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Abstract

Abstract

Encapsulated drugs have improved tumor to normal tissue uptake compared to free drugs,
however, the concentration of drugs at the tumor site is still low and heterogeneous due to the
tumor microenvironment which serves as barriers for the delivery to the target site.
Combining ultrasound (US) with encapsulated drugs might enhance the transport of the
encapsulated drug across the vasculature and into tumor tissues. US can also increase local
drug release and the uptake of the drug into cancer cells. In this thesis, we combined US with
encapsulated drug delivery to improve cancer therapy.

We studied the effect of US exposure parameters that maximizes the release of dierucoyl-
phosphatidylcholine (DEPC)-based liposomes in vitro using low (300 kHz) and medium (1
MHz) frequency US. The mechanism of US-enhanced cellular uptake of nanoparticles (NPs)
(DEPC-based liposomes and polymeric NPs) and dextrans was also investigated using low
frequency US and microbubbles (MBs, commercial and a novel drug delivery system — air-
filled MBs stabilized by polymeric NPs). An in vivo study was conducted to investigate the
effect of 300 kHz and 1 MHz US on distribution of liposomal doxorubicin and released drug
in tumor tissues using tumor bearing nude mice. Lastly, the effect of NPs PEGylation,
surfactant and size on cellular uptake and cell viability was studied. In vitro drug release was
measured with a spectrophotometer whereby flow cytometry was used to measure cellular
uptake of released drug and NPs. Confocal laser scanning microscopy was used to image the
distribution and internalization of NPs and released drug.

Drug release was demonstrated in vitro and in vivo with both frequencies. In vitro drug
release was shown to be caused by inertial cavitation, whereas in vivo drug release was
suspected to be cavitation, although it is still unclear. Mechanical index and exposure time
were found to determine the total drug release from DEPC-based liposomes in vitro. The data
also suggests that the duty cycle may be used to control the amount of energy deposited and
heat generated in tissue during US-mediated drug delivery. The data from the in vivo studies
showed increased levels of released doxorubicin in US (for both frequencies) exposed tumors
compared to control tumors. Also, we observed higher penetration of liposomes and released
doxorubicin from blood vessels in tumors exposed to 1 MHz US as compared to 300 kHz US
exposure. This might be attributed to the acoustic radiation force generated during US
exposure. In vitro data shows the dependency of MBs to obtain efficient intracellular uptake
of NPs and dextrans, suggesting the mechanism of the improved cellular uptake to be
sonoporation and enhanced endocytosis. Although, the percentage of cells internalizing
dextran was size-independent (up to 2 MDa), the 4-kDa dextran was internalized in higher
quantities than the larger dextrans. Low frequency US did not enhance the cellular uptake of
polymeric NPs; neither in the presence nor absence of MBs stabilized by polymeric NPs.

Cellular uptake of polymeric NPs was largely dependent on the surface properties
(PEGylation and surfactant) of the particles. Thus, type and length of PEG molecules as well
as the type of surfactant used for emulsification of the particles had effect on the cellular
uptake of the particles. Polymeric NPs exhibited dose-response toxicity on PC3 cell line and
the toxicity was dependent on the type of surfactant.

Altogether, the results show that US can increase the local drug concentration, enhance the
penetration depth of drugs for the drug to reach more cancer cells and increase the
permeability of the cells for more drugs to enter the cell thereby improving cancer therapy.
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1. INTRODUCTION

Cancer is a disease that causes cells to grow out of control to form a tumor. According to the
World Health Organization, cancer is the most leading cause of death worldwide, leading to
about 7.6 million deaths in the year 2008 with an estimated death of 13.1 million in the year
2030. This calls for an urgent need to improve cancer therapy. Conventional cancer therapy
(surgery, radiotherapy and chemotherapy) lacks specificity towards tumor tissues. Thus,
normal tissues are also damaged in the treatment process. In chemotherapy for instance,
cytotoxic agents have large volume of distribution when administered, which often result in
narrow therapeutic index (ratio of therapeutic benefit to side effects) due to high level of
toxicity in healthy tissues [1, 2]. This has limited the applied dose in order to spare the
normal tissues [1]. To overcome the unwanted effect associated with chemotherapy, the
therapeutic index could be enhanced by delivering these agents specifically to tumor cells,
whereby keeping them away from non-malignant cells sensitive to the toxic effects of the
drug. When the cytotoxic agents are encapsulated in a drug carrier (such as liposomes,
polymers, micelles, MBs etc), the antitumor effect is enhanced whereby toxicity is reduced
due to the improved pharmacokinetics compared with free drug [3-5]. This is mainly due to
the leaky capillaries in tumor tissue. Tumor vasculature differs from the vasculature in
normal tissue, i.e., it has an irregular morphology, heterogenic blood flow and the endothelial
cells lining the capillaries are fenestrated unlike that of the normal tissues [6, 7].

The drug carrier may extravasate through the leaky tumor vessels [8, 9], contributing to
selective localisation of drug in tumor tissue (enhanced permeability and retention effect
(EPR) [3, 10], a process known as passive targeting. In normal tissue, the intact carrier is
confined to the intravascular space, as normal blood vessels are not fenestrated to the same
degree as in tumor tissue. Hence, the toxicity to normal tissue is reduced considerably.
Although passive targeting improves the tumor uptake compared to free drug, the drug
distribution within the tumor tissue is still heterogeneous [11, 12]. Large areas of the tumor
are not reached by the drug. However, for successful cancer therapy, the cytotoxic agents
need to reach all cancer cells in optimal quantities and deactivate them. To overcome these
challenges in drug delivery, development of new cancer specific and effective treatments is
required. In the past few decades, lots of studies have focused on the use of an external
source (ultrasound (US) or magnetic field, etc.) to trigger the release of drug carriers at the
targeted site[13-17], this process is known as physical targeting. This thesis focuses on how
to improve the delivery of cytotoxic drugs to cancer tissues by combining passive targeting
with the therapeutic effect of US. US may enhance the delivery by; increasing the release of
the drug from the carrier, improving the penetration/transport of the carrier and the released
drug through the extracellular matrix (ECM) and increasing the cellular uptake of the
released drug.

1.1. Barriers Encountered by Cytotoxic Drugs

The drug either encapsulated or free is expected to travel through the bloodstream and cross
the capillary wall to its target after it has been administered orally or by systemic injection.
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INTRODUCTION

To be able to eradicate the tumor completely, the drug must disperse throughout the tumor in
sufficient concentrations to eliminate every deadly cell. Thus, before the drug can attack the
tumor cells, it has to make its way through the blood vessels in the tumor, must be able to
cross the walls of the vessels into the interstitium and finally, move through the interstitium
to the cancer cells and then into the cells [18]. The first barrier to drug delivery is the chaotic
blood supply in solid tumor [18, 19], thus, the vasculature is chaotic in terms of spatial
distribution, microvessel length and diameter. The poorly developed vascular network is due
to the rapid proliferation of the tumor cells compared to the proliferation of the vascular and
stromal elements. Due to the uneven distribution of blood vessels, regions lacking vessels
will not be able to receive drug directly from circulation and this will result in a decrease in
uptake of drug in general. Thus, the average uptake of drug has been shown to decrease with
an increase in tumor weight whereas other studies do not find any effect of tumor volume and
drug uptake [18, 19]. In addition, the twisted nature of the vessels leads to slow blood flow
which also hinders delivery of drugs to poorly perfused regions of the tumor. However, as
mentioned above, the permeability of tumor capillaries is shown to be higher than in normal
capillaries, and these leaky capillaries thus favour the transport of the therapeutic agents
across the blood vessel wall [9, 11].

The second barrier is the mechanism by which the drugs or drug carriers are crossing the
capillary wall (i.e., transcapillary transport) and penetrating the interstitium or ECM (i.e.,
interstitial transport); namely diffusion (driven by the concentration gradient) and convection
(driven by the hydrostatic pressure gradient). These transport mechanisms are affected by
some important transport parameters namely: transcapillary and interstitial hydraulic
conductivity, which relates the velocity of the fluid to the pressure gradient; transcapillary
and interstitial diffusion coefficient relating the diffusive flux to the concentration gradients
and the permeability across the capillary wall [20]. The lack of a lymphatic network in tumor
tissue, and the high capillary permeability which allows molecules and water (by osmosis) to
enter the interstitium leads to high interstitial fluid pressure (IFP) in tumor tissues compared
to normal tissues. These high pressures are approximately the same as the microvascular
pressure (MVP) [21], and so the transcapillary pressure gradient is almost zero. However, it
has been shown both experimentally and by mathematical modelling that IPF increases
rapidly and reach an elevated level approximately 0.4 — 0.6 mm into the tumor [22, 23], and
so there might be a transcapillary pressure gradient at the tumor periphery but not in the
centre. This implies that, diffusion will be the most important transport mechanism in the
tumor interior where no transcapillary pressure gradient exists. Diffusion is, however, an
extremely slow process for large molecules, and the diffusion coefficient decreases with
increasing molecular weight. Thus, the high IFP in tumor tissue [21, 23, 24] impedes both
transcapillary and interstitial transport of therapeutic agents. Also, the ECM which consists of
a protein network of collagen embedded in a hydrophilic gel of glycosaminoglycans and
proteoglycans [18] may impede the diffusion of large molecules in tumors due to the collagen
content and structure. This in turn contribute to the low concentration of drug molecules in
the ECM [18]. Furthermore, studies have shown that interstitial hydraulic conductivity
decreases with increasing concentration of glycosaminoglycans [25] and the diffusion
coefficient decreases inversely with increasing amount of collagen and sulphated
glycosaminoglycans [26, 27]. Therefore, to increase the interstitial hydraulic conductivity and
diffusion coefficient, and reduce IFP which depends on hydraulic conductivity, the ECM
composition as well as the structure might be modulated.
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1.1.1. The cell membrane as a barrier

The interior of the cell is separated from the outside environment by the cell membrane. It
allows free diffusion (movement of molecules from a region of higher concentration to a
region of lower concentration) of small and non-polar molecules through its semi-permeable
membrane. However, it restricts the passage of larger molecules (free or encapsulated drug)
and so uptake mechanism like endocytosis is required for the passage of larger molecules.
Endocytosis is the active enclosure of an extracellular molecule within a vesicle bound to the
membrane, which is in turn transported to intracellular space, and is the most common
mechanism for the internalization of larger molecules. Nevertheless, the efficiency of
endocytosis is dependent on the surface chemistry and physical properties (size and shape) of
the therapeutic molecule or the drug carrier. For effective therapy, the therapeutic agent has
to be delivered intracellularly. This calls for new strategies with the aim to increase the
efficiency of intracellular delivery of therapeutic molecules.

The mechanism of endocytosis can be categorized as clathrin-mediated or clathrin-
independent endocytosis. Clathrin-mediated endocytosis is the best-understood receptor-
mediated endocytosis and it involves the internalization of molecules using receptors
(clathrin) specific to the molecules being internalized. The main scaffold protein in clathrin-
coated pits is clathrin and it occupies the plasma membrane along with the protein complex
AP2 and dynamin. Clathrin-independent endocytosis includes several cholesterol-rich
pathways. Caveolae-mediated pathway is the most common reported clathrin-independent
endocytosis and it consist of subdomains of glycolipid rafts that use the membrane protein
caveolin to form stable cell-associated structures[28-30]. Another clathrin-independent
pathway is macropinocytosis which involves bulk and non-selective uptake of extracellular
fluid through the actin-dependent reorganization of the plasma membrane to form
macropinosomes (heterogeneous phase-bright organelles that emanate from ruffles) [31]. To
investigate the cellular uptake mechanism of molecules, the various endocytic pathways can
be selectively inhibited by using chemical inhibitors [32]. For example, chlorpromazine,
inhibits mainly clathrin-mediated endocytosis by reversibly translocating clathrin and its
adapter proteins from the plasma membrane to intracellular vesicles [33], genistein, a tyrosine
kinase inhibitor, inhibits mainly caveolae-mediated uptake [34, 35]; and wortmannin, an
inhibitor of phosphoinositide 3-kinases (PI3Ks), plays a role in the enclosure of ruffles to
form macropinosomes [31, 36].

1.2.  Types of Carrier used in Drug Delivery

To avoid unwanted effect of cytotoxic drugs with normal tissues, different types of drug
carriers have been developed to carry the drug to the tumor tissues. The typical size of drug
carriers used in drug delivery is 3 — 1000 nm, hence they are known as NPs [37]. NPs can be
designed from various materials like polymer (polymeric NPs and micelles), lipids
(liposomes), virus (viral NPs) etc [16, 37]. Although, the drug is protected through
encapsulation, the nanoparticle is expected to remain stable in circulation without releasing
their content until they reach their targeted site. Thus, the nanoparticle should be designed in
such a way to prevent rapid degradation in circulation and opsonization by serum protein or
phagocytosis by macrophages. Coating of the NPs with polyethylene glycol (PEG) is shown
to reduce the uptake by the mononuclear phagocyte system (MPS) by making them
“invisible” to monocytes and macrophages [1, 3]. PEGylation prolongs the circulation
time[3] and increases the chance of accumulation at the tumor site compared to normal
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tissues due to the EPR effect in tumor tissues. The NPs can also be delivered locally at the
target site by attaching a ligand to the drug carrier that binds specifically to receptors at the
target site; a method known as active targeting. After localization into the solid tumor, NPs
are expected to release the drug in the interstitium followed by uptake of the drug in its free
form by the tumor cells or uptake of NPs in tumor cells followed by intracellular release.

In spite of passive targeting, drug release kinetics is still a challenge. Hence, tiggerable
release mechanisms are needed to increase the rate of drug release and the local dose. Some
of these carriers (liposomes, micelles, polymeric NPs etc.) can been designed to be used in
combination with therapeutic US. In this study, liposomes and polymeric NPs were used as
drug carriers.

1.2.1. Liposomes for drug delivery

Liposomes are non-toxic biodegradable and ion-immunogenic drug delivery vehicle which
was discovered by Bangham [38, 39]. They are spherical vesicles produced from natural
phospholipids and cholesterol, which can be used in a lot of applications (clinical, cosmetics
etc). They are made up of one or more concentric bilayer of phospholipids with each
enclosing an aqueous compartment. The molecular shape of a phospholipid consists of water-
loving head and two oil-loving tails (Fig. 1.1). Phospholipids can be classified according to
type of polar head group, fatty acid chain length and degree of saturation [40]. The most
commonly used phospholipids in liposome formulations are phosphatidylcholines (PCs) and
they can be derived from natural sources like egg, soy etc or from synthetic materials.
Phospholipids such as disteraoyl-phosphatidylethanolamine (DSPE),
dioleoylphosphatidylethanolamine (DOPE) and dierucoyl-phosphatidylcholine (DEPC) with
smaller head groups and longer or unsaturated acyl chains can also be used for designing
liposomes [14, 41]. When a large number of lipids are placed together, a bilayer will be
formed based on hydrophobic interactions in continuous parallel packing, with the
hydrophilic head group position towards the aqueous environment (Fig. 1.1). This makes
them suitable for delivering both hydrophilic and lipophilic drugs. Hence, they are capable of
carrying a great variety of molecules, such as small drug molecules, nucleotides and even
plasmids. The size of liposomes ranges from nanometers to micrometers[40] and they can be
classified into: small unilamellar vesicles (SUV) which consist of a single bilayer and size
range of 10 — 100 nm; large unilamellar vesicles (LUV) consist of single bilayer and size
range of 100 — 1000 nm; multilamellar vesicles (MLV) consisting of several bilayers and size
range of 100 nm — 20 pm; multivesicular vesicles (MVV) with size range of 100 nm — 20 pm
[42]. However, liposomes used for drug delivery are made of single bilayer and are typically
of 100 nm in size, for example, Doxil (a PEGylated liposome used in the clinic). The
liposomes used in the present work were made from DEPC and are single bilayer with size
below 110 nm. Liposomes can be designed to respond either to elevation in temperature (e.g.,
thermal effect of US) or to the non-thermal effect of ultrasonic waves or both. Liposomes
sensitive to the thermal effect of US are called temperature sensitive liposomes (TSL) and the
membranes of these liposomes include lipids which have a phase transition temperature in the
range of ~ 42-45°C[43, 44]. Liposomes sensitive to the non-thermal effect of US are called
sonosensitive liposomes.
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Phospholipid

Fig. 1.1: Schematic diagram showing the formation of a liposome. Phospholipid forming a bilayer and then enclosing an
aqueous interior. They can carry water soluble (red), fat soluble (yellow) and amphiphilic drugs (red and yellow) and are
versatile systems for broad medical applications. Epitarget ©.

1.2.2. Polymeric Nanoparticle for drug delivery

Biodegradable polymeric NPs made for drug delivery application have shown significant
therapeutic potential in recent years. This is mainly because; polymer chemistry is a versatile
field, where polymers can be used as the backbone for nanoparticle formulation to facilitate
the advancement for multiple functionality [45]. Thus, NPs can be formulated to combine
tumor targeting (binding small peptides, antibodies or lectins covalently to NPs), tumor
imaging (inclusion of metals such as iron oxide, gold, gadolinium etc. for MRI or
fluorescence probes for optical imaging) and tumor therapy (inclusion of anti-cancer drug) in
one system. Drug release from a polymer NP is normally by the degradation of the
nanoparticle or by diffusion of the drug from the polymeric core. The drug can also be
attached by a labile linkage to the polymer from which it is released at the target site by
degradation of a linker via enzymes or pH at the target site. Non-soluble polymers can form
NPs, while soluble or amphiphilic polymers (with attached drugs) can be used to form
hydrogel NPs by physically or covalently crosslinking the polymer after the formation of the
NP so that it will not dissolve in water (or blood) [16]. Examples of polymers used in
designing NPs includes; Poly(lactide-co-glycolides), Poly(methyl methacrylate), Poly(lactic
acid), Poly(vinyl alcohol), Polystyrene, Poly(acrylic acid) , Poly(methacrylic acid), Poly
(alkyl cyanoacrylate), etc. [46-48].

For drug delivery applications, the polymer must be biocompatible (non-toxic and non-
immunogenic) and preferably biodegradable. Poly (alkylcyanoacrylate) (PACA) polymers
like poly (butyl cyanoacrylate) (PBCA) are said to be biocompatible and biodegradable and
can absorb or entrap bioactive compounds (inorganic crystallites, various drugs, proteins etc.)
making them ideal tools for applications like drug delivery where the NPs are administered
repeatedly. The polymeric NPs used in this thesis were made from PBCA. Polymeric
particles can be stabilized with positively or negatively charged ionic surfactants or the non-
ionic polymeric surfactant (Polysorbate 80 (Tween 80)), sodium dodecyl sulphate (SDS),
Aerosol OT (AQOT), Lutensol AT50, CTMA-CI, etc.) through physical adsorption or binding
chemically to the particle surface[48-50]. Surfactants can also be a source of toxicity to cells
if not removed thoroughly after NPs preparation. This is because they can influence cell
permeability. Functionalization of NPs with PEG can influence cellular uptake of NPs. Thus,
cellular uptake has been shown to be affected by the density and conformation of PEG
molecules on the surface of the NPs [46, 51, 52]. In spite of the fact that PBCA particles are
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biocompatible, the degradation products i.e., n-butanol and poly (cyanoacrylic acid) are
known to be cytotoxic [53-55]. Furthermore, Wessi et al [50] also reported that PBCA NPs
exhibited cytoxicity which is dependent on the molar mass distribution. However, studies
demonstrated that at lower concentration (10-20ug/ml) of PBCA NPs there is little in vivo or
in vitro evidence of toxicity on cerebral endothelial cells [56].

1.3. Ultrasound and Drug Delivery

US are sound waves with frequencies above the audible range, that is, above 20 kHz. It is
used mainly in the clinic and the industry (including welding and processing and non-
destructive evaluation). US waves are mechanical wave and so require a material medium
(such as liquid) for its propagation. Thus, there is movement of molecules as the medium is
compressed (at high pressures) and decompressed (at low pressures) and can act physically
on biomolecules and cells. It can be reflected, refracted (bent), focused and absorbed like
light waves. Unlike light waves, US waves can be transmitted through the body at precise
location with relatively little absorption. In the clinic, US usually operates in the range of 1 —
40 MHz and is used to image changes in appearance and function of organs, tissues, blood
flow or abnormal masses (such as tumors), guide invasive procedures and monitor tissue
response to therapy. Currently, US imaging is widespread in clinical use and it accounts for
about one in four of all imaging procedures worldwide [57] with a wide range of new
therapeutic applications (such as drug delivery, gene therapy, high intensity focused US etc.)
currently under consideration [58]. US is of special interest, because it is safe, non-invasive,
can be controlled both spatially and temporally, and can penetrate deep into the body without
affecting intermediate tissues.

US waves can be transmitted continuously or it can be pulsed. During continuous mode, the
ultrasonic transducer is excited continuously with an electrical sine wave at constant
amplitude (Fig. 1.2 (a)) which then produces a continuous ultrasonic wave at the same
frequency as that of the electrical frequency. Pulsed waved US is generated by exciting the
ultrasonic transducer with very short electrical signals and then waiting for some time before
repeating the excitation (Fig. 1.2 (b)). US wave is characterized by the amplitude (pressure),
wavelength (1), frequency (f), pulse repetition frequency (PRF), pulse duration (t), duty cycle
(DC), etc. The pulse duration (z) is given by: 17 =N/f (Fig 1.2 (b)). Where; N is the
number of cycles per pulse. The duty cycle is the fractional amount of time that the pulse is
activated, and is given by equation 1.

DC = —— =1 X PRF (1)
PRP

Where; PRP is the pulse repetition period. For a plane harmonic wave, acoustic intensity | of
a sound wave can be defined as the average rate of flow of energy through a unit area normal
to the direction of propagation (equation 1). Thus, acoustic intensity for plane wave is defined
as follows;
2

2 pc
Where; p is the amplitude of the pressure, p is the density of the medium and c is the velocity
of sound in the medium.

6|Page



INTRODUCTION

AAAANAND N
VRVRVATAVATAY

VAN AN
AR

Amplitude

>

Amplitude

B! PRP

Fig. 1. 2: Schematic presentation of (A) continuous and (B) pulse wave ultrasound. PRP, A and Tt are the pusle
repitition period, wavelength and pulse duration respectively.

1.3.1 Biological effect of ultrasound

US-mediated biological phenomena have been grouped into two categories namely: thermal
and non-thermal effects. Thermal effects refer to the absorption of acoustic energy by fluids
and tissues (heating). The non-thermal effect is associated with acoustic radiation force and
cavitation (bubble oscillations). These mechanisms can be used to enhance drug transport,
drug release and uptake at the target site. This thesis focuses on the use of non-thermal effect
of US to improve drug delivery.

1.3.1.1. Heating

The deposition of acoustic energy into the propagation medium due to absorption leads to
heating. When US energy is focused unto a target tissue, the intensity also known as power
density (in W/cm?) of the wave will be absorbed by the tissues, which will then result into
heating depending on the magnitude of the intensity. This is directly proportional to the
absorption coefficient of the tissue. The thermal effect of US can be used to kill or ablate
tissues[59, 60], “melt” or release liposomes to deliver drugs to tissues and also to heat the
tissues in order to enhance the uptake of the drugs [61-63]

1.3.1.2. Acoustic Radiation

Propagation of the sound wave can lead to transfer of momentum from the sound wave to the
propagating medium, which then generates a unidirectional force called radiation force.
When radiation force acts on a fluid medium, it causes formation of a steady flow called
acoustic streaming which can be on a large scale or small scale. When small scale acoustic
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streaming occurs, it is known as micro-streaming and can lead to small eddy in the vicinity of
small vibrating objects like gas bubbles. This phenomenon is related to cavitation and can
increase the overall rate of drug transport [64, 65]. The time-average radiation force on a
bubble resonating in a travelling-wave is given equation 3 [66].

14 1o,
(Fy =2 = Io 3

c c

Where; (W) is the time-average power loss per bubble, I is the intensity of a plane wave and
oe IS the extinction cross-section which is the sum of the absorption and scattering cross-
section of the bubble.

Acoustic streaming has been shown to increase convective heat loss thereby reducing heating
from US exposure [67]. Furthermore, radiation force applied to tissues is proportional to the
temporal average intensity of the acoustic beam (assuming a plane wave) at a given point in
the tissue and the absorption coefficient of the medium, hence the higher the intensity, the
higher the radiation force [68-70]. Therefore, depending on the magnitude of the radiation
force, tissue displacement at the focal zone can take place and the magnitude of the
displacement is inversely proportional to the tissue stiffness [71, 72].

1.3.1.3. Acoustic cavitation

Cavitation is the formation/or oscillation of gas bubbles in a medium upon exposure to
ultrasonic pressure waves. It is divided into two main types: stable (non-inertial) and collapse
(inertial or transient) cavitation. Stable cavitation is the repeatable oscillation of bubbles
(diameters) around some equilibrium size and it occurs at lower intensities (Fig 1.3a). The
maximum oscillation occurs at the resonance frequency of the bubble and it depends on
equilibrium radius of the bubble (R,), the ambient pressure (P) and density of the surrounding
medium (p). For a free bubble, assuming an adiabatic condition, the resonance frequency is

given as [73];
S 574
ﬂ N 2TtR, p “)

Where; surface tension is neglected and v is the adiabatic constant of the gas (air). For an air
—filled bubble in water at standard pressures (P = 100 kPa, p = 1000 kg/m®), equation 3
reduces to; f, = 3.3/R,.

Bubble oscillation can lead to microstreaming (i.e., circulating fluid flow) around the bubble
where the amplitude of oscillation is proportional to the velocity and shear rate. It can also
induce shear stress in nearby tissues. At higher intensities the bubble oscillates sufficiently
that the inertia of the inward moving liquid causes the bubble to collapse violently, producing
shock waves, high temperatures, and free radicals (Fig. 1.3) [66, 74, 75]. This phenomenon is
called collapse cavitation or inertial cavitation. The transition from stable cavitation to inertial
cavitation occurs at a threshold called inertial cavitation threshold [66, 74, 75]. This threshold
is dependent on the peak negative pressure, frequency and the initial bubble radius [58, 66,
74, 75]. The likelihood of occurrence of inertial cavitation in a medium exposed to US has
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been defined as mechanical index (MI). Ml is the ratio between the peak negative pressure
(Pneg in MPa) and the square root of the US frequency (f, MHz) as given in equation 5.

MI = P"% 5)

Therefore, inertial cavitation occurs more frequently at lower frequencies than higher
frequencies. Theoretically, Mls below 0.7 signifies no occurrence of cavitation [74], thus,
even when a broad size distribution of nuclei are present, below 0.7 MI, conditions are still
not sufficient to allow significant bubble expansion. However, because there are fewer gas
nuclei in vivo than in vitro, hence, maximum MI in medical US scanners is set to 1.9.
Detection of cavitation is accomplished by several methods, including measurement of the
acoustic spectra generated by the oscillating or collapsing bubbles, trapping of free radicals,
sonoluminescence, etc. [66, 76-78].

@ Stable cavitation
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Fig. 1. 3: Schematic representation of cavitation activity with time illustrating the effects of acoustic fields (same
frequency but different intensities) on bubble behavior. (a) Stable cavitation: bubble oscillations induced by low-
intensity, with a gradual increase in bubble diameter until it reaches a resonant diameter and then stable oscillation
occurs (filled circles). (b) Inertial cavitation: the bubble grows rapidly for a few cycles at higher intensities and then
collapse violently generating highly localized extremes of temperature and pressure, shock waves and free radicals. This
is because the inertial energy of the fluid surrounding the bubble during the compression half cycle becomes so great
that it cannot reverse direction when the next rarefaction half cycle arrives [79]

1.4, Acoustic Radiation Force and Drug Delivery

In drug delivery, radiation forces (using MHz-frequency US) can displace gas bubbles
(loaded with therapeutic agents) circulating in the blood stream and push them towards the
vessel wall which will enhance receptor-ligand contact or induce shear forces and cause gaps
in the endothelium of the vessel wall to increase cellular uptake of drugs [80-83]. Acoustic
streaming generated by radiation force, might improve the convection of the NPs in the
extracellular matrix and enhance the penetration and distribution of the NPs as well as
augments the release of the drug from the particle.
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1.5. Cavitation and Drug Delivery

Cavitation is one of the important non-thermal US mechanisms in the field of drug delivery.
The two main roles of cavitation in drug delivery are: (1) to disrupt the structure of the drug
carrier (NPs) and (2) to release the drug and also make the cell membrane and capillaries
more permeable to drugs (Fig. 1.4). Cavitation activity increase with increase in the number
of gas bubble nuclei, therefore introduction of gas bubbles or MBs (US contrast agents)
significantly enhances cavitation activity which in turn facilitates drug delivery.

Focused ultrasound induces both
drug release and uptake of the
drug into tumour cells

\ Liposomes deliver cancer
Tumour
j) drugs to tumour
o
o

- ”~

— 7
7 o
L=

=2

Ve ‘
Intact liposome

Drug release

Fig. 1. 4: Schematic illustration of US-mediated drug delivery. The liposomes deliver the cancer drug to the tumuor and
then application of focused US will disrupt the structure of the lipsomes and release the drug and also make the cell
membrane and capillaries more permeable to drugs. (Epitarget©).

1.5.1. Cavitation and controlled drug release

Although, the EPR effect has been effective in targeting tumor tissues, there is still a
challenge to control drug release kinetics at the tumor site. However, several strategies for
triggered drug release have been proposed including the use of US energy to trigger the
release of NPs [14, 16, 41, 84]. Drug delivery systems such as liposomes, micelles, MBs etc.
can be designed to respond to the mechanical effect of US in order to release the content. For
instance, studies have shown that the gas-containing liposomes are more sensitive to US
exposure [84], but these gas-containing liposomes are too large (in the micrometer range) to
allow effective extravasation into tumor tissues. Ejven and co-worker also demonstrated that
lipid composition can influence liposome sonosensitivity [14, 85]. Thus, they showed that,
DOPE-based liposomes are more sensitive to US exposure than PC-based liposomes due to
the cone-shaped geometry and non-bilayer forming characteristics of DOPE. DEPC-based
liposomes were used in this thesis and they also have a cone-shaped geometry which makes
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them sonosensitive [14]. Although, the exact mechanism of US mediated release is poorly
understood, cavitation have been reported to play a dominant role in the drug release from
micelles, liposomes and polyersomes [14, 15, 17, 41, 64, 76, 86, 87]. During bubble
oscillations (i.e, stable cavitation leading to microstreaming) vesicles denser than the
surrounding medium would be pushed (by radiation force) towards the bubble and if the
shear stress exceeds the strength of the vesicle, it would rupture or reform into smaller
vesicles and then release its content [65]. Again, shock waves and jet streams produced
during inertial cavitation can lead to shear stress which can also rupture vesicles to release
their content [65]. Release of drug from polymer has also been attributed to free radicals
generated from inertial cavitation that react with, rearrange and break the bond connecting the
drug and the polymer [65, 88]. US triggered release seems to have great potential to
improve drug delivery, however, the interaction of US with drug delivery system and the
effect of exposure parameters on drug release are yet to be thoroughly elucidated.

