial cells in chicken embryos.
A homogeneous ligand distribution resulted in higher binding efficacy in all three
experimental models. Finally, the internalization of o ,-targeted microbubbles was
evaluated and found to be independent of ligand distribution.

In Chapter 9, the ultrasound molecular imaging and therapeutic potential of
vancomycin-decorated microbubbles is described. This novel theranostic agent was
targeted to bacterial biofilms and able to bind under flow. Moreover, the biofilm area
could be reduced by ultrasound insonification and subsequent oscillation of the
bound vancomycin-decorated microbubbles.

An overview of recent literature on phospholipid-coated targeted microbubbles
for ultrasound molecular imaging and therapy is provided in Chapter 10. Different
targeting strategies are discussed, as well as the use of ultrasound molecular
imaging for studying disease progression, diagnostic imaging, and monitoring of
therapeutic responses. In addition, studies on treatment of cardiovascular diseases
and cancer with targeted microbubbles are summarized and it was concluded that
targeted microbubbles always resulted in improved therapeutic outcome when
compared to non-targeted microbubbles, both in vitro and in vivo.

Finally, the scientific contributions presented in this thesis are discussed in the
context of microstructures in the microbubble coating and in the context of targeted
microbubbles as theranostic agents in Chapter 11, including a future outlook on the
continuing development of theranostic microbubbles.
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Microstructuren in theranostische microbellen

SAMENVATTING

Microbellen zijn kleine gasbelletjes, 1 tot 10 um in diameter, die bestaan uit een
kern van gas ingekapseld in een dun laagje van lipiden, eiwitten, of polymeren.
Wanneer ze blootgesteld worden aan ultrageluidsgolven reageren microbellen
door kleiner en groter te worden, ook wel oscilleren genoemd. Dit acoustische
gedrag wordt gebruikt voor ultrageluid beeldvorming met contrast en kunnen
verschillende cellulaire effecten op de endotheellaag van de vaatwand hebben.
Hoofdstuk 1introduceert hoe fosfolipiden zijn georganiseerd in microstructuren die
de acoustische respons van microbellen beinvloeden. Door de toevoeging van een
ligand dat aan een specifieke biomarker op de cel kan binden, kunnen microbellen
gefunctionaliseerd worden voor moleculaire beeldvorming met ultrageluid en voor
doelgerichte therapeutische toepassingen. Om dit te bereiken is het belangrijk dat
microbellen uniform reageren op ultrageluid, omdat elke individuele bel belangrijk
is voor het beeldvormend signaal en voor veilige geneesmiddelafgifte aan de
endotheel cellaag en onderliggend weefsel. Het doel van deze thesis was om een
nieuwe microbel formulering te ontwikkelen waarin alle componenten van de schil
in dezelfde fase zijn, dat wil zeggen zonder microstructuren in de schil, en om te
bepalen hoe microstructuren in de schil bijdragen aan de onvoorspelbare respons
van microbellen op ultrageluid.

Hoofdstuk 2 geeft een overzicht van de microbellen en andere deeltjes die op
ultrageluid reageren, zoals nanodruppels, die gebruikt worden voor therapie en
geneesmiddelafgifte. De verschillende beschikbare deeltjes worden samengevat
net als de microbel-cel interacties. Ontwikkelingen op verschillende therapeutische
gebieden worden beschreven, met name de behandeling van tumoren,
immunotherapie, opening van de bloed-hersen- en bloed-ruggengraat-barriere,
sonothrombolyse, cardiovasculaire geneesmiddelafgifte en sonobactericide.

Twee microbel formuleringen, gebaseerd op de veelgebruikte hoofdbestanddelen
DPPC en DSPC, werden gekarakteriseerd in Hoofdstuk 3. Het fase gedrag van
de lipiden in beide formuleringen werd bekeken met een Langmuir trog om de
fosfolipide monolaag op het lucht/water oppervlak te bestuderen. Zowel de DPPC-
als de DSPC-gebaseerde formulering had een transitie plateau door de verandering
in conformatie van de gePEGyleerde componenten van de zogenaamde
‘paddestoel” naar ‘borstel” configuratie. Hoewel de domein morfologie verschilde
in beide soorten monolagen, hadden de DPPC- en DSPC-gebaseerde microbellen
vergelijkbare microstructuren in de schil. DSPC-gebaseerde microbellen werden
geproduceerd door tip-sonicatie met de directe methode, dat wil zeggen door de
schil componenten direct op te lossen in een waterige oplossing, of met de indirecte
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methode, dat wil zeggen door de schil componenten eerst op te lossen in organisch
oplosmiddel, te drogen tot een filmlaag is gevormd, en daarna de filmlaag op te
lossen in een waterige oplossing. Deze lipide behandeling voorafgaand aan de
productie van microbellen had een significant effect op de ligand distributie aan de
buitenkant van de schil, waarbij de directe methode resulteerde in een heterogene
ligand distributie en de indirecte methode resulteerde in een homogene ligand
distributie.

Een nieuwe microbel formulering met DSPE als hoofdbestanddeel werd ontwikkeld
en gekarakteriseerd in Hoofdstuk 4. Microbellen werden geproduceerd door tip
sonicatie of amalgamatie en de stabiliteit, lipide fase distributie en acoustische
attenuatie werden onderzocht. Microbellen geproduceerd door tip-sonicatie en
microbellen geproduceerd door amalgamatie met 30% propyleen glycol hadden
beide een homogene lipide fase distributie, met alle schil ocmponenten gemengd
en in dezelfde fase. Microbellen geproduceerd door amalgamtie met 10% propyleen
glycol hadden ronde gecondenseerde fase domeinen in de schil. Verder hadden
alle microbel formuleringen een korte houdbaarheid, aangezien de grootte van de
bellen binnen een uur na productie sterk afnam. Hoewel dit de toepassing van DSPE-
gebaseerde microbellen in vivo beperkt, zijn de formuleringen met homogene lipide
fase distributie interessant voor verdere studies naar de relatie tussen de lipide fase
distributie en de acoustische respons in microbellen.

