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General introduction and
outline of thesis

GENERAL INTRODUCTION
Tumor resection, external beam radiation therapy and chemotherapy are still the
most frequently applied treatments options for cancer treatment. However, these
conventional therapies are often not able to cure the patient. Tumor resection and
external beam radiation are regularly hindered by tumor location, tumor size and
blood supply, while the presence of metastases further complicates removal of
all tumor tissue. Furthermore, resection may lead to mutilation of the body and
comorbidity, for instance in radical mastectomy and extensive lymph node resections,
where partial or complete breast removal is regularly accompanied by the removal
of the overlying skin, the muscles beneath the breast and the axillary lymph nodes.
Parenteral administration of chemotherapeutic drugs does not only affect the tumor
tissue, but also results in systemic toxicity, often resulting in side effects and low
efficacy. The knowledge concerning tumor pathology has significantly increased
over the last decades. Currently, it is known that the susceptibility of tumor tissue
to chemotherapeutic agents is dependent on tumor origin, genetics and biological
diversity. Therefore, a great extent of research is conducted to develop new treatment
options aimed at personalized therapies and local drug delivery to tumors. Ideally,
successful tumor targeting will lead to a high tumor-to-normal-tissue ratio, enhancing
treatment efficacy while toxicity and side effects are reduced [1, 2].

NANOPARTICLES
One of the most promising developments for local cancer therapy is drug delivery
with small particles containing a therapeutic agent. Nanoparticles have an average
size from a few nanometer (nm) up to several hundred nm. In 1986, Matsumura
and Maeda discovered that nano-sized particles accumulated in tumor tissue
much more as compared to normal tissue [3]. Diffusion of nutrients and oxygen is
hampered when the tumor reaches a size of around 2-3 mm; therefore the formation
of neovasculature is necessary for the tumor tissue to grow beyond the diffusion
threshold. Tumor angiogenesis usually results in neovasculature made of poorly
aligned defective endothelial cells containing wide fenestrations and lacking smooth
muscle innervations. Additionally, solid tumors usually produce extensive amounts
of various vascular permeability factors. Therefore, most solid tumors exhibit
enhanced vascular permeability, which will ensure a sufficient supply of nutrients
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and oxygen to the tumor tissue, allowing rapid growth. The ‘leaky’ vasculature of
tumor tissue allows particles up to 700 nm to extravasate and lodge in and around
the tumor tissue (Fig. 1) [3], which is called the enhanced permeability and retention
(EPR) effect [4-6]. Well-known examples of nanoparticles are micelles and liposomes.
Micelles are colloidal particles with a size usually between 5-100 nm [8]. Micelles
consist of amphiphiles or surface-active agents (surfactants), which exist of two
distinct regions: mostly a hydrophilic head-group and a hydrophobic tail. At low
concentrations in an aqueous medium, the amphiphiles exist as monomers, but
when the concentration increases, aggregation and self-assembly above a certain
concentration (referred to as the CMC, critical micelle concentration) occurs, and
Fig.	
  
1	
  
micelles
are formed [9]. Hydrophobic drugs can be loaded within the hydrophobic
core of micelles. Liposomes are spherical particles, usually within the range of 50200 nm, and consist of a phospholipid bilayer surrounding an aqueous core [10].
Hydrophilic drugs can be dissolved in the aqueous core, while lipophilic drugs can
be solubilized in the phospholipid bilayer. Both micelles and liposomes protect the
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wide fenestrations between the endothelial cells and impaired drainage is observed, providing an
increased permeability to macromolecules and nanoparticles such as liposomes and polymeric
micelles, enabling particle accumulation within the tumor tissue [7].

encapsulated drugs from exposure to its environment, slowing down degradation
and increasing local drug delivery [11-15]. Moreover, targeting ligands and imaging
moieties can be encapsulated in or chelated to micelles and liposomes, making them
versatile drug delivery systems [11, 16, 17]. Targeting ligands enable specific binding
to the tumor tissue, hence aiming at increased drug delivery. Imaging modalities
such as computed tomography (CT), magnetic resonance imaging (MRI) and
nuclear imaging techniques such as single photon emission computed tomography
(SPECT), positron emitting tomography (PET), and optical imaging techniques such
as bioluminescence with fluorescent or near-infrared fluorophores allow real-time
monitoring of nanoparticles loaded with contrast agents in the body.

TRIGGERED RELEASE
A more recent development of advanced local drug delivery to obtain high drug
concentrations at the tumor site and subsequent increase in efficacy of the therapy

10

INTRODUCTION

is triggered release from drug-loaded particles. A promising technique for triggered
drug release is high-intensity focused ultrasound (HIFU). Ultrasound is a sound
pressure wave with a frequency higher than 20 kHz. This ultrasound beam can be
focused in a small spatial region in tissue. Consequently, high levels of acoustic energy
are generated which are absorbed by the tissue, resulting in a local temperature
increase up to 60 °C in clinical practice. HIFU is already clinically used for the
ablation of uterine fibroids. Clinical trials are underway for the treatment of several
benign and malignant tumors of the prostate, breast, uterus, liver, kidney, pancreas,
bone, and brain [18]. For these therapies, HIFU can be combined with magnetic
resonance imaging (MRI). This way, real-time patient imaging and thermometry for
temperature feedback is merged, which enables a safer and more efficient treatment.
Moreover, HIFU also enables triggered release of drugs from thermosensitive
particles due to the temperature elevation produced by the ultrasound beam.
However, temperature elevation up to 60 °C is undesired for HIFU-triggered drug
release, because it may result in thermal damage of healthy tissue. Exposure of tissue
to pulsed wave- (PW) HIFU, in which shorter pulses are given in combination with
short duty cycles (i.e. repeatedly 100 μs ‘on-time’ and 900 μs ‘off-time’), results in
lower temperature elevation (from 37 °C to 42 °C) as compared to continuous wave(CW) HIFU and therefore circumvents thermal damage [19]. Liposomes can be
rendered thermosensitive by the introduction of phospholipids displaying a gel-toliquid transition temperature (Tm) around 42 °C, such as 1,2-dipalmitoyl-sn-glycero3-phosphocholine (DPPC). When the Tm of the thermosensitive liposomes is exceeded
due to (PW-)HIFU exposure, their water-soluble content is released as a consequence
of conformational changes in the alkyl chains of the phospholipids [20, 21], resulting
in local drug delivery to the tumor tissue. Beside temperature elevation, also nonthermal effects are associated with HIFU exposure, for instance acoustic cavitation,
which is the formation and/or activation of gas-filled bubbles in a medium [22]. The
sustained growth of bubbles and their oscillations over several acoustic cycles is
known as non-inertial cavitation, whereas the violent growth and immediate collapse
of bubbles is called inertial cavitation [23]. Cavitation can result in the formation of
transient pores in the plasma membrane of individual cells and alter the permeability
of blood vessels and, therefore, improve drug or gene delivery to the targeted tissue
[24].

MICROSPHERES
Another promising treatment modality for efficient tumor targeting is embolotherapy.
This therapy has gained an important position for the treatment of a wide variety
of conditions affecting different organs of the human body, such as uterine fibroids,
arteriovenous malformations (AVM), kidney and liver tumors [25, 26]. This therapy
involves the administration of particles with a size between 15-1200 µm into the
tumor-feeding artery by catheterization [27]. Embolization particles preferably have
a spherical shape with a narrow size distribution to ensure uniform artery occlusion
with a predictable penetration depth [28, 29]. During an embolization procedure,
a catheter is advanced intra-arterially to the desired location under fluoroscopyguidance using radiopaque contrast medium. Next, the particles are infused which
results in a reduction or complete obstruction of the blood flow. This causes a lack of
nutrients and oxygen and finally to necrosis of the affected tissue. An embolization
procedure for the treatment of uterine fibroids is illustrated in Fig. 2. Beside bland
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embolization, embolization particles can be loaded with chemotherapeutic agents to
increase the efficacy of the therapy. Different drug-eluting beads (DEB) [30] loaded
with doxorubicin [31] or irinotecan have been developed [32]. Once the beads are
administered and occlude the artery, a local release of the drug from the beads
occurs, resulting in exposure of the tumors to the drug. The currently developed DEB
are mainly used for the treatment of hepatocellular carcinoma (HCC). A different
application of embolotherapy is radioembolization, which is currently used to treat
HCC and colorectal liver metastasis [33]. Radioembolization combines lodging of the
particles in the tumor vasculature, with radioactivity, resulting in internal radiation
of tumor tissue. The hepatic artery supplies 80-100% of the blood to liver tumors,
while over 70% of blood to the normal liver parenchyma is delivered by the portal
system [34]. Embolization of the hepatic artery, therefore, allows selective targeting
of the tumor tissue. Several types of radioactive microspheres have been developed
for selective internal radiation therapy (SIRT), such as glass or resin microspheres
bearing the radioactive element yttrium-90 (90Y) [35, 36] and holmium-166 (166Ho)
poly(L-lactic acid) (PLLA) microspheres [37]. The 166Ho-PLLA microspheres,
which were developed at University Medical Center Utrecht, the Netherlands, can
be visualized with MRI, as opposed to the 90Y microsphere formulations, which
enables post-procedural feedback and dosimetry calculations for a more safe and
controlled therapy. For radioactive embolization particles, it is imperative that the
microspheres lodge around the tumor with great proximity, due to the mean tissue
range of the radioactive isotopes (3-4 mm) [33], to maximize the radiation effect while
minimizing toxicity to the surrounding healthy tissue. Therefore, the mean size of these
microspheres is around 30 μm, considerably smaller than several bland embolotherapy
agents of which the size can be selected depending on the treatment strategy.
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Fig. 2. Bland embolization of uterine
fibroids using microparticles. A
catheter is introduced into the
femoral artery and advanced to
the tumor feeding artery. Next,
the microparticles are injected
which occlude the artery leading to
obstruction of the blood flow and
subsequent necrosis of the afferent
tissue.