1.5.2. Cavitation and cell membrane permeability

Cavitation can also cause stresses on the membranes of biological cells to render them
permeable to molecules which are not permeable to the cell membrane. This process is has
been termed as sonoporation, that is, creation of transient pores in the plasma membranes of
cells by sound waves to enhance permeability. Sonoporation is said to be transient and
reversible and is able to facilitate the transport of macromolecules, therapeutic drugs, and
small compounds [89-97]. Combination of US with artificial MBs (US contrast agents) has
been shown to enhance cell membrane permeability than US or MBs alone [98, 99]. This is
because sonoporation occurs as a result of bubble oscillations or collapse, so the presence of
MBs will enhance the cavitation activity and therefore enhance cell membrane permeability.
During cavitation, cells in the vicinity of cavitation event are subject to shear stresses from
microstreaming originated from oscillating bubbles [96] as well as shock waves and microjet
from collapse of bubbles which lead to increase permeability of the membrane [100-103].
Thus, both stable and inertial cavitation has been shown to play crucial roles in the
sonoporation activity [104-106]. This can lead to enhanced extravasation of NPs or
maromolecules into tumor tissues. Although, US offers compelling opportunities to enhance
cancer therapy, mechanism of sonoporation is still unclear, thus, full understanding of how
molecules enter cells and how cavitation facilitates intracellular uptake is still lacking[107,
108]. However, studies have shown pore formation and enhanced endocytosis to be the main
mechanism of sonoporation [94, 97, 101-103, 109, 110].

In addition, US-mediated intracellular uptake has been found to be more efficient with low
molecular weight entities than higher molecular weight entities [97]. This is because
endocytosis is size dependent and the pore size (30nm to 400nm) distribution on the plasma
membrane is said to be heterogeneous with smaller sizes than bigger sizes [94, 97, 102, 103].
Even though, sonoporation is said to be reversible, that is, pores last from milliseconds to
minutes [101, 111], cavitation activity (especially inertial cavitation) is non-uniform and
difficult to control, as some of the exposed cells will experience irreversible damage which
would render them non-viable. That is, cells very close to the oscillating or collapsing
microbubble will be killed whereas those too far away will be unaffected; so it is only cells
within a certain range from the cavitating bubble that will be reversibly permeabilized[112].
Hence, irreversible permeabilization limits the sonoporation efficiency (percentage of cells
with reversible permeability). Therefore, to develop safe and effective protocols for
successful cancer therapy, the mechanism of sonoporation needs to be elucidated. However,
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sonoporation-mediated therapeutic applications would only be limited to cellular uptake in
the vessel wall since MBs can only be exposed to the vasculature and adjacent cells, whereas
the tumor cells embedded in the extracellular matrix will not be exposed to microbbubles.

1.6.  Ultrasound Contrast Agents — Microbubbles

MBs are US contrast agents used for enhancing ultrasonic contrast imaging. MBs consist of a
gas core encapsulated in a shell. The shell of MBs are made up of albumin, lipid, surfactant
or polymer whereas the gas core is normally filled with either air (Levovist) or
octafluoropropane (Optison™ and Definity®) or perfluorobutane (Sonazoid ) or sulfur
hexafluoride (SonoVue). They are typically in micrometer (1-10um) range with a shell
thinkness of 2 to 200-nm and can only stay in the vascular system due to their size [113],
hence, they are blood pool agents. MBs with hydrophobic gas are more stable than those
with normal air since hydrophobic gas have low solubility in blood. The shell also prevents
the bubbles from dissolving in the blood and it also determines the rigidity of the
microbubble, which in turn affects the collapse threshold. Thus, stability and acoustic
response of a microbubble depends not only on the exposure parameters of the US but also on
the physical properties (e.g. size, gas and shell) of the MBs [114, 115].

1.6.1. Microbubbles and drug delivery

In drug delivery, microbubbules can be used for imaging of the tumor vasculature, e.g.,
conjugating ligands on the surface of MBs to target specific vascular receptor sites. The
oscillations or collapse of these bubbles (cavitation) can also cause changes in the cell
membrane and vascular permeability (i.e. sonoporation), which can enhance cellular uptake
and the distribution of NPs or drugs. In other words, NPs or drugs can be co-administered
with MBs while the collapse of the bubble can increase the permeability of the cells to
enhance cellular uptake. Drugs can also be loaded onto the MBs in several ways, and
application of US can release the drug and the collapse of the bubble can increase the
permeability of the cells to enhance cellular uptake. Some strategies for designing
multifunctional MBs for US image-guided therapy are; loading therapeutic drugs in the shell
(phospholipid-based or polymer-based) [83, 116-118] of the microbubble or attaching NPs
directly to MBs [95, 119].

Microbubble with polymer shell is said to be more stable, than those with lipid shell, and it
has an advantage of having longer circulation time and higher ligand density for efficient
targeting of tissues [47, 117]. In addition, polymeric NPs made from PACA are
biocompatible and biodegradable [47, 50] and this makes them ideal systems for drug
delivery applications. Fokong and others [118] demonstrated recently that, high amount
of chemotherapy drugs can be encapsulated into the shell of polymeric MBs than lipid shell
MBs. However, the loading capacity of drugs into the shell of MBs is generally limited by the
thickness of the MBs, hence there is a need to increase the drug payload for each
microbubble. This can be done by attaching or stabilizing MBs with NPs containing drugs.
Loading MBs with NPs (NP-loaded MBs containing contrast agents for MRI or fluorescent
probes for optical imaging) can provide contrast imaging for multiple modalities with
additional spatial, temporal and depth resolution for improvement in accuracy of disease
diagnosis and local treatment of diseases [120]. Furthermore, it has been shown theoretically
and experimentally that NP-loaded MBs increases the contrast in US imaging due to the
enhanced asymmetric bubble oscillations even at low excitation amplitudes [47, 119-121].
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This is because; close packing of the NPs restricts bubble compression. NP-loaded MBs
disruption can be done controllably to release the NPs at the targeted site under US image
guidance. This may also minimize the destructive effect on nearby cells caused by the
acoustic cavitation while maintaining the uptake of NPs in the cells. The reason is that, the
presence of NPs around the bubbles will increase the stiffness and attenuation compared with
MBs without NPs [47]. Hence, with adequate amount of NPs, NP-loaded MBs might reduce
cell death whilst improving delivery efficiency. NP-loaded MBs (air-filled MBs with a shell
of NPs) were used in this thesis to study the effect of US on cellular uptake.
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2. OBJECTIVES OF THE STUDY

The overall aim of this thesis is to improve the delivery of drugs by combining US and NPs.
US may increase the delivery of NPs or cytotoxic agents to cancer tissues in various ways;
facilitating the transport across the capillary wall, enhancing the release of the drug from the
nanoparticle at the tumor site, enhancing the transport through the ECM and finally
enhancing the cellular uptake by making the cell membrane more permeable [93, 94, 112].
However, to develop safe and effective strategies for drug delivery with US, the mechanisms
involved in US-mediated drug delivery needs to be understood.

Five specific aims have been addressed to achieve this goal and they are;

To investigate the effect of various US exposure parameters (frequency, peak
negative pressure, duty cycle, PRF, pulse duration and exposure time) that
maximize drug release from liposomes in solution, with focus on the impact of
M1 on drug release. The release mechanism was also investigated.

To investigate the impact of low US and MBs (commercial micobubbles and
NP-loaded MBs) on the cellular uptake of marcomolecules and NPs
(liposomes and PBCA NP) and also whether the encapsulated drug was
released extracellularly before taken up by the cells.

To investigate whether the mechanism responsible for cellular uptake of
macromolecule is related to pore formation or US enhanced endocytosis.

To characterize a newly developed multifunctional drug delivery system by
investigating the effect of nanoparticle PEGylation, surface chemistry and size
on cellular uptake of PBCA NP. The cytotoxic effect of the NPs was
investigated as well.

To investigate the effect of different US exposures (1 MHz and 300 kHz) on
delivery and distribution of liposomal doxorubicin in Balb/c nude mice
bearing prostate cancer xenografts, i.e, the micro-distribution of liposomes
and released drug in the ECM after US exposure.
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3. MATERIALS AND METHOD

This section comprises the various techniques and models applied in the present work. More
information about how the techniques were used in the present study can be found in the
original papers.

3.1. Particles and Molecular Tracers
3.1.1. Sonosensitive liposomes

Sonosensitive DEPC-based liposomes containing calcein or doxorubicin were supplied by
Epitarget AS (Olso, Norway). DEPC- based liposomes were used to study the effect of US
exposure parameters on the release of drug (calcein) from liposomes (Paper 1), mechanism of
sonoporation (Paper I1) and the distribution of liposomal doxorubicin and the released drug in
prostate cancer xenografts after US exposure (Paper I11).

3.1.2. Dextrans

Dextrans are neutrally charged, complex hydrophilic polysaccharides with low toxicity, and
moderate to high molecular weight. They can fluorescently be labeled with fluorescein-
isothiocyanate (FITC) and are frequently used as tracers, as well as drug carrier and  has
been used as model drug in sonoporation experiments [94, 97]. FITC- dextran (Sigma-
Aldrich, Oslo, Norway) with various molecular weights (4, 40, 150, 500 and 2000 kDa) were
used to study the mechanism of sonoporation in Paper II.

3.1.3. Multifunctional particles

A newly developed multifunctional drug delivery system (manuscript in preparation), i.e.,
MBs stabilized by PBCA NPs (SINTEF Material and Chemistry, Trondheim, Norway) were
used for cellular uptake experiment (Paper IV). This system can be used for both US contrast
imaging (diagnosis) and drug delivery (therapy). PBCA NPs labeled with Nile red (small
fluorescent molecule) were prepared from miniemulsion polymerization and coated with PEG
in a single step. The NPs were PEGylated with three types of PEG (Tween80, long and short
Jeffamine chain), 3 types of surfactant (SDS, Tween80 and AQOT) with five different sizes
(109 — 228 nm). The Jeffamine PEGs are linear whereas Tween80 is a branched polymer. The
particles were then used to form the MBs by mixing the NPs dispersion with proteins and air,
using an ultra turrax. It should be noted that these PBCA NPs are not US sensitive; thus, they
cannot be degraded by neither the thermal nor mechanical effect of US.

3.1.4. Microbubbles

Two types of MBs were used in this thesis, i.e., Definity® MBs (Lantheus Medical Imaging,
Billerca, MA) and the multifunctional delivery system (NP-loaded MBs). These MBs were
used to study the effect of US on cellular uptake of NPs (Paper Il and IV) and macromolecules
(Paper I1), as well as to investigate the mechanism of US enhanced cellular uptake (Paper II).
Definity® consists of octafluropropane (CsFg) gas core encapsulated by an outer phospholipid
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shell. After activation of the bubbles (as prescribed by the manufacturer) the suspension
contains approximately 1.2 x 10'° MBs/ml and the mean diameter ranges from 1.1 to 3.3 pm.
The multifunctional delivery system consists of air-filled (O,) MBs stabilized by PBCA NPs.
Three types of PBCA NPs with different sizes and PEGylation were used to form these NP-
loaded MBs. Concentration of the NP-loaded MBs were approximately 1x 10° to 3 x 10°
MBs/ml and the size ranges from 1 t0 2.4 um

3.2.  Characterization of Transducers

Two focused transducers (custom-made) were used in this project. These were supplied by
Imasonic (Besancon, France). Detailed description of these transducers (that is diameter,
focal length, focal depth etc.) can be found in Table 1. The transducers were focused single-
element with frequencies of 300 kHz and 1 MHz, and were made of piezoelectric composite,
having matching layers as well as a thick backing. Each transducer had a thermo coupler in
the backing for monitoring of the temperature in the transducer. The transducers were
characterized in a water tank using a home-built program (ProbeLab) at the Department of
Circulation and Medical Imaging. A hydrophone (Onda HGL-0200, Onda Corporation,
Sunnyvale, CA, USA) with a tip diameter of 200 um, connected to a 20-dB pre-amplifier
(Onda AH-2020) in a rectangular Plexiglas water tank was used to characterize the acoustic
field. The -3dB beam width along the lateral direction was measured (see Table 1) by
recording two-dimensional beam profiles. Also, the range (L) at which the pressure was
-1dB compared to the pressure at the maximum intensity was determined (see Table 1).
Equations 5 and 6 were used to calculate temporal average intensities and Mls from the
experimental data.

2
Iy =PRF [} %dt 6)

Where; p is the acoustic pressure, p is the mass density, ¢ is the speed of sound in the
medium, T is the repetition period, and PRF is the pulse repetition frequency.

Generally the 1 MHz probe was found to produce higher pressures and intensities than the 0.3
MHz, but the Mls of the two probes are very much comparable. The 1 MHz transducer was
also found to have higher nonlinear pulse distortions than the 300 kHz transducer (see
Fig.3.1).
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Table 1: Specification of transducers

Frequency
Parameter 0.3MHz [1MHz
Diameter (active) 55 mm 50 mm
Radius of curvature 90 mm 131mm
Location of maximum intensity 69 mm 125 mm
Relative bandwidth 47 % 62 %
- 3dB Beam diameter at location of maximum 6.6 mm 3.0 mm
intensity
Lm, range where the pressure is -1dB compared to 326 mm | 33.0
the pressure at the maximum intensity mm
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Fig. 3.1: An example of point scans for 0.3 MHz (A and C) and 1MHz (B and D) transducers at 69 and 125 mm
respectively. C and D are zoomed version of A and B respcetively showing nonlinear pulse distortion.

3.3.  Ultrasound Exposure Set-up

Similar exposure set-ups were used in all the experiments with little modifications based on
the type of experiment, i.e., in vitro or in vivo (see Fig 3.2). Basically, the set-up consisted of
a signal generator (Hewlett Packard 33120A, San Jose, CA, USA), an oscilloscope (Lecroy
waverunner, LT262, Long Branch, NJ, USA), a power amplifier (ENI 2100L, Rochester, NY,
USA), the two custom-made transducers and an insonication chamber. The insonication
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chamber for Paper Il and Paper IV were the same (Fig. 3.2 B) whereas those of Paper | (Fig.
3.2 A) and Il (Fig. 3.2 C) were different due to the nature of samples used in the different
experiments. Furthermore, because of the power limitations of the ENI amplifier, in Paper I,
an additional eight-channel PC-controlled arbitrary waveform generator board (DA4300,
Acquitek, Massy, France) connected to a custom-made eight channel power amplifier (E&I
90ABS, Rochester, NY, USA), (where the eight channels were combined) was used to drive
the transducer. Detailed descriptions of the various insonication chambers can be found in
the original papers.

3.4. Spectroscopy
3.4.1. Drug release

The release of the model drug calcein (a small fluorescent molecule) was monitored by
measuring the fluorescence intensity of the released drug with a spectrophotometer (Perkin
Elmer, LS-50B, UK) (Paper I). The destruction of liposomes by the US releases the drug
(calcein) into the medium, and by measuring the fluorescence intensity of emitted light, the
effect of US on release was investigated. Calcein release during US exposure was determined
(according to Duzgunes and coworkers, [122, 123]) by monitoring relief of self-quenching.
The percentage of drug release was then estimated from equation 7.

% Release = % X 100 (7)

Where; F,,F,, and F; are the peak fluorescence intensities of calcein released by US, before
US exposure and after addition of Triton X-100 (100% release), respectively.

3.4.2. Validation of inertial cavitation

Validation of inertial cavitation was done using a terephthalate dosimeter [124-126] (Paper I).
In brief, when inertial cavitation occurs, the produced OH radicals react with the non-
fluorescent terephthalate (TA) to form fluorescent 2-hydroxyterephthalic acid (HTA) which
can then be measured by spectroscopy.
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Fig. 3.2: Ultrasound exposure set-ups for in vitro ( (A) drug release and (B) cellular uptake), and (C) in vivo
experiments.
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3.4.3. Cytotoxicity of Nanoparticles

In paper 1V, the cytotoxic effect of PBCA NPs was measured using fluorescent based method
of Alamar blue cell viability reagent. The fluorescence intensity of Alamar blue was
measured with a microplate reader from the bottom (Tecan Group Ltd. Seestrasse,
Mannedorf, Switzerland). Alamar blue is a cell health indicator which uses the reducing
power of living cells to quantitatively measure the proliferation of cells. Viable cells are able
to convert resazurin (active ingredient of Alamar blue which is non-fluorescent) to resorufin
(red compound which is highly fluorescent) continuously thereby increasing the overall
fluorescence and colour of the cell media. Thus, Alamar blue measures the metabolic activity
of cells. Percentage of viable cells was calculated from equation 8;

N _ (FLyp—FLp)
Cell viability (%) = “Flo—FLy) X 100 (8)

Where; FLnp is the fluorescence intensity of samples treated with NPs, Flc is the
fluorescence intensity of untreated samples (control) and FLg is the fluorescence intensity of
only the medium (blank).

3.5. Flow Cytometry

Flow cytometry is a technique used for analysis of single cells within heterogeneous
populations by recording two physical parameters (i.e., fluorescence and light scattering from
each cell). Cells are hydro-dynamically focused to a laser beam and then the light that
emerges from each cell as it passes through the laser is captured and the result is grouped
based on the individual characteristics. It has the ability to sort cells based on cellular
characteristics such as complexity, size, viability and phenotype. It can also distinguish viable
cells from dead cells and cell debris. In Paper Il and IV, flow cytometry (Gallios, Beckman
Coulter, Inc., Indianapolis, IN, USA) was used to measure cellular uptake of NPs (liposomes
and PBCA NPs), as well as cell viability before and after US exposure. It was also used to
investigate the mechanism of US enhanced cellular uptake by measuring the uptake of FITC-
dextran before and after US exposure. To eliminate any spectral cross talk between the
fluorochromes (doxorubicin, Nile red, FITC-dextrans etc.) used in the experiments; single-
labeled samples were used to determine the necessary percentage of electronic spectral
compensation. Cellular uptake was calculated both as the percentage of fluorescent cells
(positive cells) and as the amount of internalized fluorochrome, which was estimated based
on the median fluorescence intensity (MFI) of the positive cell population. Relative MFI was
then calculated as the ratio of MFI of treated and untreated cells. The forward-angle light-
scatter signal was used to identify cell fragments and debris. The lowest size possible to
detect was approximately 400 nm according to the producer.

3.6. Confocal Laser Scanning Microscopy

Confocal laser scanning microscopy (CLSM) is a high resolution technique which can be
used to obtain optical images with depth selectivity from a thick specimen and can also allow
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3D reconstruction of the optical sections [127]. A beam splitter directs a laser beam towards
the specimen and then focuses the light at a small point at the focal plane of the specimen.
The beam is then scanned across the specimen in x-y-direction by a computer controlled
scanning mirrors. Spatial filtering techniques are used to eliminate out-of-focus fluorescence
emission from reaching the photomultiplier. With CLSM, one can take a number of images at
different positions from the same sample (the “tiles”) and then merge them digitally to have
the whole view of the sample. Thus, specimen larger than the current field of view can be
viewed by merging multiple smaller images form the sample together and this method is
called tile scanning. CLSM (LSM510, Carl Zeiss Jena GmbH, and Germany) was used to
study the internationalization of PBCA NPs in cells (Paper 1V) and the distribution of
liposomes, released drug and blood vessels in tumor section (5um) after US exposure (Paper
I11). Tile scan function was used to analyse tumor section along the radial track from the
periphery through the centre and to the other periphery. CLSM (SP5, Leica microsytems
CMS GMH, Wetzlar, Germany) was also used to confirm internalization of NPs in cells
(Paper I1).

3.7. Whole Animal Optical Imaging

Whole animal optical imaging can be based on fluorescence or bioluminescence, and it has
an advantage of being fast, easy to perform, cost-effective, very sensitive and also, can be
used in studying disease process and biology in vivo [128, 129]. This technique is well suited
for imaging of small animals and subcutaneous cancer models due to the short penetration
depth. Notwithstanding, one of the major challenges in optical imaging in in vivo is tissue
autofluorescence, which increases the background signal leading to decreased signal to noise
ratio [128, 129]. Fluorochromes in the near-infrared and infrared (700 nm — 800 nm) has been
shown to have much lower autofluorescence of tissues and deeper tissue penetration. In Paper
I11, macroscopic distribution of liposomes in normal and tumor tissues were compared before
and after US exposure using a Pearl Impulse small animal imaging system (LI-COR
Biosciences, Lincoln, NE, USA). PearlCam software was used to analyse the images by
drawing a background shape and regions of interest (ROIs) along the tumor margins.
Equation 9 was used to calculate the fluorescence signal in the ROI.

S =TI — (ug X Pcp) )

Where; S is the fluorescence signal, TI is the total intensity calculated as sum of individual
pixel intensities, g is the mean background signal and Pc; is the pixel count for the

background.

3.8.  Dynamic Light Scattering (DLS)

Dynamic light scattering is a technique that can be used to determine the size of small
particles (proteins, polymers, micelles, carbohydrates, and NPs) in suspension by illuminating
the sample with a laser light and then the scattered light is detected at a given scattering
angle. The intensity of the fluctuations is due to the fact that the particles are undergoing
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Brownian motion and is dependent on size of the particle. The hydrodynamic radius (r) of
the particles can then be determined from the Stokes-Einstien relation in equation 10.

p = LT (10)
é6mnr

Where; D is the diffusion constant, kg is Boltzmann's constant, 1 is the viscosity of the
solvent and T is the absolute temperature. DLS (Nanosizer, Malvern Instruments, Malvern,
UK) was used to determine the mean intensity-weighted hydrodynamic diameter, zeta
potential and polydispersity index (pdi) of all the NPs (liposomes and PBCA NPs) used in
this thesis. In Paper Il and I1l, DLS was a used to measure the size of liposomes before and
after labeling with 1,1’-dioctadecyl-3,3,3”,3’-tetramethylindo-
dicarbocyanine,4’chlorobenzenesulfonate salt (DiD, Molecular Probes, Eugene, OR, USA)
and 1,1’-dioctadecyl-3,3,3’,3’-tetramethylindotricarbo-cyanine iodine (DiR, Molecular
Probes, Eugene, OR, USA) to ensure no significant change in size or pdi after labelling.

3.9. Scanning Electron Microscopy (SEM)

Scanning electron microscope (SEM) is a type of microscope that uses 2 to 3 nm spot of
electrons to scan the surface of a sample in a raster scan pattern to produce an image. The
interaction of the electrons with the sample produces secondary electrons that can give
information about the surface topography and composition of the sample. The morphology of
the PBCA-NPs was characterized by Hitachi S-5500 scanning electron microscope (Hitachi
GmbH, Krefeld Germany) (Paper 1V).

3.10. Coulter Counter

A Coulter counter is an instrument used for counting the number of particles, and can also be
used to measure the size of the particles suspended in electrolytes. The coulter counter is
based on the principle that, particles moving in an electric field cause some disturbance and
the magnitude of the disturbance is proportional to the size of the particles in the field. In
Paper 1V, Beckman Multisizer 3 coulter counter was used to measure the number and size of
the NP-loaded MBs used in cellular uptake experiment.

3.11. Model Systems
3.11.1. Cell lines

Cellular experiments (spectroscopy, flow cytometry, CLSM) of liposomes in Paper Il were
performed with human cervical carcinoma cells (HeLa) whilst that of PBCA NPs in Paper
IV was performed with human prostatic carcinoma cell lines (PC3). HeLa or PC3 cells were
grown in Dulbecco’s Modified Eagle Medium (DMEM) supplemented with 10% fetal bovine
serum (FBS) (Sigma-Aldrich, Oslo, Norway), 2 mM non-essential amino acids and 1 mM L-
glutamine (Sigma-Aldrich, Oslo, Norway). The cell cultures were grown at 37°C and in 5%
CO,. Exponentially growing cells were harvested with 3 ml of trypsin (0.25%) and
resuspended in growth medium just before experiments.
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3.11.2. Animal

For in vivo experiments (Paper Ill), 6 weeks female Balb/c nude mice (C.Cg/AnNTac-
Foxnlnu NE9, Taconic, Denmark) were used. The animals were housed in IVC cages (model
1284L, Techniplast, France) under conditions free of specific pathogens according to
Federation of European Laboratory Animal Science Association’s [130] recommendations.
Thus, they had free access to food and sterile water and the environment was controlled with
temperatures kept between 19-22 °C and relative humidity between 50-60 %. All
experimental procedures with animals were in compliance with protocols approved by the
Norwegian National Animal Research Authorities.

3.11.3. Tumor model and preparation of tumor sections

PC3 cell line as the one used in intracellular experiment were also used as tumor model in
Paper 1l1. Before implantation of the cells, mice were anaesthetized with isoflurane, and then,
3 x 10° cells in suspension of 50 pl were slowly injected subcutaneously on the lateral
aspect of one hind leg, between the hip and the knee. The tumors were allowed to grow for 3-
6 weeks until the diameter of the tumor was between 5 and 10 mm. All animals were
euthanized by cervical dislocation and then the tumor was excised, embedded in OTC Tissue

Tec (Sakura, Alphen aan den Rijn, The Netherlands) and frozen in liquid N, . The tumor was

cut through into frozen sections (5 um thick) from three depth levels with 250 um between
each level. The sections with blood vessels were labeled using fluorescin-bound lectin
(Lycopersicon Esculentum, 2 mg/ml, Vector laboratories, Burlingame, CA, USA) circulation
method.

3.12. Data and Statistical Analysis

Detailed analysis of data in the present work can be found in the original papers.
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4. SUMMARY OF RESULTS

Paper | — Effect of Ultrasound Parameters on the Release of Liposomal Calcein

In this paper, US exposure parameters that maximize drug release (calcein) from
sonosensitive DEPC-based liposomes were studied using two focused US transducers at 300
kHz and 1 MHz. Calcein release was measured using a spectrophotometer by monitoring
relief from self-quenching liposomes in isoosmotic sucrose solution, after US exposure. At
300 kHz, drug release was more efficient than at 1 MHz, although the 1 MHz transducer was
used at higher intensities and peak negative pressures than the 300 kHz transducer. In order to
obtain release greater than 5 %, a minimum threshold of acoustic pressure must be overcome,
and the peak negative pressure thresholds for the 300 kHz and 1 MHz transducers were found
to be 0.9 MPa and 1.9 MPa respectively. Above this threshold, the release increased with
increasing peak negative pressure, MI, and duty cycle. However, a decrease in drug release
was observed with the 1 MHz transducer at higher pressures. The amount of calcein release
followed first-order Kinetics, and it increased with increasing exposure time up to a maximal
release, which was dependent on the MI. Hence, the maximal release is dependent on the M.
Besides, drug release correlated with the formation of free radicals (OH) demonstrating that
the release mechanism involves inertial cavitation, and only a minor temperature increase
was measured in US exposed samples.

Paper Il — Mechanisms of the Ultrasound-Mediated Intracellular Delivery of Liposomes and
Dextrans

The focus of this paper is the mechanism involved in US enhanced intracellular delivery of
FITC-dextrans (4 — 2000 kDa) and DEPC-based liposomes containing doxorubicin using
HeLa cells. The role of endocytosis was also investigated using endocytic inhibitors;
chlorpromazine, genistein and wortmannin that inhibits clathrin-mediated endocytosis,
caveolae-mediated endocytosis and macropinocytosis respectively. Cellular uptake of
doxorubicin and FITC-dextran was enhanced by US only in the presence of MBs, while the
percentage of cells internalizing doxorubicin and dextran increased with increasing MI. Flow
cytometric analysis indicated that DEPC-based liposomes released their contents
extracellularly during US exposure before cellular uptake of the released drug. Confocal
images confirmed that doxorubicin was found mainly in the cytoplasm and nucleus of the
cell, whereas DiD (fragments or intact liposomes) were found only in the periphery of cells
and cell membranes. Cell death was more prominent when incubating cells with liposomal
doxorubicin compared to the rate of cell death with dextran during insonication in the
presence of MBs. The percentage of cells internalizing dextran was independent of the
molecular weight of dextrans, but the amount of the small 4-kDa dextran molecules
internalized per cell was higher than the other dextrans. Inhibition of the endocytic pathways
resulted in significant decrease in the cellular uptake from approximately 60% when no
inhibitors were added to approximately 30%, 22%, and 14% upon addition with genistein,
wortmannin, and chlorpromazine respectively. However, complete inhibition of endocytosis
did not result in the complete blockage of cellular uptake, suggesting that pore formation is a
part of the mechanism. Hence, both sonoporation and endocytosis played a role in the US-
enhanced cellular uptake.
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Paper 111 — Ultrasound Improves Uptake and Distribution of Liposomal Doxorubicin in
Prostate Cancer Xenografts

This paper shows how optical imaging methods were used to study the effect of different US
exposures (1 MHz and 300 kHz) on delivery and distribution of DEPC-based liposomal
doxorubicin in Balb/c nude mice bearing prostate cancer xenografts. The effect was
examined microscopically (micro-distribution in tumor tissue) with confocal laser scanning
microscope (CLSM) and macroscopically using whole animal optical imaging
(biodistribution). CLSM images showed that the amount of doxorubicin fluorescence in the
control group was highest at the periphery of the tumor sections and decreased towards the
central areas, whereas the amount in the insonicated groups was high both in the periphery
and central areas of the tumor. Thus, the amount of doxorubicin in tumor tissue increased
approximately 4-fold in the 1 MHz group and 5-fold in the 300 kHz group as compared to the
non-exposed group. However, there was no significant difference between the 1 MHz group
and the 300 kHz group. Displacement of liposomes and doxorubicin away from blood vessels
increased with both exposure groups. Considering the animals that received 1 MHz
insonication, the degree of doxorubicin and liposomal penetration increased approximately
twice for both central and peripheral blood vessels as compared to control tumors.
Meanwhile, there was no significant increase in liposome penetration (both central and
periphery) for those that received 300 kHz insonication and the control group. Furthermore,
in the 300 kHz exposure group, there was about 20 % increment in the degree of doxorubicin
displacement for both central and peripheral blood vessels as compared to control tumors.
However, there was no significant increase in doxorubicin displacement between exposed
and control groups in the peripheral areas of the tumor. Additionally, there was no significant
difference in the biodistribution of liposomes in normal versus tumor tissues after US
exposure.