Om de lipide fase distributie en acoustische respons van individuele microbellen
tegelijkertijd te onderzoeken, werd een uniek optisch systeem ontwikkeld en
beschreven in Hoofdstuk 5. Een speciaal aangepaste confocale microscoop werd
gekoppeld aan de Brandaris 128 ultra-hogesnelheidscamera. Dit systeem werd verder
gebruikt voor de studies beschreven in Hoofdstuk 6 tot en met 9. In Hoofdstuk 6
werd het effect van cholesterol op de lipide fase distributie van DSPC-gebaseerde
microbellen onderzocht. De toevoeging van cholesterol resulteerde in verminderde
fase scheiding en microbellen met 12 mol% cholesterol hadden een schil met alle
componenten gemengd en in dezelfde fase. Echter, de hoeveelheid uitstulpingen
aan de buitenkant van de schil was ook toegenomen. De gecombineerde confocale
microscoop en Brandaris 128 ultra-hogesnelheidscamera werden vervolgens
gebruikt om de relatie tussen lipide behandeling, fase distributie en het acoustische
gedrag van microbellen te bestuderen. Indirecte methode DSPC-gebaseerde bellen
hadden een meer uniforme respons op ultrageluid dan directe methode DSPC-
gebaseerde bellen en indirecte methode DSPC-gebaseerde bellen met 12 mol%
cholesterol. De lipide behandeling en fase distibutie hadden dus signficant effect op
het acoustische gedrag en indirecte methode DSPC-gebaseerde microbellen waren
de meest veelbelovende kandidaat voor moleculaire beeldvorming met ultrageluid
en therapeutische toepassingen.
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Na de ontwikkeling en karakterisatie van de nieuwe DSPE-gebasserde en
cholesterol-bevattende microbel formuleringen, werd de focus verschoven naar de
microbel-cel morfologie en interactie met indirect DSPC-gebaseerde microbellen in
Hoofdstuk 7. Microbellen die gericht bonden aan o B, of CD31 werden vergeleken
met niet-gebonden en controle microbellen. Het opnemen van bellen en het effect
daarvan op de microbel oscillatie en sonoporatie werden onderzocht met het
gecombineerde optische systeem, waarbij 3D opnames werden gemaakt voor en
na blootstelling aan ultrageluidsgolven. Het opnemen van gebonden microbellen
door endotheel cellen was afhankelijk van de receptoren waaraan de microbellen
bonden, aangezien de niet gebonden bellen niet door de endotheel cellen werden
opgenomen. Daarnaast had de opname van microbellen een dempend effect op
de microbel oscillatie en werden cellen meer ontvankelijk voor sonoporatie na
het opnemen van een microbel. Tot slot werden verschillende cellulaire reacties
vastgelegd, zoals het ontstaan van porién in het celmembraan, wat tot intracellulaire
geneesmiddelafgifte leidde, en het ontstaan van tunnels, ook wel transcellulaire
perforatie genoemd, wat mogelijk leidt tot transcellulaire geneesmiddelafgifte.

De invloed van ligand distributie op de binding van DSPC-gebaseerde microbellen
met een ligand gericht op o 8, integrin was onderzocht in Hoofdstuk 8. Dit werd
gedaan door de binding van microbellen geproduceerd met de directe en indirecte
methode met elkaar te vergelijken in vitro met een monolaag van endotheel cellen
onder statische condities en met stroming, en in vivo met de binding aan endotheel
cellen van kippen embryo’s. Een homogene ligand distributie leidde tot betere
binding in alle drie de experimentele modellen. Tenslotte werd de opname van
o, B,-gebonden bellen door endotheel cellen bekeken en dit bleek onafhankelijk te
zijn van de ligand distributie.

In Hoofdstuk 9 wordt het moleculaire beeldvorming en therapeutische potentieel
van vancomycin-bevattende microbellen beschreven. Deze nieuwe theranostische
microbel bond gericht aan bacteriéle bioflms onder stroming. Verder werd
het oppervlak van de biofilm kleiner door toepassing van ultrageluid en de
daaropvolgende trilling van gebonden vancomycin-bevattende microbellen.

Een overzicht van recente literatuur over microbellen met een fosfolipide schil
die gericht binden voor moleculaire beeldvorming met ultrageluid en therapie
wordt gegeven in Hoofdstuk 10. Er worden verschillende strategién genoemd
om de microbellen gericht aan een biomarker te laten binden en het gebruik van
moleculaire beeldvorming met ultrageluid wordt besproken voor het bestuderen van
ziekteverloop, diagnostische beeldvorming en het monitoren van de therapeutische
respons. Daarnaast worden studies naar de behandeling van cardiovasculaire
aandoeningen en kanker met gericht gebonden microbellen samengevat en kon
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Samenvatting

worden geconcludeerd dat het gebruik van gericht gebonden microbellen altijd
resulteerde in significant betere therapeutische respons dan het gebruik van niet-
gebonden microbellen, zowel in vitro als in vivo.

Tenslotte worden de wetenschappelijke vindingen uit deze thesis besproken in
de context van microstructuren in de microbel schil en in de context van gericht
gebonden microbellen voor theranostische toepassingen in Hoofdstuk 11, inclusief
een perspectief op de toekomst en ontwikkeling van theranostische microbellen.
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