MULTIMODALITY IMAGING
For preclinical research, it is essential that newly developed particles can be visualized
using medical imaging techniques to study the particle characteristics in vitro and
to allow biodistribution studies in vivo. For patient care, different medical imaging
techniques are used mainly for differential diagnosis. However, for safe and successful
local treatment, i.e. during embolization procedures, real-time intra-procedural
and post-procedural follow-up is crucial. Several medical imaging techniques are
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available to meet these demands, such as magnetic resonance imaging (MRI), X-ray
based imaging, i.e. fluoroscopy, computed tomography (CT), ultrasound imaging
(ultrasonography) and nuclear imaging techniques like single photon emission
computed tomography (SPECT) and positron emission tomography (PET). MR
imaging is based on the detection of magnetization of hydrogen nuclei (1H) in a strong
magnetic field after application of radiofrequency pulses. Contrast agents used for 1H
MRI are usually (para)magnetic elements, such as iron, manganese, gadolinium and
holmium. These elements locally alter the magnetization of hydrogen nuclei, thereby
enhancing the contrast [38, 39]. For X-ray imaging, a generator is used to produce
a beam of X-rays which is projected towards an object. The detector captures the
radiation behind the object, resulting in a 2-D projection image. The X-ray absorbance
within the object depends on its density and composition and allows the discrimination
of different structures. Fluoroscopy is frequently used to obtain real-time images
of the internal structures of a patient during a clinical intervention to provide the
surgeon with direct feedback. CT uses radiation to generate a 3-D reconstruction of
the object or patient and is regularly utilized for the diagnosis of cancer, but can also
be used for post-procedural follow-up. Contrast enhancement to outline structures
in the body with CT can be achieved using radiopaque contrast agents such as
iodine, bromine and barium [40]. Nuclear imaging exploits the increased metabolism
associated with tumor tissue to locate malignant tissue in the patient and allows
for the visualization of diminutive amounts of gamma-emitting isotopes [14], i.e.
technetium-99m (99mTc), indium-111 (111In) and iodine-125 (125I) for SPECT imaging or
positron-emitting isotopes for PET imaging, such as fluorine-18 (18F), copper-64 (64Cu)
and zirconium-89 (89Zr). Different particles loaded with contrast agents are currently
under development or already in clinical trials. Examples of preclinically investigated
imageable micelles are discussed in Chapter 2 of this dissertation [11]. Until now,
no micelle formulation with imaging possibilities has yet entered clinical trials.
Chelation of gadolinium to the liposomal bilayer or introduction of gadolinium in the
aqueous core of the liposomes enabled MR imaging of liposomes [41-43]. Inclusion
of iodine allowed in vivo CT imaging of liposomes [44]. The use of gas-filled (e.g.
air or perfluorocarbon) microbubbles allows contrast-enhanced ultrasound (CEUS)
imaging [45]. Due to a high degree of echogenicity (the ability to reflect ultrasound
waves), utilization of microbubbles result in a contrast-enhanced image of the area
of interest. Preclinical research demonstrated that ultrasound exposure can result in
microbubble disruption and subsequently enhanced drug or gene delivery, as was
shown for example with paclitaxel and different drug model compounds, plasmid
DNA and synthetic oligonucleotides, such as antisense or siRNA [46, 47]. For SPECT
imaging, 111In-, 67Ga- and 99mTc-loaded liposomes were developed [48-50]. Liposomes
containing 18F were developed for PET imaging [51]. However, in addition to
micelles, only preclinical studies have yet been performed for imageable liposomes.
Preclinical research has been conducted with alginate microspheres crosslinked with
different lanthanide elements for MR imaging [52]. Moreover, preclinical research on
holmium-alginate microspheres containing a lipiodol emulsion allowing additional
CT visualization beside MR imaging is described in Chapter 6 of this dissertation.
Other examples of preclinical microsphere formulations that can be visualized with
MR and/or CT imaging include microspheres loaded with iron oxide (MRI), barium
and iodine (CT) [53-56]. One microsphere formulation, 166Ho-PLLA microspheres,
which allow visualization by MRI and SPECT [57, 58], has now reached a clinical
phase 2 trial for the treatment of unresectable liver metastases [37].
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The aim of the work described in this thesis is the development of novel particles
for image-guided cancer therapy. The development, characterization and evaluation
of micelles, liposomes and microspheres for advanced targeted cancer treatment,
combining imaging with therapy and/or triggered release, is described. Following
this introductory chapter, Chapter 2 provides an overview of the current clinical
status of polymeric micelles in cancer therapy and discusses the possibilities to
optimize the micelle composition by the introduction of targeting ligands, imaging
moieties and modifications of the micelles which enable triggered release of the
encapsulated compounds. In Chapter 3, new insights into triggered release of a
lipophilic compound (Nile red) from non-crosslinked (NCL) and core-crosslinked
(CCL) micelles upon exposure to continuous wave- (CW) HIFU and pulsed wave(PW) HIFU high-intensity focused ultrasound (HIFU) are provided. Moreover,
evidence for a new mechanism behind HIFU-triggered release of both hydrophilic
and lipophilic compounds from thermosensitive as well as non-thermosensitive
liposomes is presented. Chapter 4 describes the development of thermosensitive
liposomes containing a fluorescent label, which is released after the application of
magnetic resonance-guided (MR-)HIFU. These liposomes can be exploited as a new
tool for efficient surgical resection of non-palpable breast tumor lesions by enabling
proper discrimination between tumor tissue and adjacent healthy tissue. Chapter
5 reports on the development and characterization of different alginate-lanthanide
microsphere formulations and discusses the implementation of these microspheres
for MRI-guided embolotherapy, which was assessed both in vitro and ex vivo. In
Chapter 6, a novel holmium-alginate microsphere formulation containing lipiodol for
multimodality image-guided embolotherapy is described. The microspheres can be
visualized during an embolization procedure with fluoroscopy and post-procedural
the biodistribution of the microspheres can be assessed with X-ray imaging and
MRI. Chapter 7 presents a summary of the previous chapters and considers future
directions of the particles developed and studied in this dissertation and discusses
the benefits of a combined approach when merging targeted drug delivery, triggered
drug release and multimodality imaging in cancer therapy.
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ABSTRACT
Micelles are colloidal particles with a size around 5-100 nm which are currently under
investigation as carriers for hydrophobic drugs in anticancer therapy. Currently,
five micellar formulations for anticancer therapy are under clinical evaluation, of
which Genexol-PM has been FDA-approved for use in patients with breast cancer.
Micelle-based drug delivery, however, can be improved in different ways. Targeting
ligands can be attached to the micelles which specifically recognize and bind to
receptors overexpressed in tumor cells, and chelation or incorporation of imaging
moieties enables tracking micelles in vivo for biodistribution studies. Moreover, pH-,
thermo-, ultrasound-, or light-sensitive block copolymers allow for controlled micelle
dissociation and triggered drug release. The combination of these approaches will
further improve specificity and efficacy of micelle-based drug delivery and brings the
development of a ‘magic bullet’ a major step forward.
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Cancer is a leading cause of death world-wide and is responsible for approximately
13% of all deaths, according to the World Health Organization [1]. In Europe alone,
Ferlay et al. recently estimated that in 2008 1.7 million cancer deaths occurred, and
3.2 million cancer cases were diagnosed [2]. Although prognosis is better now, the
large variety of cancer types and metastases makes treatment very difficult. Surgical
resection is the treatment of choice, since this treatment is usually curative. Surgery,
however, is not an option in many patients due to the tumor size, location and presence
of metastases. External beam radiotherapy is also considered a curative treatment
option. However, not all tumors are eligible for this therapy due to motion of the
tumor-bearing tissue or the adjacency of radiosensitive organs. Another frequently
used therapy is systemic chemotherapy, but although chemotherapeutic agents are
becoming more and more specific, many of the clinically used chemotherapeutics
require high tissue concentrations, which are frequently associated with systemic
toxicity. A very promising approach to overcome systemic toxicity is the application
of drug-loaded nanosized drug carriers, such as liposomes, polymeric nanoparticles,
dendrimers and micelles [3-5]. The incorporation of chemotherapeutic agents into
nanosized drug carriers has several advantages compared to systemic chemotherapy.
First, low-molecular weight drugs are mostly rapidly eliminated by liver and/or
kidneys. By loading them in stealth nanoparticles, their bioavailability substantially
increases [6]. Second, due to their small size, nanosized drug carriers are passively
targeted to the tumors by the enhanced permeability and retention (EPR) effect, leading
to a higher drug concentration at the tumor site and decreased toxicity compared
with systemic administration [7]. Third, hydrophobic drugs can only be administered
intravenously (i.v.) after addition of solubilizing adjuvants like ethanol or Cremophor
EL, which is often accompanied with toxic side effects [8, 9]. Incorporation of these
drugs in micelles avoids the use of adjuvants [10]. This review will focus on micelles
as a nanosized drug carrier system for cancer therapy and their modifications for
tumor targeting, multimodality imaging and triggered release (Fig. 1).

a

b

c

d

e

amphiphilic polymer

therapeutic agent

amphiphilic polymer

hydrophilic block

targeting ligand

stimuli-sensitive hydrophilic block

hydrophobic block

contrast agent / imaging moiety

stimuli-sensitive hydrophobic block

Fig. 1. Schematic drawing of polymeric micelle (a). Micelle conjugated with a targeting ligand
(b). Micelle containing an incorporated contrast agent or chelated imaging moieties (c). Micelle
modified for triggered drug release (d). Either the hydrophilic or hydrophobic polymer can
be rendered thermo/pH/light/ultrasound-sensitive. Optimized micelle for anticancer therapy,
bearing targeting ligands, contrast agents or imaging moieties, therapeutic drugs and polymers
suitable for triggered, controlled release (e).
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MICELLES
Micelles are colloidal particles with a size usually within a range of 5-100 nm.
Micelles consist of amphiphiles or surface-active agents (surfactants), which exist of
two distinct regions: mostly a hydrophilic head-group and a hydrophobic tail. At
low concentrations in an aqueous medium, the amphiphiles exist as monomers in
true solution, but when the concentration increases, aggregation and self-assembly
take place within a narrow concentration window, and micelles are formed [3].
The concentration at which micelles are formed is referred to as the critical micelle
concentration (CMC). The formation of micelles above their CMC is driven by
dehydration of the hydrophobic tails, leading to a favorable state of entropy.
Additionally, the formation of Van der Waals bonds allow the hydrophobic polymers
to join and to form the micelle core [3]. The resulting hydrophilic shell re-establishes
hydrogen bond networks with the surrounding water [3, 11]. Amphiphilic copolymers
usually exhibit a CMC much lower compared to low-molecular-weight surfactants.
The CMC of polymeric micelles is typically in the order of 10−6 to 10−7 M, while 10−3
to 10−4 M is common for low molecular weight surfactants [12]. Due to the low CMC,
polymeric micelles remain stable at very low polymer concentrations, which makes
them relatively insensitive to dilution, resulting in an enhanced circulation time
compared to surfactant micelles [12].

Polymeric Micelles as Drug Delivery Systems
The bioavailability of anticancer drugs after oral administration is usually low due
to reduced absorption [3]. Additionally, intravenous administration of these drugs is
challenging and requires a formulation with organic solvents and classical surfactants
(e.g. the Taxol formulation of paclitaxel from Bristol-Myers Squibb). Solubilization
of hydrophobic drugs in the core of micelles can overcome this problem. Polymeric
micelles have several advantages over other nanosized drug delivery systems, such
as a smaller size as compared to, for instance, liposomes, which is important for, e.g.,
percutaneous lymphatic delivery or extravasation from blood vessels into the tumor
tissue [13]. Polymeric micelles are based on block-copolymers with hydrophilic and
hydrophobic units that self-assemble in an aqueous environment into structures
composed of a hydrophobic core stabilized by a hydrophilic shell. These blocks can
be arranged in different ways: A-B type copolymers (diblock copolymer), A-B-A
type copolymers (triblock copolymer), and grafted copolymers [3, 11]. Grafted
polymers are branched polymers consisting of one hydrophilic backbone and one
to multiple hydrophobic polymer side chains or vice versa. Polymer selection for
micelles is based on the characteristics of both the hydrophilic and the hydrophobic
block copolymer. The hydrophilic shell of the micelle provides steric stability and
once properly selected avoids rapid uptake by the reticuloendothelial system (RES),
resulting in a prolonged circulation time in the body [12]. Poly(ethylene glycol)
(PEG) is the most commonly used hydrophilic polymer. PEG is water-soluble, highly
hydrated, an efficient steric protector, and biocompatible, and it has low toxicity [3,
11, 12, 14, 15]. The hydrophobic block copolymer should possess a high drug loading
capacity and good compatibility of the hydrophobic core with the incorporated drug.
One of the possibilities to calculate drug-polymer interactions is the Flory-Huggins
theory, which accounts for the forces of interaction between the polymer and the drug
and quantifies the difference in the intermolecular interactions of the components
in a binary mixture, thereby predicting the compatibility of the drug and polymer
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[16]. Most commonly used polymers for hydrophobic core formation are polyesters,
polyethers, and polyamino acids [15, 17]. Frequently used core-forming molecules are
poly(propylene oxide) (PPO), poly(D,L-lactic acid) (PDLLA), poly(ε-caprolactone)
(PCL), poly(L-aspartate) and poloxamers [18]. The stability (CMC) of polymeric
micelles depends on the type and molecular weight of the hydrophobic block.
Generally, the more hydrophobic and the higher the molecular weight, the lower the
CMC [14, 19]. In addition, Carstens et al. demonstrated that end-group modification
of the coreforming block can be used to stabilize polymeric micelles and to increase
drug compatibility and loading, as was shown for mPEG-b-oligo(ε-caprolactone)
derivatized with aromatic groups [20, 21]. Poloxamers exist of a triblock polymer of
PEG-PPO-PEG and are commercially available in various compositions under the
name Pluronics (BASF Corp.) [12]. Different micellar formulations containing these
core-forming molecules will be discussed in the next sections.

Polymeric Micelles in Clinical Trials
Currently, many drug-loaded polymeric micelles for anticancer therapy are under
investigation in preclinical studies to improve drug efficacy. Five micellar formulations
have been tested in clinical trials (Table 1) and will be discussed in more detail.

Table 1: Polymeric micelles in clinical trials [20]
Polymeric
micelle

Block
copolymer

Drug

Diameter

Indication

Clinical
phase

Ref.

NK012

PEGPGlu(SN-38)

SN-38

20 nm

Breast cancer

II

[20, 21]

NK105

PEGP(aspartate)

Paclitaxel

85 nm

Advanced
stomach cancer

II

[6, 22]

SP1049C

Pluronic L61
and F127

Doxorubicin

22-27 nm

Adenocarcinoma
of oesophagus,
gastroesophageal
junction and
stomach

III

[15, 23]

NC-6004

PEGPGlu(cisplatin)

Cisplatin

30 nm

Solid tumors

I/II

[24, 25]

GenexolPM

PEG-P(D,Llactide)

Paclitaxel

20-50 nm

Breast cancer

IV

[21, 26,
27]

Pancreatic cancer

II

[28, 29]

Non-small-cell
lung cancer in
combination
with carboplatin

II

[30]

Pancreatic cancer
in combination
with gemcitabine

I/II

[21]

Ovarian cancer
in combination
with carboplatin

I/II

[21]
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NK012
NK012 is a polymeric micellar formulation that consists of a block copolymer of PEG
and polyglutamate (PGlu) conjugated with 7-ethyl-10-hydroxy-camptothecin (SN38) [6]. SN-38 is a camptothecin analog and acts as a DNA topoisomerase I inhibitor,
but cannot be administered i.v. due to its water-insolubility and high toxicity. SN-38
is covalently coupled to the PGlu segment by the condensation reaction between the
carboxylic acid of PGlu and the phenol of SN-38 using 1,3-diisopropylcarbodiimide
and N,N-dimethylaminopyridine as coupling agent and catalyst, respectively.
Consequently, the PGlu segment is rendered hydrophobically to induce micelle
formation (Fig. 2) [26, 33]. Preclinical in vivo studies with NK012 showed potent
antitumor activity in mice. A pharmacokinetic study revealed that the plasma area
under the curve (AUC) of micellar SN-38 after i.v. administration (30 mg kg-1) to
HT-29 tumor-cell-bearing mice was around 200 times higher as compared to CPT-11
(which is hydrolyzed to SN-38 in the circulation) at a dose of 66.7 mg kg-1. The IC50
values of NK012 were up to 5.8 times higher than those of free SN-38. In addition,
the clearance of NK012 in the HT-29 tumors was significantly slower compared to
CPT-11 and SN-38. The highest tumor-to-plasma concentration ratio of micellar SN38 was up to 10 times higher compared to free SN-38. Moreover, NK012 clearance
was significantly lower compared to CPT-11 [33, 34]. Furthermore, a combination of
NK012 with 5-fluoruracil (5-FU) showed a significantly higher antitumor effect in
human colon cancer xenografts compared to CPT-11/5-FU [35]. From a phase I study
with NK012, it was concluded that 37 mg m-2 as a SN-38 equivalent every 3 weeks
was the maximum tolerated dose (MTD) in which neutropenia was found to be the
dose-limiting toxicity (DLT) [26, 36, 37]. Currently, the efficacy and safety of NK012
are evaluated in phase II studies in breast cancer patients [22, 23].