Paper 1V - Multifunctional Particles for Drug Delivery and Imaging: Effect of
Nanoparticle PEGylation, Size and Ultrasound on Cellular Uptake

The last paper focuses on a newly developed multifunctional drug delivery system i.e., MBs
stabilized by NPs. The effect of NP size (109 — 228 nm), PEGylation (Tween80, long and
short Jeffamine) and surfactant (SDS, AOT and Tween80) on the kinetics of internalization
of the PBCA NPs in prostate cancer cells was investigated. The effect of low frequency US
on cellular uptake of the NPs in the presence and absence of NP-loaded MBs were also
studied. Cellular uptake was influenced by the length and type of PEG molecules on the NP
surface and the surfactant used for emulsification. Thus, cellular uptake of particles
PEGylated with long Jeffamine was higher than particles with short Jeffamine PEG. In
addition, NPs with SDS showed higher cellular uptake than those with AOT or Tween80. The
rate constant determined from fitting the data to a first-order kinetic curve was higher for
particles with SDS than particles with AOT, and Tween80. Within the size range studied in
this work, the size of particles did not seem to have a large impact on the uptake of NPs.
However, the effect of size on cellular uptake was influenced by effect of PEG and
surfactant. Internalization of NPs was confirmed by CLSM, where NPs were found mainly in
the cytoplasm of cells with barely any particle in the nucleus. PBCA NPs exhibited dose-
response toxicity on PC3 cell line, with extensive morphological changes in cells exposed to
concentrations of 40ug/ml and above. The toxicity was dependent on the surfactant used,
with Tween 80 giving less toxicity than SDS and AOT. US had no significant effect on
cellular uptake of PBCA NPs in live cells in the presence and absence of NP-loaded MBs.
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Successful cancer therapy requires that the cytotoxic agents must reach the targeted site in
optimal concentrations to eradicate every deadly cell, because one single cell is capable of re-
growing the tumor. To achieve localized delivery and increase the therapeutic dose at the
targeted site, US can be combined with delivery of encapsulated drugs. The use of US in the
delivery of NPs has exceptional advantages because it is safe, non-invasive, can be controlled
both spatially and temporally, and can penetrate deep into the body without affecting
intermediate tissues. In this thesis, focused US with frequencies of 300 kHz (low) and 1MHz
(medium) were used to study the effect of US on release of drug from liposomes in vitro and
in vivo (Paper I and I11), cellular uptake of NPs and drug in vitro and in vivo (Paper II, 1l and
IV) and penetration of released drug and liposomes into tumor tissues (Paper IlI). In this
chapter, effect of US on drug carriers, US treatment strategies to overcome barriers to drug
delivery and effects of PBCA surface functionalization on cellular uptake and cell viability
are discussed.

5.1.  Effect of Ultrasound on Liposomal Drug Release

In the present work, US exposure parameter that maximizes drug release was investigated
both in vitro and in vivo using sonosensitive liposomes (Paper I, 11 and I1I). The in vitro (in
solution) results (Paper I) revealed a linear dependence of drug release (calcein) from DEPC-
based liposomes on MI after a certain pressure threshold. OH radicals were also detected to
validate the occurrence of inertial cavitation. These observations suggest the released
mechanism to be inertial cavitation and our result is in accordance with what has been
reported by other investigators [14, 15, 76, 87]. A growing line of evidence suggests that
inertial cavitation occurs only above a certain Ml threshold, and the threshold is dependent on
several factors like the level of dissolved gases, viscosity, purity, etc [74, 75, 99]. Schroeder
and others suggested that the mechanism of cavitation-mediated drug release from liposomes
might be due to increased permeability of the liposomes membrane caused by oscillations of
gas nuclei (formed by US) in the hydrophobic region of liposome bilayer [87, 131]. Other
suggestions include shear stress from oscillating or collapsing bubbles (close to the
liposomes), rupturing or reforming liposomes into smaller vesicles to release the content
[65]. DOPE-based liposome which has a cone-shaped geometry has been shown to release
drug by destabilization of the lipid bilayer[14]. The liposomes used in this thesis might also
release drug through a similar mechanism since DEPC (main phospholipid of the present
liposomes) also has a cone-shaped geometry.

Drug release was also observed in vivo (Paper Ill) when tumors were treated with liposomes
followed by US (300 kHz and 1 MHz) treatment after 24 hour. We observed an increase in
the amount of doxorubicin fluorescence in tumor tissues exposed to US compared with non-
exposed tumors. This signifies that US triggered the release of doxorubicin from liposomes in
the tumor since the fluorescence of doxorubicin in intact liposomes would be quenched by
neighboring doxorubicin molecules. This observation was also demonstrated in an in vitro
study in Paper Il where extracellular disruption of the DEPC-based liposomes followed by
intracellular doxorubicin uptake was observed after US and microbubble exposure. Thus, we
did not observe any significant uptake of intact liposomes, meaning the observed doxorubicin
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uptake was from released liposomes. However, in this study (Paper 11), MBs were added to
the cells before US exposure and low MIs were used to avoid massive cell death unlike the in
vivo study (Paper I1I).

The in vivo study in Paper Il revealed no statistical difference between the amount of
doxorubicin fluorescence in the 300 kHz and the 1 MHz exposed groups, although there
seems to be higher release in the 300 kHz group than the 1 MHz group. One possible
explanation might be the difference in the MIs (comparable) of the two frequencies, since the
other exposure parameters were the same. In addition, the MIs used for the two frequencies
(300 kHz and 1 MHz) were above the threshold of cavitation observed in the in vitro drug
release experiment (Paper 1). Moreover, the liposomes used in both in vitro and in vivo
experiments are thermally stable because no calcein leakage was found when the liposomes
were incubated for 4 hours at 37 °C in sucrose/HEPES solution. Besides, we did not observe
any significant increase in temperature before and after US treatment of tumors. It can
therefore be deduced that, mechanical effect of US, probably cavitation might be responsible
for the in vivo drug release as well. However, because of the complexity of the in vivo
environment, direct translation from in vitro to in vivo cavitation might not be possible. Thus,
there might be some variation in the factors that determine the occurrence of cavitation
(mentioned above) in vivo. Also, the presence of plasma proteins and cells in the tumor
tissue may have influence on the threshold of cavitation in vivo [132]. Although, the
underlying mechanism of cavitation (especially in vivo) is not fully understood, researchers
[66, 74, 133] have reported that, cavitation activity increases with increase in the number of
gas nuclei. The presence of pre-existing gas nuclei has been suggested on surfaces such as
endothelial in capillaries and epithelia in skin, hence, gas bubbles or small gas nuclei that
might be present naturally in the tissue could facilitate the occurrence of cavitation in vivo.
This also shows that the in vivo drug release mechanism might be the occurrence of non-
thermal effects like cavitation, although it’s not very clear.

Determination of overall optimal US exposure parameters (frequency, peak negative
pressure, duty cycle, exposure time, etc.) would be desirable for the development of safe and
effective protocols for successful cancer therapy. In Paper I, we observed that two exposure
parameters are important in determining the total drug release from DEPC-based liposomes
using the first-order kinetic model. These parameters are M1 and exposure time (i.e. effective
time of the US defined as the product of the duty cycle and the insonication time). However,
more investigations are needed to verify whether this finding (MI and exposure) will be
possible in an in vivo setting. Since, exposure time is directly proportional to the duty cycle,
optimal exposure time may be achieved by using either continuous wave or pulse wave US.
For clinical application, the use of pulse wave US in drug delivery will help to reduce rapid
tissue heating. Furthermore, the dependence of release on MI implies that, focused US of
higher frequencies could be used in drug delivery to deposit the acoustic energy at a local
spot due to the higher focusing ability than low frequency US [66, 99].

Paper I, Il and Il points to the fact that in US mediated drug delivery, US may increase the

concentration of the drug at the target site by inducing drug release of drug carriers
(liposomes) before the occurrence of cellular uptake.
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5.2. Ultrasound Treatment Strategies to Overcome Barriers to Drug Delivery

Another challenge in drug delivery is the tumor microenvironment, which inhibits uniform
and adequate delivery of cytotoxic drugs. To ensure penetration into the tumor ECM and
homogenous distribution of the NPs, these barriers (Section 1.1) have to be lifted or opened.

5.2.1. Effect of Ultrasound on the transport of Nanoparticles/drugs through the ECM

The data in Paper 111 shows an enhancement in the penetration (with respect to central and
periphery blood vessels) of both released drug (doxorubicin) and liposomes in tumor tissues
after 300 kHz and 1 MHz US exposure, but 1 MHz exposure was more effective than 300
kHz exposure. Acoustic radiation force might be responsible for the enhanced
microdistribution of doxorubicin and liposomes in the insonicated tumor tissues. Radiation
force is proportional to the temporal average intensity and the absorption coefficient of the
tissue [68-70] and increases with increasing US frequency. Also, Nightingale and others
[134] have reported that, an increase in non-linearity can increase the radiation force by a
factor of 2.6 in breast application in vivo. The 1 MHz transducer used in this thesis had higher
peak negative pressure (2.2MPa), temporary average intensity (13 W/cm?) and nonlinear
pulse distortions than the 0.3 MHz (pressure 1.3 MPa and intensity of 3 W/cm?). This might
explain why enhanced penetration of drugs in tumor tissues was observed in the 1MHz
exposed group more than the 300 kHz exposed group. This displacement is very relevant for
clinical applications because the displacement would make drugs available to more cancer
cells to eradicate every deadly cell, and focused US of high frequencies can be used for that
purpose.

The possibility of using US to cause induction of apoptosis of cancer cells has been shown.
For instance, the induction of apoptosis in glioma cells exposed to low frequency US has
been demonstrated by Zhang and others [135]. They showed alterations in the regulation of
apoptosis-related proteins in cancer cells exposed to US. Guo and coworkers [136] also
reported that apoptosis of pancreatic cancer cells increased during the first hours after US
exposure and peaked at 24 hour. Apoptotic cells shrink in size and this can induce remodeling
of the ECM. Alterations in ECM would also make more space in the ECM to facilitate
transport of drugs and particles to target cells. Although, we observed (Paper IlI) an
enhancement in the penetration of released drug and liposomes in tumor tissues after US
exposure, the possibility of US induced apoptosis has not been validated in this experiment.

Macroscopic biodistribution of liposomes in tumor and normal tissues was studied with
whole animal optical imaging before and after US exposure. US exposure did not increase the
accumulation of liposomes in the tumor 24 hour post-injection. This is because, its only
about 10 % of the liposomes that will still be in circulation (Cyril Lafon, personal
communication) after 24 hour of administration, thus, any contribution of liposomes from
the vasculature during US exposure would be insignificant considering the small amounts of
circulating liposomes 24 hour after injection. Also, accumulation of liposomes in normal
tissues (liver, spleen and kidneys) was observed as reported by others [137, 138]. This might
be as a result of MPS in these organs, which might have taken up the liposomes despite the
fact that these liposomes were PEGylated. Liposomal formulation should therefore be
designed to reduce this effect if not eliminated completely.

In drug delivery, it would be desirable if the NPs can accumulate at the tumor sites by the
EPR effect, then US can be applied to release the drug in order to increase local drug

31|Page



GENERAL DISCUSSION

concentration, enhance the distribution and the cellular uptake. However, the EPR effect can
be highly heterogeneous [139, 140], and even the vessels in the same tumor may not be
fenestrated to the same degree, so depending on the size of the NPs, extravasation may not be
uniform. The application of US at the tumor site few minutes after liposome administration to
increase the extravasation of NPs or released drug from microcirculation into tumor tissues
might also help to overcome this challenge. In addition, accumulation of NPs at the tumor
site can also be monitored with imaging modalities like MRI or optical or US to ensure
adequate extravasation of NPs [119, 120, 141, 142].

5.2.2. Effect of ultrasound on cellular uptake

Studies have shown that US have the potential to enhance cancer therapy response, by
increasing the permeability of cell membrane reversibly to allow the passage of cytotoxic
drugs into the cell. The use of US to inflict stress on cells and tissue is the third major
contribution of US to drug delivery. In Paper Il and IV, we did not see an enhancement in the
cellular uptake of DEPC-based liposomes or released doxorubicin or PBCA NPs in the
absence of MBs in vitro. Thus, to obtain efficient intracellular uptake of NPs and FITC-
dextrans, microbubble should be present during US exposure. In the presence of MBs,
cellular uptake was enhanced after MI of 0.53 which signifies a threshold effect. These
observations indicates the major role played by cavitation in the cellular uptake enhanced by
US and this has been shown by other studies as well [64, 65, 91, 93-95, 110, 143, 144].

In Paper Ill, cellular uptake of released doxorubicin and liposomes was enhanced in US
exposed tumors compared to non-exposed group regardless of the fact that no MBs were
added during US exposure. Interestingly, in Paper Il, with the same frequency (300 kHz),
cellular uptake of released doxorubicin or liposomes was not enhanced in the absence of
MBs. This confirms the difficulty in translating in vitro data to in vivo[133]. Perhaps the type
of cell lines used (i.e., PC3 tumor model for in vivo work whereas HeLa cells were used for
the in vitro) contributed to this difference. Also differences in exposure set-up might be a
contributing factor, thus, the tumor used in the animal studies are superficial and was easy to
access by US as compared to the cells in the polyethylene transfer pipette used in the in vitro
experiment.

The efficiency of sonoporation has been shown to be heterogeneous [112]. That is, in the
same experiment, some of the cells, may be permeabilised, killed or appeared to be unaffected
even though they received the same US treatment[112, 145]. This was also observed in our in
vitro cellular uptake experiment in Paper Il. Thus, Flow cytometric analysis and confocal
images showed cells that have internalized both doxorubicin and DiD, but the majority of the
cells showed no doxorubicin or DiD fluorescence. The difference in cell populations was
attributed to the distance between the cells and the MBs by Guzman and others [112]. Our in
vitro data showed higher cell death when cells were treated with liposomal doxorubicin and
US in the presence of MBs than when they were treated with liposomal doxorubicin and US in
the absence of MBs. This indicates cell damage caused by the collapse of the MBs [65, 94].
However, lower cell death was recorded with cells treated with FITC-dextran but with the
same US exposure parameter as those with liposomes and US in the presence of MBs. Hence,
the cytotoxic effect of doxorubicin might have contributed to the observed cell death [95]. In
cancer therapy, cell killing by too high US exposures may not be desirable because, too high
US exposures might also destroy some normal tissues and also increase the occurrence of
metastasis (tumor cell detachment). Too low exposures may also not be adequate to effectively
enhance cellular uptake even though it would not kill too many cells. It is therefore important
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to find cavitational levels that produce bubble activity sufficient to permeabilize cell
membranes without Killing the healthy cells since both cellular uptake and cell viability are
dependent on US exposure parameters. Karshafian and his colleagues [94] defined this
optimal exposure parameter as therapeutic ratio, i.e., ratio of permeabilised to nonviable cells.

Full understanding of how US and MBs improve cellular uptake of NPs is lacking, although,
MBs have been used clinically to enhance US contrast imaging for more than two decades.
To have successful sonoporation-mediated therapeutic applications, the mechanism and the
effects of US and microbubble exposure conditions need to be understood. A growing line of
evidence suggests pore formation caused by bubble oscillation or rupture to be the biological
mechanism underpinng sonoporation [100-103, 111, 145, 146]. In paper Il, we investigated
the mechanism of US-mediated intracellular uptake using US and MBs with FITC-dextrans
and endocytic inhibitors. We observed that endocytosis plays an important role in the
enhanced cellular uptake caused by US and MBs using 500 kDa. However, complete
inhibition of endocytosis did not result in the complete blockage of cellular uptake,
suggesting that pore formation is part of the mechanism.

The result also revealed that the percentage of cells that has internalized dextrans is
independent on the size of dextran (4 kDa to 2 MDa). Nevertheless, a higher amount of the
smallest dextran (4 kDa) was internalized per cell; meaning US-mediated intracellular uptake
was more efficient with low molecular weight entities. The implication is that, the use of
drugs with a lower molecular weight (e.g., Dox) would be more desirable in US-mediated
cancer therapy than drugs with a higher molecular weight. This has also been demonstrated by
Meijering and colleagues [97] using dextrans and confocal microscopy. They observed that
not only pores are created during sonoporation but US and MBs also enhances endocytosis.
That is, smaller dextrans (4.4 and 70 kDa) were shown to be taken up throughout the cytosol
by transient pores created in the endothelial cells whilst larger dextrans (155 and 500 kDa)
were found in distinct vesicles (endocytotic vesicles) after sonoporation. Additional study is
needed to understand the dependence of US-enhanced endocytosis on the molecular weight of
NPs and also whether different US parameters favours one over the other mechanism.
Furthermore, an increased number of endocytic vesicles have been observed in insonicated
cells, which also support the hypothesis of US enhanced endocytosis[109]. However, little is
known about how US can stimulate endocytosis. Possibly, US trigger stable or transient
cavitation, which causes shear stress on the cell membrane. Shear stress has been suggested to
stimulate endocytosis through a deformation of the plasma membrane, causing a
reorganization of the cytoskeleton, which affects endocytosis [147]. In addition, Lawler and
cowoker [148] has also reported that shear stress can stimulate endocytosis by inducing the
activation, translocation, and clustering of integrins to counteract stress, which triggers
endocytosis.

It has been reported in several studies that sonoporation-induced cell membrane pore size
ranges from 75 nm to ~ 1 um [101, 103, 146]. However, the distribution of these pores are
said to be heterogeneous; hence smaller pores are created than larger pore leading to higher
cellular uptake of smaller macromolecules than larger ones. The resealing time of the pore has
been shown to be within milliseconds to minutes [101, 111] but the larger the pore size, the
higher the chances of cells not surviving the resealing process. In Paper 1V, we investigated
whether low frequency US (300 kHz) enhanced the uptake of PBCA NPs (119 nm — 153 nm)
attached to an air-filled microbubble. US with or without NP-loaded MBs did not enhance
cellular uptake of PBCA nanoparticle in live cells. One possible explanation might be size
limitations of the NPs, that is, the size of the pore might be too small for the particles to enter.
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Also, there is evidence that the type of MBs may be of crucial importance in sonoporation
[149-151]. In the present work (Paper 1V), US and 3.3 % of Definity MBs could not enhance
the cellular uptake either, which shows that it might not be the type of MBs but probably the
size of particles. This study is ongoing, so more experiments would be conducted with
smaller NPs. Studies on the acoustic properties of the different NP-loaded MBs are currently
under investigation in our laboratory.

5.3. Effect of PBCA Nanoparticle PEGylation, Surfactant and Size on Cellular
Uptake and Cell Viability

Understanding the interaction between cells and NPs is crucial when designing NPs for
improved drug delivery to intracellular targets. This is because the cell-nanoparticle
interactions, and hence, the cellular uptake of NPs, is affected by factors such as surface
chemistry, size, shape and morphology of the particles. In Paper IV, effect of particle
PEGylation, size and surfactant on cellular uptake was studied with PC3 cells. Generally, all
the different types of NPs have a sticky nature; they stick to cell membrane, however, three
times washing with PBS was found to be adequate to remove most of the surface bounded
particles. For instance, when NPs were added to cells and removed immediately (i.e., without
incubation) followed by three times washing with PBS, cells were found to be Nile red
positive and the percentage was found to be dependent on the type of PEG on the surface of
the particles. To confirm internalization of particles in cells, CLSM was used to image cells
after 3 hours incubation with NPs, and revealed internalization of particles in the cytoplasm,
but not in the nucleus. The kinetic study points to the fact that cellular uptake is largely
dependent on the surface properties (type or length of PEG and surfactant) of the NPs. Thus,
NPs functionalized with long chain Jeffamine were taken up to a larger extent compared to
particles with short Jeffamine or Tween80 PEG. This might be as a result of the differences
in PEG density and conformation on the particle surface. The Tween80 PEG being a
branched polymer is likely to form a more compact PEG wherein the PEG will wrap around
the NP more than the linear PEG (Jeffamine) [52, 152-154]. Furthermore, the short
Jeffamine PEG might be able to form more dense PEG structure on the particle surface than
the long Jeffamine PEG, as the long PEG chain might spatially hinder high amounts of this
molecule from reacting with the monomer at the droplet surface upon polymerization [153].
Studies have shown that PEG density or conformation have influence on cellular uptake [46,
51]. The conformation and density of PEG on the particle surface is currently being
investigated in our laboratory. NP uptake in PC3 cells was also influenced by the type of
surfactant used for manufacturing the particles. NPs with SDS (anionic) surfactant
demonstrated higher cellular uptake compared with those with AOT (anionic) or Tween 80
(non-ionic). This is consistent with what has been reported by Musyanovych and others [49]
where nanoparticle with anionic surfactant were taken up at a higher rate than NPs with
non-ionic surfactant.

Regardless of the fact that PBCA NPs are said to be biocompatible and biodegradable, the
data on toxicity is somewhat contradictory, and the degradation products of PBCA NPs have
in some studies shown to be toxic [48, 50, 56, 155, 156]. The results from this study indicated
concentration above 20ug/ml to be toxic for the PC3 cells and this is in agreement with the
result obtained by Kreuter and colleagues [56]. However, higher concentration than 20pug/ml
might be tolerated in vivo due to the protective mechanism in the body. Apart from the
degradation products, surfactant can also contribute to the level of toxicity, since they are
known to influence cell permeability [48]. Generally, SDS particles were found to be more
toxic than AOT or Tween 80 surfactant.
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6. CONCLUDING REMARKS

The work presented in this thesis shows that US has a great potential to improve drug
delivery and cancer therapy by triggering the release of drug, thereby increasing the drug
concentration at the target site. It follows that US can enhance the penetration of the released
drug into tumor tissues, as well as enhancing the drug uptake at the tumor site. Conclusions
drawn from this study are contained in subsequent paragraphs.

US parameters optimal for drug release from DEPC-based liposomes in vitro were
characterized and the study shows that both low and medium US frequency can trigger the
release of DEPC-based liposomes in vitro and in vivo. The release mechanism in vitro was
shown to be inertial cavitation, however, in vivo drug release mechanism is unclear but
mechanical effect (cavitation) is suspected. The present work points to the fact that MI and
exposure time determines the total drug release from liposomes in vitro. Future experiment
should focus on verifying whether these two parameters can be used to determine the total
amount of drug release in vivo since the translation from in vitro to in vivo is not straight
forward.

We have demonstrated that US exposure can improve the distribution of release doxorubicin
from DEPC-based liposomes in tumor tissue. Medium frequency US was found to be more
efficient in displacing drugs away from blood vessels than low frequency US. In clinical
implementation, the displacement of drug away from blood vessels will make drugs available
to more cancer cells in order to kill every deadly cell. This suggests that the use of high
frequency US in drug delivery would be desirable since clinical application may require non-
destructive focused US at higher frequencies.

Furthermore, cellular uptake of liposomes and released doxorubicin was enhanced by US in
vivo and in vitro. The study revealed that DEPC-based liposomes released their contents
extracellularly during US and MB exposure before cellular uptake took place. Moreover, US
combined with MBs were found to be more effective in enhancing the cellular uptake of
doxorubicin and FITC-dextran than US alone in vitro. The percentage of cells internalizing
dextran was size-independent; however, smaller sized dextrans were internalized in higher
quantities than larger dextrans, meaning lower molecular weight drugs would be more
appropriate for ultrasound-mediated cancer therapy than drugs with a higher molecular
weight. Both pore formation and US enhanced-endocytosis were found to be the main
mechanisms responsible for the US-enhanced cellular uptake. More studies are therefore
required to verify whether acoustic parameters (frequency, pressure, duty cycle etc.) and
properties of MBs (size, gas composition, wall thickness and mechanical properties) affect
these two mechanisms differently.

The length and the type of PEG, as well as surfactant on the surface of the NPs were found to
have impact on cellular uptake. In addition, PBCA NPs exhibited dose-response toxicity on
PC3 cell line. Low frequency US and NP-loaded MBs did not enhance the cellular uptake of
the PBCA NPs, probably, due to size limitations of the NPs. There is an ongoing study to
determine the conformation and density of PEG on the particle surface, as well as the
acoustic properties of the shell of the different NP-loaded MBs
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Although US-mediated drug delivery seems to be promising, in order to develop safe and
effective protocols for successful cancer therapy, the mechanisms behind the observed effects
need to be elucidated thoroughly so as to have optimal treatment and also, avoid unwanted
effect from US on adjacent healthy tissues. Future experiments will therefore focus on
understanding the behaviour of NP-loaded MBs in ultrasonic field in order to determine the
optimal exposure parameters for target imaging, bubble destruction and cell membrane
permeability. Thus, the acoustic parameters optimal for releasing the NPs from the MBs
might not be the same as those for cell membrane permeabilization without cell Killing.
Hence, in vitro and in vivo experiments would be conducted to determine these parameters.
Currently, in vivo experiments are ongoing, where the biodistribution of the NP is being
studied with whole animal optical imaging. In addition, studies on the effect of low and high
ultrasound exposure with and without NP-loaded MBs on the microdistribution of NP in
tumor tissues are also in progress.

In summary, the results show that US has a great potential to improve drug delivery. With
additional advantages of US being non-invasive, able to be focused locally at target site and
also deep in the body, US-mediated drug delivery proves to be a powerful strategy to improve
cancer therapy.
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Abstract—The ultrasound exposure parameters that maximize drug release from dierucoyl-phosphatidylcholine
(DEPC)-based liposomes were studied using two transducers operating at 300 kHz and 1 MHz. Fluorescent calcein
was used as a model drug, and the release from liposomes in solution was measured using a spectrophotometer. The
release of calcein was more efficient at 300 kHz than at 1 MHz, with thresholds of peak negative pressures of (0.9
MPa and 1.9 MPa, respectively. Above this threshold, the release increased with increasing peak negative pressure,
mechanical index (MI), and duty cycle. The amount of drug released followed first-order Kinetics and increased
with exposure time to a maximal release. To increase the release further, the MI had to be increased. The results
demonstrate that the MI and the overall exposure time are the major parameters that determine the drug’s release.
The drug’s release is probably due to mechanical (cavitation) rather than thermal effects, and that was also
confirmed by the detection of hydroxide radicals. (E-mail: mercy.afadzi@ntnu.no) © 2012 World Federation
for Ultrasound in Medicine & Biology.

Key Words: Ultrasound parameters, Mechanical index, Drug release, Liposomes, Cavitation.

INTRODUCTION site (Huang and McDonald 2004). Because of the hyper-
permeable, fenestrated nature of tumor vessels (Yuan
et al. 1994; Bae 2009), nanoparticles with diameters of
approximately 100 nm are typically able to cross the
capillary wall and accumulate in the tumor interstitium.
However, the distribution of the nanoparticles and the
drug is heterogeneous within the tumor tissue (Vaage
et al. 1997; Davies et al. 2004; Bae 2009). Large areas
of the tumor are not reached by the drug because of the
heterogeneous fenestration of the tumor blood vessels
and poor penetration through the extracellular matrix.
There is also a challenge in controlling the localiza-
tion and drug-release kinetics of intravenously injected
nanoparticles so as to obtain sufficient drug concentrations
at the target site. Triggered mechanisms, both chemical
and physical, for controlling the release of the drug may
be used to overcome this challenge. Ultrasound has been
shown to improve both the release and the biodistribution
of the drug (Huang and McDonald 2004; Rapoport

The main limitation associated with conventional chemo-
therapy is the poor therapeutic index caused by the high
level of toxicity in healthy tissues (Drummond et al.
1999). Successful cancer therapy requires that cytotoxic
drugs reach the tumor cells and inactivate them with
minimal damage to normal tissue. To reduce the exposure
of normal tissue, cytotoxic drugs should be selectively
delivered to tumor tissue. This may be achieved by encap-
sulating the drug in a particulate carrier, such as a lipo-
some, micelle, or other nanoparticle (Allen 1997;
Barenholz 2001, 2007; Torchilin 2005; Liu et al. 2006).
For an effective therapeutic effect, the carrier should
remain stable in the circulatory system with an
adequate amount of drug and then release the drug at
a sufficient rate once the nanoparticle is at the tumor
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2007; Steinberg et al. 2007; Schroeder et al. 2007,
2009;). Ultrasound is of special interest because it is
noninvasive, can be controlled both spatially and
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temporally, and can penetrate deep into the body without
affecting intermediate tissue. Furthermore, it has been
shown that ultrasound increases the permeability of
blood-tissue barriers and cell membranes (Bednarski
et al. 1997; Price et al. 1998; Guaman et al. 2001; Kost
and Langer 2001). Several animal studies combining
ultrasound and liposomal drugs have demonstrated
a reduced tumor growth rate when ultrasound and
liposomal drugs are combined, compared to liposomal
drugs alone (Myhr and Moan 2006; Schroeder et al.
2009; Hagtvet et al. 2011; Pitt et al. 2011).

Although the mechanism of ultrasound-mediated
drug release is not fully understood (Pitt et al. 2004;
Steinberg et al. 2007), it is generally divided into
thermal and nonthermal effects. Acoustic cavitation is
the most important nonthermal mechanism; it involves
the creation, oscillation, growth, and collapse of gas
bubbles in a fluid exposed to a sound wave (Leighton
et al. 1994, 1998; Young 1999). The effect of the sound
wave on the bubbles can lead to stable oscillations
(stable cavitation) or to total collapse (transient or
inertial cavitation) of the bubbles. The transition from
stable cavitation to inertial cavitation occurs at
a threshold called the inertial cavitation threshold
(Apfel and Holland 1991; Leighton 1994; Young 1999;
Miller 2007), which is dependent on the peak negative
pressure, the frequency, and the initial bubble radius
(Leighton 1994, 2007; Young 1999; Humphrey 2007).
During inertial cavitation, the collapse of the bubbles
can be very violent, and the bubbles often disintegrate
into a mass of smaller bubbles, which can produce
shock waves, jet streams, high temperatures, and free
radicals (Apfel and Holland 1991; Leighton 1994;
Young 1999; Miller 2007). The mechanical index (MI)
(i.e., the ratio between the peak negative pressure
[megapascal] and the square root of the frequency
[megahertz]) indicates the occurrence of inertial
cavitation; an MI below 0.7 (with a broad range of
bubbles sizes) theoretically signifies no occurrence of
cavitation (Apfel and Holland 1991).

Husseini et al. (2000) used 70 kHz ultrasound,
varied the intensity, and showed that the release of drug
from the micelles was caused by cavitation, that is, the
structure of the micelles was perturbed by cavitation.
Liu et al. (1988) also reported that inertial cavitation
played a dominant role in the drug release from micelle
cores. Schroeder et al. (2007) and Pangu et al. (2010),
using 20 kHz ultrasound and varying the intensity and
exposure time, suggested that the increased release was
caused by cavitation-inducing transient pore formation
in liposomes and polysomes, respectively. However,
most of these studies were based on nonfocused low-
frequency (20 to 90 kHz) ultrasound, which is not
compatible with frequencies used in the clinic; only

a few different exposure regimes were compared; and
the transducers used were often ultrasonic mixers,
limiting user control over exposure parameters. Thus,
only a limited number of exposure parameters have
been studied. For the effective release of drug from lipo-
somes, determination of optimal ultrasound exposure
parameters, such as frequency, negative pressure, inten-
sity, duration, and duty cycle, have to be determined in
order to develop protocols for improved cancer therapy.

The lipid composition of liposomes has been re-
ported to be of importance for ultrasound-induced drug
release (Lin and Thomas 2003, 2004; Schroeder et al.
2009). Traditional and clinically used liposomes consi-
sting of hydrogenated soy phosphatidylcholine (HSPC);
cholesterol; and polyethylene glycol-conjugated
phosphatidylethanolamines (DSPE-PEG) are reported
to have reduced sonosensitivity compared to liposomal
formulations comprising phospholipids with smaller
head groups and longer and/or unsaturated acyl chains
(Evjen et al. 2010, 2011). The latter liposomes may be
based on, for example, distearoyl-phosphatidyleth-
anolamine (DSPE); dioleoylphosphatidylethanolamine
(DOPE); or dierucoyl-phosphatidylcholine (DEPC)
without nondissolved gasses. In the present work we
used DEPC-based liposomes.

The aim of this work was to investigate the effects of
the various ultrasound exposure parameters that maxi-
mize drug release from DEPC-based liposomes. We
hypothesized that cavitation was the primary mechanism
of drug release, and the impact of MI on drug release was
studied, as was the overall exposure time determined by
the duty cycle and insonication time. The liposomes
were placed in solution and exposed to a focused ultra-
sound beam using frequencies of 300 kHz and 1 MHz.
Such frequencies allow adequate focusing of the ultra-
sound beam, hence facilitating spatially confined drug
delivery. The release of the model drug calcein (a small
fluorescent molecule) was monitored by measuring the
fluorescence intensity of the released drug spectrophoto-
metrically at increasing acoustic pressures and exposure
times.

MATERIALS AND METHODS

Materials

Distearoylphosphatidylcholine (DSPC) and distear-
oylphosphatidylethanolamine-(methoxy(polyethylenegly-
col)2000) (DSPE-PEG) were purchased from Genzyme
Pharmaceuticals (Liestal, Switzerland). Calcein, choles-
terol, 4-(2-hydroxyethyl)- 1-piperazineethanesulfonic acid
(HEPES), Triton X-100 solution, and sucrose were ob-
tained from Sigma Aldrich (Oslo, Norway). Dierucoyl-
phosphatidylcholine (DEPC) was supplied by Avanti
Polar Lipids (Alabaster, AL, USA).
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Table 1. Specification of transducers

Frequency
Parameter 0.3 MHz 1 MHz
Diameter (active) 55 mm 50 mm
Radius of curvature 90 mm 131 mm
Location of maximum intensity 69 mm 125 mm
Relative bandwidth 47% 62%
—3 dB beam diameter at location of 6.6 mm 3 mm

maximum intensity

L., range where the pressure is —1 dB
compared to the pressure at the maximum
intensity

32.57 mm 33 mm

Liposomes

The liposomes had a lipid composition of 52 mol%
DEPC, 5 mol% DSPC, 8 mol% DSPE-PEG, and 35 mol%
cholesterol. The intraliposomal phase consisted of
50 mM calcein in a 10 mM HEPES solution (osmolality
of 313 mOsm/kg and a pH of 7.4). The extraliposomal
phase consisted of an isosmotic sucrose solution in
10 mM HEPES and 0.02% (w/v) sodium azide (pH 7.4).
The liposomes were produced according to the thin film
method (Lasic 1993). Briefly, the lipids were dissolved
in a chloroform/methanol mixture (9/1 v/v) at 60°C and
rotary-evaporated to dryness under vacuum for 6 h. The
resulting dried lipid films were hydrated with the
50 mM calcein solution for 2 h followed by 3 freeze-
thaw cycles in a dry ice/acetone/methanol mixture and
water, respectively. The liposomes at a lipid concentra-
tion of 16 mg/mL were downsized by stepwise extrusion
(Lipex extruder, Biomembrane, Vancouver, BC, Canada)
through Nucleopore polycarbonate filters with pore sizes
of 800, 400, 200, 100, and 100 nm (Nuclepore, West
Chester, PA, USA). The lipid hydration, liposome extru-
sion, and thawing processes were performed at 25°C,
which is above the gel-to-liquid crystalline phase transi-
tion temperature of the phospholipids. Extraliposomal
calcein was removed by dialyzing 10 mL liposome
dispersion against 0.5 L isotonic sucrose solution con-
taining 10 mM HEPES and 0.01% (w/v) sodium azide.
The latter dialysis buffer was changed 10 times. The lipo-
some diameter was determined to be 105 nm (polydisper-
sity index of 0.18) by photon correlation spectroscopy
(Nanosizer, Malvern Instruments, Malvern, UK).
Stability studies showed 1% or less liposome leakage
after 4-hour incubation at 37°C or 6-month incubation
at 5°C in HEPES sucrose buffer.

Characterization of transducers

Two custom-made, single-element ultrasound trans-
ducers (Imasonic, Besancon, France) with frequencies of
300 kHz and 1 MHz were used. The transducers were of
piezoelectric composite and had matching layers and
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a thick backing. Each transducer had a thermocoupler
in the backing to monitor the temperature in the
transducer. The specifications of the transducers can be
found in Table 1. The acoustic field was characterized
using a capsule hydrophone (Onda HGL-0200, Onda,
Sunnyvale, CA, USA) with a tip diameter of 200 uwm, con-
nected to a 20-dB preamplifier (Onda AH-2020) in a rect-
angular Plexiglas water tank. The 2-dimensional beam
profiles were recorded and the -3-dB beam width along
the lateral direction was measured (see Table 1). Also,
the range (L,,) at which the pressure was -1 dB compared
to the pressure at the maximum intensity was determined
(see Table 1). Generally, the 1-MHz transducer was found
to exhibit more nonlinearity than the 300-kHz transducer
at the peak maximum intensity. That is, the ratio of the
second to the first harmonic component for the 1-MHz
transducer was -17.6 dB and -7.6 dB for, respectively,
the lowest and highest pressures measured, whereas that
of the 300-kHz transducer was -36.6 dB (lowest pressure)
and -22.9 dB (highest pressure measured). The maximal
pressures and their corresponding temporal average
intensities (I74) and MIs were calculated from the exper-
imental data using Equations 1 and 2:

Tp2
ITA:PRFJ —dt (1)
o PC
Pieq
Ml == )

Vi

where p is the acoustic pressure, p is the mass density, c is
the speed of sound in the medium, 7 is the repetition
period, PRF is the pulse repetition frequency, P, is the
peak negative pressure in MPa, and fis the frequency in
MHz. However, the levels of the pressure were measured
in free space (inside the water tank), not inside the sample
chamber.

Ultrasound exposure set-up

The exposure set-up consisted of a signal generator
(Hewlett Packard 33120A, San Jose, CA, USA); an oscil-
loscope (Lecroy waverunner, LT262, Long Branch, NJ,
USA); a power amplifier (ENI 2100L, Rochester, NY,
USA); the two custom-made transducers, and an insoni-
cation chamber. However, because of the power limita-
tions of the ENI amplifier, in addition, an 8-channel
PC-controlled arbitrary waveform generator board
(DA4300, Acquitek, Massy, France) connected to
a custom-made 8 channel power amplifier (ENI 90ABS,
Rochester, NY, USA), (in which the 8 channels were
combined) was used to drive the transducer. A cylindrical
PVC water tank (200 mm in diameter and 300 mm long)
was designed for the insonication of the sample. The
inside of the water tank was coated with regular sponge
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Fig. 1. Schematic presentation of the insonication chamber and
the exposure set-up for ultrasound-triggered release.

(15 mm thick) to avoid reflections of the sound waves. A
cylindrical Plexiglas tube (8 mm in diameter and 20 mm
long) with a 23 um-thick Mylar membrane glued on both
the front and back openings was used as the sample
chamber. The center of the sample chamber was placed
at a position equivalent to the maximum intensity of the
transducer (69 mm for the 300-kHz transducer and
125 mm for the 1-MHz transducer). The PVC tank was
filled with deionized and partially degassed water at
room temperature. The transducer was connected to the
insonication chamber through the end piece, as shown
in Figure 1. The sample was introduced into the chamber
through a 10-mm hole on the top of the insonication
chamber.

Experimental procedure

The liposomes were diluted to 1:500 v/v in a 10 mM
HEPES-buffered iso-osmotic sucrose solution (made of
deionized water) prior to ultrasound exposure. The lipo-
some solution was exposed to ultrasound with varying
pressures, pulse lengths, PRFs and insonication times
(i.e., times for treating the sample with ultrasound), and
each parameter condition was repeated 2 to 5 independent
times. Calcein release during ultrasound exposure was
determined according to Diizgiines and coworkers
(Diizgtines et al. 1985, 2003) by monitoring relief of
self-quenching. The fluorescence intensity of the lipo-
some solution was measured with a spectrophotometer
(Perkin Elmer, LS-50B, Waltham, MA, USA) using exci-
tation wavelengths of 494 nm and measuring the emission
peak intensity at 520 nm. To obtain the total drug release,
5 uL of 10% Triton X-100 was added to 1 mL of the solu-
tion, and the fluorescence intensity was measured. Sepa-
rate titration experiments were performed to determine
amount of Triton X-100 required to obtain total drug
release. The percentage of calcein released as a result
of ultrasound exposure was calculated using Equation 3:

F,—F,
Yorelease = b

X 100 A3)

T b

where F,, F},, and Frare the peak fluorescence intensities
of calcein released by ultrasound, before ultrasound
exposure and after addition of Triton X-100 (100%
release), respectively.

Ultrasound exposure parameters

Peak negative pressure and frequency. To investigate
the effect of the peak negative pressure on drug release,
the liposomes were exposed to 2 frequencies (300 kHz
and 1 MHz) and a range of peak negative pressures
with a constant pulse length of 0.2 ms, a PRF of 500
Hz, and an insonication time of 3 min. At 300 kHz, the
peak negative pressure was varied from 0.29 to 1.7 MPa
(i.e., Ita of 0.26 to 10 W/cm? and MI values of 0.52 to
3.1), whereas at 1 MHz, the peak negative pressure varied
from 0.68 t0 3.58 (i.e., It of 1.64 to 57.24 W/cm? and MI
values of 0.68 to 3.58).

Exposure time. The effect of the exposure time (see
Eq. 4) on drug release was investigated, and the following
parameters were kept constant: pulse length (0.2 ms);
PRF (500 Hz); and peak negative pressure (1.3 MPa for
the 300-kHz transducer and 2.2 MPa for the 1-MHz trans-
ducer). The overall exposure time is given by:

T= PLX PRFXT )

where 7 is the exposure time (i.e., actual duration that the
ultrasound is on), PL is the pulse length, and T is the in-
sonication time.

To investigate the effect of the MI on drug release as
a function of the exposure time, the liposomes were
exposed to ultrasound for a range of insonication times
(T), 0 to 20 min, which corresponds to exposure times
(1) of 0 to 120 s (see Eq. 4) at 5 MI values (1.05 to
2.7), with a constant duty cycle (10%) and frequency
(300 kHz).

Duty cycle at a constant frequency. The effect of the
duty cycle on drug release was studied by varying either
the pulse length (0 to 0.4 ms) or the PRF (0 to 1000 Hz) at
a constant frequency (300 kHz), with an insonication time
of 3 min and a peak negative pressure of 1.3 MPa.

Temperature measurements. To verify whether ultra-
sound exposure produced any thermal effects, the temper-
ature of the samples were measured before and
immediately after each ultrasound exposure (i.e., at all
MI values) using a hand-held digital thermometer
(VWR International, LL.C, Radnor, PA, USA). Another
temperature verfication was done by measuring the
temperature of the sucrose/HEPES buffer solution before
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and continuously during ultrasound exposure, using
a thermocouple placed inside the sample chamber. The
buffer solution was exposed to ultrasound with MI values
of 2.6 and 2.2 for, respectively, the 300-kHz and 1-MHz
transducers, and a duty cycle of 10% and 20 min of inso-
nication time (i.e., 120 s of exposure time).
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Validation of inertial cavitation. To study whether
the ultrasound treatment generated inertial cavitation,
a terephthalate dosimeter was used (Mason et al. 1994;
Villeneuve et al. 2009; Somaglino et al. 2010). In
brief, when inertial cavitation occurs, the produced
hydroxide (OH) radicals react with the nonfluorescent
terephthalate  (TA) to form  fluorescent  2-
hydroxyterephthalic acid (HTA). Solutions of 2 mM TA
(Sigma Aldrich, Oslo, Norway) and HTA (Mole’s
Science & Technology, Hangzhou, China) were prepared
(with deionized water) and maintained at pH 7.3. The
HTA solution was diluted to concentrations between
0.01 uM and 1 uM, and the fluorescence intensity of
each concentration was measured to obtain a standard
curve. A spectrophotometer (Olis RSM 1000, Conway,
SC, USA) with excitation and emission wavelengths of
320 and 425.5 nm (i.e., peak intensity value), respec-
tively, was used for the fluorescent measurement. A
I-mL TA solution was placed in the sample chamber
and exposed to various acoustic pressures using the
same set-up as previously described. The fluorescence
intensity of the TA solution before and after ultrasound
exposure was measured with the same settings as the
HTA standard curve. The background fluorescence inten-
sity of TA was subtracted from the fluorescence intensity
of the HTA that was generated as a result of cavitation.

Mathematical fitting and statistical analysis. The
relationship between the release of calcein and the ultra-
sound exposure parameters (peak negative pressure, Itp
and MI) was described mathematically by fitting a linear
function of 2 or 3 segments to the experimental release
data. A first-order exponential model was used to fit the
data describing drug release as a function of time. Sigma-
Plot (Systat Software, Chicago, IL, USA) was used for all
fits. These models were selected because they gave the best
fit. The goodness of the fit was determined by the square
coefficient of correlation (Rz) and the p value of the fit.

RESULTS

Effect of I, peak negative pressure, MI, and exposure
time on calcein release: Comparison of 300-kHz and
1-MH? frequencies

The effect of the peak negative pressure and expo-
sure time on the release of calcein from liposomes was
investigated at the same duty cycle (10%) for the 2
frequencies using a 500-Hz PRF and a pulse length of
0.2 ms. The release was plotted as a function of the
peak negative pressure and the corresponding /74 and
MI values (Fig. 2). Generally, the 300-kHz transducer
released more calcein than did the 1-MHz transducer,
although the 1-MHz transducer was used at higher inten-
sities and peak negative pressures than was the 300-kHz
transducer (Fig. 2). A minimum threshold of acoustic
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Fig. 3. The effect of the exposure time and MI on the release of
calcein from the liposomes. The percentage release is shown as
a function of the exposure time for (a) Mls of 1.1 (e); 1.5 (0);
20 (V); 24 (A); and 2.7 (M) at constant frequency
(300 kHz) and duty cycle (10%). The error bars show the stan-
dard deviation (n = 2 to 5) from the mean of the percentage
release. The lines represent the fit to the first-order kinetics
(Eq. 5). (b) The rate constant, 1/Tc, is shown as a function of
the MI. R? value > 0.9947; p < 0.0001 for all fits.

pressure must be overcome to obtain drug release greater
than 5%. The applied pressure needed to overcome the
threshold was lower at a transducer frequency of 300
kHz (0.9 MPa) than at 1 MHz (1.9 MPa). However, the
respective MI values for the threshold at each frequency
were comparable (i.e., 1.6 and 1.9). Above the threshold,
the release increased linearly with increasing peak nega-
tive pressure, I74, and MI. For the 1-MHz transducer,
a maximal release of approximately 35% was obtained
at an acoustic pressure of 2.3 MPa. The amount of drug
released decreased at higher pressures. Linear functions
of 2 segments for the 300-kHz transducer and 3 segments
for the 1-MHz transducer were fitted to the drug-release
data and R? values greater than 0.9886 and p values
less than 0.0001 were found for all fits.

The drug release increased with increasing exposure
time (Fig. 3a), and this increase followed first-order

kinetics, as shown by fitting Equation 5 to the experi-
mental data:

%R(t) = R.[1—e""T)] 5)

where % R(t) is the percentage of calcein released at time
t, R. is the total percentage of calcein released at a partic-
ular MI, and T, is the time constant.

To investigate the effect of the MI and exposure time
on drug release at a constant frequency (300 kHz), 5 MI
values (1.1, 1.5, 2.0, 2.4, and 2.7) were used with
increasing exposure times. The amount of calcein release
was found to increase with increasing exposure time up to
amaximal release. In order to increase the release further,
the MI had to increase (Fig. 3a). Thus, the maximum
release is dependent on the MI. The experimental data
were fitted to Equation 5 for MI values of 1.5 and greater.
The percentage maximum release (Rc) obtained for the 4
MI values (i.e., 1.5, 2.0, 2.4, and 2.7) was 17.6%, 33.8%,
48.5%, and 58.2%, respectively. The corresponding time
constants (1/Tc) were: 0.011 s~', 0.016 s~ ', 0.022 s,
and 0.027 s~'. R? values greater than or equal to
0.9947 and p values less than 0.0001 were found for
all fits. The fit obtained for MI of 1.1 (below the
threshold) was poor because of very low drug release.
The rate constants increased linearly with increasing MI
(Fig. 3b). Thus, the release of calcein from the liposomes
was faster at higher MI. Using the 1-MHz transducer at
the same duty cycle (10%) and exposure times (1 to
120 s) as for the 300-kHz transducer, less calcein was
released and the release rate was slower (data not shown);
that is, the rate constants for the 300-kHz (MI = 2.4) and
1-MHz probe (MI = 2.2) were 0.022 s~ ' and 0.016 s~ ",
respectively.

Effect of the duty cycle on drug release at a constant
frequency

The effect of the duty cycle on drug release was
investigated by varying both the PRF and the pulse length
at a constant frequency (300 kHz). The lower frequency
(300 kHz) was chosen because it induced more release
than did the higher frequency transducer. PRF or pulse
length was varied at a constant peak negative pressure
above the threshold (1.3 MPa, i.e., MI of 2.4), and an in-
sonication time of 3 minutes was used. Drug release
increased linearly with pulse length (Fig. 4a) and PRF
(Fig. 4b). The same amount of drug release was achieved
using the same duty cycle (PRF X pulse length) obtained
with various combinations of pulse length and PRF
(Fig. 4c). The duty cycles used in Figure 4c corresponded
to a certain exposure time (PRF X pulse length X insoni-
cation time), and the drug release as a function of expo-
sure time was plotted for increasing pulse length, PRF,
and insonication time (Fig. 4d). The drug release
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increased linearly with exposure time, and this corre-
sponds to the first part (exposure time below 40 s) of
the first-order kinetics curve in Figure 3a at 2.4 ML

Thermal effects

The temperature in the sample was measured before
and immediately after ultrasound exposure and also
continuously during ultrasound exposure of the sucrose/
HEPES buffer solution. The increase in temperature
was 1 to 9°C, and the increase correlated positively
with the MI. The temperature increased within the first
3 min (i.e., 18 s of exposure time), and then the tempera-
ture was constant for the remaining 17 min of insonica-
tion time. Separate temperature studies showed 1% or
less of calcein leakage from the liposomes after 4 hours
of incubation at 37°C in sucrose/HEPES solution.

Validation of inertial cavitation

A linear relationship was obtained between the fluo-
rescence intensity and the concentration of HTA
measured at concentrations up to 0.5 uM (data not
shown). The fluorescence of the ultrasound-exposed TA
solution had intensity within the same range as the
HTA standard curve (0 to 70 absorbance units a.u.).

Minimal fluorescence was detected in samples exposed
to ultrasound using peak negative pressures below the
threshold for drug release. The thresholds were found to
be higher for the higher frequency transducer (1.9 MPa)
than for the lower frequency transducer (0.9 MPa), which
correspond to MI values of 1.9 and 1.6, respectively.
Above the threshold, the fluorescence intensity increased
with increasing peak negative pressure, indicating an
increase in the production of OH radicals (Fig. 5a). For
the 1-MHz transducer, maximal fluorescence intensity
was obtained at a peak negative pressure of 2.3 MPa, fol-
lowed by a decrease in intensity with further increases in
negative pressure. The fluorescence intensity of the
generated HTA correlated linearly with the release of cal-
cein from the liposomes (Fig. 5b) for both ultrasound
transducers (correlation coefficients R> 0.9602
(300 kHz) and R* = 0.8826 (1 MHz).

DISCUSSION

The effects of various ultrasound exposure parame-
ters on the release of liposomal calcein in solution were
studied. By varying the peak negative pressure at 2
frequencies, the impact of the MI on drug release was
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determined. Minimal drug release (less than 5%)
occurred until certain threshold values of Ita, peak nega-
tive pressure, and MI were reached, at which point a linear
increase in the drug release with increase in the 3 param-
eters followed. The peak negative pressure threshold was
lower for the 300-kHz transducer than for the 1-MHz
transducer for the same duty cycle (10%). However, the
corresponding threshold for the MI was almost the
same for the 2 frequencies. The linear dependence
between drug release and MI suggests that the drug
release is caused by a mechanical mechanism such as
stable or inertial cavitation. Inertial cavitation requires
the presence of gas bubbles, and the sucrose/HEPES
buffer solution used in our work was made of deionized
water that might have contained micrometer-sized gas

bubbles. Apfel and Holland (1991) found that for
1-MHz transducers, the cavitation threshold was almost
independent of initial bubble radius in the micrometer
range. Thus, gas bubbles in the sucrose/HEPES buffer
can probably cause inertial cavitation. The occurrence
of the threshold to obtain drug release also suggests that
the drug release was caused by inertial cavitation. Inertial
cavitation is reported to occur only above a certain pres-
sure/MI threshold (Daniels et al. 1987; Apfel and Holland
1991; Brennen 1995; Miller et al. 1996; Young 1999).
Other studies (Husseini et al. 2000; Schroeder et al.
2007) have also reported the important role of inertial
cavitation in drug release and have shown a linear
dependence of drug release with the acoustic amplitude
(intensity). In our study we extended this relationship
and correlated drug release to MI using 2 clinically
relevant frequencies and varying the acoustic pressure
of the focused ultrasound beam. To verify whether
inertial cavitation actually took place, the presence of
OH radicals was demonstrated by measuring the
fluorescence intensity of an ultrasound-exposed TA
solution.

Ultrasound exposure induced only a minor increase
in the temperature of the liposome solution. The small
increase in temperature did not increase linearly with
exposure time (i.e., it was constant after the first 18 s of
exposure time), suggesting that this is not a thermal effect
but the occurrence of a mechanical effect. Also, 1% or
less calcein leakage was found when the liposomes
were incubated for 4 h at 37°C in sucrose/HEPES solu-
tion, suggesting that these liposomes were not thermally
sensitive.

Ultrasound-induced drug release followed a first-
order kinetic model that depended on the exposure time
and the MI. The maximal drug release was obtained for
a certain exposure time, and any further increase in
release could occur only if the MI increased. Thus, it is
the MI together with overall exposure time that determine
the maximal drug release. Additionally, the first-order
rate constant was also found to depend linearly on the
MI at a constant frequency. Thus, it takes less time for
the drug to be released if the MI is higher, and calcein
was released faster at a lower frequency than at a higher
frequency. These observations also suggest that the
release was due to inertial cavitation, and they are consis-
tent with the results reported by other studies (Schroeder
et al. 2007, Enden and Schroeder 2009). The
experimental validation of the first-order kinetic model
demonstrates that it is possible to determine the
percentage of drug release at a given MI and exposure
time. Whether this will be possible in an in vivo setting
is, however, the subject of future investigations.

Above the threshold for inertial cavitation, the
release increased linearly with the peak negative pressure
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for both frequencies used. However, for the 1-MHz trans-
ducer, an increase in drug release was followed by
a reduction above a certain pressure (2.3 MPa), whereas
no reduction in drug release was observed when the
300-kHz transducer was used. The reduction in drug
release might be due to attenuation of the ultrasound
beam by gas bubbles between the transducer and the
sample chamber. Gas bubbles can attenuate the beam
through scattering and absorption (Angelsen 2002;
Leighton 2007), and the attenuation of the pressure is
dependent on the frequency. Thus, higher attenuation
is obtained at higher frequencies than at lower
frequencies. Also, at higher pressures more energy
would be pumped into higher harmonics and because
attenuation increases with frequency, the sound wave
from the 1 MHz transducer (because of its nonlinearity)
would be attenuated more than that of the 300 kHz
transducer. When the voltage at the output of the
amplifier was monitored, echoes from the front of the
sample chamber and the back of the cylindrical PVC
tank were observed. The transmit voltage and the echo
from the back of the PVC tank showed a stable pulse
shape at all voltage levels. At higher voltages (higher
pressures), there were drastic oscillations in the echo
signal from the front of the sample chamber. They
might be echoes from the sample chamber surface or
oscillations of gas bubbles attached to the sample
chamber’s surface that resulted in inertial cavitation and
probably movement of bubbles. The reduction of drug
release occurred at pressures at which drastic
oscillations were also observed. Others have also
observed that cavitational activity increases with
acoustic intensity, and the resulting bioeffect reached
a maximum before declining with further increase in
acoustic intensity (Miller et al. 1989, 1996).
Furthermore, Miller et al. (1989) showed that at higher
acoustic intensities (with a 1-MHz transducer), the
number of cells that ruptured decreased with increasing
acoustic intensity, whereas the number of visible bubbles
(between the insonated test tube and transducer)
increased dramatically with acoustic intensity. Thus, the
decrease in the bioeffect at higher intensities is likely to
be caused by attenuation or absorption of the ultrasound
beam by gas bubbles.

The effect of the duty cycle was studied using the
300-kHz transducer by varying the pulse length and
PRF. Drug release was found to correlate linearly with
duty cycle, as modulated by either PRF or pulse length.
The release was also found to be linear at lower exposure
times (i.e., 40 s), corresponding with the initial part of the
first-order kinetic curve, and this linearity was obtained
by increasing PRF, pulse length, or insonication time.
These results imply that at constant MI, drug release
depends on the overall exposure time, independent of
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the manner in which the exposure time is obtained.
Consistent with our results, Schroeder et al. (2007) found
that liposomes released the same amount of drug when
exposed to either continuous or pulsed ultrasound
applying the same overall exposure time.

The mechanism of cavitation-mediated drug release
from the liposomes is thought to involve increased
permeability (sonoporation) or total disintegration of
the liposome membrane when small oscillating gas
bubbles cavitate close to or in the hydrophobic region
of the liposomal membrane (Schroeder et al. 2007,
2009; Enden and Schroeder 2009). The dependence of
the release on the pulse length may be related to the
self-sealing properties of sonoporated liposomes. Earlier
reports suggest that lipids reseal rapidly after rupturing
(Marin et al. 2001) and that it takes more time for the
lipids to reseal when the pulses are longer. Some miscel-
lar formulations have been observed to re-encapsulate
during the ultrasound-off phase, yielding greater drug
release at shorter pulse intervals (i.e., higher PRF)
(Husseini et al. 2000; Marin et al. 2001). Although
a mechanism involving lipid pore formation and
resealing is consistent with our results, such an
interpretation is not supported by reports of collapse of
DOPE-based liposomes during low-frequency ultrasound
exposure (Evjen et al. 2011). Destabilization of the lipid
membrane was here visualized by electron microscopy as
larger liposomes or lipid aggregates observed after ultra-
sound exposure (Evjen et al. 2011). Evjen and coworkers
(2011) suggested that the cone-shaped geometry and non-
bilayer characteristics of DOPE render the liposome
membrane prone to form a so-called reverse hexagonal
structure (flip and release) during ultrasound exposure.
DEPC, the main phospholipid of the present liposomes,
also has a cone-shaped geometry and may release through
a similar mechanism. Although our results are limited to
DEPC-based liposomes, the first-order drug release
kinetics are also reported for other types of liposomes
(Schoeder et al. 2007; Enden and Schroeder 2009), sug-
gesting that the results might be generalized to other types
of non—thermally sensitive liposomes.

The present work demonstrates that two ultrasound
exposure parameters, MI, and overall exposure time,
determine the total drug release from liposomes. The
optimal value of these two parameters may be obtained
in various combinations of the parameters they depend
on. Thus, optimal MI may be obtained using either low
frequency and low negative pressure or high frequency
and high negative pressure. Optimal exposure time may
be achieved by using both continuous and pulsed waves.
Clinically, this can be of importance because the ultra-
sound exposure can be tuned to avoid heating of the
tissue. However, because of the complexity of the
in vivo environment, the translation from in vitro to
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in vivo cavitation is not straightforward. There is
evidence that submicrometer gas bodies exist naturally
in vitro (Blatteau et al. 2006), but bubble nucleation,
distribution in terms of nucleus size and local concentra-
tion, and the activation of these potential natural nuclei by
ultrasound exposure is still relatively poorly understood.
The induction of cavitation also depends on viscosity and
cell density (Apfel and Holland 1991). An in vitro study
of inertial cavitation in human blood showed a significant
reduction in cavitation threshold when the viscosity was
reduced by reducing the hematocrit and by adding poly-
meric particles to the blood (Deng et al. 1996). Alto-
gether, these factors show the challenges involved in
predicting the optimal MI in a clinical situation.