Polyethylene glycol
(Hydrophilic)

Fig. 2. Schematic structure
of NK012, consisting of
PEG and partially modified
polyglutamate. PEG is used to
form the hydrophilic segment,
and SN-38 was incorporated
into the hydrophobic core of the
micelle [33].

SN-38

Modified polyglutamate
(Hydrophobic)

NK012

NK105
Paclitaxel (PTX) is frequently used for the treatment of various cancer types,
including lung, ovarian and breast cancer [38, 39]. However, systemically
administered PTX causes serious side effects, such as neutropenia and peripheral
sensory neuropathy. Additionally, Cremophor EL and ethanol, which are used to
solubilize PTX, resulted in a hypersensitive reaction or anaphylaxis in 2-4% of the
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patients treated with systemic PTX [8, 22, 40]. Therefore, new PTX formulations are
being investigated, such as the NK105 micellar formulation that consists of PEG and
modified polyaspartate as hydrophobic block. Half of the carboxylic groups of the
polyaspartate block were esterified with 4-phenyl-1-butanol after treatment with
the condensing agent 1,3-diisopropylcarbodiimide to increase its hydrophobicity
and improve drug incorporation [6, 41]. PTX is physically incorporated in the core
by hydrophobic interactions with the hydrophobic block. NK105 showed similar
cytotoxicity in 12 human tumor cell lines (lung, gastric, oesophagus, colon, breast and
ovarian) compared to PTX [41]. In preclinical in vivo studies with colon 26-bearing
CDF1 mice, the AUC of NK105 was over 50 times higher, while the maximum plasma
concentration (Cmax) in the tumors was three times higher compared to PTX [22]. In
BALB/c mice bearing subcutaneous HT-29 colon cancer tumors, NK105 administered
as a PTX-equivalent dose of 25 mg kg-1 showed comparable antitumor activity with
100 mg kg-1 of free PTX. Additionally, a significant reduction of side effects, caused
by Cremophor EL and ethanol after systemic PTX administration, occurred with
NK105 [41]. In a phase I study with NK105, less hypersensitivity reactions occurred
in patients suffering from pancreatic, bile duct, gastric, and colonic cancers compared
to systemic PTX treatment [24]. NK105 was administered intravenously for 1 h
every 3 weeks, and the recommended dose of 150 mg m-2 was well-tolerated [22, 24].
Currently, a phase II study in patients with advanced stomach cancer is underway [6].

SP1049C
SP1049C consists of a mixture (1:8 w/w ratio) of non-ionic Pluronic block copolymers:
Pluronic L61 and F127. Doxorubicin is physically encapsulated by noncovalent
bonds in the hydrophobic core of the micelles [42]. In vitro, it was shown that
SP1049C exhibited greater efficacy than doxorubicin against a variety of tumor cell
lines [43]. In preclinical in vivo studies, SP1049C demonstrated superior antitumor
activity, efficacy and an increased AUC in tumor tissue in multiple animal tumor
models and in doxorubicin-resistant tumors compared to free doxorubicin [44, 45].
AUC and Cmax in liver, kidney, heart, lung and plasma were similar for SP1049C and
free doxorubicin. The MTD of SP1049C was determined at 70 mg m-2 in a phase I
study, around the same as systemic doxorubicin, but SP1049C showed significantly
higher antitumor activity and a favorable safety profile compared to doxorubicin.
Despite the occurrence of neutropenia as DLT [42], a phase II study concluded that
SP1049C was effective as monotherapy in patients suffering from adenocarcinoma
of the oesophagus [46, 47]. SP1049C is currently investigated in phase III in patients
with metastatic adenocarcinoma of the oesophagus, gastroesophageal junction and
stomach.

NC-6004 (NANOPLATIN™)
Cisplatin (cis-dichlorodiamineplatinum[II] or CDDP) is a widely used anticancer
agent for treatment of various cancers. However, the use of cisplatin is limited because
of severe adverse effects like nephro- or neurotoxicity and drug resistance [22, 48].
To reduce these side effects and improve efficacy, the micellar formulation NC-6004
was developed. NC-6004 is composed of PEG and a poly(γ-benzyl L-glutamate)/
CDDP complex. In BALB/c mice bearing a human gastic cell line (MKN-4), significant
antitumor activity was observed after NC-6004 administration as compared to
the control group, but no difference in antitumor activity was observed between
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the NC-6004 and CDDP administration groups at equivalent dose. However, in
Sprague-Dawley rats, a 65-fold increase of the AUC and an 8-fold increase of the
Cmax compared to systemic CDDP was found. In tumor tissue, an increase in Cmax of
2.5 times was found, and, importantly, NC-6004 was found to significantly reduce
nephro- and neurotoxicity, the dose-limiting factors of CDDP [49]. In a small phase
I study, it was shown that NC-6004 was well-tolerated by patients suffering from
colorectal carcinoma, upper gastrointestinal cancers, non-small-cell lung carcinoma
(NSCLC), melanoma and other tumor types [26, 27]. Although a small number of
patients (17 in total) was included in this study, a DLT phase I/II study with NC-6004
in combination with gemcitabine is in progress with patients suffering from locally
advanced pancreatic cancer and metastatic pancreatic cancer [23].

GENEXOL-PM
Genexol-PM is a micellar paclitaxel formulation consisting of PEG and poly(D,Llactic acid) (PDLLA) [28]. Preclinical in vivo studies with Genexol-PM demonstrated a
3-fold increase in the MTD and a significantly increased antitumor efficacy compared
with free PTX [50]. The AUC of Genexol-PM was similar to PTX, but the concentration
of PTX was 2-3 times higher in tissues, including liver, spleen, kidneys, lungs, heart
and tumor [50]. In phase I studies, a MTD 390 mg m-2 every 3 weeks or 120 mg m-2
every week was determined without the occurrence of hypersensitivity reactions [28,
51]. In phase II studies, Genexol-PM was found to be effective and safe with high
response rates in patients suffering from metastatic breast cancer and advanced
pancreatic cancer [29-31, 52]. In patients with metastatic breast cancer, however,
hypersensitivity reactions occurred in 8 out of 41 patients (19.5%) [29]. Moreover,
Genexol-PM in combination with cisplatin showed significant antitumor activity
and allowed administration of higher dose compared with the Cremophor EL-based
formulation in patients with advanced NSCLC. Furthermore, no significant toxicity
was found, although hypersensitivity reactions occurred as well [32]. Several studies
are currently underway, including a phase III and IV study in patients with recurrent
breast cancer [23].

POLYMERIC MICELLAR SYSTEMS FOR ENHANCED DRUG DELIVERY
Active Targeting of Polymeric Micelles
In addition to passive targeting, micelles can be modified with ligands for active
targeting to increase the selectivity for tumor cells and enhance intracellular drug
delivery while reducing systemic toxicity and adverse side effects compared to
untargeted micelles and systemic chemotherapy [53]. The concept behind this
approach is based on receptor-mediated endocytosis. When the ligands conjugated
to the micelles bind to their specific receptors on the cell membrane, the micelles are
internalized by endocytosis [54]. In this way, higher intracellular drug concentrations
are obtained. Active targeting can be achieved by conjugation of specific ligands,
like monoclonal antibodies (mAbs) or their Fab fragments, oligosaccharides or
peptides to the shell-forming block [53]. This allows micelles to specifically bind
to antigens or receptors that are overexpressed on the tumor cells. Kabanov et al.
were one of the first to report an actively targeted micelle-based drug delivery
system by developing micelles consisting of Pluronic P85 and murine polyclonal
antibodies against α2-glycoprotein to deliver the neuroleptic agent haloperidol to the
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brain [55]. The antibodies were anchored to the micelles using a pluronic analog,
butylpoly (25)(oxypropylene)poly(20)(oxyethylene) ether of 2-hydroxyacetaldehyde
(BPEA). Vega et al. addressed mAb-based targeting of micelles in anticancer therapy
[56]. The epidermal growth factor receptor (EGFR), a transmembrane glycoprotein
with an intracellular tyrosine kinase domain, which is overexpressed on the cells
of more than one-third of all solid tumors, was targeted with the mAb C225 [57].
This mAb specifically binds to the external domain of EGFR and is therefore suitable
for active targeting of micelles to a variety of tumors [58]. Next to monoclonal
antibodies, folate is an important ligand for active targeting of cancer cells. The folate
receptor is overexpressed in many types of cancer, including malignancies of the
ovary, brain, kidney, breast, myeloid cells and lung, as folate is an essential vitamin
for the biosynthesis of nucleotide bases and is consumed in elevated quantities by
proliferating cells [53, 59, 60]. Another interesting possibility of micelle-based active
targeting is based on ligand-receptor interactions with angiogenesis regulators [61].
When tumor cells cluster and reach a size of around 2-3 mm, diffusion of oxygen and
nutrients to the tumor is repressed. This induces tumor angiogenesis, which allows
tumors to grow beyond their diffusion limit [62]. The regulators of this process can
be exploited for drug targeting to inhibit angiogenesis and prevent further tumor
growth. Integrins represent a large group of structurally related receptors for
extracellular matrix (ECM) proteins and immunoglobulin superfamily molecules and
are regarded as key regulators of tumor angiogenesis. Active targeting to αvβ3 integrin
with the micelle conjugated cyclic pentapeptide c(Arg-Gly-Asp-d-Phe-Lys) (cRGDfK)
is explored by Nasongkla et al. [63]. Currently, several micelle compositions for active
targeting in anticancer therapy are investigated in vitro and in vivo, as stated in Table
2. The research on micelles modified with targeting ligands has shown superior
results compared to non-targeted micelles. Higher cellular uptake, cytotoxicity and
tumor regression was demonstrated, making active targeting an important additional
value to passively targeted polymeric micelles for anticancer therapy. However, these
systems are more complicated since multiple modifications need to be made in one
carrier type. Every single modification needs to be optimized, making it difficult and
time-consuming to prepare these micelles under GMP conditions which will result
in high costs. Furthermore, the circulation half-life might be decreased due to the
presence of targeting ligands on the outer shell of the micelles, leading to lower drug
concentrations. Consequently, clinical implementation of these systems remains
challenging.

Imaging Systems Based on Polymeric Micelles
IMAGING MODALITIES
Nuclear imaging, magnetic resonance imaging (MRI) and X-ray computed tomography
(CT) play an important role in the diagnosis of cancer and therapy response
evaluation. The administration of contrast agents for these imaging modalities
greatly enhances the specificity by highlighting the area of interest. Nuclear imaging
allows for the visualization of minute amounts of gamma-emitting isotopes, such
as technetium-99m (99mTc), indium-111 (111In) and iodine-125 (125I), for single photon
emission computed tomography (SPECT) imaging or positron-emitting isotopes for
positron emission tomography (PET) imaging, such as fluorine-18 (18F), copper-64
(64Cu) and zirconium-89 (89Zr). Nuclear imaging is the most sensitive imaging
modality, requiring an isotope concentration of around 10−10 M at the site of interest
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Table 2: Micelles for active targeting for anti-cancer therapy in preclinical models
Block
copolymers

Drug

Active ligand

Target

Results

PEG-b-PE

PTX

mAb 2C5

Nucleosomerestricted specificity
for different cancer
cells

Enhanced accumulation in
tumor tissue and significant
tumor weight decrease in
C57BL/6J mice [61]

PEG-b-PG

Dox

mAb C225

EGF receptor

More potent than free
doxrubicin in inhibiting the
growth of A431 cells after a 6 h
exposure period [53]

PEG-b-PCL

Dox

αvβ3
ligand
(cRGDfK)

αvβ3 integrin

Greatly enhanced
internalization in tumor
endothelial cells (human
Kaposi’s sarcoma) [60]

PLGA-bPEG

Dox

Folate

Folate receptor

Significant increase in cellular
uptake in human squamous cell
carcinoma cell line of the oral
cavity (KB cells)
Increased tumor uptake
and significant regression of
tumor volume in a nude mice
xenograft model (Fig. 3) [62]

mPEG-bPCL

PTX

Folate

Folate receptor

Endocytosis in MCF-7 cells and
increased cytotoxicity in MCF-7
and HeLa cells [63]

PEG3350DSPE :
mPEG2300DSPE
(1:100)

9-NC

Folate

Folate receptor

Enhanced folate receptormediated endocytosis and
increased cytotoxicity in HeLa
and SGC7901 cells [64]

P105 and
P105/L101

PTX

Folate

Folate receptor

Increased internalization
explained the improved
cytotoxicity of the FOL-micellar
PTX to tumor cells in MCF-7
and MCF-7 cells pre-exposed
to doxorubicin (to induce drug
resistance) [65]

DSPEPEG3400-SPA

17AAG

VIP

VPAC1 receptors

Cytotoxicity was similar to free
drug and significant higher than
non-targeted micelles [66]

PE, phosphatidylethanolamine; PG, Poly(L-Glu); PCL, poly(ε-caprolactone); cRGDfK, cyclic(ArgGly-Asp-d-Phe-Lys); 9-NC, 9-nitrocamptothecin; PTX, paclitaxel, Dox, doxorubicin; [m]PEGDSPE, [methoxy-]poly(ethylene glycol)-distearoylphosphatidylethanolamine; P, Pluronic; 17-AAG,
17-allylamino-17-demethoxy geldanamycin; VIP, vasoactive intestinal peptide; SPA, succinimidyl
propionate.

[70]. However, the specificity of nuclear imaging has its drawbacks: it does not allow
visualization of the surrounding anatomy, and the temporal resolution is limited
[71]. Another imaging modality is MRI, which detects changes in magnetization
of hydrogen nuclei (1H) in the body in a strong magnetic field after application of
radiofrequency pulses. Contrast agents used for 1H MRI are usually paramagnetic
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Fig. 3. Tumor volume growth in a
nude mice xenograft model after i.v.
administration of free doxorubicin,
doxorubicin-loaded PLGA-b-PEG
micelles and doxorubicin/folate
PLGA-b-PEG micelles [65].

time (day)

elements, such as iron, manganese, gadolinium and holmium, that locally alter the
magnetization of hydrogen nuclei, thereby enhancing the contrast [72, 73]. Moreover,
fluorine-19 (19F) is increasingly gaining attention, since it is a MR-sensitive atom with
very low biological abundance. The gyromagnetic ratio of 19F differs by only about
6% from 1H, while the relative sensitivity is 0.83, which avoids the need for drastic
hardware modifications [74]. CT imaging utilizes differences in absorption of X-rays
between different tissues in the body to discriminate between structures in the body.
Contrast agents that are used for CT are heavy elements such as iodine, bromine
and barium [75]. The concentration of contrast agent required at the site of interest
is approximately 10−2 M [70]. The latter two imaging modalities, MRI and CT, allow
for simultaneous visualization of both anatomy and the contrast agent. MRI is more
suitable for imaging of soft tissue and requires a lower concentration of the contrast
agent at the site of interest than CT [76]. The development of delivery systems for
contrast agents is appropriate for nuclear imaging, CT and MRI, since the contrast
agent must selectively reach the site of interest. The development of carrier devices
is especially required for MRI and CT contrast agents due to their lower sensitivity
compared to nuclear imaging.

POLYMERIC MICELLES FOR NUCLEAR IMAGING
Micelles loaded with gamma emitters have been investigated in detail for noninvasive biodistribution studies [77, 78]. Frequently used nuclides for this purpose
are 99mTc and 111In, since these isotopes are easily available, require straightforward
labeling procedures and exhibit half-lives that allow for prolonged in vivo imaging
[79]. 99mTc can be coupled using a selective N-(N-(3-diphenylphosphinopropionyl)
glycyl) cysteine linker [80]. Coupling of 111In to micelles can be achieved
by chelating molecules like diethylenetriaminepentaacetic acid (DTPA) or
1,4,7,10-tetraazacyclododecane-1,4,7,10-tetraacetic acid (DOTA), that are conjugated
to the polymers. Recently, a biodistribution study using micro-SPECT/CT was
performed with 111In-loaded DTPA-PEG-b-PCL micelles after i.v. injection in tumorbearing mice [77]. Interestingly, the authors observed increased uptake in tumors
with large vessels, which was attributed to the EPR effect. In recent years, the use of
PET isotopes with a relatively long half-life such as 64Cu (T½=12.7 h), 89Zr (T½=78.4 h)
and gallium-67 (67Ga, T½=3.2 days) has increased. These metals can be coupled in a
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straightforward fashion using chelators like DTPA and DOTA. The biodistribution of
64
Cu-containing micelles was investigated in vivo with PET imaging by Pressly et al.
using a DOTA-conjugated poly (methyl methacrylate-co-methacryloxysuccinimidegraftpoly(ethylene glycol)) (PMMA-co-PMASI-g-PEG) micellar formulation chelated
with 64Cu, which demonstrated increased blood circulation and low accumulation in
excretory organs [81, 82].

POLYMERIC MICELLES FOR MRI
A lot of work has been conducted for the development of micellar MRI contrast agents.
Two approaches that have been frequently used are the incorporation of iron oxide
particles in micelles or the use of chelators for complexation of paramagnetic metals
to the hydrophilic block of micelle-forming block copolymers. The complexation of
paramagnetic ions is commonly performed through a chelating moiety, such as DTPA
and DOTA. A recent example of this approach is the work of Shiraishi et al., who
prepared DOTA-grafted PEG-b-poly(L-lysine) micelles with gadolinium and showed
a 2-fold relative signal intensity increase in tumor-bearing mice which was maintained
for 48 h [83]. Hydrophobic iron oxide particles have been encapsulated in a number
of different micellar formulations to enhance their circulation time. Talelli et al. used
micelles consisting of a hydrophobic domain of biodegradable block copolymers
of mPEG-b-poly[N-(2-hydroxypropyl) methacrylamide dilactate] to encapsulate
superparamagnetic iron oxide nanoparticles (SPIONs with a size around 5 nm) (Fig.
4) [84]. The particles were stable, and the MRI characteristics of the iron oxide particles
were retained. Khemtong et al. incorporated SPIONs (size around 10 nm) in PEG-bPLA micelles and proposed an off-resonance saturation method for MRI as a useful
tool to enhance contrast effects of the superparamagnetic polymeric micelles [85].
Lu et al. prepared mPEG-b-PCL micelles to encapsulate manganese-doped SPIONs
(size around 10 nm). It was found that the T2-weighted signal intensity in mouse liver
decreased about 80% at 5 min after i.v. administration in a time window of 36 h for
enhanced-MRI, which can strongly improve the contrast between small lesions and
normal tissues [86]. A relatively new class of MRI contrast agents are fluorine-19 (19F)containing contrast agents. 19F nuclei behave similar to 1H nuclei in a magnetic field
and can be visualized on clinical MRI systems [87]. The advantage of 19F MRI is the
near absence of a background signal, since the endogenous 19F concentration in the
body is very low. The use of 19F-loaded particulate systems for contrast enhancement
on MRI has emerged within recent years, since the specific 19F hardware has become
increasingly available on clinical MR scanners [87], allowing clinical evaluation of
fluorine particulate systems. Currently, perfluorocarbons like perfluorooctylbromide
and perfluoropolyether are the most commonly used 19F contrast agents [88, 89].
These compounds, however, have a poor aqueous solubility and are administered
as emulsions. As an alternative, self-assembling fluorinated block copolymers have
been synthesized. These block copolymers composed of a hydrophilic PEG and a
hydrophobic block containing 19F form micelles in aqueous solution and showed
promising imaging results in vitro [90, 91], but need to be further investigated in vivo.

MICELLES FOR CT IMAGING
The relatively high concentration of contrast agent required for CT makes this
imaging modality less suitable for molecular imaging. However, by extending the
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circulation time of contrast agents and/or by targeting them to the tissue of interest,
this drawback might be overcome. Torchilin et al. developed micelle-based CT iodinecontaining micelles (mPEG-b-iodolysine, iodolysine is iodine-substituted poly-LFig. 4. TEM image of SPION-loaded
micelles containing 1 mg mL-1 SPIONs
and 0.9 mg mL-1 mPEG-b-p(HPMAmLac2) at high magnification [84].

2

lysine) which were used as so-called blood pool agents [92]. Clinical applications
like minimally invasive angiography and image guidance of minimally invasive
procedures could benefit from a long-circulation intravascular contrast agent. Micelles
modified for tumor imaging using CT have not been reported to date. Nevertheless,
CT is particularly suitable to merge with SPECT or PET images. This combines the
specificity of nuclear medicine with the anatomical information from CT and will
significantly increase the applicability of nuclear imaging [71].

Triggered Release of Polymeric Micelles
Drug release from micelles is governed by the rate of drug diffusion, the partition
coefficient, micelle stability and rate of biodegradation of the copolymers [93]. Other
factors that influence the release are the drug concentration within the micelles,
the length of the hydrophobic polymer, the molecular weight, the physicochemical
characteristics of the drug and the localization of the drug within the micelles
[94]. Drug release from micelles at the targeted area can be enhanced by applying
an internal or external trigger. Several methods for triggered release have been
described, including pH-sensitive, thermosensitive, ultrasound-sensitive and lightsensitive micelles [95].

pH-SENSITIVE MICELLES
Differences in pH between healthy tissue and tumor tissue, as well as the acidic
environment in endosomal and lysosomal compartments, can be exploited as an
internal stimulus for triggered drug release [96, 97]. The pH in healthy extracellular
compartments (pHe) is 7.4, while the intracellular (pHi) is around 7.2. The pH in tumor
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tissue is slightly lower, around pH 6.8, due to the high rate of aerobic and anaerobic
glycolysis in cancer cells [17, 98]. Lactate and carbon dioxide, metabolic acid products,
diffuse from the cancer cell into the interstitial fluid. However, due to the impaired
vasculature, impaired lymphatic drainage, and elevated interstitial pressure, the
excretion is retarded, and the metabolic products consequently accumulate [99]. In
the endosomal and lysosomal compartments the pH is even lower, around 5-6, which
can be utilized for triggered drug release directly into the cells. The pH-triggered
release of drugs can be established by protonation of pH-sensitive polymers that form
the hydrophobic core of polymeric micelles at physicological pH. Destabilization
occurs when the protonatable groups become charged below the pKa, leading to
repulsion between the polymer chains, which results in micelle dissociation. Many
examples of protonation of polymers that trigger micelle destabilization have been
reported, including poly(L-histidine), polypyridines, and polysulfonamides [10].
Poly(L-histidine) is the most commonly used pH-sensitive component in micellebased pH-triggered release systems since this polymer contains an imidazole ring
endowing it with pH-dependent amphoteric properties [100]. It has a pKa around
6.5, is biodegradable and has low toxicity [98, 101-106]. Lee et al. prepared micelles,
respectively, based on a triblock copolymer PLA-b-PEG-b-polyHis, which showed
triggered release of doxorubicin when the pH was lowered from 7.4 to 6.0. After 5 h,
40-50% of doxorubicin was released at pH 6.8-6.0, while 60-70% was released after 24
h. Cytotoxicity was 60% at pH 6.8 and 74% at pH 6.0, while only minimal release and
cytotoxicity were observed at pH 7.4 [107]. Polypyridines like poly(2-vinylpyridine)
(P2VP) and poly(4-vinylpyridine) (P4VP) are water-insoluble at neutral or alkalic
pH, but become protonated and thus soluble at pH<5 [10, 108]. A recently developed
micellar formulation containing P2VP has been described by Karanikolas et al. [109].
A triblock copolymer of PEO-b-P2VP-b-PEO was used to demonstrate pH-triggered
micelle destabilization. No drug release studies concerning this micelle formulation,
however, have been reported yet. Another mechanism of pH-triggered release is
based on the use of acid-labile bonds (pH-sensitive polymer-drug conjugates) [18,
110]. Different acid labile bonds such as orthoesters, hydrazones, cis-acotinyl and
acetal have been positioned either in the main chain, at the side chain, or at the
terminal of the core-forming block [111-113]. For example, Bae et al. prepared micelles
based on mPEG-b-poly(aspartate hydrazone doxorubicin) where doxorubicin was
conjugated to the hydrophobic segments through acid-sensitive hydrazone linkers.
Selective release of the drug at endosomal pH and suppressed tumor growth in
mice with enhanced therapeutic efficacy and decreased systemic toxicity compared
to free doxorubicin was reported [114]. Chen et al. prepared micelles with PEG and
an acid-labile polycarbonate [96], and demonstrated that the acetal groups of the
polycarbonate were hydrolyzed, resulting in paclitaxel or doxorubicin release of
60-70% after exposure to mildly acidic conditions (pH 5.0-4.0), respectively, for 10
h. Huang et al. prepared PEG-b-PtNEA micelles based on the orthoester-containing
monomer poly(trans-N-(2-ethoxy-1,3-dioxan-5-yl)acrylamide) (PtNEA) containing
Nile red dye. The micelles remained stable at pH 7.4 but destabilized in mildly
acidic media due to the acid-triggered hydrolysis of the orthoester groups, which
increased the hydrophilicity of PtNEA, resulting in Nile red release [115]. Tang et
al. used polymethacrylamide derivative (PMYM)-bearing orthoester side chains as
pH-sensitive hydrophobic block to prepare PEG-b-PMYM micelles capable of drug
release after exposure to mildly acidic conditions [113].