CONCLUSIONS

This study characterized the ultrasound parameters
optimal for drug release from DEPC-based liposomes
and pointed to MI and overall exposure time as the major
parameters that determine the drug release. The first-
order kinetic for drug release demonstrated that
increasing the exposure time above a certain value does
not enhance the release further. The observation that
drug release was dependent on the MI was supported by
sonochemical experiments indicating free radical forma-
tion. Only minor temperature effects were found. Alto-
gether, this demonstrated that the release mechanism
involved a mechanical effect or, more specifically, inertial
cavitation. The study also suggested that the duty cycle
may be used to control the amount of energy deposited
and the heat generated in tissue. An optimization of ultra-
sound exposure is, however, needed to enhance
ultrasound-mediated drug release from liposomes and
facilitate future clinical applications.
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Abstract—The mechanism involved in the ultrasound-
enhanced intracellular delivery of fluorescein-isothiocyanate
(FITC)-dextran (molecular weight 4 to 2000 kDa) and lipo-
somes containing doxorubicin (Dox) was studied using HeLa
cells and an ultrasound transducer at 300 kHz, varying the
acoustic power. The cellular uptake and cell viability were
measured using flow cytometry and confocal microscopy. The
role of endocytosis was investigated by inhibiting clathrin- and
caveolae-mediated endocytosis, as well as macropinocytosis.
Microbubbles were found to be required during ultrasound
treatment to obtain enhanced cellular uptake. The percentage
of cells internalizing Dox and dextran increased with increas-
ing mechanical index. Confocal images and flow cytometric
analysis indicated that the liposomes were disrupted extracel-
lularly and that released Dox was taken up by the cells. The
percentage of cells internalizing dextran was independent of
the molecular weight of dextrans, but the amount of the small
4-kDa dextran molecules internalized per cell was higher than
for the other dextrans. The inhibition of endocytosis during
ultrasound exposure resulted in a significant decrease in cel-
lular uptake of dextrans. Therefore, the improved uptake of
Dox and dextrans may be a result of both sonoporation and
endocytosis.

I. INTRODUCTION

THE encapsulation of cytotoxic drugs into nanoparti-
cles is known to enhance their accumulation in tumor
tissue and to reduce the toxicity to normal tissue when
compared with the administration of free cytotoxic drugs
[1]-[3]. This difference is mainly due to the hyperperme-
able tumor vessels, which allow for extravasation of the
nanoparticles [4], [5]. Although drug delivery by nanopar-
ticles improves the drug uptake by tumor tissues com-
pared with that of free drugs, the distribution of both the
nanoparticles and the released drugs within the tumor tis-
sue is heterogeneous [4], [6], [7]. Consequently, large areas
of the tumor are not reached by the drugs. A prerequisite
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for successful cancer therapy is that the therapeutic agents
reach all of the cancer cells in sufficient concentrations to
inactivate them. It is therefore important to improve both
the distribution of the drug within tumor tissue and the
cellular uptake of the cancer drug. These improvements
may be achieved by treating the tumor chemically using
enzymes [8], [9] or physically by radiation [6] or ultra-
sound [10]-[12].

The use of ultrasound may improve the delivery of
nanoparticles in various ways depending on the frequency
and the acoustic intensity applied. In particular, high-in-
tensity focused ultrasound (HIFU) has been reported to
improve the therapeutic efficacy of liposomes [13], [14].
The interaction of ultrasound with tissues generally pro-
duces two main effects, one thermal and one non-ther-
mal. The thermal effect is a result of the absorption of
ultrasound energy, which leads to heating, whereas the
non-thermal effect is associated with cavitation and ra-
diation force [14], [15]. Radiation force (using megahertz-
frequency ultrasound) may generate acoustic streaming,
which improves the convection of the nanoparticles in the
extracellular matrix, enhances the penetration and dis-
tribution of the nanoparticles, and augments the release
of the drug from the particles. Furthermore, studies [14],
[16], [17] have shown that radiation force can generate
shear stress that increases vascular permeability and pro-
duces pores in cell membranes, a process called sonopora-
tion. Cavitation is the most commonly observed process
at low frequency (kilohertz-frequency ultrasound) and
can be stable or transient depending on the acoustic pres-
sures. At lower acoustic pressures, the oscillations of gas
nuclei can be stable and can lead to micro-streaming and
shear stresses. When the acoustic pressure increases, these
gas nuclei will grow and finally collapse, producing shock
waves and micro-jet streams, which may cause transient
perforations (sonoporation) of cell membranes, improving
the cellular uptake of nanoparticles and drugs [14], [15].

Because the cellular uptake of chemotherapeutic drugs
is restricted by the cell membrane [18]-[20], sonoporation
may be of importance for improving therapeutic efficacy.
The efficiency of sonoporation has been reported to im-
prove in the presence of ultrasound contrast agents (mi-
crobubbles) [18]-[20]. Although microbubbles have been
used clinically to enhance ultrasound imaging for more
than two decades, a full understanding of how ultrasound
and microbubbles improve cellular uptake is lacking. To
develop safe and effective protocols for successful cancer
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therapy, the mechanism of sonoporation must be eluci-
dated.

Endocytosis, the most common mechanism for the in-
ternalization of nanoparticles and macromolecules, can be
categorized as clathrin-mediated or clathrin-independent
endocytosis. Clathrin is the main scaffold protein in clath-
rin-coated pits and occupies the plasma membrane along
with the protein complex AP2 and dynamin. Clathrin-
independent endocytosis includes several cholesterol-rich
pathways; the best characterized is the caveolae-mediated
pathway. Caveolae are subdomains of glycolipid rafts that
use the membrane protein caveolin to form stable cell-
associated structures [21]-[23]. Another clathrin-indepen-
dent pathway is macropinocytosis. During macropinocy-
tosis, bulk and non-selective uptake of extracellular fluid
occurs via the actin-dependent reorganization of the plas-
ma membrane to form macropinosomes. Macropinosomes
are heterogeneous phase-bright organelles that emanate
from ruffles [24]. Selective inhibition of the various en-
docytic pathways by chemical inhibitors is a useful ap-
proach for investigating the cellular uptake mechanism of
nanoparticles, although the results should be interpreted
with caution because of the lack of complete specificity of
the inhibitors [25]. Commonly used endocytosis inhibitors
include chlorpromazine, which inhibits mainly clathrin-
mediated endocytosis by reversibly translocating clathrin
and its adapter proteins from the plasma membrane to
intracellular vesicles [26]; genistein, a tyrosine kinase in-
hibitor, which inhibits mainly caveolae-mediated uptake
[27], [28]; and wortmannin, an inhibitor of phosphoinosit-
ide 3-kinases (PI3Ks), which plays a role in the enclosure
of ruffles to form macropinosomes [24], [29].

The purpose of the present study was to determine the
effect of ultrasound on the cellular uptake of liposomes
and dextran and to investigate whether the mechanism
responsible for cellular uptake is related to pore formation
or endocytosis. Furthermore, we studied the impact of mi-
crobubbles on cellular uptake and whether the encapsu-
lated drug was released extracellularly before being taken
up by the cells. HeLa cells were incubated with either so-
nosensitive dierucoyl-phosphatidylcholine (DEPC)-based
liposomes [30] containing doxorubicin (Dox) or with fluo-
rescein-isothiocyanate (FITC)-dextran of various sizes in
the presence or absence of microbubbles and ultrasound.
A lower frequency (300 kHz) was applied; in a previous
study [30] we found this frequency to be more efficient for
inducing drug release than 1 MHz . Endocytic inhibitors
were used to investigate whether endocytosis was affected
by ultrasound exposure. The cellular uptake was mea-
sured by flow cytometry, and the intracellular location of
liposomes/Dox and dextrans was imaged by confocal laser
scanning microscopy.

II. MATERIALS AND METHODS
A. Cell Culture

The HeLa cell line (human cervical carcinoma cells) was
grown in Dulbecco’s modified Eagle’s medium (DMEM)

supplemented with 10% fetal bovine serum (FBS; Sigma-
Aldrich, Oslo, Norway), 2 mM of nonessential amino acids
and 1 mM of L-glutamine (Sigma-Aldrich). The cell cul-
tures were grown at 37°C and in 5% CO,. Exponentially
growing cells were harvested with 3 mL of trypsin (0.25%)
and resuspended in growth medium.

B. Liposome Production

Dierucoyl-phosphatidylcholine (DEPC) was supplied by
Avanti Polar Lipids (Alabaster, AL). Distearoylphospha-
tidylcholine (DSPC) and distearoylphosphatidylethanol-
amine-(methoxy (polyethyleneglycol)2000) (DSPE-PEG)
were purchased from Genzyme Pharmaceuticals (Liestal,
Switzerland). Dox, cholesterol, 4-(2-hydroxyethyl)-1-pi-
perazineethanesulfonic acid (HEPES), and sucrose were
obtained from Sigma Aldrich. The liposomes consisted of
DEPC: DSPC: DSPE-PEG 2000: Cholesterol (52:5:8:35
mol %) and were prepared by the thin-film hydration and
sequential extrusion method [31]. Briefly, lipids were dis-
solved in a choloroform/methanol mixture (9/1, v/v) at
60°C, and rotary evaporated to dryness under vacuum for
6 to 8 h. The dry lipid film was hydrated with 300 mM
ammonium sulfate solution, giving a nominal lipid con-
centration of 20 mg/mL. After three freeze-thaw cycles
in a dry-ice/acetone/methanol mixture and water, respec-
tively, the liposomes were downsized by step-wise extru-
sion (Lipex extruder, Biomembrane Inc., Vancouver, BC,
Canada) through polycarbonate filters with decreasing
pore size from 800 to 80 nm (Nuclepore, West Chester,
PA). The lipid hydration, liposome extrusion, and thawing
process were performed at 25°C, above the gel-to-liquid
crystalline phase transition temperature of the liposome
membrane.

Dox was remote loaded according to the ammonium
sulfate transmembrane gradient method [32]. An ammo-
nium sulfate transmembrane gradient was obtained by ex-
tensive dialysis of the liposomes against unbuffered isoton-
ic 255 mM sucrose solution. The dialysis was performed
by placing disposable dialysis bags (molecular weight
cut-off 100 kD; Float-A-Lyzer, Spectra/Por, Spectrum
Laboratories Inc., Rancho Dominguez, CA) containing
the liposome dispersions in a magnetically stirred dialysis
solution for approximately 2 to 3 d (volume ratio lipo-
some dispersion:dialysis solution, 1:100) with intermedi-
ate exchanges of the dialysis solution. Dox hydrochloride
solution was added to the liposome dispersion to give a
final ratio of drug-to-lipid of 1:8 (w/w). The resulting lipid
and Dox concentrations were 16 and 2 mg/mL, respec-
tively. To provide optimal loading efficiency, the liposome
dispersions were, after Dox addition, further incubated
under stirring for 60 min at 48°C. Any remaining non-en-
capsulated Dox was removed by liposome dialysis against
sucrose/HEPES buffer (pH 7.4). Free Dox is a substance
with fluorescent properties (maximum absorption/emis-
sion respectively 480/595 nm). The self-quenching of Dox
at the current high intraliposomal concentrations is ex-
ploited to distinguish between free and liposomal Dox.
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C. Liposome Characterization
and the Labeling of Liposomes

The mean intensity-weighted hydrodynamic liposome
diameter and polydispersity index (pdi) were determined
by photon correlation spectroscopy (Nanosizer, Malvern
Instruments, Malvern, UK). The diameter was 88 to
90 nm (pdi 0.06 to 0.07) for all liposomes used. A lipo-
some stability in serum was conducted as described in
[33]. After 6 h incubation in 20% serum, less than 1% Dox
leakage was detected.

The membranes of the liposomes were labeled with a
hydrophobic dye (1,1-dioctadecyl-3,3,3’,3- tetramethylin-
dodicarbocyanine) (DiD; Molecular Probes, Invitrogen,
Grand Island, NY). 3 pL of DiD (2.5 mg/mL in ethanol)
were added to 497 pL of liposomes to a final concentration
of 15 pg/mL. The labeling solution was mixed by aspira-
tion and allowed to incubate for 2 h at room temperature.
Free DiD that did not bind to the liposomes was removed
by dialysis (Float-A-lyzer G2, Spectrum Laboratories
Inc.). The size of the liposomes before and after labeling
(24 h, 48 h, and 7 d) was measured using dynamic light
scattering (Nanosizer, Malvern Instruments). No signifi-
cant change in the liposome mean size or pdi was observed
after labeling.

D. Ultrasound Ezxposure Set-Up and Treatment

The ultrasound exposure set-up consisted of a signal
generator (33120A, Hewlett-Packard, San Jose, CA), an
oscilloscope (Waverunner, LT262, Lecroy Corp., Long
Branch, NJ), a power amplifier (ENI 2100L, Electronic
Navigation Industries, Rochester, NY), custom-made sin-
gle-element ultrasound transducers (Imasonic, Besancon,
France) with a frequency of 300 kHz and an insonication
chamber containing a sample chamber (Fig. 1). The trans-
ducer has a geometric focus of 90 mm, an active diameter
of 55 mm and a maximum intensity of 69 mm. The —3-
dB beam width in the lateral direction at the maximum
intensity was 6.6 mm. The acoustic field was character-
ized using a hydrophone (Onda HGL-0200, Onda Corp.,
Sunnyvale, CA) with a tip diameter of 200 pm connected
to a 20-dB pre-amplifier (Onda AH-2020). The insonica-
tion chamber was a rectangular (150 x 350 mm) Plexiglas
(Evonik Industries AG, Essen, Germany) water tank. To
prevent reflections of the sound wave, a regular sponge
with a thickness of 10 mm was used to coat the inside of
the insonication chamber. The Plexiglas tank was filled
with deionized and partially degassed water and was kept
at room temperature. The sample chamber was made
from the bulb of a disposable (polyethylene) 1-mL trans-
fer pipette. The pipette was attached to a rotating motor
(20 to 22 rotations per 10 s) at a position equivalent to the
maximum intensity of the ultrasound beam. The rotating
motor was used to maintain a uniform exposure of the
sample to the ultrasound.

When no microbubbles were added, the samples were
exposed to ultrasound for 180 s using mechanical index

Pulse
generator

Oscilloscope Rotating motor

Ch1 Ch2 Ch3

2 1/

output  sync

Amplifier

Input output
N '/ Sample
Transducer

Absorber

Fig. 1. A schematic diagram of the ultrasound exposure setup.

(MI) of 0 to 2.7 (corresponding to peak negative pres-
sures of 0 to 1.5 MPa) and a duty cycle of 20% [i.e., a
100-ps pulse length and pulse repetition frequency (PRF)
of 2 kHz]. In the presence of microbubbles, the ultrasound
exposure had to be reduced to avoid massive cell death.
The cells were exposed to ultrasound for 120 s using MI
of 0 to 1.05 (corresponding to peak negative pressures of 0
to 0.58 MPa) and a duty cycle of 10% (i.e., a 33-ps pulse
length and a PRF of 3 kHz). The stated levels of pressure
were measured in free space (inside the water tank), not
inside the sample chamber.

E. The Cellular Uptake of Liposomes and Dextran

Prior to ultrasound exposure, the sample chamber was
filled with 2.5 mL of cell suspension in growth medium
(109 cells/mL), 5 pL of DiD-labeled liposomes, and micro-
bubbles (Definity, 1.1 to 2.5 pm). The microbubbles were
activated with a Vial-Mix (Penn Pharmaceutical Services
Ltd., Wales, UK) for 45 s, the vial was vented and a vol-
ume of 86 pL, was added to 2.5 mL of the cell suspension,
which corresponds to a volume concentration of 3.4%.
This concentration was chosen based on a previous report
by Karshafian et al. [19]. The samples were placed on ice
immediately after ultrasound exposure.

To investigate the effect of the size of the nanoparticles
on cellular uptake, FITC-dextran (Sigma-Aldrich) with
various molecular weights (4, 40, 150, 500, and 2000 kDa)
were used. FITC-dextran was chosen because it is readily
available in different sizes. 50 mL of 7.7 mg/mL dextran
and 86 pL of microbubbles were added to 2.5 mL of cell
suspension (106 cells/mL) immediately before ultrasound
exposure. Immediately after ultrasound exposure, 2 mL of
the sample was placed on ice, and the remaining 500 pL
was kept at room temperature for 1 to 2 h for a viability
test. To remove FITC-dextran bound to the cell surface,
the samples were centrifuged 3 times for 5 min at 4°C
with a speed of 1500 rpm and resuspended in cold PBS.
The samples containing DiD-labeled liposomes were not
washed because washing had no effect on the fluorescence
signal of these samples.
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F. The Inhibition of Endocytosis

To investigate whether ultrasound in the presence
of microbubbles affected endocytosis, the cells were in-
cubated with the endocytic inhibitors genistein (70 pg/
mL, Sigma-Aldrich), wortmannin (0.1 pmol/L, Sigma-
Aldrich) and chlorpromazine (10 pg/mL, Sigma-Aldrich)
for 30 min before and during ultrasound exposure in the
presence of 500-kDa FITC-dextran. The optimal concen-
trations of the inhibitors that resulted in low cellular tox-
icity and considerable inhibition have previously been de-
termined [34]. Immediately after ultrasound exposure, the
cells were placed on ice and then washed 3 times at 4°C
and resuspended in PBS.

To investigate whether endocytosis triggered by ultra-
sound was transient, 500-kDa FITC-dextran was added
after the cells had been exposed to ultrasound and mi-
crobubbles for 120 s. The cells were then incubated with
FITC-dextran at room temperature for 30 min. Endocy-
tosis is a temperature-dependent process [35], [36], and
to completely inhibit the endocytosis of FITC-dextran,
the cells were exposed to ultrasound in the presence of
microbubbles followed by incubation with 500-kDa FITC-
dextran on ice for at least 30 min. After the 30-min in-
cubation on ice or at room temperature, the cells were
washed 3 times at 4°C and then resuspended in PBS.

G. Flow Cytometric Measurements

The cellular uptake of liposomes and dextran was mea-
sured by flow cytometry (Gallios, Beckman Coulter Inc.,
Indianapolis, IN). In the case of DiD-labeled liposomes
containing Dox, live and dead cells were distinguished us-
ing PicoGreen (Molecular Probes, Invitrogen, Grand Is-
land, NY). 4 mL of PicoGreen (1:200) was added to 1 mL
of sample just before flow cytometric measurements. The
488-nm laser line was used to excite Dox and PicoGreen,
and the 633-nm laser line was used to excite DiD. The
fluorescence was detected in the spectral intervals of 620
4+ 30 nm, 530 £ 30 nm, and 660 £ 20 nm. To eliminate
any spectral cross talk between the 3 dyes, the cells were
incubated with liposomes not stained with DiD, liposomes
stained with DiD but not containing Dox, or PicoGreen
only. Based on these three single-labeled samples, the nec-
essary percentage of electronic spectral compensation was
determined. To distinguish the cellular uptake of free Dox
from that of intact liposomes or fragments of liposomes, a
two-dimensional scatter plot of Dox intensity versus DiD
intensity was used (Fig. 2). The cells that exhibited a
fluorescent intensity of Dox or DiD higher than those of
the unlabeled control (negative cells) were classified as
positive cells.

When the cellular uptake of FITC-dextran was studied,
propidium iodide (PI) was used to detect dead cells, and
100 pL of PI (50 pg/mL) was added to 1 mL of sample
before measurements. The 488-nm laser line was used to
excite both FITC and PI, and the fluorescence was de-
tected in the spectral intervals of 530 + 30 nm and 620

103
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Fig. 2. The flow cytometric fluorescence intensity (2-parameter dot plot)
of (1,1'-dioctadecyl-3,3,3',3- tetramethylindodicarbocyanine) (DiD) ver-
sus doxorubicin (Dox). The upper-left quadrant represents cells that are
positive for only DiD; the lower-left quadrant represents cells that are
neither positive for DiD nor Dox. The upper-right quadrant signifies cells
positive for both DiD and Dox, whereas the lower-right quadrant repre-
sents cells positive for only Dox. The cells were exposed to ultrasound
and microbubbles with a 33 pus pulse length, 3 kHz pulse repetition
frequency (PRF), 0.53 mechanical index (MI), and 120 s insonication

time. 6 l

+ 30 nm, respectively. The percentage of electronic spec-
tral compensation was determined based on single-labeled
samples (cells labeled with only PI or FITC-dextran). The
cells that had taken up FITC-dextran but not PI were
considered to be transiently permeabilized by ultrasound
and viable. Only these cells were included in the analysis
of the percentage of cells internalizing dextran. Cell viabil-
ity was also measured 1 to 2 h after ultrasound exposure.

The cellular uptake was calculated both as the percent-
age of fluorescent cells (positive cells) and as the amount
of internalized fluorochrome, which was estimated based
on the median fluorescence intensity (MFI) of the positive
cell population. Relative MFI was then calculated as the
ratio of MFT of ultrasound treated and untreated cells in-
cubated with liposomal Dox or dextrans. The forward-an-
gle light-scatter signal was used to identify cell fragments
and debris. The lowest size possible to detect was approxi-
mately 400 nm according to the producer. Data analysis
was performed using Kaluza flow cytometry analysis soft-
ware and SigmaPlot (Systat Software, Chicago, IL).

H. Confocal Laser Scanning Microscopy

The cells were placed in 8-well microscopic slides (ibidi
GmBH, Miinchen, Germany) and imaged with confocal
laser scanning microscopy (SP5, Leica Microsytems CMS
GMH, Wetzlar, Germany) using an X63/1.2 water ob-
jective. The frame size was 512 x 512 pixels. Dox and
FITC-dextran were excited with the 488-nm laser line,
and the fluorescence was detected in the spectral intervals
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of 500 to 600 nm and 500 to 550 nm, respectively. The
fluorescence of DiD was detected with the 600 to 700 nm
band-pass filter and excited by the 633-nm laser. A z-stack
of images through the cells was obtained to verify whether
the nanoparticles were intracellular or on the cell surface.

1. Statistical Analyses

All of the measurements were repeated 2 to 5 indepen-
dent times, and the mean and standard deviations were
calculated. All of the statistical analyses were conducted
with Minitab software (Minitab Inc., Coventry, UK) using
a one-way analysis of variance (ANOVA). A p value <
0.05 was considered statistically significant.

III. RESULTS
A. The Cellular Uptake of Liposomes and Dox

Ultrasound exposure did not enhance the cellular up-
take of liposomes or Dox in the absence of microbubbles,
whereas an increased uptake of Dox was observed after
ultrasound exposure in the presence of microbubbles. Fig.
3 shows the flow cytometry analysis of HeLa cells exposed
to DiD-labeled liposomes containing Dox and ultrasound
at varying MIs. Without any ultrasound exposure, ap-
proximately 2 to 3% of the cells contained a very low
amount of DiD and Dox. At the highest MI used, the per-
centage of cells containing Dox increased to 5%; however,
the increase was not statistically significant compared
with untreated cells [Fig. 3(a)]. Hence, ultrasound expo-
sure alone did not enhance the cellular uptake of DiD or
Dox. These observations were confirmed by the confocal
images, in which no DiD or Dox signal could be detected
(data not shown).

Cell damage after ultrasound exposure was categorized
both as cells with leaky plasma membrane, which was
detected by their uptake of PicoGreen, and as cells that
had degraded into fragments and debris. The number of
dead cells, indicated by the uptake of PicoGreen, did not
increase after ultrasound exposure, but the number of cell
fragments measured by the forward-angle light-scatter
signal increased to approximately 15% [Fig. 3(b)]. The
percentage indicating cell death may be a combination of
cell fragments and aggregates of liposomes larger than 400
nm. However, any contribution of aggregates of liposomes
is likely to be negligible because the uptake of such DiD-
labeled liposomes is small.

Treating the cells with ultrasound in the presence of mi-
crobubbles increased the cellular uptake of both Dox and
DiD (Fig. 4). The percentage of cells with Dox increased
with increasing MI to 8% of the live cells (PicoGreen-
negative cells) and 45% of the total cell population (live +
dead cells) [Figs. 4(a) and 4(c)]. However, the amount of
intracellular Dox in positive cells was rather low and was
not significantly different from that in untreated cells [Figs.
4(b) and 4(d)], indicating that little Dox was internalized

although the cells were categorized as Dox-positive. Ultra-
sound slightly increased the percentage of cells internal-
izing DiD (i.e., DiD bound to liposomes or fragments of
liposomes or free DiD) in the population of live cells [Fig.
4(a)]. However, no significant increase of DiD-fluorescence
could be detected in the cell population as a whole [Fig.
4(c)]. The percentage of cells containing fluorescence of
both free Dox and DiD (i.e., cells with Dox+DiD) was not
significantly different from that of untreated cells. These
findings suggest that in the presence of microbubbles, Dox
is released from the liposomes extracellularly before being
internalized by the cells. It is not likely that the observed
Dox fluorescence is from intact liposomes because Dox flu-
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Fig. 3. The flow cytometric analysis of (a) the percentage of positive cells
(gray) with doxorubicin (Dox), (white) (1,1’-dioctadecyl-3,3,3',3- tetra-
methylindodicarbocyanine) (DiD), and (black) DiD+Dox as a function
of the mechanical index (MI); (b) the percentage of dead cells as a func-
tion of the MI, (open circles) cell fragments and (closed circles) Pico-
Green-positive cells. The cells were exposed to ultrasound with a pulse
duration of 100 ps, 2-kHz pulse repetition frequency, and an insonication
time of 180 s, all without microbubbles. The data points are the mean of
2 measurements with standard deviation.
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Fig. 4. The flow cytometric analysis of the cellular content of (gray) doxorubicin (Dox), (white) (1,1"-dioctadecyl-3,3,3',3- tetramethylindodicarbo-

cyanine) (DiD), and (black) DiD+Dox. The percentage of fluorescent cells (a) that are live (PicoGreen-negative) and (c) of the total population
(live and dead) as a function of the mechanical index (MI). The relative median fluorescence intensity (MFI) of the positive cells (b) that are viable
and (d) including both viable and dead, as a function of the MI. The cells were exposed to ultrasound and microbubbles with a pulse duration of
33 ps, 3-kHz pulse repetition frequency, and an insonication time of 120 s. The data points are the mean of 3 measurements with standard deviation;

asterisk indicates a significant increase (p < 0.019).

orescence is quenched at intraliposomal Dox concentration
[37]. This finding was also confirmed by confocal images
in which Dox was observed in the cytoplasm and nucleus
of the cells, whereas DiD was located in the periphery of
the cells and in the cell membrane (Fig. 5). The confocal
image in Fig. 5 shows an area of the cell population with
cells internalizing both Dox and DiD, but it should be
emphasized that the majority of the cells in other areas of
the slide showed no Dox or DiD fluorescence.

Ultrasound exposure combined with microbubbles de-
stroyed a considerable number of the cells incubated with
the liposomes. The number of PicoGreen-positive cells and
cell fragments increased with an increasing MI up to 18%
and 57%, respectively, leaving only approximately 25%
of the cells intact (Fig. 6). The number of dead cells (cell
fragments + PicoGreen positive cells) after ultrasound

exposure in the presence of microbubbles, was consider-
ably higher than what was observed in preliminary experi-
ments using the same MI without microbubbles (data not
shown). In that case, hardly any cell death was observed.

B. The Effect of Dextran Size on Cellular Uptake

To investigate the potential effects of molecular weight
on ultrasound-mediated cellular uptake, dextrans of dif-
ferent sizes were tested in combination with microbubbles.
Generally, cellular uptake increased with an increasing
MI for all dextran sizes (4 to 2000 kDa), reaching 65%
dextran-positive cells at an MI of 1.05 [Fig. 7(a)]. Fig.
7 shows the cellular uptake in live cells (i.e., PI-negative
cells). At the lowest MI applied (MI = 0.2), no significant
increase in the uptake of dextran was observed, indicating
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Fig. 5. Confocal images of HeLa cells exposed to (1,1'-dioctadecyl-3,3,3',3- tetramethylindodicarbocyanine) (DiD)-labeled liposomes containg doxo-
rubicin (Dox), microbubbles and ultrasound with a mechanical index (MI) of 0.53, a pulse duration of 33 s, 3-kHz pulse repetition frequency, and
an insonication time of 120 s. The cellular uptake of (a) Dox (green) and (b) DiD (red). (¢) The overlaid images of (a) and (b). (d) The overlay of
the light transmission image and images of (a) and (b). The images show an example of cells with Dox and DiD fluorescence, but the majority of

the cells had no such fluorescence.

a threshold level for enhanced cellular uptake. The per-
centage of cells internalizing dextran was independent of
the size of the dextran molecules up to 2 MDa; no signifi-
cant difference was found between the percentages of cells
that had taken up dextran among the five sizes tested.
However, the amount of internalized FITC-dextran, which
was estimated from the median fluorescence intensity of
FITC-dextran positive cells, was found to be approxi-
mately five times higher for the 4-kDa dextran than for
the other dextran sizes [Fig. 7(b)], even though the larger
dextrans had more FITC label than the smaller dextrans.
Thus, the amount of the smaller dextrans internalized is
probably larger than indicated in Fig. 7(b). In the absence
of microbubbles, cells treated with the same exposure pa-
rameters [MI (0.26 to 1.05), duty cycle (10%), and insoni-
cation time (120 s)] as those with microbubbles, showed
negligible cellular uptake of dextrans (data not shown).

Cell viability was high immediately after ultrasound ex-
posure, with a maximum cell death of approximately 9%
at the maximum MI used (i.e., 1.05; data not shown). To
study the long-term effect of ultrasound on cell viability,
PI was added 2 h after insonication with 2000-kDa dex-
tran. A cell death of 20% was measured at the highest MI
(1.05), see Fig. 8. Notably, cells incubated with DiD-la-
beled liposomal Dox showed a higher cell death compared
with cells incubated with dextran, although the exposure
conditions were the same.

C. The Role of Endocytosis in Cellular Uptake

The effect of ultrasound on endocytosis in the presence
of microbubbles was studied by incubating the cells with
endocytic inhibitors before and during ultrasound expo-
sure. The three inhibitors (genistein, wortmannin, and
chlorpromazine) inhibited caveolae-mediated endocyto-

70

% dead cells
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Mechanical Index

Fig. 6. The percentage of dead cells as a function of the mechanical
index, measured by flow cytometry: (open circles) cell fragments and
(closed circles) PicoGreen-positive cells. The cells were exposed to ul-
trasound and microbubbles with a pulse duration of 33 ps, 3-kHz pulse
repetition frequency, and an insonication time of 120 s. The data points
are the mean of 3 measurements with standard deviation.
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Fig. 7. The cellular uptake of different sizes of dextran (4 to 2000 kDa)
in live cells as a function of the mechanical index (MI). (a) The percent-
age of FITC-dextran-positive cells for all dextran sizes, (b) the rela-
tive median fluorescence intensity (MFI) of FITC-dextran internalized
estimated from the positive cell population. The cells were exposed to
ultrasound and microbubbles with pulse duration of 33 ps, 3-kHz pulse
repetition frequency, and an insonication time of 120 s. The data points
are the means of 2 to 5 measurements with standard deviation. Asterisk
indicates a significant increase (p < 0.003).

sis, macropinocytosis, and clathrin-mediated endocytosis,
respectively. The cells treated with endocytic inhibitors
exhibited a significant reduction in cellular uptake of 500-
kDa dextran compared with cells without any inhibitors
(Fig. 9). Using an MI of 1.05 and a 10% duty cycle, the
cellular uptake in the live cell population (i.e., PI-negative
cells) decreased from approximately 60% when no inhibi-
tors were added to approximately 30%, 22%, and 14% in
combination with genistein, wortmannin, and chlorproma-
zine, respectively [Fig. 9(a)].

To investigate whether ultrasound also had any lasting
effect on endocytosis after ultrasound exposure, the cells
were incubated with 500-kDa dextran at room tempera-
ture after ultrasound treatment, i.e., cells were treated
with ultrasound in the presence of microbubbles and then

500-kDa dextrans were added to the cells and incubated
for 30 min at room temperature or at 4°C. Thus, the cel-
lular uptake was compared with the complete inhibition
of endocytosis (i.e., incubating cells with dextran on ice
after treatment with ultrasound in the presence of mi-
crobubbles) as well as the uptake of dextran incubated
during ultrasound treatment. The cells incubated with
dextran at room temperature after ultrasound exposure in
the presence of microbubbles showed a significant reduc-
tion in the cellular uptake (in terms of both the percent-
age of positive cells and the fluorescent median intensity)
of dextran compared with the cellular uptake of dextran
incubated during ultrasound (Fig. 10). However, the up-
take was higher than for dextran incubated on ice without
ultrasound exposure. Comparing the uptake of dextrans
incubated on ice without or after insonication, demon-
strated a higher dextran uptake in the insonicated cells,
indicating that sonoporation occurred.

IV. DISCUSSION

The main findings of the present study are that 1) ul-
trasound enhanced the cellular uptake of Dox and dextran
only in the presence of microbubbles; 2) DEPC-based li-
posomes released their contents extracellularly during
ultrasound exposure; 3) cell death was more prominent
when incubating cells with liposomal Dox compared with
cell death with dextran during insonication in the pres-
ence of microbubbles; 4) ultrasound-mediated intracellu-
lar uptake was more efficient with low-molecular-weight
entities; 5) enhanced cellular uptake was observed after
the termination of sonication; and 6) both sonoporation
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Fig. 8. The percentage of viable cells as a function of the mechani-
cal index measured by flow cytometry. The cells were incubated with
(white) 2000-kDa FITC-dextran or (gray) (1,1’-dioctadecyl-3,3,3',3- tet-
ramethylindodicarbocyanine) (DiD)-labeled liposomes with doxorubicin
(Dox) and microbubbles, and exposed to ultrasound with a pulse dura-
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tion of 33 ps, 3-kHz pulse repetition frequency, and an insonication time
of 120 s. The data points are the mean of 2 to 3 measurements with
standard deviation. Asterisk indicates a significant increase (p < 0.03).
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Fig. 9. The flow cytometric analysis of the cellular uptake of 500-kDa
dextran treated (gray) with or (black) without ultrasound [mechanical
index (MI) of 1.05, pulse duration of 33 ps, 3-kHz pulse repetition fre-
quency, and an insonication time of 120 s] in the presence of microbub-
bles and one or none of the endocytic inhibitors genistein, wortmannin,
or chlorpromazine. (a) The percentage of dextran-positive cells; (b) the
relative median fluorescence intensity (MFI, the ratio between treated
cells and cells not treated with inhibitors or ultrasound) of FITC-dex-
tran internalized, estimated from the positive cell population. The data
points are the mean of 2 to 5 measurements with standard deviation.
Asterisk indicates a significant reduction (p < 0.001).

and endocytosis played a role in the ultrasound-enhanced
cellular uptake.

The dependency of microbubbles to obtain efficient in-
tracellular uptake indicates that cavitation plays a central
role in the uptake, likely by causing sonoporation of the
plasma membrane [14], [15], [19]. Depending on the ultra-
sound exposure conditions, these bubbles can undergo sta-
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Fig. 10. The flow cytometric analysis of the cellular uptake of 500-kDa
dextran incubated after treatment (gray) with or (black) without ul-
trasound (US) in the presence of microbubbles (MB). The cells were
exposed to ultrasound [mechanical index (MI) of 1.05, pulse duration
of 33 ps, 3-kHz pulse repetition frequency, and an insonication time of
120 s] and microbubbles before FITC-dextran was added and then in-
cubated on ice or at room temperature (r/t) and compared with cells
exposed to ultrasound and microbubbles in the presence of dextran.
(a) The percentage of dextran-positive cells; (b) the relative median
fluorescence intensity (MFI, normalized to cells incubated with dextrans
without US treatment) of FITC-dextran internalized estimated from the
positive population. The data points are the mean of 2 to 4 measure-
ments with standard deviation. Asterisk indicates a significant reduction
(p < 0.001).
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ble oscillation or total collapse (causing micro-jet streams,
shear stress, high temperature, etc.) or a combination of
the two effects, which may lead to the sonoporation of
membranes [14], [15], [19]. The contribution of stable and
inertial cavitation to sonoporation and cell death was not
measured in this study. However, in a previous study [30],
we observed inertial cavitation and drug release from the
same type of liposomes as used in this study, with a fre-
quency of 300 kHz and MI above 1.6 without adding mi-
crobubbles. Furthermore, Schroeder et al. [38] has demon-
strated release of liposomes with low-frequency ultrasound
without the introduction of microbubbles. It should be
emphasized that the presence of cells and proteins as in the
present work, as well as the amount of cavitation nuclei,
may cause different effects on the ultrasound-induced drug
release compared with the studies of drug release from
liposomes in solution. The threshold for inducing cavita-
tion will increase with fewer cavitation nuclei present in
the medium, and with increasing viscosity of the medium
and cell density [39]. During ultrasound exposure, the cells
were suspended in growth medium, and the amount and
sizes of the gas nuclei in the medium did not appear to be
sufficient to cause sonoporation using 300 kHz and MI up
to 2.7. The observed need for microbubbles to obtain en-
hanced cellular uptake may be a challenge when treating
tumors in vivo because only the vasculature and adjacent
cells can be exposed to microbubbles, whereas the tumor
cells embedded in the extracellular matrix will not be ex-
posed to microbbubles.

The liposomes used in this study are DEPC-based li-
posomes comprising phospholipids with small head groups
and long unsaturated acyl chains, which makes them more
sonosensitive than the liposomes currently in clinical use
[30], [40]. The cellular uptake of these liposomes caused by
ultrasound and microbubbles treatment (judged by DiD
fluorescence) was small; only approximately 5% of the
cells showed DiD fluorescence, indicating either internal-
ized liposomes or fragments of liposomes. This low uptake
of liposomes may be due to the degradation of the lipo-
somes extracellularly by ultrasound and microbubbles be-
fore the cellular uptake of the released Dox. Such degrada-
tion was supported by confocal images in which Dox was
found in the cytoplasm and nucleus of the cells, whereas
DiD was located in the periphery of the cells and in the
cell membrane. Thus, our data suggest that ultrasound-
induced cavitation causes the extracellular degradation of
the liposomes and Dox release followed by intracellular
Dox uptake. Also, the ultrasound-induced degradation of
DEPC-based liposomes is supported by electron micro-
scopic characterization of DOPE-based liposomes, the lat-
ter liposomes having an ultrasound-sensitive mechanism
similar to the current liposomes. Extracellular degrada-
tion of liposomes after ultrasound exposure has also been
found by Lentaker et al. [41]. The uptake of Dox in live
cells was different from the uptake of Dox in the total cell
population. Whereas only a small number of live cells had
internalized Dox, almost half of the total cell population
expressed Dox fluorescence. This result shows that Dox

was primarily associated with membrane-damaged cells.
The ultrasound exposure in the presence of microbubbles
and liposomal Dox killed more cells than liposomal Dox
and ultrasound alone. Two groups of dead cells were iden-
tified by flow cytometry: membrane-damaged, leaky cells
and cell fragments. The fraction of cell fragments was
larger in the presence of microbubbles, indicating cell deg-
radation caused by the collapse of the microbubbles [14],
[15], [19]. However, Karshafian et al. [19] reported that
bubble disruption is a necessary but not a sufficient condi-
tion to cause sonoporation and cell death. The higher rate
of cell death after incubation with liposomal Dox com-
pared with dextran during ultrasound exposure suggests
a cytotoxic effect of Dox, which has also been reported by
others [41].

The percentage of live cells internalizing dextran in-
creased with an increase in MI. An MI of 0.53 was required
before the uptake of dextran was enhanced, indicating a
threshold effect. Such a threshold is known to occur before
the onset of inertial cavitation [14], [15]. The presence
of a threshold during sonoporation has been previously
reported [19]. The uptake of dextran of sizes from 4 kDa
to 2 MDa was compared, and no significant differences
were found in the percentage of internalizing cells at con-
stant acoustic parameters, consistent with [18]. However,
a higher amount of the smallest dextran (4 kDa) was in-
ternalized per cell. This implies that the use of drugs with
a lower molecular weight (e.g., Dox) would be more desir-
able in ultrasound-mediated cancer therapy than drugs
with a higher molecular weight.

The use of ultrasound in the presence of microbubbles
is known to cause the sonoporation of the plasma mem-
brane. The most common mechanism of cells for internal-
izing macromolecules without any external exposure, is
endocytosis. The macromolecules are internalized through
invaginations of the plasma membrane in a clathrin-de-
pendent or clathrin-independent pathway, forming vesi-
cles, which most likely fuse with early endosomes [42].
To investigate whether the ultrasound-enhanced uptake
was caused by sonoporation alone or whether endocytosis
also played a role, the effect of inhibiting three common
endocytic pathways was studied. Inhibition of endocytosis
caused a significant reduction in the ultrasound-mediated
cellular uptake of dextran, with the clathrin-mediated
pathway playing the most prominent role. This finding
indicates that the ultrasound-mediated enhanced uptake
of dextran is a result of both sonoporation and endocyto-
sis. Ultrasound-enhanced endocytosis has been previously
reported [43]. Consistent with our results, this study also
found that endocytic inhibitors reduced ultrasound-medi-
ated cellular uptake of 500-kDa dextrans. Furthermore, an
increased number of endocytic vesicles have been observed
in insonicated cells [44], which also support the hypothesis
of ultrasound-enhanced endocytosis. However, the mecha-
nism involved in this enhancement has not yet been eluci-
dated. One explanation for this phenomenon may be that
ultrasound triggers stable or transient cavitation, which
causes shear stress on the cell membrane. Shear stress has
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been suggested to stimulate endocytosis through a defor-
mation of the plasma membrane, causing a reorganization
of the cytoskeleton, which affects endocytosis [45]. Shear
stress has also been suggested to stimulate endocytosis
by inducing the activation, translocation, and clustering
of integrins to counteract stress, which triggers endocyto-
sis [35].

Endocytosis is a slow process compared with the dura-
tion of ultrasound exposure used in the present experi-
ments. We therefore investigated the cellular uptake of
dextran after ultrasound treatment. Endocytosis is energy
dependent and is therefore strongly inhibited at low tem-
peratures [35], [36]. Consistent with this temperature de-
pendence, the uptake of dextran was reduced when the
cells were incubated with dextran on ice following insoni-
cation in the presence of microbubbles, but the uptake
was higher than for untreated cells (cells not treated with
ultrasound) incubated with dextran on ice. This difference
indicates that a mechanism other than endocytosis, like-
ly sonoporation, also occurred. Studies have shown that
pores formed in the membranes of cells exposed to ultra-
sound last from milliseconds to minutes [46], [47]. There-
fore, pores were likely still open when dextran was added.
Indeed, incubation with dextran at room temperature
after 120 s of exposure to ultrasound and microbubbles
enhanced the cellular uptake of dextran compared with
the cellular uptake of dextran incubated on ice, but the
uptake was lower than in cells incubated with dextran
during ultrasound treatment. The difference in cellular
uptake may be due to a more efficient pore formation
during ultrasound treatment and ultrasound-triggered
endocytosis. These observations also suggest that sono-
poration is transient and that pore formation is part of
the internalization process because the total inhibition of
endocytosis did not result in the total blockage of cellular
uptake. However, Meijering et al. [43] reported that larger
dextrans (500 kDa) are taken up mainly through endocy-
tosis and not through pore formation, whereas the smaller
dextrans (4 kDa) are taken up through both endocytosis
and pores. Additional studies are needed to understand
the dependence of ultrasound-enhanced endocytosis on
the molecular weight of nanoparticles. In summary, the
effect of ultrasound on cellular uptake is transient, and the
post-exposure effect is small both for sonoporation and
endocytosis induced by ultrasound.

V. CONCLUSION

Ultrasound combined with microbubbles was found to
be more effective in enhancing the cellular uptake of li-
posomes and dextran than ultrasound alone; the uptake
increased with increasing MI. In the presence of micro-
bubbles, the data suggest extracellular disruption of the li-
posomes followed by intracellular Dox uptake. Higher cell
death was observed when cells were exposed to liposomes,
ultrasound, and microbubbles than only ultrasound, and
cells incubated with liposomal Dox demonstrated higher

cell death than cells incubated with dextran during ultra-
sound treatment. The percentage of cells internalizing dex-
tran was size-independent (up to 2 MDa); however, 4-kDa
dextran was internalized in higher quantities than larger
dextrans. The ultrasound and microbubble-enhanced up-
take of 500-kDa dextran was significantly reduced by en-
docytic inhibitors, suggesting that endocytosis plays an
important role in the enhanced cellular uptake caused by
ultrasound. However, complete inhibition of endocytosis
did not result in the complete blockage of cellular uptake,
suggesting that pore formation is a part of the mechanism.
Therefore, the improved cellular uptake might be due to
both sonoporation and endocytosis. The results show that
ultrasound enhances the cellular uptake of therapeutic
molecules and has potential to improve cancer therapy.
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Abstract

Combining liposomally encapsulated cytotoxic drugs with ultrasound exposure has improved
the therapeutic response to cancer in animal models; however, little is known about the
underlying mechanisms. This study focused on investigating the effect of ultrasound
exposures (1 MHz and 300 kHz) on the delivery and distribution of liposomal doxorubicin in
mice with prostate cancer xenografts. The mice were exposed to ultrasound 24 hours after
liposome administration to study the effect on the release of doxorubicin and the penetration
through the extracellular matrix. Optical imaging methods were used to examine the effects at
both the microscopic subcellular and macroscopic tissue levels. Confocal laser scanning
microscopy revealed that ultrasound-exposed tumors had increased levels of released
doxorubicin compared with unexposed control tumors, and an improvement in the distribution
of liposomes and doxorubicin through the tumor tissue. Whole animal optical imaging

showed that liposomes were taken up by both abdominal organs and tumors.

Key words: Ultrasound exposure, liposomal doxorubicin, drug delivery, drug release,
microdistribution, biodistribution



Introduction
Conventional treatment of solid tumors often includes the systemic administration of
cytotoxic drugs to cancer patients. However, such treatment is not cancer specific, and the
toxicity of the drugs also affects healthy cells. Encapsulating these drugs into nanoparticles
improves their pharmacokinetics and reduces the systemic exposure due to the so-called
enhanced permeability and retention (EPR) effect (Fang et al. 2011; lyer et al. 2006; Maeda et
al. 2000). The EPR effect is the passive accumulation of nanoparticles in tumors as a result of
the hyperpermeability of tumor capillaries and the reduced lymphatic drainage of tumors.
However, successful cancer therapy requires that the therapeutic agent reaches the cancer
cells in sufficient amounts to inactivate the cells. Although encapsulation of the drugs reduces
their toxicity and increases tumor accumulation, the nanoparticles and released drugs do not
travel far from the blood vessels (Bae 2009; Davies et al. 2004). Thus, only a small population
of cancer cells located close to the blood vessels is exposed to the cytotoxic drugs. One of the
major obstacles for the tumor uptake of nanoparticles is the elevated interstitial fluid pressure
(IFP) in tumors, compared with IFP in normal tissue, and the lack of pressure gradients
(Boucher et al. 1990; Boucher et al. 1996; Eikenes et al. 2004). This implies that the transport
through the extracellular matrix (ECM) by convection is reduced and diffusion becomes the
major transport mechanism.

There are currently several types of nanoparticles being investigated for their potential
as carriers of therapeutic agents (Allen 1997; Husseini and Pitt 2008a; Liu et al. 2006;
Torchilin 2005), including so-called stealth liposomes. The layer of polyethylene glycol
(PEG) used in stealth liposomes allows for their prolonged circulation (Gabizon et al. 2003;
Lu et al. 2004) and the toxicity of drugs encapsulated within these liposomes towards healthy
tissue is considerably reduced compared to free drugs (Immordino et al. 2006; Lu et al. 2004).
A few stealth liposomes containing cytotoxic drugs have been approved for clinical use.
However, clinical chemotherapy using liposomal drugs does not include any active action to
release the contents of the liposomes or to improve their intratumoral distribution. In
experimental settings, several methods to actively disrupt liposomes at the target site have
been explored. During the latest years, the use of therapeutic ultrasound (US) as a strategy to
improve the local delivery of liposomal drugs has received increasing attention (Frenkel 2008;
Hagtvet et al. 2011; O'Neill and Li 2008; Pitt et al. 2004; Schroeder et al. 2007; Schroeder et
al. 2009a).

Therapeutic US is non-invasive, can penetrate deep into tissue and can be focused to

an area of interest without affecting the surrounding tissue. The effects of US can be classified



as either thermal or mechanical. The two most important mechanical effects are acoustic
radiation forces and acoustic cavitation. Acoustic radiation forces are transfer of momentum
from the US beam to a particle causing translation of the particle in the direction of the
propagated sound beam, while acoustic cavitation is the formation and oscillation of gas
bubbles. Cavitation can be divided into two classes: stable cavitation, i.e., the stable
oscillation of gas bubbles, and inertial or collapse cavitation, which takes place at higher
acoustic pressures, i.e., the oscillating gas bubbles violently collapse producing jet streams,
radicals and high temperatures. US in combination with microbubbles is reported to increase
the permeability of blood vessels (Lin et al. 2010) and cell membranes (Deckers et al. 2008)
and the release of drugs from carrier systems (Afadzi et al. 2012; Husseini and Pitt 2008b;
Kost and Langer 2001; Rapoport et al. 2003; Suzuki et al. 2008). Several in vivo studies have
shown that the combination of encapsulated cytotoxic drugs and therapeutic US results in
delayed tumor growth (Hagtvet et al. 2011; Myhr and Moan 2006; Pitt et al. 2011; Schroeder
et al. 2009a) and increased tumor concentrations of the cytotoxic drugs (Staples et al. 2010)
compared with non-insonated controls.

The degree of release of the liposomal contents under the influence of US also
depends on the structure of the lipids. Phospholipids, e.g., disteraoyl-
phosphatidylethanolamine (DSPE), dioleoylphosphatidylethanolamine (DOPE) or dierucoyl-
phosphatidylcholine (DEPC), have a cone-shaped geometry that is more conductive to
sonosensitivity compared with the cylindrical geometry of the saturated phosphatidylcholines
often used in liposomes (Evjen et al. 2010; Evjen et al. 2011a).

Although US shows promise in improving the delivery of nanoparticles, little is
known about its mechanism and the effect of US frequency on delivery. Thus, the purpose of
the present work was to study the effect of low (300 kHz) and medium (1 MHz) frequency US
exposures on the delivery and distribution of liposomal doxorubicin through the ECM in
prostate cancer xenografts. Mice were exposed to US 24 hours after liposome administration
to study the effect of liposomes that were present in the ECM at the time of US exposure
rather than the effect on extravasation. The effect of US was investigated on a microscopic
level using confocal laser scanning microscopy (CLSM), which enabled the determination of
the microdistribution in the tumor tissue, and on a macroscopic level using whole animal
optical imaging to study the liposome biodistribution. This study was performed using the
sonosensitive DEPC-based liposomes.



Materials and Methods

Cells and Animals

PC-3 prostate adenocarcinoma cells (American Type Culture Collection, Manassas, VA,
USA) were cultured in Dulbecco’s Modified Eagle Medium (Life Technologies Corporation,
Carlsbad, CA, USA) with 10 % FBS at 37 °C and 5 % CO,.

Female Balb/c nude mice (C.Cg/AnNTac-Foxnl™ NE9, Taconic, Denmark) were
purchased at 6 weeks of age. The animals were housed in groups of 5 in individually
ventilated cages (IVC) model 1284L (Tecniplast, France). The mice were housed under
conditions that were free of specific pathogens according to the recommendations set by the
Federation of European Laboratory Animal Science Association (Nicklas et al. 2002). The
mice also had free access to food and sterile water and a controlled environment with
temperatures kept between 19 - 22 °C and a relative humidity between 50 - 60 %. All
experimental animal procedures were in compliance with protocols approved by the
Norwegian National Animal Research Authorities.

Before tumor implantation, the mice were anesthetized with isoflurane, and a 50 pl
suspension containing 3 x 10° PC-3 cells was slowly injected subcutaneously on the lateral
aspect of one hind leg between the hip and the knee. Tumors were allowed to grow for 3-6

weeks until the diameter of the tumor was between 5 and 10 mm.

Liposomes

Liposomes (Epitarget AS, Oslo, Norway) based on DEPC phospholipids were produced as
described by Afadzi et al. (2012). The liposomes had an average diameter of 90 nm and
contained the cytotoxic drug doxorubicin at a concentration of 2.0 mg/ml. The mean intensity-
weighted hydrodynamic liposome diameter was determined by photon correlation
spectroscopy at 23 °C and a scattering angle of 90° (Nanosizer, Malvern Instruments,
Malvern, UK). For CLSM and whole animal imaging, the liposomes were labeled with the
lipophilic tracers carbocyanine fluorophore 1,1’-dioctadecyl-3,3,3,3’-
tetramethylindodicarbocyanine,4’chlorobenzenesulfonate salt (DiD, Molecular Probes,
Eugene, OR, USA) or 1,1’-dioctadecyl-3,3,3°,3’-tetramethylindotricarbo-cyanine iodine (DiR,
Molecular Probes, Eugene, OR, USA), respectively. The dye was dissolved in ethanol and
added to the liposome solution to a final concentration of 15 pg/ml DiD or 30 pg/ml DiR.
Incubation was performed at room temperature for 2 h. Free DiD or DiR was removed by
dialysis (Float-A-Lyzer® G2, Spectrum Laboratories Inc., Fort Lauderdale, FL, USA) in
HEPES for 12 hours during which the HEPES solution was changed 3 times. Dynamic light



scattering (Nanosizer, Malvern Instruments, Malvern, UK) was used to measure the size of
the liposomes before and after labeling (24 h, 48 h and 168 h). No apparent change in the
liposome mean size or polydispersity index (PDI) was observed after labeling.

Before administration of the liposomes to mice, the tumor-bearing mice were
anesthetized with 0.15 ml of a solution of Hypnorm and Dormicum (VetaPharma Ltd., Leeds,
UK, and Roche Norge AS, Oslo, Norway, respectively) and sterile water (1:1:2). The
liposomes were administered intravenously (i.v.) through the lateral tail vein at a dosage of 16
mg doxorubicin per kg. For all experiments, the liposomes were allowed to circulate for 24

hours.

Ultrasound Setup and Exposure

Two custom-made transducers (Imasonic, Besancon, France) with frequencies of 300 kHz and
1 MHz, respectively, were connected to a signal generator (Hewlett Packard 33120A, San
Jose, CA, USA), an oscilloscope (LeCroy LT262, Long Branch, NJ, USA) and a power
amplifier (ENI 2100L, Rochester, NY, USA), as illustrated in Figure 1. The transducer was
mounted inside a chamber with the transducer array facing up towards the water surface. The
water in the chamber was deionized and degassed by boiling and was at room temperature at
the time of US exposure. The surface of the water was covered with a fibrous filter to prevent
reflections of the sound waves. The mice were given surgical anaesthesia by a subcutaneous
injection of Hypnorm and Dormicum and placed in a holder, and the tumor-bearing leg was
lowered into the sonication chamber so that the tumor was located in the area of maximum
intensity of the sound waves, as illustrated in Figure 1. The distance from the transducer
surface to the focus area was 69 mm for the 300 kHz transducer and 125 mm for the 1 MHz
transducer. Thus, the mounting system for the transducer inside the chamber differed between
the two transducers to ensure that the focal area corresponded with the location of the tumor
in the chamber. The choice of acoustic intensities was based on settings that had shown
promising effcts on liposomal drug release in vitro and, at the same time, did not cause a
temperature increase. For the 1 MHz group (n = 5) the tumors were exposed to US with a
peak negative pressure of 2.2 (I1a of 13.35 W/cm?), corresponding to a mechanical index (M1)
of 2.2. The US was pulsed with one pulse consisting of 200 cycles and a pulse repetition
frequency (PRF) of 250 Hz, corresponding to a duty cycle of 5 %. The total insonation time
was 10 minutes, which gives an effective US exposure of 30 seconds. For the 300 kHz group
(n = 5) the tumors were exposed to US with a peak negative pressure of 1.3 MPa (I1a of 3.142

W/cm?), corresponding to a MI of 2.4. One pulse consisted of 60 cycles and the PRF was 250



Hz, which gave a duty cycle of 5 %. The total insonation time was 10 minutes, and the
effective US exposure was 30 seconds. For the control group (n = 5), the tumors were
positioned in the insonation chamber similar to the exposure groups, but with no transducer
active. In the biodistribution study, one group of mice (n = 4) was exposed to 300 kHz US

with the same settings as described above, while the other group (n = 4) was not exposed.

Pulse generator Oscilloscope
mput syn Chl Ch2  Ext
\ |~ T / Mouse
Tumor

Qlt output
! ~—e

Power Amplifier

Ultrasound
transducer

Figure 1: Schematic illustration of the experimental setup for ultrasound exposure.

Temperature Measurements

Separate experiments were performed to determine whether the US exposures caused a
temperature increase in the tumor tissue. The temperature was measured in the tumor before
and immediately after US exposure, but not during the exposure as the presence of the
thermocoupler could affect the temperature measurements. The mice with PC3 xenografts
were placed under surgical anesthesia with a subcutaneous injection of Hypnorm and
Dormicum, and a K-TYPE thermocoupler (Testoon SAS, Chatillon, France) was placed in the
center of the tumor for temperature registration. The tumor-bearing leg was then lowered into
the water chamber and US (1 MHz or 300 kHz, respecticvely) was performed as described
above. Immediately after the US exposure, the thermocoupler was placed into the tumor again

and the temperature was remeasured. The mice were then euthanized by cervical dislocation.



Preparation of Tumor Sections

Following tumor insonation, mouse anesthesia was maintained for another 30 minutes before
euthanasia using cervical dislocation. The tumor was excised, embedded in OTC Tissue Tec
(Sakura, Alphen aan den Rijn, The Netherlands) and frozen in liquid N,. Frozen sections with
a thickness of 5 pm were prepared and mounted on objective glass slides with
VECTASHIELD mounting medium (Vector Laboratories, Burlingame, CA, USA) for
microscopic examination. Tumor sections were made at three depth levels, with 250 um

between each level.

Labeling of Blood Vessels
Two methods for labeling blood vessels in tumors were explored and then compared.

Immunofluorescence labeling of blood vessels: Tumor sections were rinsed in PBS

and successively incubated in acetone and goat serum, followed by incubation with avidin for
15 minutes and biotin for 15 minutes (Abcam plc, Cambridge, UK) to prevent non-specific
binding. Blood vessels were stained using 1 hour of incubation with Biotin Rat Anti-Mouse
CD31 (BD Biosciences, Franklin Lakes, NJ, USA) diluted to 16.7 pg/ml in phosphate
buffered saline (PBS) with 3 % goat serum and 0.05 % Tween20, and then 30 minutes of
incubation with Streptavidin Alexa Fluor 488 (Molecular Probes, Eugene, OR, USA) diluted
to 1 pg/ml in PBS with 3 % goat serum and 0.05 % Tween 20. All incubations took place at
room temperature. The sections were rinsed thoroughly with PBS between the incubations.

In vivo labeling of blood vessels: Fluorescein labeled Lycopersicon esculentum
(Tomato) lectin (FITC-lectin) (Vector Laboratories, Burlingame, CA, USA) diluted to 1

mg/ml with 0.9 % NaCl was injected i.v. at a volume of 100 pl and allowed to circulate for 5

minutes followed by euthanasia of the mice.

Confocal Laser Scanning Microscopy

The distribution of the released doxorubicin, liposomes and blood vessels was analyzed using
CLSM (Zeiss LSM510, Jena, Germany). Doxorubicin was excited using the 488 argon laser
line. To obtain tile scan images for quantitative measurements of doxorubicin, a 20x/0.5
objective was used. The tumor sections were imaged along a radial track from the periphery
through the center and to the other periphery using the tile scan function. Each single image
had a resolution of 512 x 512 pixels. The number of single images in the tile scan depended

on the size of the tumor section. During image acquisition, the laser current, transmission,



detector gain, amplitude gain and amplitude offset were chosen to minimize noise and to
utilize most of the grey scale. All images for quantitative analysis were acquired using the
same microscopy settings. The co-localization of the released doxorubicin, blood vessels and
liposomes was imaged in central and peripheral areas of the tumor sections using a 63x/1.4 oil
objective. Doxorubicin was excited using the 533 nm helium/neon laser line, FITC-bound
lectin and Streptavidin Alexa Fluor 488 were excited using the 488 nm argon laser line and
DiD was excited using a 633 nm helium/neon laser line. For sections that had undergone
immunofluorescent staining of blood vessels, the final images were generated by an overlay
of pre- and post-staining images, as the immunofluorescence labeling process washed away

the doxorubicin.