31

2

CHAPTER 2

THERMOSENSITIVE MICELLES

2

Thermosensitive micelles are based on the lower critical solution temperature (LCST)
or cloud point (CP) of the thermosensitive block of the block copolymer forming
micelle. Below the LCST, a thermosensitive polymer is water-soluble, but above this
temperature the polymer becomes insoluble due to disruption of hydrogen bonds
between water and the polymer chains. The LCST of a polymer can be modulated by
introduction of hydrophobic or hydrophilic comonomers. Hydrophobic monomers
decrease the LCST, while it is increased by hydrophilic comonomers [10]. A
frequently studied polymer for the preparation of thermosensitive micelles is poly(Nisopropylacrylamide) (PNIPAAm), which has a reversible and sharp phase transition.
It switches from a water-soluble hydrophilic polymer to a hydrophobic insoluble
polymer around 32 °C [116, 117]. PNIPAAm can be used either as a hydrophilic
segment or as a hydrophobic segment of polymeric micelles. As hydrophobic fragment,
PNIPAAm is often conjugated to PEG to form stable micelles [118, 119]. The micelles
can be prepared by heating the solution above the LCST of PNIPAAm [10, 120]. By
copolymerizing with hydrophilic monomers the LCST of PNIPAAm can be increased,
making it suitable as hydrophilic segment for heat-triggered release. Three monomers
that have been investigated in combination with PNIPAAm are acrylamide (AAm),
hydroxymethylacrylamide (HMAAm), and dimethylacrylamide (DMAAm). It was
found that that copolymers of PNIPAAm with these hydrophilic monomers can have an
LCST above body temperature [121]. Various preclinical studies have been conducted
with thermosensitive micelles, as shown in Table 3. Additionally, thermosensitive
micelles have been developed which are not based on PNIPAAm as thermosensitive
segment. For instance, micelles based on poly(N-vinylcaprolactam)-b-poly(ethylene
glycol)-folic acid (PNVCL-b-PEG-FA) micelles with a LCST of 33 °C were prepared. At
37 °C, the micelles showed a slow sustained release profile of the entrapped 5-FU up
to 30 h (around 80% was released) [128]. Poly(N-(2-hydroxypropyl)methacrylamide)
(PHPMAm) is a hydrophilic, non-immunogenic and biocompatible polymer which
can be hydrophobically rendered by esterification with lactic acid [129]. Soga et al.
demonstrated that the lower critical solution temperature (LCST) of PHPMAmlactate can be well-controlled between 10 °C and 65 °C by the length of the lactate
side group and copolymer composition [130]. It was shown that polymeric micelles
composed of PEG-b-PHPMAm-dilactate gradually dissolved due to hydrolysis of the
lactic acid side groups [131]. PEG-b-PHPMAm-Lac micelles containing 2 mg mL-1
paclitaxel which destabilized after around 1 week at physiological conditions were
developed [132]. In vivo, the antitumor efficacy of this micelle formulation in B16F10
tumor-bearing mice after i.v. administration was comparable with the Cremophor EL
formulation of paclitaxel but evaded the toxicological side effects originating from
Cremophor EL [8, 9]. However, no significant accumulation of micelles in tumor
tissue was observed after 24 h, probably caused by premature micelle destabilization.
Low stability in the systemic circulation is one of the problems that may arise after
i.v. administration of polymeric micelles. In vitro studies showed that the addition of
either human albumin or serum to drug-loaded micelles substantially decreased their
stability, leading to rapid release of the encapsulated drug [133, 134]. Additionally, the
micelles may be diluted below their CMC after i.v. administration, which also leads
to premature micelle destabilization [135, 136]. An increased micellar stability can be
established by either physical or chemical crosslinking of the shell, the intermediate
layer or the core of the micelles [137, 138]. This way, the circulation time of the micelles
can be enhanced. Crosslinking also enables controlled release of the entrapped drug,
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Table 3: Overview of thermosensitive polymeric micelles, which contain PNIPAAm as thermosensitive
fragment
Micelle type

LCST

Results preclinical studies

P(NIPAAm-coDMAAm)-b-PDLLA

40 °C

At 37 °C slow doxorubicin release, at 42.5 °C triggered release
in vitro [119]

P(NIPAAm-coDMAAm)-b-PLGA

39 °C

Below the LCST stable micelles, enhanced paclitaxel release in
vitro at 39.5 °C compared to 37 °C [120]
Higher cytotoxicity in vitro at 39.5 °C compared to free paclitaxel
[120] or free doxorubicin [121] above LCST

P(NIPAAm-co-AAm)b-PDLLA

41 °C

Enhanced cytotoxicity at 43 °C compared to free docetaxel, and
lower cytotoxicity at 37 °C, higher LD50 and higher efficacy in
vivo [122]

PMMA-bP(NIPAAm-coPEGMEMA)-bPMMA

39 °C

Below the LCST the micelles expand, while above the LCST the
hydrophilic block shrinks. Release of folic acid (used as model
drug) increased at 41 °C compared to 37 °C in vitro [123]

P(NIPAAm-coDMAAm)-b-(PDLLAco-PCL)

40 °C

Significant increased doxorubicin release in vitro after 10 h
exposure to 41 °C compared to temperatures below the LCST
[124]

PDLLA, poly(D,L-lactic acid); PLGA, poly(D,L-lactide-co-glycolide); MEMA, methyl ether methacrylate;
PMMA, poly(methyl methacrylate); PCL, poly(ε-caprolactone).

whereas the stimuli responsiveness of the micelles is not affected [139, 140]. Rijcken et
al. prepared core-crosslinked thermosensitive micelles based on N-(2-hydroxyethyl)
methacrylamide (HEMAm) block copolymers which were derivatized with various
monodisperse oligolactates (HEMAm-Lacn). Part of the hydroxyl end groups of the
lactic acid groups were derivatized with methacrylic acid to allow crosslinking of
the micellar core by radical polymerization [137]. These core-crosslinked micelles
showed an excellent physical stability and a superior circulation profile compared to
non-crosslinked micelles. More than 50% of the micelles still resided in the circulation
6 h post-injection, and an increased tumour accumulation was observed. Hence, two
promising approaches have been developed regarding thermosensitive micelles.
First, micelles consisting of a hydrophilic block copolymer with an LCST above 37
°C are able to release their content after the induction of mild hyperthermia, which,
for instance, can be induced by (focused) ultrasound. Second, stabilized, crosslinked
micelles derivatized with lactate side chains are very attractive for controlled release
of anticancer drugs at 37 °C upon i.v. administration.

ULTRASOUND-RESPONSIVE MICELLES
Ultrasound with a frequency higher than 20 kHz can be used to generate ultrasonic
waves in tissue [141]. In general, exposure of tissue to ultrasound results in two effects:
hyperthermia (thermal effects by absorption of energy), and non-thermal effects
associated with oscillating or cavitating bubbles [142]. A favorable characteristic
of ultrasound is noninvasive deep penetration in the body which can be focused
and controlled. Additionally, ultrasound can facilitate absorption and membrane
passage of drugs [141-144]. Exposure of micelles to ultrasound has been reported for
triggered drug release in tumor tissue [142]. Several studies suggest that drug release
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is triggered due to disruption of the carrier and the formation of micropores in cell
membranes, facilitating passive diffusion and intracellular accumulation of the drug
[145]. The abrupt compression and expansion of the fluid in the shockwave caused
by the collapse of microscopic gas bubbles that are present in the body results in
shear stress which in turn disrupts micelles and permeabilizes cell membranes [143].
The increased permeability of the cell membrane is induced by cavitation, defined
as the oscillation of bubbles in an acoustic field, and allows direct passage of the
therapeutics into the cytosol [146]. When ultrasound is applied, several factors should
be considered: time of application, application procedure (continuous or pulsed with
different exposure times), lipophilicity and concentration of the drug, ultrasound
frequency, and power density [145, 147]. The appropriate frequency, power density and
pulse duration depend on the location of the tumor. High frequencies (1-3 MHz) have
higher power densities and can be more narrowly focused, making them suitable for
small superficial tumors. Low frequencies (20-100 kHz), on the other hand, are able to
penetrate deeper into the body and are therefore more appropriate for deeply located
tumors, but can also damage healthy tissue and organs due to a strong cavitation
effect [148-150]. The most frequently studied micelles for ultrasound-triggered release
are based on Pluronic P105, a (PEO)37-(PPO)56-(PEO)37 block copolymer [150]. These
micelles showed increased drug release upon exposure to ultrasound [142, 151], which
makes them attractive drug delivery systems for triggered release. However, upon
administration, Pluronic P105-based micelles dissociated quickly, which resulted in
micelle disintegration and premature drug release [152]. Therefore, it is important
to increase their stability, which can be achieved by adding stabilizing agents.
PluroGel is an example of Pluronic P105 micelles stabilized with the crosslinking
agent N,N-diethylacrylamide (NNDEA) [149, 153]. The formed interpenetrating
network is a thermally reversible nanogel which expands below 31 °C and enables
drug loading at room temperature. When the temperature increases above 31 °C,
the network contracts and collapses into a tight hydrophobic core in which the drug
is entrapped. Husseini et al. demonstrated that although the micellar formulation
was stabilized with NNDEA, the release of doxorubicin in response to 70 kHz
ultrasound was similar compared to non-stabilized P105 micelles [148, 151, 154-157].
Nelson et al. introduced a colon carcinogen tumor cell (DHD/K12/TRb) into the hind
limbs of BDIX rats which were then treated weekly with stabilized micelles or free
doxorubicin by i.v. administration [153]. Application of 20 and 70 kHz low-frequency
ultrasound significantly reduced the tumor size as compared to noninsonated
controls. Additionally, a significant reduction was also found in tumors treated with
free doxorubicin, which can be ascribed to the enhancement of passive diffusion as
this is associated with the use of ultrasound [145]. Micelles based on Pluronic P105
can also be stabilized by introducing a PEG-diacylphospholipid like 1,2-distearoyl-snglycero-3-phosphoethanolamine-N-[methoxy-(polyethylene glycol)-2000] (mPEG2000DSPE) in a 1:1 ratio to decrease the CMC, as was demonstrated by Gao et al. [142,
149, 153, 158-160]. In vivo studies demonstrated that exposure of both stabilized
and non-stabilized Pluronic P105 micelles loaded with doxorubicin or 5-FU to lowfrequency ultrasound resulted in enhanced drug concentrations in tumor tissue and
a significant decrease in tumor volume compared to mice which were not treated
with ultrasound. However, the release of doxorubicin from non-stabilized Pluronic
P105 micelles was around 3 times higher as compared to stabilized micelles (10% and
3%, respectively), and they were more susceptible to the shearing forces associated
with cavitation [142, 159, 161, 162]. Nevertheless, drug release was observed each
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Table 4: Overview of non-Pluronic ultrasound responsive micelles
Micelle type

Characteristics and results

PEG-b-PBLA

8-fold increase of intracellular doxorubicin uptake after 30 s ultrasound
application (1 MHz) in mice bearing ovarian cancer (A2780) cells [156]

PEO-b-PNHL

Micelle half-life in the systemic circulation can be tailored by composition
modifications [139, 158]
Lactate esters are hydrolyzed and the PNHL block becomes hydrophilic and
doxorubicin was released after 70 kHz application [139, 158]

PEO-bPTHPMA

Ultrasound (1 MHz) application resulted in hydrolysis of acetal bonds and
cleavage of THP groups [160]

PEG-b-PLLA

Irreversible break of PEG and PLA linkage after ultrasound application (1.1
MHz) by cavitation and subsequent Nile red release [161]

PEG-co-PLAtocopherol

Improved drug uptake after 30 s ultrasound application (1 MHz) in tumor in
mice and regression of drug-resistant breast cancer (MCF7/ADm tumors) [143,
146]

PBLA, poly(β-benzyl-L-aspartate); PNHL, copolymer of poly(N-isopropylacrylamide) and
polylactate esters of hydroxyethyl metacrylate (HEMA-lactate); PTHPMA, poly(tetrahydropyranyl-2methacrylate); PLLA, poly(L-lactic acid).

time ultrasound was applied. Therefore, pulsed ultrasound can theoretically release
all of the encapsulated drug from the stabilized micelles, while their stability in the
circulation is much better as compared to non-stabilized micelles [146]. Non-Pluronic
micelles have also been investigated for ultrasound-triggered release, as summarized
in Table 4. Although promising studies have been performed with low-frequency
ultrasound-sensitive micelles, low-frequency ultrasound cannot be focused and
results in damage of healthy tissues due to cavitation, which restricts its practical
clinic use [164]. Cavitation also occurs with high ultrasonic intensities, although
this effect is less prominent than low-frequency ultrasound. High-intensity focused
ultrasound (HIFU) has been studied extensively in combination with MRI, and,
importantly, recent studies have shown that ultrasound-induced hyperthermia can
be controlled using MRI thermometry [165, 166], which makes this technique suitable
for triggered drug release from both thermo- and ultrasound-sensitive micelles. We
therefore consider high-frequency focused ultrasound preferable over low-frequency
ultrasound for triggered drug release.

LIGHT-RESPONSIVE MICELLES
Light can be used as an external stimulus for micelle disintegration and offers the
possibility to locally destabilize micelles in the body [167]. This increases the specificity
of drug delivery. Particularly, ultraviolet (UV) and near-infrared (NIR) light can be
used to trigger release. However, UV light is not able to penetrate deeply into the
body because of absorption by the skin, yet it can trigger drug release for topical
treatment of the skin and mucosa. NIR is able to penetrate deeper, up to 10 cm, in the
body, because hemoglobin (the principal absorber of visible light), water and lipids
(the principal absorbers of infrared light) have low absorption in the NIR region (650900 nm) [167-169]. Micelles can be rendered light-sensitive and thus deliver drugs in
response to light by incorporation and/or conjugation of a chromophore structure
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in/to the hydrophobic polymer [167]. When light-sensitive micelles are illuminated,
the hydrophilic/hydrophobic balance changes and the micelles dissociate. In general,
there are two types of reactions associated with light-induced micelle destabilization.
First, the photoreaction of a chromophore can change the polarity of the hydrophobic
polymer reversibly, which causes subsequent micellar destabilization. When the
photoreaction stops, the initial polarity is returned and the micelles are re-established
(Table 5) [167, 170]. A second photoreaction that might occur upon illumination of
light-sensitive micelles with UV or NIR is established by the irreversible cleavage
of a photolabile group from the hydrophobic block, converting it into a hydrophilic
polymer leading to micellar destabilization [167]. Table 6 summarizes irreversible
light-response micelles that have been investigated. Although promising results have
been achieved with destabilization of micelles upon light exposure, no in vivo studies
with drug-loaded micelles have yet been performed.
Table 5: Overview of light-sensitive chromophores, which enable reversible light response
Chromophore

Light response

Cinnamoyl

Ionization: isomerization to more hydrophilic species due to the electric
charge generation or dimerization [168, 169]

Azobenzene

Isomerization: upon UV irradiation, the compound in the trans
conformation, having no dipole moment, is reversibly converted to the cis
conformation with a dipole moment [164, 167, 170]
Examples are: NNDMA, MOAB and the light-sensitive micellar formulation
with hydrophilic P(tBA-co-AA) and hydrophobic PAzoMA [164, 170]

Spirobenzopyran

Zwitterion: colorless spiropyran is converted into colored merocyanin
upon UV (365 nm) irradiation and re-established under visible light (620
nm) [168]

Diarylethenes

Photocyclization: configuration of a ring system as a result of the formation
of one new single bond [171]

Fulgides

Photochromism: switch from open colorless state to colored cyclic state
[172]

Overcrowded
alkenes

Chiroptical switch: switch to another conformation [173]

NNDMA, N,N-dimethylacrylamide; MOAB, methacryloyloxyazobenzene; P(tBA-co-AA), poly(tertbutyl acrylate-co-acrylic acid); PAzoMA, poly(azobenzene methacrylate).