Biodistribution of Liposomes

The macroscopic distribution of the liposomes was investigated using a Pearl Impulse small
animal imaging system (LI-COR Biosciences, Lincoln, NE, USA). Imaging of mice was
performed with excitation at 785 nm and detection at 820 nm, and the image resolution was
85 um. One mouse that did not receive any liposome injection served as a control. Tumor-
bearing mice were imaged prior to the administration of DiR-labeled liposomes and again 30
minutes and 24 hours post-injection. The mice were then divided into two groups. One group
(n = 4) was exposed to US at 300 kHz with the same exposure parameters as described above,
while the other group (n = 4) served as the unexposed control group. Imaging of the exposed
animals was also done immediately after the ultrasound exposure. All animals were imaged at
48, 72, 96 and 168 hours post-injection. After the last image acquisition, the animals were
euthanized using cervical dislocation, and their organs (spleen, kidney, liver, heart, lungs and
tumor) were excised for imaging. The images were analyzed using the Pearl Cam software.
All images were linked to one lookup table (LUT) to allow for visual comparison. A circular
background shape was drawn in a region outside the tumor, and then regions of interest
(ROIs) were drawn along the tumor margins. The fluorescence signal in the ROI was

calculated using equation 1:

S =TI —(u *Pc;) 1)



where S is the fluorescence signal, Tl is the total intensity which is calculated as the sum of

individual pixel intensities, u; is the mean background signal and Pc, is the pixel count for

the background.

Post-Processing of Images
Measuring the amount of doxorubicin: The amount of released doxorubicin was quantified

using a custom-made Matlab (version R2007a, Natick, MA, USA) function. During this
procedure, a threshold was manually set to exclude pixels with fluorescence intensities below
46. The threshold value was chosen to include fluorescent pixels originating from doxorubicin
and to exclude pixels with autofluorescence. The Matlab function converted the original
image into a binary image based on the threshold, and pixels were analyzed in areas along the
tile scan with a step size of 200 um. This resulted in numeric information about the area of
fluorescence and the fluorescence intensity of pixels in defined areas along the tile scan
images. This information was imported into a worksheet of Statistical Package for the Social
Sciences (SPSS) (IBM, NY, USA). The uptake of doxorubicin was quantified by calculating
the total fluorescence as the area with fluorescence multiplied by the pixel intensity. The
overall tumor uptake of doxorubicin was quantified as the sum of the fluorescence along the
tile scan image at each of the three depth levels.

Measuring the penetration of doxorubicin and liposomes from the blood vessels: The

distance from the blood vessels through the area of doxorubicin fluorescence or DiD
fluorescence was investigated by importing the CLSM images into the analysis program
ImageJ (1.46m, National Institute of Health, USA). Lines were drawn from a selection of
blood vessels through areas with doxorubicin fluorescence or DiD fluorescence, respectively.
This was done in both periphery and center of the same tumor section. The length of the line
was imported into a SPSS worksheet.

Comparison of blood vessel labeling methods: Tumor sections with blood vessels

labeled using either the CD31 immunofluorescence staining method or the FITC-lectin
circulation method were analyzed using a custom-designed Matlab function. This function
converted the images into binary images based on a threshold value that was used to remove
background signals. The number of fluorescent structures and the area of the fluorescent
structures were registered and imported into a SigmaPlot worksheet (Systat Software Inc, San
Jose, CA, USA).
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Statistical Analysis
To test for differences across the exposure groups, Kruskal-Wallis tests were used. Pairwise
comparisons were performed using Mann-Whitney U tests. A p-value of less than 0.05 was

considered statistically significant.

Results

Comparison of Blood Vessel Labeling Methods

Visualization of blood vessels is important when studying the microscopic distribution of
nanoparticles. Thus, the in vitro immunofluorescence staining of endothelial cells was
compared with the in vivo labeling of blood vessels. The immunofluorescence staining
marked all blood vessels, while the in vivo FITC-lectin labeling only detected functional
vessels. An independent samples t-test was conducted to compare the mean number of
fluorescent objects and the mean area of fluorescence per single image in each tile scan in
sections with blood vessels labeled by CD31 immunofluorescence staining or in vivo
circulation of FITC-lectin. The CD31 immunofluorescence staining method resulted in a
larger number of fluorescent objects than the FITC-lectin circulation method (p = 0.021),
whereas the FITC-lectin circulation method resulted in a larger area of fluorescence than the
CD31 immunofluorescence staining method (p = 0.001) (data not shown).

Thermal Effects

No temperature increase was detected inside the tumor when the temperature was measured
before and immediately after US exposure. For the 1 MHz exposure, the temperature inside
the tumor was 35 °C both before and after the US exposure, while for the 300 kHz exposure,

the temperature was reduced from 35 °C to 33 °C.

Increased Tumor Uptake of Doxorubicin

The amount of released doxorubicin in prostate tumor tissue was clearly enhanced in tumors
exposed to US. The total fluorescence was increased in both insonation groups compared with
the non-insonated controls. In the control group, the amount of doxorubicin fluorescence was
largest at the periphery of the tumor sections and decreased towards the central areas. In the
insonation groups, there were also strong fluorescent signals in central areas of the tumors
(Figure 2). US exposure at both 300 kHz and 1 MHz induced large areas or clusters of cells

with doxorubicin in both the periphery and central parts of the tumor sections. Figure 3 shows
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the total fluorescence as a function of position along the tile scan images. The overall
fluorescence in the tumors in each group is displayed in Figure 4. The amount of doxorubicin
in the tumor tissue increased approximately 4-fold in the 1 MHz group and 5-fold in the 300
kHz group compared to the non-insonated group (Figure 4). Statistical analysis revealed a
significant difference between the non-insonated group and both the 1 MHz group (p = 0.009)
and the 300 kHz group (p = 0.009), but there was no significant difference between the 1
MHz group and the 300 kHz group (p = 0.347). In both exposure groups, there was a higher
degree of variation in doxorubicin fluorescence than in the unexposed group. Standard
deviations for the total fluorescence in each section ranged from 3.6 - 9.6 for the 1 MHz
group, 4.6 - 17.3 for the 300 kHz group and 0.6 - 3.1 for the unexposed group (data not

shown).

Figure 2: Representative confocal laser scanning microscopy (CLSM) tile scan images from sections
of tumors not exposed to ultrasound (A), exposed to 1 MHz ultrasound (B) and exposed to 300 kHz
ultrasound (C). The tile scan images were acquired by scanning the tumor sections from periphery to
periphery to detect fluorescence from doxorubicin (green). Scale bar = 500 um.

Improved Microdistribution of Liposomes and Released Doxorubicin

In non-insonated tumors, the fluorescence was located in clusters close to the blood vessels
(Figure 5A). In contrast, the signals were more scattered and the distance between blood
vessels and both the doxorubicin and DiD fluorescence increased after tumor insonation
(Figure 5B and 5C).
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Figure 3: Doxorubicin fluorescence as a function of position in the tile scan images. Doxorubicin
fluorescence was calculated as the area of fluorescence multiplied by intensity of the fluorescent
pixels. The calculations were performed in steps of 200 ym along the tile scans. o = no ultrasound
exposure, ¢ = 1 MHz ultrasound exposure, A = 300 kHz ultrasound exposure. Mean of 6 - 9 sections
per mouse and 5 mice per group. Bars indicate standard error.
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Figure 4. Total uptake of doxorubicin in the tumors, as quantified by calculating the total fluorescence
across the tile scans at each of the three depth levels in the tumor and summarizing the values from
the three levels in each tumor. Mean of 5 mice per group. Bars indicate standard error.

The distances between blood vessels and DiD or doxorubicin fluorescence were measured in
both the periphery and central parts of the tumor (Figure 6). In the 1 MHz group, the degree

of liposomal penetration, as measured by DiD fluorescence, increased approximately 2-fold
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from both central (p = 0.040) and peripheral (p = 0.045) blood vessels compared to control
tumors. In the 300 kHz group, the increase in liposome penetration was not significantly
different from the controls (Figure 6A). The distance from the central blood vessels through
the areas of doxorubicin fluorescence was increased in both the 1 MHz group (p = 0.022) and
the 300 kHz group (p = 0.050) compared with the control group (Figure 6B). There was also
an increase in doxorubicin displacement from peripheral vessels in the 1 MHz group (p =
0.043), but not in the 300 kHz group. In the 1 MHz group, the doxorubicin penetration from
both central and peripheral blood vessels increased approximately 2-fold compared with the
control group. In the 300 kHz group, the degree of doxorubicin displacement from central
vessels was increased with approximately 20 %. Hence, the data strongly indicate that US

causes a displacement of liposomes and doxorubicin away from blood vessels.

Fig. 5. Confocal laser scanning microscopy (CLSM) images from sections of tumors not exposed to
ultrasound (A), exposed to 1 MHz ultrasound (B) and exposed to 300 kHz ultrasound (C). The images
show the localization of DiD-labeled liposomes (blue) and released doxorubicin (green) relative to
FITC-labeled capillaries (red). Scale bar = 100 um.
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Figure 6: Measured distance from FITC-labeled blood vessels to areas with DiD fluorescence (A) or
doxorubicin fluorescence (B). Measurements were performed from blood vessels in both central and
peripheral areas of the tumor sections. Mean of 20 - 40 measurements per mouse in 4 mice per group.
Bars indicate standard error.

Biodistribution of Liposomes

Image acquisitions of whole animals were performed to study the macroscopic biodistribution
of liposomes labeled with DiR in tumors and normal organs. The highest fluorescence
intensity was detected in the central abdominal region, and the images with organs show
highest fluorescence in the liver, spleen, kidneys and tumor. Figure 7 shows an overlay of
fluorescent images and white light images up to one week after liposome administration. The
fluorescence from liposomes in the tumor reaches its maximal value at 24 - 48 hours after
liposome injection (Figure 8). There was no significant difference in fluorescence intensity in
the tumor between ultrasound-exposed and non-exposed animals (p = 0.146). Additionally,
there was no significant difference when comparing groups at each individual time point (p-

values ranging from 0.15 - 0.77).
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Figure 7: Mice with subcutaneous PC3 xenografts given DiR-labeled liposomes intravenously. The
same animals are imaged at 30 minutes (A), 24 hours pre-US (B), 24 hours post-US(C), 48 hours (D)
and 168 hours (E) post-injection. The animal to the left has not been given liposomes. After the image
acquisition at 168 hours, the animals were euthanized and their tumor (arrow), spleen, kidney, liver,
heart and lungs were excised for imaging (F).
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Figure 8: DIR fluorescence signal in tumors not exposed to ultrasound (¢) and exposed to 300 kHz
ultrasound (o) at different time points after liposome administration. Mean of 4 measurements (4
animals per group) per time point. Bars indicate standard error.

Discussion

Blood Vessel Labeling Methods

The labeling of vessels in vitro using immunofluorescence with a CD31 antibody and in vivo
using FITC-labeled lectin both generated good staining. The CD31 immunofluorescence
staining method resulted in a larger number of fluorescent objects, whereas the labeling of
vessels by in vivo circulation of FITC-lectin resulted in larger areas of fluorescence. These
results are consistent with the fact that CD31 immunofluorescence stains all endothelial cells
expressing the CD31 antigen irrespective of blood circulation through the vessels, whereas the
circulation of FITC-lectin stains only functional vessels. FITC-lectin can also leak out through
fenestrated capillaries and subsequently label the cells surrounding the capillaries, thus giving
rise to a larger area of fluorescence. The labeling of only functional vessels corresponds better
to the actual delivery of liposomes, and the analysis of the distribution of liposomes and
released doxorubicin in the tumor tissue is therefore based on blood vessels labeled by the in

vivo circulation of FITC-lectin.
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Increased Doxorubicin Uptake by US

The US-mediated increase in doxorubicin fluorescence in the ECM in both exposure groups
compared with the control group demonstrates that US triggers the release of doxorubicin
from liposomes. Doxorubicin is quenched inside the liposomes, and the fluorescence intensity
of encapsulated doxorubicin is approximately 5 % of the fluorescence intensity of free
doxorubicin (Wu et al. 1997). Thus, the increase in doxorubicin fluorescence is due to the
released doxorubicin and not an enhanced number of intact liposomes in the ECM. This
increase in release occurred in both exposure groups, and no significant difference was
observed between the two exposures, although there was a trend towards higher release in the
300 kHz group. The US exposure parameters were approximately the same at both
frequencies, i.e., same duty cycle and insonation times, and there was only a small increase in
MI at 300 kHz compared to 1 MHz. The release of doxorubicin from liposomes may be
caused by either thermal or mechanical effects. Evjen and coworkers have demonstrated that
lipid composition can influence the degree of ultrasound-mediated drug release from
liposomes (Evjen et al. 2011b) and suggested that certain sonosensitive liposomes may release
their contents due to destabilization of the lipid bilayer (Evjen et al. 2011a). A previous study
using DEPC-based liposomes showed that these liposomes remain stable during incubation at
37 °C (Afadzi et al. 2012), indicating that the liposomes are not affected by the temperature in
the tumors. The same in vitro study demonstrated that above a certain threshold of peak
negative pressure, drug release increases with increasing MI at constant exposure times. The
threshold values as given by MI were 1.9 and 1.6 for the 1 MHz and 300 kHz exposures,
respectively, and the detection of OH radicals suggested that the drug release was caused by
inertial cavitation. These threshold values are below the MI values used in our in vivo study.
However, the in vitro study may not be directly comparable to in vivo conditions. One major
difference is the presence of gas bubbles or small cavitation nuclei, which are required for
acoustic cavitation to occur. During cavitation, bubble oscillations follow the compression
and rarefaction phases of the ultrasound waves (stable cavitation). At higher ultrasound
intensities, the amplitude of the oscillations increases above a certain threshold, and the
bubble collapses (inertial cavitation). This causes a series of mechanical events, such as
microstreaming, jet streams (Frenkel 2008; Pitt et al. 2004; Schroeder et al. 2009b) and local
transient temperature and pressure increases (McNamara et al. 1999). In our system, no gas
bubbles were added, and thus, gas bubbles or small gas nuclei must be present naturally in the
tissue for cavitation to take place. The presence of gas inside the liposomes cannot be

excluded, and small amounts of gas here could be a source for cavitation bubbles.
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Additionally, it is not clear whether such gas bubbles or gas nuclei already exist in the ECM.
However, the presence of pre-existing gas nuclei has been reported on some surfaces, such as
endothelium in capillaries and skin epithelia (Blatteau et al. 2006). Gas bubbles may also be
formed spontaneously in regions of tissue of very low interfacial tension, where they are
produced during homogenous nucleation, in which inclusions of vapor grow to form a bubble
under the mechanical influence of an acoustic wave (Church 2002). The behavior of pre-
existing gas nuclei during exposure to an acoustic field is not completely understood but
depends on viscosity and cell density (Apfel and Holland 1991). Thus, in cancer tissue as well
as other solid tissues, the understanding of the underlying mechanisms by which acoustic
cavitation occurs is still incomplete. For induction of drug release from liposomes to take
place, the liposomes must be degraded or made permeable by events that destabilize their
phospholipid layer. Whether this permeabilization is caused by acoustic cavitation or by other
mechanical effects is not clear.

Increased amounts of doxorubicin in the ECM after insonation could also be due to
enhanced liposome extravasation. In particular, US is reported to reduce the high IFP found in
tumors (Watson et al. 2012) and may therefore increase the transcapillary pressure gradient
and increase extravasation. However, when US was given 24 hours after liposome
administration, only approximately 10 % of the liposomes were still in circulation (Cyril
Lafon, personal communication). Thus, US-enhanced extravasation does not have any major
effect on the improved uptake of doxorubicin. This notion was confirmed by whole animal
optical imaging, as no difference in liposome uptake (DiR fluorescence) between insonated
tumors and controls was observed.

Confocal laser scanning images revealed that doxorubicin was taken up by the cells
and was not present extracellularly. This result is in accordance with our previous study in
which the in vitro cellular uptake of DEPC liposomes and doxorubicin was measured after
300 kHz US. In this study, ultrasound caused extracellular liposomal release of doxorubicin
and the liposomes were not internalized by the cells (Afadzi et al. 2013)

Improved Distribution of Liposomes and Doxorubicin in Tumor Tissue

The 1 MHz US exposure was more effective than the 300 kHz US exposure with respect to
improving the distribution of both the liposomes and the released drug throughout the prostate
tumor tissue. Several mechanisms may be involved in the transport process of drugs and
particles through the ECM, and among these are acoustic radiation forces and acoustic

streaming. In a liquid system, acoustic streaming may occur from the transfer of momentum
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from the US beam to the fluid (Starritt et al. 1989). In less liquid systems, such as solid tissue,
the transfer of momentum is classified as an acoustic radiation force. The transfer of
momentum from the US beam to a particle may cause translation of the particle in the
direction of the propagated sound beam. US-mediated radiation forces in tissue are
proportional to the absorption coefficient of the tissue and increase with increasing US
frequency. The radiation force created during the 1 MHz exposure is most likely an important
contributor to the improved distribution of liposomes and doxorubicin, whereas at the lower
300 kHz frequency, the radiation force will be less pronounced.

The induction of hyperthermia increases blood flow and capillary permeability (Kong
and Dewhirst 1999), and thus, the supply of fluids from the vasculature under this condition
may contribute to the observed displacement of liposomes and released drug. However, no
temperature increase was detected during the US exposure. In fact, a reduction of temperature
was measured after the 300 kHz exposure. The water inside the exposure chamber remained
at room temperature, which may have caused cooling of the tumor and the surrounding tissue.
Any potential thermal effects of the US exposure would then be counteracted by cooling from
the environment, and thus, hyperthermia can be excluded as a mechanism for the improved
penetration of liposomes and doxorubicin.

The improved distribution may also be due to increase in the space available between
the cells due to the US-induced apoptosis of cancer cells. Zhang and coworkers (2012) studied
the induction of apoptosis in glioma cells exposed to US in the presence of gas bubbles and
demonstrated alterations in the regulation of apoptosis-related proteins. A study on pancreatic
cells exposed to different US parameters showed that apoptosis increased during the first
hours after US exposure at 1.5 MHz and peaked at 24 h (Guo et al. 2012). Apoptotic cells
shrink in size thereby causing a remodeling of the ECM, increasing the amount of space in the
ECM and facilitating the transport of drugs and particles to target cells. This effect has also
been reported in tumors given liposomes and exposed to ionizing radiation (Davies et al.
2004). Whether apoptosis occurs in all cancer cell types exposed to US and whether US-
mediated apoptosis is a major contributor to improved chemotherapy have not been
sufficiently explored.

A tumor in a living system is a 3-dimensional structure, and it is possible that some of
the measured areas of DiD fluorescence or doxorubicin fluorescence did not originate from
the blood vessels from which the measurements were performed. Similarly, drugs or particles
could be displaced in another direction than the 2-dimensional sections of the tumors. Thus,

this analysis is considered to be semi-qualitative, but because the same finding was present in
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all exposed tumors, we postulate that a displacement of particles and released drugs actually
occurs as a result of US exposure.

The enhanced release of doxorubicin from sonosensitive liposomes is consistent with
another study that reports enhanced doxorubicin fluorescence from micelles after US
exposure (Staples et al. 2010). However, in that study, US was given immediately after the
administration of micelles and the increased level of doxorubicin in the tissue, which was
measured spectroscopically, can also be attributed to enhanced extravasation. To our
knowledge, our work is the first microscopic study of the effect of US exposure on the release
of doxorubicin from liposomes and on the microdistribution and penetration of liposomes and
doxorubicin through the ECM.

Biodistribution of Liposomes

Liposomes labeled with the infrared dye DiR was imaged in live mice. As expected, the
uptake was higher in normal tissue, such as liver, spleen and kidneys, than in tumor tissue due
to the mononuclear phagocyte system (MPS, also referred to as the reticulo-endothelial
system) (Gabizon et al. 2003). The exposure of tumors to 300 kHz US took place 24 h after
the administration of liposomes. No difference was observed in the accumulation of the
liposomes in the exposed and non-exposed tumors, most likely because only a fraction of the
liposomes remained in the circulation at the time of US exposure.

Conclusions

In this study, we demonstrated that the exposure of prostate tumor xenografts to US 24 hours
after i.v. administration of PEGylated DEPC-based liposomes caused an increase in the
release and tumor cell uptake of the liposomal drug. Both the 1 MHz and 300 kHz exposures
caused a significant increase in the presence of free doxorubicin. US did not increase the
extravasation of liposomes, most likely because only a minor fraction of the liposomes were
in circulation at the time of the US exposure. Thus, the increased amount of doxorubicin
appears to originate from liposomes that passively accumulated in the tumor tissue and were
already present in the ECM at the time of the US exposure. The liposomes used have
improved sonosensitivity compared to traditional liposomes; however, the mechanism of drug
release is not fully understood. Whether acoustic cavitation is involved in the release process
in tissue is not clear, although it has been shown to be an important mechanism in vitro.
Another observation from this study is that the 1 MHz exposure caused an improved

distribution of both liposomes and released doxorubicin throughout the tumor tissue, i.e., the
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liposomes and released doxorubicin penetrated further away from the blood vessels. Because
this improvement was present mainly in the 1 MHz-exposed tumors and not to the same
extent in the 300 kHz-exposed tumors, we postulate that the generation of acoustic radiation
forces caused a displacement of particles and drugs in the ECM. Our results demonstrate that
the delivery of encapsulated drugs combined with US is highly relevant for clinical

implementation.
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Abstract

Understanding the interaction between cells and nanoparticles (NPs) is crucial when
designing NPs for improved drug delivery since the size, shape, morphology, surface
chemistry etc. might influence the cell-NPs interaction. We investigated the effect of size
(109 nm - 228 nm), PEGylation and surfactant on the kinetics of internalization of poly(butyl
cyanoacrylate) (PBCA) NPs in prostate cancer cells. Secondly, we studied whether low
frequency ultrasound (300 kHz) enhanced the uptake of the NPs in the presence and absence
of air filled microbubbles (MBs) stabilized by PBCA NPs. PBCA NPs were prepared from
miniemulsion polymerization and coated with polyethylene gylocol (PEG) in a single step.
The NPs were then used to stabilize MBs forming a NPs shell around the MBs. Five NPs
with three different types of PEG ("Long Jeffamine", "Short Jeffamine" and Tween80
(Polysorbate 80)) and surfactants (sodium dodecyl sulphate (SDS), Aerosol OT and
Tween80) were used in this study. Cellular uptake was studied using flow cytometry xand
confocal laser scanning microscope (CLSM). The cytotoxic effect of the NPs was measured
using Alamar blue reagent with fluorescence—based method. Cellular uptake was affected by
the type/length of PEG molecules on the NP surface and the surfactant used for
emulsification with little effect on particle size. Thus, Jeffamine NPs were more efficient for
cellular uptake than Tween80 NP. Also, cellular uptake of particles PEGylated with long
Jeffamine was higher than particles with short Jeffamine PEG. NPs with SDS showed higher
cellular uptake than NPs with AOT or Tween80. Internalization of nanoparticles was
confirmed by CLSM, where nanoparticles were found mainly in the cytoplasm of cells with
hardly any particle in the nucleus. PBCA NPs exhibited dose-response toxicity on PC3 cell
line and toxicity was dependent on the surfactant used where Tween80 was less toxic than
AOT and SDS. Ultrasound had no significant effect on cellular uptake of PBCA NPs in the
presence and absence of NP-loaded MBs.

Keywords: PBCA nanoparticles, PEGylation, Multifunctional particles, ultrasound, cellular
uptake



I.  INTRODUCTION
The enhanced permeability and retention (EPR) effect increases the accumulation of
nanoparticles (NPs) in tumor tissue because of the hyperpermeable capillaries [1, 2]. Thus,
encapsulation of cytotoxic drugs reduces the toxic effect of healthy tissue. However, the
distribution and cellular uptake of the NPs in tumor tissue are heterogeneous due to the
distorted nature of the tumor blood vessels [1, 3], and the enhanced interstitial fluid pressure
in tumors [4, 5]. Successful therapeutic response depends on the ability of the cytotoxic drug
to reach the cancer cells and irradiate them. This calls for new strategies to overcome the
delivery barriers. Such strategies may include; chemical treatment of tumor with enzymes [5,

6] or physical treatment with radiation [7] or ultrasound treatment [8-10].

Ultrasound exposure may improve delivery of NPs both through thermal and mechanical
mechanisms depending on the frequency and acoustic pressures applied. High intensity
focused ultrasound (HIFU) increases the temperature in the tissue and induces radiation
forces [11], whereas lower frequency ultrasound can cause cavitation, i.e., the formation and
oscillation of gas bubbles [12-15]. Cavitation can be stable (oscillations with stable radius) or
transient (inertial) depending on the amplitude of the ultrasound. Cavitation is reported to
produce shear stresses and acoustic streaming, and inertial cavitation also forms jet streams
which may form pore in the capillary wall as well as in the NPs and plasma membrane of
cells, a process called sonoporation [12, 15]. Thus, cavitation may improve the transcapillary
flux of NPs, as well as the release of drugs from the NPs and the cellular uptake. NPs
integrated with gas microbubbles (MB) may therefore be used both for improving the
delivery of NPs and the encapsulated drug, and for contrast enhanced ultrasound imaging.
Such multifunctional particles may be applied both in ultrasound imaging for diagnosis and

image-guided delivery of nanoparticles in cancer therapy.



Several approaches for designing multifunctional MBs have been suggested [16-21], such as
loading therapeutic drugs in the shell of the MB [16, 22-24] or attaching NPs directly to
microbubbles (NP-loaded MBs) [18, 19]. The shell may be based on phospholipids or
polymers. Polymer shell MB is said to be more stable, than those with lipid shell and they
also have an advantage of having longer circulation time and higher ligand density for
efficient targeting to cells [20, 22]. Furthermore, higher amount of cytotoxic drugs can be
encapsulated into the shell of polymeric MB than into lipid shell MB [22, 25]. However, the
loading capacity of drugs into the shell of MBs is generally limited by the thickness of the
MB, and there is a need to increase the drug payload for each MB. This can be done by using
NPs containing drugs to stabilize the MB rather than a shell of polymer, as the NPs have a
larger volume. The NP stabilizing and surrounding the MBs can also contain contrast agents
for MRI or fluorescent probes for optical imaging which provide imaging of multiple
modalities with additional spatial, temporal and depth resolution for improvement in the
accuracy of disease diagnosis and local treatment of diseases [21]. Furthermore, it has been
shown theoretically and experimentally that NP-loaded MB increases the contrast in
ultrasound imaging due to the enhanced asymmetric bubble oscillations even at low
excitation amplitudes [19-21, 26]. This is because close packing of the nanoparticles restricts
bubble compression. Disruption of the MB can be done controllably to release the NPs at the
targeted site under ultrasound image guidance. This may also minimize the destructive effect
on nearby healthy cells caused by the acoustic cavitation while maintaining the uptake of NPs
in the cells. The reason is that, the presence of NPs around the bubbles will increase the
stiffness and attenuation compared with MBs without NPs [20]. Hence, with adequate

amount of NPs, NP-loaded MB might reduce cell death whilst improving delivery efficiency.



The present work focuses on a newly developed multifunctional drug delivery system
(manuscript in preparation), in this case the MBs are stabilized by NPs, i.e., the shell only
consist of NPs. The NPs stabilizing the MBs are made of a biocompatible and biodegradable
[20, 27] synthetic polymer poly(butyl cyanoacrylate) (PBCA). PBCA NPs were prepared
from miniemulsion polymerization and coated with polyethylene gylocol (PEG) in a single
step. The NPs were then used to stabilize MBs forming a NPs shell around the MBs. A
prerequisite for successful cancer therapy is that the cytotoxic drug is taken up by the cancer
cells. Thus, we investigated first the effect of size, surfactant and PEGylation on the kinetics
of internalization of the NP in prostate cancer cells. Secondly, we studied whether low
frequency ultrasound (300 kHz) enhanced the uptake of the NPs alone and when integrated
with the MB. The cellular uptake was studied using flow cytometry (FCM) and confocal laser
scanning microscopy (CLSM) was used to confirm the distribution of the NPs in the cells.
The cytotoxic effect of the NPs was measured using the Alamar blue reagent fluorescence

assay.

II. MATERIALS AND METHODS

Materials

n-Butyl cyanoacrylate was supplied by Henkel Loctite (Dublin, Ireland). Jeffamine M-2070
(linear, with approx. 31 r.u.units of EO, polyether monoamine, PO/EO ratio 10/31, MW
2000, "long Jeffamine") and Jeffamine M-1000 (linear, with approx. 19 r.u.units of EO,
polyether monoamine, PO/EO ratio 3/19, MW 1000, "short Jeffamine") was supplied by
Huntsman (Antwerp, Belgium). Tween80 (Polysorbate 80; short branched with

approximately 20 repeating units of ethylene oxide) supplied by Sigma-Aldrich.



Preparation of PEGylated PBCA NPs

Polymeric particles of various size and surface functionalities were prepared in one step using
miniemulsion polymerization in acidic media. PEG was used both to functionalize the
particle surface and as initiator of the polymerization. EGDMA (Ethylene glycol
dimethacrylate, Fluka) was used to crosslink the polymer for increased stability. V65
(Azobisdimetyl valeronitril, Wako Chemicals) was used as initiator for the crosslinking
reaction. To vary the surface functionalities of NPs, three different types of PEG were used:
"Long Jeffamine", "Short Jeffamine" and Tween80. An oil-in-water emulsion was made by
emulsifying the monomer phase consisting of 6g n-butyl cyanoacrylate, 0.39g¢ EGDMA,
50mg V65, 120mg hexadecane and 2mg of the fluorescent dye Nile Red (Technical grade,

Fluka) in an acidic solution containing surfactant.

The surfactant used for particles coated with Jeffamine-PEG was 0.1g SDS (sodium dodecyl
sulphate, Merck) or 0.2g Aerosol OT (sodium dioctyl sulfosuccinate, AOT, Sigma) dissolved
in 24 ml 0.1M HCI (pH 2). For particles coated with Tween80-PEG, 4.6g of Tween80 was
dissolved in 60 ml water, adjusted to pH 2 with HCI, and used both as surfactant and PEG.
The oil-in-water emulsion was sonicated for 3 min (9 x 20 sec intervals) on ice (Branson
digital sonifier 450 CE). The particle size was varied by varying the amplitude of the power
supply output voltage. For particles coated with Jeffamine PEG, 3.5g (short Jeffamine) or 7g
(long Jeffamine) in 35 ml water (pH 6) was added immediately after emulsification to initiate
the polymerization. The emulsion droplets were polymerized at 25°C over night under
continuous stirring, the pH neutralized and crosslinking of the polymer initiated by increasing
the temperature to 50°C for 8 hrs. The particles were thoroughly dialyzed against distilled
water (8-9 shifts) using Spectra/Por MWCO 12-14000 kDa dialysis membrane to remove

excess PEG and surfactant. Five different types of particles were made for the present work



and they were named based on the type of PEG, surfactant and the size of the particles. Thus;
LoPEG/SDS/small (Long Jeffamine PEG and SDS with small NP size), LoPEG/SDS/large
(Long Jeffamine PEG and SDS with large NP size), LOPEG/AOT (Long Jeffamine PEG and
AOT), ShPEG/SDS (Short Jeffamine PEG and SDS) and Tween (Tween PEG and
surfactant).

Preparation of microbubbles stabilized with NPs

Air-filled MBs stabilized by NPs were prepared by mixing the NP dispersion with bovine
serum albumin (BSA) to a final concentration of 1% (w/v) PBCA NP and 1% (w/v) BSA and
adjusting the pH to 7.4. Stable MBs were formed using ultra turrax (IKA-Werke T25) at

20,000 1/min for 2 min.

Physicochemical characterization of PBCA NPs and NP-loaded microbubbles

The particle size and zeta potential was determined using a Malvern Nano Series zetasizer.
The final concentration of the particles was determined by dry weight. The morphology of
the particles was studied with S(T)EM (Hitachi S-5500). The particles were air-dried directly
on a sample holder at ambient temperature and sputtered with a 5 nm Au layer for enhanced
surface conductivity. The particles were analyzed at 5-30 kV. The size and morphology of
MBs was studied using an optical microscope (Carl Zeiss, Axioskop 20) connected to a CCD
camera. ImageJ (version 1.44p) was used for determination of average MBs diameter
(average of approximately 1,000 MBs, threshold: IsoData, circularity: 0.6-1.0). Confocal
Laser Scanning Microscope (CLSM, Carl Zeiss LSM510 Meta) was used to verify that NPs
loaded with Nile red were located on the bubble surface. The 514 nm Argon laser line was

used to excite Nile red.



Cell culturing

The PC3 cell line (human prostatic carcinoma cell lines) was grown in Dulbecco’s Modified
Eagle Medium (DMEM) supplemented with 10% fetal bovine serum (FBS) (Sigma-Aldrich),
2 mM non-essential amino acids and 1 mM L-glutamine (Sigma-Aldrich,). The cell cultures
were grown at 37°C and in 5% CO,. Exponentially growing cells were harvested with 3 ml of

trypsin (0.25%) and resuspended in growth medium.

Cdlular uptake of PBCA-NPs

To study the kinetics of cellular uptake of the different types of NPs (see Table 1), 60,000
cells were seeded in a 24 well plate 48 h before incubation (37°C, 5% CO,) with the 5
different types of NPs (20ug/ml) at increasing times up to 24 h. After each time point, the
cells were washed three times with 300 ul of warm PBS to remove surface associated NPs,
trypsinized (150 pl trypsin per well) and then resuspended in 1ml (per well) of cell medium
for FCM. When measuring cellular uptake by FCM it is critical to remove surface bound NP,

and three times washing was found to be sufficient.

Cytotoxicity of NPs using Alamar blue assay

The cytotoxicity of the NPs was investigated with Alamar blue cell viability reagent
(Molecular Probes, Invitrogen). Alamar blue is a cell health indicator which uses the reducing
power of living cells to quantitatively measure the proliferation of cells. Viable cells are able
to convert resazurin (active ingredient of Alamar blue which is non-fluorescent) to resorufin
(red compound which is highly fluorescent) continuously thereby increasing the overall
fluorescence and color of the cell media. Thus, Alamar blue measures the metabolic activity

of cells.



Twenty four hours before the experiment, 20,000 cells were seeded in a 96 flat bottom well
plate (Corning B.V. Life Sciences) in cell medium. The cells were incubated with varying
concentrations (0 — 300 ug/ml) of 4 different types of NPs for 3 h or 24 h (37°C, 5% COy).
Four to eight replicas were used for each concentration and control samples. After incubation,
cells were washed 3 times with 200pl of cell medium and then incubated with 110ul (per
well) of cell medium with Alamar blue (diluted 10 times) (37°C, 5% CO,) for 2 h or 4 h. The
fluorescence intensity of Alamar blue was measured using a microplate reader from the
bottom (Tecan Group Ltd.) and the excitation and emission wavelengths were 550+£9nm and

590+£20nm, respectively. . Percentage of viable cells was calculated from equation 1;

Cell viability (%) = Le~LE) o 100 1)

(FLc—FLp)

Where FLnp, FL, and FLg are the fluorescence intensity of samples treated with NPs,
untreated samples (control) and fluorescence intensity of the medium (blank), respectively.
To investigate the cytotoxic effect of the degradation products of PBCA NPs, the particles
were dialyzed with Float-A-lyzer® G2 (Spectrum Laboratories, Inc.), before incubating the

cells with the NPs.
Ultrasound exposure set-up and parameters

The ultrasound exposure set-up consisted of a signal generator (Hewlett Packard 33120A,
San Jose, CA, USA), an oscilloscope (Lecroy waverunner, LT262, Long Branch, NJ, USA), a
power amplifier (ENI 2100L, Rochester, NY, USA), custom-made single-element ultrasound
transducers (Imasonic, Besancon, France) with a frequency of 300 kHz and an insonication
chamber containing a sample chamber (Fig. 1). The geometric focus, active diameter and

maximum intensity of the transducer are 90 mm, 55 mm and 69 mm respectively. The —3 dB



beam width in the lateral direction at the maximum intensity was 6.6 mm. The acoustic field
was characterized using a hydrophone (Onda HGL-0200, Onda Corporation, Sunnyvale, CA,
USA) with a tip diameter of 200 pm connected to a 20-dB pre-amplifier (Onda AH-2020).
Rectangular Plexiglas water tank with dimensions of 150 mm by 350 mm was used as
insonication chamber. The inside of the chamber was coated with a regular sponge with a
thickness of 10 mm in order to avoid reflections of sound waves. The Plexiglas tank was
filled with deionized and partially degassed water and was kept at room temperature. The
sample chamber was made from the bulb of a disposable (polyethylene) 1-ml transfer pipette
(Fig.1). The pipette was attached to a rotating motor at a position equivalent to the maximum
intensity of the ultrasound beam. A rotating motor was used to maintain a uniform exposure

of the ultrasound to the sample and recycle bubbles through the medium.

In the absence of MPs, mechanical indices (MI) of 0-2.7 (corresponding to peak negative
pressures of 0—1.5 MPa) and a duty cycle of 20 % (i.e., a 100-us pulse length and PRF of 2
kHz) were used to treat the samples. In the presence of MPs, the exposure parameter was
reduced in order to avoid too high cell killing. Hence, MI of 0—1.05 (corresponding to peak
negative pressures of 0-0.58 MPa) and a duty cycle of 2.5% (i.e., a 33-ps pulse length and a

pulse repetition frequency (PRF) of 3 kHz) were used to treat the samples.
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Fig. 1 A schematic diagram of the ultrasound exposure setup.
Cellular uptake of PBCA NP after ultrasound exposure

To investigate the effect of ultrasound and MBs on the cellular uptake and cell viability of the
NPs, exponentially growing cells were harvested with trypsin and resuspended in growth
medium. MP stabilized with LoPEG/SDS/small-NPs, ShPEG/SDS-NPs or Tween-NPs (see
Table 1) were used. Just before ultrasound exposure, the sample chamber was filled with 1 or
1.5 ml of cell suspension (10°cells/ml) and NP-loaded MBs at final concentration of
approximately 4.5 x 10" bubbles/ml. When studying the effect of ultrasound on the cellular
uptake of NP alone (without MB), the sample chamber was filled with 1 ml of cell
suspension and 1.7ul of NPs (final concentration of 20pg/ml) and cell medium was added to
a total volume of 2.5 ml. The sample chamber was then placed in the insonication chamber
(Fig.1) and then the samples were exposed to the ultrasound wave for 120s or 180s in the

presence or absence of MP, respectively, while the motor was rotating. Immediately after



ultrasound exposure, the samples were placed on ice and washed 3 times by spinning for 3

min at 1000 rpm before FCM.

Flow cytometetric measurements

The cellular uptake of PBCA-NPs was measured by FCM (Gallios, Beckman Coulter, Inc.,
Indianapolis, IN, USA). Sytox blue (Molecular Probes, Invitrogen, Grand Island, NY, USA)
was used to distinguish live and dead cells. One micro liter of Sytox blue was added to 1 ml
of each sample (final concentration of 1 uM) just before the flow cytometric measurements.
Nile red was excited with the 488 nm laser line whereas the 405 nm laser line was used to
excite Sytox blue. The fluorescence of Nile red and Sytox blue were detected in the spectral
intervals of 630+30nm and 450+40nm respectively. To eliminate any spectral cross talk
between the 2 dyes, cell stained with either Sytox blue or Nile red (NPs) were used. The
percentage of electronic spectral compensation was determined based on these two single-
labeled samples and hardly any compensation was necessary. To determine the cellular
uptake of Nile red in live cells, i.e. Sytox blue-negative cells, a two-dimensional scatter plot
of Nile red intensity versus Sytox blue intensity was used, and Nile red fluorescence was
gated on Sytotox blue negative cells. The cells that exhibited a fluorescent intensity of Nile
red higher than those of the unlabeled control (negative cells) were classified as positive

cells.

The cellular uptake was calculated both as the percentage of fluorescent cells (positive cells)
and as the amount of internalized fluorochrome, which was estimated based on the median
fluorescence intensity (MFI) of the total live cell population. Relative MFI was also
calculated as the ratio of MFI of cells treated with NPs and untreated cells. Data analysis was
performed using Kaluza flow cytometry analysis software and SigmaPlot (Systat Software,

Chicago, IL, USA).



Confocal laser scanning microscopy

Confocal laser scanning microscopy (Carl Zeiss LSM510 Meta) with a C-Apochromat
63x/1.2 water objective was used to confirm internalization of the PBCA-NPs. Thirty
thousand cells were seeded in 8-well plate (ibidi GmBH, Miinchen, Germany) 48 h before the
experiment. The cells were then incubated with LoPEG/SDS/small (final concentration of
20pg/ml in cell medium) for 3 h. After incubation, the cells were washed three times with
200 pl medium followed by 25 min incubation with 150ul of Hoechst 33452 (Molecular
Probes, Invitrogen, Grand Island, NY, USA) (final concentration of Sug/ml) to stain the cell
nucleus. The cells were then washed twice with 200pl of cell medium before microscopy.
Nile red was excited with the 543 nm laser whereas Hoechst was excited with a two—photon
pulsed Ti-Sapphire laser at 800 nm. The fluorescence was detected in the spectral intervals of
548-644nm and 435-485nm, respectively. The frame size was 512 x 512. A z-stack of
images through the cells was aquired to verify whether the NPs were intracellular or on the

cell surface.
Mathematical fitting and statistical analysis

All the measurements were repeated 2 to 8 times, and the mean and standard deviations were
calculated. Statistical analyses were conducted with Minitab software (Mintab Inc., Coventry,
UK) using a one-way analysis of variance (ANOVA). A p value <0.05 was considered
statistically significant. The relationship between percentage of positive cells (% Positive
Cells) and incubation time was described using a first-order exponential model. The effective
concentration (ECsy_ concentration where 50 % of the cells are not viable) was determined by
fitting a Sigmoidal Dose Response curve (variable slope) to the data. SigmaPlot (Systat
Software, IL, USA) was used for all fits. The goodness of the fit was determined by the

square coefficient of correlation (R?) and the p-value of the fit.



III.  RESULTS

Characterization of PBCA —NPs and NP-loaded MBs

Physicochemical characteristics of NPs and MBs used in the present study are given in Table
1. The diameter of the NP ranged from 109 nm to 228 nm and the polydispersity index (PDI)
was in most cases well below 0.2. The zeta potential was negative for all NPs. However,
short -PEG NPs were less negatively charged compared to the other batches. The MBs had

an average diameter of approximately 2 um. There was no statistical difference between the

sizes of the MB.

Table 1. Physicochemical characteristics of the various PBCA NPs and MBs'.

PBCA NPs PEG Surfactant z-average PDI*  {potential Average
abbreviation NP size (mV) MBs size
(nm) (um)

Tween Tween 80 Tween 80 119 0.27 -28 1.7+0.7

LoPEG/AOT | Long Jeffamine AOT 228 0.13 -37 -

ShPEG/SDS- | Short Jeffamine SDS 153 0.080 -19 2.7£1.4

LoPEG/SDS | Long Jeffamine SDS 109 0.098 -32 2.4+£1.4
/small

LoPEG/SDS/ | Long Jeffamine SDS 172 0.089 -35 -
large

" The zetapotential of particles was measured in distilled water, pH 6. The size of MBs was measured using light
microscope images and ImageJ and is given as the average diameter + standard deviation of approximately
1,000 microbubbles. > Polydispersity index indicating the width of the size distribution




Fig 2: A: S(T)EM micrograph of densely packed PBCA nanoparticles (Io0PEG/SDS) and B: CLSM image of
microbubbles loaded with the nanoparticles. The particles contain Nile red (purple color). The image is an
optical slice of the bubble equator. Scale bar is 10 pm.

The morphology of the NPs was characterized by scanning electron microcsopy. Fig. 2A is a
typical micrograph of PBCA nanopartices showing spherical shaped NP with a quite narrow
size distribution. CLSM revealed a fluorescence ring of NPs surrounding the MBs (Fig. 2B)
thus illustrating how the particles form a shell around the microbubbles. The sizes varied

somewhat, but it should be empashized that the difference in size might also be due to the

MBs being located in different planes along the optical axis.

Cdlular cytotoxicity

The cytotoxic effect of the NPs was investigated by incubating PC3 cells with all four types
of NPs using increasing concentrations (0, 5, 10, 20, 40, 60, 80, 100, 200 and 300 pg/ml) and
the Alamar blue cell viability assay. Untreated cells were used as control cells and the
percentage of viable cells were estimated using equation 1. Fluorescence intensity of Alamar
blue was found to increase linearly with incubation time from 2 to 4 h; hence the percentage
of cell viability was estimated after 4 h incubation with Alamar blue. The PBCA NPs

exhibited a dose-response toxicity of PC3 cell line (Fig.3). Fig. 6 shows the viability after 3 h



of NP-incubation, and similar results were obtained after 24 h NP-incubation (data not
shown). There was a steep decrease in viability at approximately 25 pg/ml. At concentrations
of 40ug/ml and higher, the percentage of viable cells was below 20%, hence, a concentration
of 20 pg/ml was chosen in further studies. The ECsy determined for Tween-NPs,
LoPEG/AOT-NPs, ShPEG/SDS-NPs and LoPEG/SDS/small-NPs were approximately 45,
32, 29 and 26 pg/ml, respectively with R* value > 0.9268 and p < 0.0001 for all fits. Hence,
the toxicity was more dependent on the surfactant used than the type of PEG, Tween80
giving less toxicity than AOT and SDS. There was no significant difference between the ECs
values determined for these NPs before and after second dialysis, indicating that potentially

harmful degradation products were not the main cause of cytotoxicity.
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Fig 3. Percentage of viable cells as a function of NP concentration (Log). Cytotoxicity of PBCA NPs with
different sizes (228 nm, 119 nm, 153 nm and 109 nm) for Tween (®), LOPEG/SDS/small (o), LoOPEG/AOT (V)
and ShPEG/SDS (A) respectively), PEG (Jeffamine (LoPEG/AOT, ShPEG/SDS and LoPEG/SDS/small) and
Tween-80 (Tween)) and surfactant (SDS (ShPEG/SDS and LoPEG/SDS/small)), AOT (LoPEG/AOT) and
Tween-80 (Tween)). The data points are the mean of 4 to 8 measurements with standard deviation. The R? value
>0.9268 and p < 0.0001 for all fits.

The results obtained by the Almar blue assay was supported by the morphological changes

observed by the phase contrast light microscope. For all the four types of NPs, there were



extensive morphological changes in cells exposed to concentrations of 40pg/ml and higher.

The cells were rounded but remained attached after 3 times rinsing.

Cdlular uptake of NP

The ability of the various PBCA NPs to be internalized by endocytosis was compared. The
optimal concentration of NPs showing high cellular uptake and low toxicity was first
determined, and 20pg/ml was used. The kinetics of cellular uptake was determined by
incubating the cells with NPs for increasing time up to 24 h. The uptake depended on the
surface chemistry at all time points (Fig. 4). The percentage of positive cells as a function of
incubation time demonstrated an initial steep slope before reaching a maximum value (Fig.
4A). There was no statistical difference between the cellular uptake of LoPEG/AOT-NPs
(size of 228 nm) and Tween (size of 119 nm) at all incubation time points. Instantaneous
addition and removal of NPs followed by three times washing led to about 6, 7, 10 and 21%
of the cells being Nile red positive for Tween-NP, LoOPEG/AOT-NP, ShPEG/SDS-NP and
LoPEG/SDS/small-NPs respectively. Thus, the percentage of cells with surface bonded
particles was dependent on the type of PEG and surfactant, Jeffamine PEG with SDS giving

the highest.

All NPs reached half of their maximum cellular uptake values within less than 30 min. The
percentage of cells internalizing LoPEG/SDS/small-NPs or ShPEG/SDS-NPs reached a
maximum value (97 % and 66 % respectively) after 30 min of incubation, whereas those
internalizing Tween-NPs or LOPEG/AOT-NPs reached a maximum value (45% and 53%
respectively) after 2 h incubation. However, for all NPs, the amount of NPs that was
internalized by the cells (i.e., relative MFI) reached a maximum after 30 min of incubation

(Fig. 4B) and the highest relative MFI was obtained by the LoOPEG/SDS/small-NPs. The rate



constant determined by fitting a first-order kinetic curve to the experimental data of %
positive cells was found to be 2.1 h',23 h',11.9 h' and 66.4 h™' for LOPEG/AOT-NPs,
Tween-NPs, ShPEG/SDS-NPs and LoPEG/SDS/small-NPs respectively. The R? value >

0.7868 and p < 0.0001 was obtained for all fits.
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Fig. 4 Flow cytometric analysis of cells incubated with PBCA NPs with different sizes (228nm (LoPEG/AOT),
153-nm (ShPEG/SDS), 119-nm (Tween) and 109-nm (LoPEG/SDS/small)), PEG (Jeffamine (LoPEG/AOT,
ShPEG/SDS and LoPEG/SDS/small) and Tween-80 (Tween)) and surfactant (SDS (ShPEG/SDS and
LoPEG/SDS/small)), AOT (LoPEG/AQOT) and Tween-80 (Tween)). (A) Percentage of nile red positive cells as
a function of incubation time and (B) relative median fluorescence intensity (MFI) of the total live cell
population. The data points are the means of 3 to 6 measurements with standard deviation. The R2 value >
0.7868 for all fits.

To investigate the effect of size we included a NP with the same surface properties as
LoPEG/SDS/small, i.e, SDS and long PEG but with larger diameter 172 nm (i.e,
LoPEG/SDS/large). Cellular uptake was the same for the two NPs. Thus, surfactant and
PEGylation seemed to be more important for the cellular uptake than NP size in the size
range used here (Fig. 5). NPs with SDS showed higher cellular uptake than NPs with AOT or

Tween 80 (Fig. 5). NP PEGylated with long Jeffamine demonstrated a higher cellular uptake



than NP with short Jeffamine (Fig. 5), and the linear Jeffamine PEG showed higher cellular

uptake than the branched Tween80 PEG.
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Fig. 5 Flow cytometric analysis of cells incubated (3 h) with PBCA NPs with different sizes (228 nm
(LoPEG/AOT), LoPEG/SDS/large (172 nm), 153 nm (ShPEG/SDS), 119 nm (Tween) and 109 nm
(LoPEG/SDS/small)), PEG (Jeffamine (LoPEG/AOT, ShPEG/SDS and LoPEG/SDS/small) and Tween 80
(Tween)) and surfactant (SDS (ShPEG/SDS and LoPEG/SDS/small)), AOT (LoPEG/AOT) and Tween 80
(Tween)). (A) Percentage of nile red positive cells for all NP types and (B) relative median fluorescence
intensity (MFI) of the total live cell population. The data points are the means of 3 to 6 measurements with
standard deviation. Asterisk indicates a significant increase (* p < 0.001).

Cellular uptake of PBCA NPs was confirmed using CLSM. PC3 cells were incubated with
20pg/ml of LoPEG/SDS/small-NPs for 3 h, washed three times and then incubated with
Hoechst for 25 min to stain the nucleus. NPs were mainly found in the cytoplasm of all cells
with hardly anything in the cell nuclei (Fig. 6). In some cells the NP seemed to be clustered,

and this might be NP localized in endosomes or other vesicles.



Fig. 6 Confocal images of PC3 cells incubated with LoPEG/SDS/small-NPs for 3 h. Image (A) shows the
cellular uptake of Hoechst (blue) and Nile red (green) and image (B) is the zoomed version of image (A).

Cdlular uptake of NP after ultrasound exposure

The effect of ultrasound alone and ultrasound plus NP-loaded MBs on cellular uptake of NPs
was investigated using PC3 cells. Sham samples were treated with NPs or NP-loaded MBs
but not with ultrasound. In general, ultrasound exposure at 300 kHz did not increase the
uptake of the PBCA NP in live cells, neither NP given alone nor NP surrounding MB (Fig 7
A, B). Ultrasound exposure alone did not enhance the cellular uptake of NPs even when
using higher ultrasound exposures than used in the presence of MBs. Ultrasound in
combination with NP-loaded MBs (ShPEG/SDS-NPs or LoPEG/SDS/small-NPs) had no
significant effect on cellular uptake in live cells with increase in MI up to 1.05 (Fig 7A and
B). When MBs made with Tween-NPs were combined with ultrasound, cellular uptake in the
live cell population increased from approximately 4 % to 20 % (Fig 8 A) with increasing MI
(0 to 1.05). Despite the increase in percent positive cells, there was no statistical difference

between the relative MFI of ultrasound treated and untreated samples (Fig. 8B). Thus, there



was no difference in the amount of NPs in cells treated with ultrasound compared with those

not treated with ultrasound.
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Fig. 7 The flow cytometric analysis of the cellular content of ShPEG/SDS and LoPEG/SDS/small PBCA NPs
treated with different MI. (A) Cellular uptake of ShPEG/SDS NPs in live cells population. The cells were
exposed to ultrasound and MB-loaded NPs with a pulse duration of 100 pus, 250-Hz PRF, an insonication time of
60 s and MI of 0.53 or 1.05. (B) Cellular uptake of LoPEG/SDS/small NPs in live cells. The cells were
exposed to ultrasound and MB-loaded NPs with pulse duration of 100 ps, 250-Hz PRF, an insonication time of
120s and MI of 0.53 or 1.05

30 3.0
A B

25 25
L
D 20 - L 20
O =
o )
2 15 1 > 154
w :
a 10 - . & 10
S
(=)

5 - 05

0 T T T T 0.0 T T T

0 053 0.75 1.05 053 075 1.05
MI M

Fig. 8 The flow cytometric analysis of the cellular content of Tween-NPs. (A) Percentage of fluorescent cells
as a function of MI. (B) Relative median fluorescence intensity (MFI) (relative to cells treated with NPs but not
ultrasound) of the whole cell population as a function of the MI. The cells were exposed to ultrasound and MB-
loaded NPs with pulse duration of 100 pus, 250-Hz PRF and an insonication time of 60 s. The data points are the
mean of 2 measurements with standard deviation.



IV.  DISCUSSION
Understanding the interaction between cells and NP is crucial to improve the delivery of NPs
to intracellular targets. The interactions can be affected by the surface chemistry, size, shape,
and morphology of the NPs. In the present study, the effect on cellular uptake of NP size,
surface PEGylation and surfactant was studied. Two types of particles with the same surface
properties and only differing in size (LoPEG/SDS/small, 109 nm and LoPEG/SDS/large, 178
nm) were found to be internalized into PC3 cells to the same extent. However, the difference
in size might not be large enough to measure any effect of the size. From Fig. 5 it is evident
that the cellular uptake rather depended on surface PEGylation and surfactant used.
Generally, the kinetic study showed that NPs PEGylated with a linear PEG (Jeffamine) are
taken up to a larger extent in PC3 cells compared to NPs PEGylated with a branched PEG
(Tween80). Branched PEGs have, due to their larger hydrodynamic volume, been shown to
cover a larger surface area compared to linear PEGs wherein the PEG will wrap around the

NP more than the linear polymer [28-31].

This might explain why less Tween-NP was found on the surface of the cells compared to
NPs covered with linear PEG when NPs were added to cells and washed immediately three
times with PBS without incubation. Furthermore, NPs functionalized with long Jeffamine
PEG were taken up to a larger extent compared to particles with short Jeffamine on the
surface. The differences in the cellular uptake might be a result of differences in PEG density
on the NP surface. The longer PEG chains might spatially hinder high amounts of this
molecule from reacting with the monomer at the droplet surface upon polymerization. The
grafting density of PEG has been shown to be highly dependent on the PEG molecular
weight. Due to excluded volume effects, a large PEG chain cannot pack as tightly on the

particle surface as a small PEG molecule [30]. Hence, the surface density of PEG might be



higher for particles with shorter PEG chains. This is also reflected in the zeta potential values
(Table 1) where the NPs with short linear PEG are less negatively charged compared to NPs
with longer PEG chains. Studies have shown that higher PEG density decreases cellular
uptake [32-34]. The high negative zeta potential values are probably due to acid groups on
the polymer particle surfaces, and may indicate that the PEGylation on the NP surface is not
sufficient. The conformation and density of PEG on the particle surface is currently being

investigated in our lab.

Finally, the influence of surfactant on the cellular uptake cannot be ruled out. Higher cellular
uptake and higher uptake rate was demonstrated when SDS (anionic) surfactant was used for
particle synthesis compared to those with Tween 80 (non-ionic) as surfactant (Fig. 3). This is
in agreement with the result obtained by Musyanovych et al [35], where NPs with anionic
surfactant were taken up at a higher rate than NP with non-ionic surfactant. Although excess
surfactant should have been removed by the extensive dialysis, some surfactant might still be

attached to the particle surface.

The cellular viability measurements show that PBCA NP concentration above 20ug/ml is
toxic for the PC3 cell line. Although PBCA NPs have an advantage of being biocompatible
and biodegradable, the data on toxicity is somewhat contradictory, and PBCA has in some
studies shown to be toxic due to the degradation products (n-butanol and poly(cyanoacrylic
acid) [27, 36-39]. Kreuter et al [36] demonstrated that at lower concentration (10-20pug/ml)
of PBCA NPs there is little in vivo or in vitro evidence of toxicity on cerebral endothelial
cells. This finding is in accordance with our results where little or no toxicity was found at
concentration below 20ug/ml. Wessi et al [27] also reported that PBCA NPs exhibited
cytotoxicity which is dependent on the polymer molar mass distribution. Apart from the

degradation products, surfactant can also contribute to the level of toxicity since they are



known to influence cell permeability [39]. Finally, the density of the PEG coating can

influence the degree of cytotoxicity [40].

Ultrasound exposure alone did not enhance the cellular uptake of NPs probably because of
insufficient gas bubbles in the medium to cause cavitation to permeabilized the cells.
However, exposing MB-loaded NPs (LoPEG/SDS/small or ShPEG/SDS) to ultrasound did
not enhance cellular uptake either. The MBs stabilized with Tween80 NPs increased the
number of cells internalizing NP to 20% at the highest MI applied, but the number of NP per
cell was rather low and not significantly different from untreated cells. The mechanical
strength of the MBs shell might be different depending on the type of NP used in forming the
MB shell. This might also affect the acoustic properties of the MBs. Studies on the shell
parameters of different NP-stabilized MBs is currently under investigation in our lab.
Although up to 20% of the cells internalized the Tween-NP at the highest MI used, the
number of NP per cell was rather low and not significantly different from untreated cells.
The small uptake of NP might be caused by cavitation as also shown by others [41-45]. Thus,
the oscillations or collapse of the MBs might have inflicted stress on the cells which in turn
enhanced the permeability of the cell membrane. The main mechanisms involved in the US-
induced uptake have been shown to be pore formation and enhanced endocytosis [41, 46].
The DLS measurements showed two distinct populations i.e, 20 nm (perhaps micelles
formed by Tween80 PEG) and 119 nm (Tween-NPs) and so, probably the smaller size NPs
could be taken up by the cells, since ultrasound enhanced cellular uptake has been shown to
favor smaller size molecules than larger size [41, 46]. Furthermore, the amount of molecules
that can be internalized by the cell is reported to be dependent on the size and the number of
pores [47]. This implies that the size of the pores that might have been created by the
sonoporating bubbles was smaller than the size of the PBCA NP. In a previous study we

found that ultrasound enhanced the uptake of dextrans of sized from 4kDa to 5SMDa in the



presence of MB. Dextrans are smaller and might be more flexible and able to enter smaller
pores than spherical NP. Our spherical NP might be too large to enter any pores formed by
sonoporation. Also sonoporation is a reversible process [41, 42, 46-48], thus the pores created
in the cell membrane is able to reseal or repair itself after few seconds to minutes. When the

pore size is too big, resealing will not be possible and this can cause cell death.

V. CONCLUSION
In a nut shell, cellular uptake of PBCA NPs was found to be dependent on the type of PEG
and surfactant on the surface of the NPs. Generally, NPs PEGylated with Jeffamine was
taken up more than particles with Tween80. Also, NPs with long Jeffamine chain were found
to have higher cellular uptake than particles with short Jeffamine. NPs with SDS surfactant
demonstrated higher cellular uptake and higher uptake rate compared to those with AOT or
Tween80. In addition, PBCA NPs exhibited dose-response toxicity on PC3 cell line and
concentration above 20ug/ml was found to be toxic. The toxicity was dependent on the
surfactant used, particles with Tween80 were found to be less toxic than those with SDS or
AOT surfactant. Within the size range (rather small) studied in the current work, the size of
particles had little effect on the uptake of nanoparticle and the effect was also influenced by
effect of PEG and surfactant. Ultrasound exposure at 300 kHz did not increase the uptake of

the NP in live cells, neither NP given alone nor NP surrounding MB.
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Addendum

After submitting the thesis, several experiments were conducted to investigate the fast uptake
of nanoparticles by prostate cancer cells (fluorescence in cells). The results from these
experiments show that free Nile red also was measured in the cellular uptake experiments
presented in Paper V. Thus, we think the percentage of cellular uptake measured was uptake
of PBCA nanoparticles (containing Nile red) and free Nile red. This is because; Nile red
could be transferred to the cells through contact-mediated transfer, i.e., dissociation of Nile
red from the nanoparticles as the particles come into contact with the cells [1] or directly
from the cell culture medium.
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