MULTIFUNCTIONAL POLYMERIC MICELLES
Currently, increasing attention in micelle-based anticancer therapy is given to
multifunctional micelles containing at least two out of three features regarding
targeting ligands, imaging agents or triggered release. The combination of imaging
agents and triggered release enables micelle tracking in the body and on-command
triggered release once the micelles reach their target area, while combining active
targeting and triggered release results in more efficient drug delivery. For
multifunctional micelles, only pH-sensitivity as triggered release mechanism has
been investigated in combination with active targeting. Kataoka et al. prepared
doxorubicin-loaded, pH-sensitive polymeric micelles equipped with folate-ligands.
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Table 6: Overview of irreversible light-responsive micelles and their cleavage mechanism
Micelle
composition

Photolabile group

Light
source

PEG-PPyMA

1-pyrenylmethyl

UV

Pyrenylmethyl ester is cleaved: PPyMA à
PMA + 1-pyrenemethanol [164, 174]

PEG-b-PNBMA

2-nitrobenzylmethyl

UV/
NIR

PNBMA à PMA + 2-nitrosobenzoldeyde
[164]

PEG-b-P(MADEACM)

DEACM

UV/
NIR

Cleavage DEACM [175]

n/a

3,5-DMB

UV

Cleavage ester of 3,5-DMB [176]

Cleavage mechanism

PPyMA, poly(1-pyrenylmethyl methacrylate); PMA, poly(methacrylic acid); PNBMA, poly(2nitrobenzylmethyl methacrylate); DEACM, coumarin chromophore (7-[diethylamino]coumarin-4-yl)
methyl; 3,5-DMB, 3,5-dimethoxybenzoin; n/a, not applicable.

In an in vitro study with human pharyngeal cancer cells, cytotoxicity of folate-bound
micelles was 8-fold higher than that of non-targeted pH-sensitive micelles [180]. An in
vivo study with mice showed that after i.v. administration the folate-equipped micelles
resulted in a therapy that was substantially better than that of free doxorubicin and
micelles without folate conjugation [181]. The research group of Bae successfully
prepared pH-sensitive micelles bearing targeting ligands. For example, doxorubicinloaded poly(L-histidine)-b-PEG-b-PLLA micelles were conjugated with folic acid for
active targeting to overcome multidrug resistance [182]. It was shown that when the
micelles were internalized by folate receptor-mediated endocytosis, the poly(Lhistidine) block became protonated at endosomal pH, resulting in micelle
destabilization and subsequent release of the drug into the cytosol by disruption of
the endosomal membrane [104, 182]. In this way, drug interaction with the
P-glycoprotein transporter, present in the cellular membrane and the major cause of
multidrug resistance, is minimized [98]. In mice, these pH-sensitive micelles had
significantly better antitumor effects as compared to pH-insensitive micelles [104,
182]. The same group also developed a pH-dependent doxorubicin-loaded poly(Lhistidine)-b-PEG-b-PLLA micelle formulation by conjugating biotin, an example of a
non-specific cell-penetrating peptide, to the hydrophilic shell of the micelles [101]. In
MCF-7 cells, internalization of biotin-conjugated micelles was significantly higher at
pH 7.0 as compared to pH 7.4. At pH 6.8, micelle destabilization and enhanced
doxorubicin release was observed. A more advanced approach is defined by an active
targeting micellar system shielded with a pH-sensitive compound. Bae’s group
conjugated trans-acting activator of transcription (TAT) peptide to PLLA-b-PEG-bPSD micelles for intracellular delivery of drugs in tumor cells. At pH 7.4, the anionic
PSD (poly(methacryloyl sulfadimethoxine)) is complexed with cationic TAT coupled
to the distal end of the PEG block. When the pH decreases below 6.8, the sulfonamide
groups lose their charge and detach, resulting in micelles which expose TAT at their
surface, which subsequently facilitates cellular uptake of the micelles. This is referred
as the ‘pop-up’ mechanism (Fig. 5) [183] and reduces the circulation half-life problems
as observed with active targeting systems, since the micelles only expose the TAT
peptides at the tumor site. In vitro studies with MCF-7 cells and in vivo studies in
BALB/c mice with drug-resistant solid tumors resulted in effective treatment and
significant tumor regression [184]. Yang et al. investigated folate-based active targeting
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of PEG-b-poly(malic acid)-co-poly(ε-caprolactone) (PEG-b-PMA-co-PCL) micelles in
combination with pH responsiveness. In mouse mammary carcinoma cells,
doxorubicin uptake by tumor cells and cytotoxicity were enhanced compared to nontargeted micelles [185]. Wu et al. prepared pH-sensitive polymeric micelles which
were conjugated with AP peptide (CRKRLDRN, which has a very specific binding

2
Dissociated,
Oligo sulfonamide

TAT
PEG Chain
Oligo sulfonamide

Fig. 5. Schematic model of the ‘pop-up’ mechanism-based micelle formulation. The carrier system
consists of two components, a PLLA-b-PEG micelle conjugated to TAT and a pH-sensitive diblock
polymer PSD-b-PEG. At normal blood pH, the sulfonamide groups are negatively charged,
binding via electrostatic interactions to the TAT units, thereby shielding these groups (a). When
the system experiences a decrease in pH (near tumor) sulphonamide looses charge and detaches,
thus exposing TAT for interaction with tumor cells (b) [183].

affinity to IL-4 receptors of atherosclerotic plaques and breast tumor tissue), and
demonstrated a significant increase in delivery of doxorubicin and tumor reduction
in MDA-MB231 human breast tumor-bearing mice compared to non-targeted micelles
and free doxorubicin [186]. As was shown in these studies, the combination of active
targeting and triggered release resulted in superior cytotoxicity and antitumor
activity as compared to non-multifunctional micelles. However, it would be interesting
to also include other options for triggered release in combination with active targeting.
For instance, temperature- or ultrasound-sensitive micelles can be triggered to release
their content after exposure to HIFU and, if combined with active targeting, would
result in an efficient, well-controlled drug delivery system. Another combination of
strategies in micelle-based drug delivery is active targeting and imaging. In this way,
the micelles can be tracked throughout the body, and the micelle deposition at the
target site can be determined. Rossin et al. tracked the biodistribution of poly(acrylic
acid-b-methyl acrylate) (PEG-b-PAA-b-PMA) shell-crosslinked micelles (SCKs) with
autoradiography of the 64Cu-labeled micelles, but did not find any significant higher
uptake of folate-conjugated micelles compared to non-targeted micelles in KB tumor
cell xenograft-bearing mice. This was ascribed to the presence of necrotic areas in big,
fast-growing tumors, which hampered extravasation of the micelles into tumor tissue
[187]. However, folate receptor-mediated uptake of the SCKs in very small tumors
was observed, suggesting the possible use of radiolabeled SCKs as drug delivery
systems for imaging and treatment of early-stage tumors. EGF-receptor-targeted
PEG-b-PCL micelles labeled with 111In were developed by Lee et al. [77]. Images taken
with micro-SPECT/CT showed that the intratumoral distribution of both targeted and
non-targeted micelles was heterogeneous and positively correlated with tumor
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Table 7: Multifunctional micellar formulations
Block copolymer

Targeting
ligand

Imaging agent

Trigger

Drug

Ref.

PEG-b-PBLA

Folate

n/a

pH

Dox

[177, 178]

poly(L-histidine)-bPEG-b-PLLA

Folate

n/a

pH

Dox

[179]

poly(L-histidine)-bPEG-b-PLLA

TAT

n/a

pH

Dox

[98, 180,
181]

PEG-b-PMA-co-PCL

Folate

n/a

pH

Dox

[182]

PEG-b-PDLLA

CRKRLDRN

n/a

pH

Dox

[183]

PEG-b-PAA-b-PMA

Folate

64

Cu
(autoradiography)

n/a

n/a

[184]

PEG-b-PCL

EGF

111

In (SPECT/CT)

n/a

n/a

[74]

PEG-b-PDLLA

LCP

SPIO (MRI)

n/a

Dox

[185]

PEG-b-PDLLA

CRGD

SPIO (MRI)

n/a

Dox

[186]

PEG-b-PCL

Folate

SPIO (MRI)

n/a

Dox

[187]

PBLA, poly(β-benzyl-L-aspartate); n/a, not applicable; TAT, trans-acting activator of transcription; PCL,
poly(ε-caprolactone); PMA, poly(malic acid); PAA-b-PMA, poly(acrylic acid-b-methyl acrylate); LCP,
lung cancer-targeting peptide.

vascularization. Enhanced accumulation in tumor tissue was observed with the
targeted micelles (T-BCM) compared to non-targeted micelles (NT-BCM) (Fig. 6). In a
recent in vitro study, Guthi et al. described a multifunctional methoxy-terminated
PEG-b-PDLLA micelle system that is encoded with a lung cancer-targeting peptide
(LCP) and loaded with SPIONs together with doxorubicin for MR imaging and
therapeutic delivery, respectively [188]. A significantly increased cell targeting,
micelle uptake, superb T2 relaxivity for ultrasensitive MR detection and cell
cytotoxicity in αvβ6-expressing lung cancer cells were shown. Previously, the same
micelles were conjugated with a cRGD ligand that can target αvβ3 integrins on tumor
endothelial (SLK) cells [189], resulting in ultrasensitive detection by MRI and growth
inhibition of tumor SLK cells. Hong et al. prepared a micellar formulation consisting
of folate-conjugated PEG-b-PCL loaded with doxorubicin and SPIONs. In vitro studies
with human hepatic carcinoma cells (Bel 7402 cells, which over-express surface
receptors for folic acid) showed a significant inhibition in proliferation compared to
non-targeted micelles [190]. Moreover, MR imaging revealed detection of the targeted
micelles in the cells. These studies indicated the advantages of image-guided drug
delivery. Diagnostics are considerably improved and drug delivery efficiency is
significantly enhanced by the combination of active tumor targeting and imaging.
Table 7 summarizes the micellar formulation characteristics combining different
approaches.Despite the promising results in multifunctional micellar drug delivery
research, the combination of all three features has not been investigated yet. Upcoming
research should be focused on the development of even more advanced micellar
systems to improve their efficacy. The aim is to get the highest drug concentration to
the tumor tissue as possible which can be monitored by imaging to verify the absolute
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Fig. 6. MicroSPECT/CT images illustrating the whole-body biodistribution of the non-targeted
block copolymer micelles (NT-BCM) and targeted block copolymer micelles (T-BCM) labeled
with 111In, in MDA-MB-468 tumor-bearing mice that were injected intravenously at a dose of 250
mg kg-1 of PEG-b-PCL copolymer. The maximum intensity projection and the tumor transverse
slice images were acquired at 48 h post injection. The tumor transverse slices shown represent
consecutive sections of the tumor at an approximate thickness of 4 mm section-1 [77].

released drug concentration at the target site. This will result in personalized systems
which are guided by multimodality imaging techniques.

CONCLUSION AND FUTURE PERSPECTIVES
A multitude of preclinical studies on multifunctional micelles has been published,
which showed that micelle-based drug delivery is advantageous over free drug
delivery in laboratory animals, resulting in less adverse effects and toxicity in nontargeted areas. Until now, five (passively targeted) micelle products for anticancer
therapy have been investigated in clinical trials, of which one has been granted
FDA-approval (Genexol-PM) to be used in patients with breast cancer. To fully
exploit the clinical possibilities of this new generation of nanomedicines, further
development is required regarding drug loading and retention, circulation kinetics,
tumor accumulation, target cell uptake and intracellular drug release. Additionally,
the combination of multiple mechanisms for micelle-based drug delivery in
anticancer therapy, characterized by active targeting, imaging and triggered
release offers challenging opportunities to improve therapeutic efficacy. Despite
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the interesting approaches for multifunctional drug-loaded micellar formulations,
many opportunities have not been explored yet. Frequently used anticancer drugs
like paclitaxel, cisplatin and 5-FU have to be investigated for multifunctional micellebased anticancer therapy. Moreover, no multifunctional micelles based on light- or
ultrasound-triggered release have been prepared yet, and only a few multifunctional
micelle formulations which are able to release their content after being exposed
to mild hyperthermia have been evaluated. Since imaging is an important tool to
investigate biodistribution and release profiles, imaging agents should be included
in the new generation of multifunctional micelles. The next step is to implement
these micellar formulations in clinical anticancer therapies. Therefore, it is important
that the micellar formulations comply with the Pharmacopeia and that preparation
of the micelles can be performed under GMP conditions. Clinical studies require
multidisciplinary expertise at different levels in which a close corporation between
researchers and clinicians is essential. Labeling of micelles with a radioactive tracer
allows tracking of the administered dose. For that reason, it is not only an attractive
tool for in vivo biodistribution studies, but it can also be exploited as theranostics
in patient treatment to develop individual-based therapy. Dosimetry can be used to
adjust the dose to the patient since the amount of radioactivity in the tumor tissue
then correlates linearly with the local drug concentration, provided that both drug
and contrast agent are stably associated in the micelle during circulation. A scout dose
can be administered to the patient to investigate the tumor-to-non-tumor ratio, and
depending on factors like tumor type, size and responsiveness, an optimal treatment
dose can be calculated. Next to conventional MRI and nuclear imaging, also the
chemical exchange saturation transfer (CEST) modality can be exploited for imaging
purposes in micelle-based drug delivery. The CEST modality is a recently introduced
MR-derived imaging procedure which is based on the use of CEST agents containing
one or more exchangeable proton pools [191, 192]. Radiofrequency irradiation of
the resonance of the mobile protons results in a saturated magnetization. Due to
chemical exchange, the saturated magnetization is transferred to the water signal.
The major advantage of CEST agents over conventional MRI is that the signal can
be generated locally. Once CEST agents are encapsulated into micelles, the coating
will initially prevent signal enhancement, but after release the contrast agents will
come into contact with their surroundings and exchange protons with the bulk water
protons, which reduces the signal intensity, resulting in negative contrast [193]. At
this moment, no micelle-based CEST agents have been developed, but the hopeful
prospect will certainly lead to the exploration of this research area. The versatility of
micelle-based drug delivery and the large number of promising preclinical studies
describing numerous approaches to optimize these nanomedicines will bring the
development of a ‘magic bullet’ a major step forward. Now it is time to bring this
potential into clinical practice.
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ABSTRACT
Continuous wave- (CW), low frequency, high intensity focused ultrasound (HIFU) is
a promising modality to trigger release of active compounds from polymeric micelles.
The aim of the present study was to investigate whether high frequency CW- as well
as pulsed wave- (PW) HIFU can induce the release of a hydrophobic agent from
non-crosslinked (NCL) and core crosslinked (CCL) poly(ethylene glycol)-b-poly[N(2-hydroxypropyl) methacrylamide-lactate] (mPEG-b-p(HPMAm-Lacn)) micelles. It
was shown that high frequency CW- as well as PW-HIFU was able to trigger the
release (up to 85%) of the hydrophobic compound Nile red (NR) from NCL and CCL
micelles. No changes in size distribution of the micelles after CW- and PW-HIFU
exposure were observed and no degradation of the polymer chain had occurred. We
therefore hypothesize that the polymeric micelles are temporally destabilized upon
HIFU exposure due to radiation force induced shear forces, leading to NR release on
demand.
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In recent years, there is a growing interest in using nanosized drug-loaded carriers
(‘nanomedicines’) to improve (cancer) treatment [1-3]. These drug carriers aim for a
reduced systemic toxicity and an improved efficacy of particularly chemotherapeutic
drugs. Among the different drug carriers such as liposomes, polymeric micelles are
one of the most promising drug carrier systems. The water solubility of hydrophobic
drugs can be increased by loading them into the hydrophobic core of micelles,
resulting in improved bioavailability. In addition, premature degradation of the
drug is minimized. Furthermore, their submicron size (10-200 nm) allows them to
accumulate in the tumor tissue via the enhanced permeability and retention (EPR)
effect [4-10]. Triggered release of micelle-loaded drugs may lead to a high local drug
concentration at the aimed site. Over the past decades, several types of internal and
external triggers have been investigated to release drugs from their nanosized carrier
systems, including light, temperature and pH [11-15]. Recently, high intensity focused
ultrasound (HIFU) has been proposed as a modality for triggered release of active
compounds from polymeric micelles as well as other nanocarriers [16-18]. Ultrasound
is a mechanical wave that transports energy through a medium and which can be
focused within a volume of about 10 mm3 in deep tissue (~10 cm). The interactions
of the ultrasound waves with tissue may lead to local heating and mechanical stress
(i.e. cavitation, radiation force) depending on characteristics of the ultrasound wave
(i.e. continuous wave versus pulsed wave ultrasound, frequency and intensity) [1921]. Husseini et al. and Rapoport et al. have shown that low frequency (20-90 kHz)
continuous wave- (CW) ultrasound can be used to release hydrophobic agents from
non-stabilized as well as stabilized pluronic micelles [22, 23]. Ultrasound-induced
release of chemotherapeutic agents from pluronic micelles has shown to be effective
in killing cancer cells in vitro as well as in vivo [24, 25]. However, low frequency
ultrasound is associated with unwanted cavitation in healthy tissue and can be less
focused in one point, therefore clinical applications are restricted to some extent
[26-28]. Recently, it has been shown that high frequency CW ultrasound (1.1 MHz)
might also be used for triggering drug release from block copolymer micelles [2931]. It was reported that cavitation caused the accelerated degradation of the micelle
forming PLA-b-PEG copolymer resulting in destabilization of the micelles and release
of the hydrophobic payload. Although the use of high frequency HIFU reduces the
possibility of unwanted cavitation, the use of CW-HIFU can lead to tissue heating
in vivo. In contrast, when using pulsed wave- (PW) HIFU, the ultrasound wave is
only transmitted repetitively during a short period of time, followed by a long time
period of no transmission thereby evading tissue heating. The aim of the present
study is to investigate whether high frequency CW- as well as PW-HIFU can induce
the release of the hydrophobic model compound Nile red (NR) from non-crosslinked
(NCL) and core crosslinked (CCL) poly(ethylene glycol)-b-poly[N-(2-hydroxypropyl)
methacrylamide-lactate] (mPEG-b-p(HPMAm-Lacn)) micelles.
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MATERIALS AND METHODS
MATERIALS
Tetrahydrofuran (THF) and methanol (MeOH), both of analytical grade, were
purchased from Biosolve Ltd. (Valkenswaard, the Netherlands). THF was purified by
reflux distillation over sodium and stored with molecular sieves. Triethylamine was
obtained from Merck (Darmstadt, Germany). Nile red (NR), potassium persulfate
(KPS) and tetramethylethylenediamine (TEMED) were purchased from Sigma
Aldrich (Zwijndrecht, the Netherlands). All buffers were filtered through a 0.22 μm
filter prior to use.

BLOCK COPOLYMER SYNTHESIS
Block copolymers composed of pHPMAm-Lacn (various mono- and dilactate ratios)
as thermosensitive block and mPEG5000 as hydrophilic block were synthesized by
radical polymerization using (mPEG5000)2-ABCPA as macroinitiator (ratio of monomer
: initiator was 150 : 1) as described previously [32]. The percentage of pHPMAmLac2
in the block copolymer was determined based on the 1H-NMR spectra. 1H NMR
spectra of the polymers were recorded with a Gemini 300 MHz spectrometer
(Varian Associates Inc. NMR Instruments, Palo Alto, CA, USA) before and after
HIFU exposure. NCL micelles (polymer concentration of 10 mg mL-1) in phosphate
buffer (pH 7.4) were freeze dried. The obtained samples were dissolved in DMSO
d6. 1H-NMR (DMSO, d6): 7.5 (b, CO-NH-CH2), 5.5 (b, CH-OH (HPMAmLac2), 5.3
(b, CH-OH (HPMAmLac1), 5.0 (b, CO-CH (CH3)-O), 4.1 (b, CO-CH-(CH3)-OH), 3.6
(b, PEG methylene protons, O-CH2-CH2), 3.4 (b, NH-CH2-CH2), 1.4, (b, CO-CH-CH3),
1.3 (b, HO-CH-CH3), 1.0-0.6 (pHPMAmLacn main chain protons). The percentage of
pHPMAmLac2 in the block copolymer was determined based on the 1H-NMR spectra:
L2 / (L1 + L2) x 100%; ‘L1’ and ‘L2’ are assigned as the protons peaks of the hydroxyl
group of pHPMAmLac1 and pHPMAmLac2, respectively.

METHACRYLATION
Methacrylate groups were coupled to the thermosensitive block of mPEG-bp((HPMAm-Lac1)-co-(HPMAm-Lac2)) by reaction of methacrylic anhydride with part
of the terminal hydroxyl groups of the lactate side chains. The block copolymer (50
mg mL-1) was dissolved in distilled and dried THF. Next, methacrylic anhydride,
triethylamine (equal molar amount relative to methacrylic anhydride), as well as
DMAP (4 eq, relative to polymer), were added. After reaction at room temperature
for 16 h, the reaction mixture was dialyzed (membrane with a weight cut-off of 12-14
kDa) against water and freeze dried. The percentage of -OH groups in the polymer
derivatized with methacrylate groups was determined with 1H NMR in DMSO-d6 as
follows: (((m + n) / 2) / ((m + n) / 2) + L1 + L2) × 100% in which ‘m’ and ‘n’ correspond
with the two protons of the double bond of methacrylate groups attached either
to pHPMAm-Lac1 or pHPMAm-Lac2 chains. ‘L1’ is the proton of the free alcohol
functionality of pHPMAm-Lac1, ‘L2′ is the proton of the free alcohol functionality
of pHPMAm-Lac2, and ‘(m + n) / 2′ the number of derivatized pHPMAm-Lac1 and
pHPMAm-Lac2 chains [33]. The number average molecular weight (Mn) before HIFU
exposure of the block copolymer was determined by 1H NMR from the ratio of the
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integral of the peak at 3.6 ppm (PEG methylene protons) to the integral of the peak at
4.1 ppm (methine proton (CO-CH (CH3)-OH). Furthermore, the possible hydrolysis
of the lactic acid side groups due to HIFU exposure was studied using 1H NMR by
comparing the integral of the peak at 5.5 (CH-OH (HPMAmLac2) before and after
HIFU exposure.

DETERMINATION OF CRITICAL MICELLE TEMPERATURE (CMT)
The critical micelle temperature (CMT) of the synthesized block copolymers in
aqueous solution was measured by light scattering using a Shimadzu UV 2450 UV/Vis
spectrometer as described previously [33]. The polymers were dissolved overnight at
4 °C in ammonium acetate buffer (120 mM, pH 5) at a concentration of 2 mg mL-1.

NON-CROSSLINKED (NCL) MICELLE FORMATION

3

NCL polymeric micelles were formed via the ‘rapid heating’ procedure at pH 5 and
pH 7.4 as described previously [34]. In brief, mPEG-b-p(HPMAm-Lac2) was dissolved
in ammonium acetate buffer (pH 5, 120 mM) or phosphate buffer (pH 7.4, 100 mM)
at an initial concentration of 2 mg mL-1 or 10 mg mL-1 (for the GPC study and 1H
NMR study) and stored overnight at 4 °C. The solutions were incubated at 0 °C for at
least 15 min in glass vials. Next, Nile red (NR), a hydrophobic fluorescent dye, was
dissolved in THF at a concentration of 5 μg mL-1 and mixed with mPEG-b-p(HPMAmLac2), volume ratio 1 to 9. The mixture was rapidly heated to 50 °C in a water bath
under vigorous shaking for 1 min. The obtained dispersions contained 0.5 μg mL-1
NR and 1.8 or 9 mg mL-1 polymer. THF was evaporated under nitrogen flow for 30
min. Finally, the NCL micelles were filtrated through a 0.45 μm filter, stored at room
temperature and used within one day for the HIFU experiments.

CORE CROSSLINKED (CCL) MICELLE FORMATIONS
CCL micelles (with methacrylation percentages of 4% and 13%) were formed via the
same ‘rapid heating’ procedure as described above. In brief, mPEG-b-p((50% HPMAmLac1)-co-(50% HPMAm-Lac2)) block copolymer (2 mg mL-1) was dissolved overnight
at 4 oC in ammonium acetate buffer (pH 5, 120 mM) or in phosphate buffer (pH 7.4, 100
mM). Next, 75 μL of TEMED solution (120 mg mL-1, in ammonium acetate buffer 120
mM, pH 5 or in phosphate buffer 100 mM, pH 7.4) was added to 2.49 mL of polymer
solution, followed by the addition of 300 μL of NR solution in THF (5 μg mL-1). The
mixture was rapidly heated at 50 °C and subsequently slowly cooled down to room
temperature, and 135 μL of KPS solution (30 mg mL-1 in ammonium acetate buffer 120
mM, pH 5 or in phosphate buffer 100 mM, pH 7.4) was added. The polymerization
was performed by incubating the mixture under a nitrogen atmosphere for 1 h. The
resulting formulation (3 mL) contained 1.6 μg mL-1 polymer and 0.5 μg mL-1 ΝR. THF
was evaporated under nitrogen flow for 30 min. To remove possible aggregates as
well as non-encapsulated, precipitated NR, the micellar dispersions were filtered
using a 0.45 μm filter (regenerated cellulose syringe filter, Grace Davison Discovery
Science, Breda, the Netherlands). The CCL micelles were stored at room temperature
and used for the HIFU experiments within 24 h.
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HIFU EQUIPMENT
To expose a small volume (0.5 mL) of micellar dispersion to HIFU, an in-house
developed sample-holder was built (Fig. 1a). The sample-holder was made from a
silicone-like gasket (Thermo Fisher Scientific, Landsmeer, the Netherlands) sealed on
both sides with an ultrasound transparent polyester heat seal membrane (Waters,
Acquity UPLC Consumables, Etten-Leur, the Netherlands), see Fig 1b. The sampleholder was submerged in water at room temperature and placed in the focal point of
a mono-element focused ultrasound transducer (Imasonic, Besançon, France), see Fig.
1a. The transducer had an external radius aperture of 120 mm and a focal length of
80 mm. The sinusoidal signal (1.5 MHz) was generated by using a AG 1006 amplifier/
generator. The dimensions of the focal point were 2 x 2 x 5 mm3 (at -3 dB). The small
size of the sample holder together with the ultrasound induced convection in the
sample holder ensured that the complete sample volume was sonicated during the
chosen exposure times (Fig. 1c). The acoustic output power of the HIFU system was
calibrated with a balance measurement [35]. Acoustic powers in the range of 2.5-20
W were used, which corresponds to a spatial peak, temporal peak intensity (ISPTP) of
0.8-6.7 W mm2 and peak negative pressure of 1.6-4.5 MPa. The SonoVue microbubbles
were obtained from Bracco (Milan, Italy) and the suspension was prepared according
to the manufacturer’s instructions, resulting in 1-5 x 108 microbubbles mL-1 [36]. The
microbubbles were mixed with the micelles (7% v/v) before injection in the sample
holder.
Fig. 1. Schematic overview of
HIFU set-up (a). Photo of the
in-house developed sample
holder with a volume of 0.5
mL (b). Pressure map (in
MPa) in focal point at 20 W
acoustic power (c).

b

c

a
ANALYTICAL METHODS
The measurements of the amount of release are based on the decrease of NR fluorescence
upon the release of NR from the core of the micelle into the aqueous solution. The
fluorescence of NR depends strongly on the polarity of its environment. Releasing the
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NR from the hydrophobic core of the micelles into the buffer solution causes a larger
increase in polarity, which leads to a substantial red shift of the emission spectrum
as well as significant decrease of the quantum yield and fluorescence lifetime. After
HIFU exposure, the micellar dispersions were collected and the fluorescence emission
spectrum (570-700 nm) was recorded on a spectrophotometer with an excitation
wavelength of 550 nm. To calculate the percentage of released NR the following
equation was used: NR released (%) = (NR0 - NRHIFU / (NR0 - NRaa) x 100%, where NR0
is the fluorescence emission peak intensity at ~600 nm recorded before ultrasound
exposure. NRHIFU is the fluorescence emission peak intensity at ~600 nm recorded after
exposing the NR-loaded micelles to HIFU. NRaa is the fluorescence emission peak
intensity at ~600 nm of NR (0.5 μg mL-1) in ammonium acetate buffer in the absence of
polymer. The average size and polydispersity index (PDI) of the NR-loaded NCL and
CCL micelles were determined by dynamic light scattering (DLS) using a Malvern
CGS-3 multi-angle goniometer (Malvern Ltd., Malvern, UK) equipped with a JDS
Uniphase 22 mW HeNe 632-nm laser, an optical fiber-based detector and a digital
LV/LSE-5003 correlator. Autocorrelation functions were analyzed by the cumulants
method (fitting a single exponential to the correlation function to obtain the mean
size and the PDI) and the CONTIN routine (fitting a multiple exponential to the
correlation function to obtain the distribution of particle sizes). The measurements
were performed in triplicate at 25 °C and at a 90° angle. The molecular weight of
the polymers was measured using gel permeation chromatography (GPC) before and
after HIFU exposure. In short, two serial PLgel 3 μm MIXED-D columns (Polymer
Laboratories, UK) were used with a Waters System (Waters Associates Inc., Milford,
MA) with a differential refractometer model 410. DMF containing 10 mM LiCl was
used as the eluent at a flow rate of 0.7 mL min-1 at 40 °C. The samples were dissolved
overnight at a concentration of 5 mg mL-1 in the eluent and filtered through a 0.45
μm filter prior to analysis. The molecular weights were calibrated with poly(ethylene
glycol) standards.

EXPERIMENTAL PROTOCOLS
To investigate the relationship between duration and power of the HIFU exposure
and the release of NR, all micelle formulations (polymer concentration 2 mg mL-1, pH
7.4 and pH 5 (only NCL)) were subjected to continuous wave- (CW) HIFU exposure
(f = 1.5 MHz) for different durations (1, 2, 3 and 4 min) at constant acoustic power
(20 W) and different acoustic powers (2.5, 5, 10 and 20 W) with constant exposure
time (4 min). Before and directly after CW-HIFU exposure the size distribution of the
micelles was measured using DLS. In addition, 1H NMR spectra were recorded and
GPC analyses were performed after exposing NCL micelles (polymer concentration
10 mg mL-1, pH 7.4) during 4 min to 20 W of HIFU. Furthermore, the relationship
between duration and power of PW-HIFU exposure (f = 1.5 MHz, Pulse Repetition
Frequency (PRF) = 1 kHz, Duty Cycle (DC) = 10%) and the release of NR from NCL
micelles (polymer concentration 2 mg mL-1, pH 5) was investigated. NCL micelles (0.5
mL) with and without microbubbles (7% v/v) were subjected to PW-HIFU exposure
for different durations (1, 2, 5 and 10 min) at constant acoustic power (10 W) and
different acoustic powers (2.5, 5, 10 and 20 W) with constant exposure time (10 min).
Note that the effective HIFU-on time for the PW-HIFU experiments is only 10% of
the exposure time mentioned above. In Table 1, the HIFU experiments and analyses
as performed in this study are summarized. To verify that the observed decrease
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Table 1: Overview of experiments performed with different micelle formulations
Polymer
concentration

Micelle
formulation

pH = 5

pH = 7.4

DLS

GPC

1

2 mg mL-1

NCL

CW1

CW1

pre, post

-

-

CCL 4%

-

CW

1

pre, post

-

-

CCL 13%

-

CW1

pre, post

-

-

NCL

PW

-

pre, post

-

-

NCL

PW+MB

-

pre, post

-

-

NCL

HT

HT

pre, post

-

-

CCL 4%

HT

HT

pre, post

-

-

CCL 13%

HT

HT

pre, post

-

-

NCL

-

CW2

-

pre, post

pre, post

10 mg mL-1

H NMR

Abbreviations: CCL 4%, core crosslinked micelles, 4% methacrylation; CCL 13%, core crosslinked
micelles, 13% methacrylation; CW1, continuous wave HIFU, exposure time: 1-4 min, acoustic power:
2.5-20 W; CW2, continuous wave HIFU, exposure time: 4 min, power: 20 W; HT, hyperthermia; MB,
microbubbles; NCL, non-crosslinked micelles; post, after HIFU/hyperthermia exposure; pre, before
HIFU/hyperthermia exposure; PW, pulsed wave HIFU, exposure time: 1-4 min, power: 2.5-20 W; PW +
MB, pulsed wave HIFU + MB. Exposure time: 1-4 min, power: 2.5-20 W.

in fluorescence intensity is not due to HIFU-induced degradation of NR, control
experiments were performed whereby NR (0.5 μg mL-1) in MeOH was exposed to
CW-HIFU (4 min, 20 W). Furthermore, to exclude temperature-induced release of the
NR from the micelles, the temperature at the position of the focal point was measured
at the highest exposure condition (i.e. CW-HIFU, 4 min, 20 W) with a Ni(Cr)-NiK
thermocouple (Thermodig N800, AIS, France) fixed in the in-house developed USpermeable sample-holder (filled with 0.5 mL micelle dispersion). In addition, NCL
and CCL micelles (4% and 13% methacrylation) were incubated during 1 h in a water
bath at different temperatures (20 °C, 37 °C and 45 °C) and every 3 min a sample was
taken to determine the particle size with DLS and the release of NR using fluorescence
spectroscopy. All experiments were performed in triplicate.

RESULTS
CHARACTERIZATION OF SYNTHESIZED BLOCK COPOLYMERS, NCL
MICELLES AND CCL MICELLES
The block copolymer composed of a thermosensitive block of pHPMAm-Lac2 and a
hydrophilic mPEG5000 block was obtained by radical polymerization using a mPEGmacroinitiator, resulting in a yield of ~80%. The number average molecular weight
(Mn) of the resulting block copolymer mPEG-b-p(HPMAm-Lac2) was 26,000 g mol-1
(Mw/Mn = 1.4) as determined by GPC analysis. The critical micelle temperature (CMT)
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Table 2: Characteristics of the synthesized block copolymers
Mn
(kDa,
GPC)

Mw/Mn
(GPC)

Mn
(kDa,
NMR)

Lac2
(%)

Methacrylation
(%)

CMT
(°C)

mPEG-bp(HPMAmLac2)

26

1.4

23

100

-

4

mPEG-bp(HPMAmLac1)-coHPMAm-Lac2)

22

1.9

18

45.7

4

25*

mPEG-bp(HPMAmLac1)-coHPMAm-Lac2)

22

1.9

18

45.7

13

9*

Polymer

3

*before methacrylation CMT was 29 °C. Abbreviations: CMT, critical micelle temperature; GPC, gel
permeation chromatography; Mn, number average molecular weight; Mw, weight average molecular
weight; NMR, 1H NMR.
Table 3: Size and size distribution of NCL and CCL micelles (polymer concentration 2 mg mL-1) before
and after CW-HIFU (20 W, 4 min). Results are presented as mean ± SD.
Micelle type

ZAVE before (nm)

ZAVE after (nm)

PDI before

PDI after

NCL (pH 5)

72 ± 5

82 ± 11

0.1 ± 0.0

0.2 ± 0.1

NCL (pH 7.4)

91 ± 11

99 ± 8

0.2 ± 0.1

0.2 ± 0.0

CCL 4% (pH 7.4)

96 ± 1

98 ± 1

0.1 ± 0.0

0.2 ± 0.0

CCL 13% (pH 7.4)

67 ± 7

70 ± 11

0.1 ± 0.0

0.2 ± 0.0

Abbreviations: CCL 4%, core crosslinked micelles, 4% methacrylation; CCL 13%, core crosslinked
micelles, 13% methacrylation; NCL, non-crosslinked micelles; PDI, polydispersity; ZAVE, Z-average.

was 4 °C, which was in agreement with previous studies [39, 40]. The block copolymer
composed of a random block of pHPMAm-Lac1/Lac2 and a hydrophilic mPEG5000 block
also resulted in a yield ~80% using the same method described above. The number
average molecular weight (Mn) of this mPEG-b(HPMAm-Lac1)-co-p(HPMAm-Lac2)
was 22,000 g mol-1 (Mw/Mn = 1.9). The co-monomer composition of the thermosensitive
block was 54.3 mol% HPMAm-Lac1 and 45.7 mol% HPMAm-Lac2, as determined by
1
H NMR, which is close to the feed ratio of 1:1. Part of the lactate groups (4% and
13%) of this block copolymer was derivatized with methacrylate groups. Similar to
previous data, introduction of methacrylate groups rendered the block copolymer
more hydrophobic, resulting in a decrease of the CMT from 29 °C to 25 °C and to 9
°C for 4% and 13% methacrylation, respectively, which was in line with previous data
[32, 41]. The characteristics of the synthesized polymers are summarized in Table 2.
The average size of the NR-loaded NCL and CCL micelles formulations before HIFU
exposure, as measured by DLS, was between 72 and 96 nm (PDI ≤ 0.2) (Table 3).
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NCL pH 7

release (%)

a

CCL 4% pH 7

CCL 13% pH 7

release (%)

NCL pH 5

b

time (min)

power (W)

Fig. 2. Release of NR from polymeric micelles upon CW-HIFU exposure as function of exposure
time with acoustic power set at 20 W (a) and as function of acoustics power with exposure time
set at 4 min (b). NCL micelles were exposed to CW-HIFU at pH 5 and 7.4. CCL micelles with two
different extents of crosslinking (4% and 13% methacrylation) were exposed to CW-HIFU at pH
7.4. All experiments were performed at room temperature and in triplicate.

HIFU-TRIGGERED RELEASE OF NR FROM mPEG-b-P(HPMAM-LAC N)
MICELLES
Fig. 2 shows that the release of NR from NCL micelles increased with increasing
exposure time at constant power (Fig. 2a) as well as with increasing acoustic power at
constant exposure time (Fig. 2b) at pH 5 and 7.4. Almost all of the loaded NR (~85%)
was released from the NCL micelle samples after 20 W of CW-HIFU exposure during
4 min. No differences in release of NR from NCL micelles were observed at pH 5 and
7.4 after CW-HIFU exposure at 20 W with increasing exposure time (Fig. 2a). However,
the release kinetics of NR from NCL micelles as a function of power was different for
pH 5 and pH 7.4 (Fig. 2b). At low powers less release of NR from NCL micelles at
pH 5 than at pH 7.4 was observed, but at 20 W the release was equal. In contrast to
NCL, the CCL micelles (4% and 13% methacrylation) responded substantially less
to CW-HIFU exposure and showed only 15-20% release of the payload with both
increasing exposure time and with increasing acoustic power. At pH 7.4 there was no
significant difference in NR release from 4% and 13% CCL micelles at constant acoustic
power and increasing exposure duration (Fig. 2a). However, at constant exposure
time and increasing acoustic power slightly more NR release was observed from
the CCL micelles with 4% methacrylation compared to the CCL micelles with 13%
methacrylation (27% and 15% respectively at 20 W and 4 min). For both NCL micelles
and NCL micelles in the presence of microbubbles, a small increase of NR release with
increasing exposure time was observed (Fig. 3a) upon PW-HIFU exposure at constant
acoustic power (10 W, pH 5). However, in the presence of microbubbles the release
was about 10% lower. A similar release profile was observed for NCL micelles at pH
5 with and without the presence of microbubbles with increasing acoustic power at
constant exposure time, i.e. 10 min (Fig. 3b). Again, a 10% lower NR release in the
presence of microbubbles was observed. The percentage of NR released (around
40% in the absence of microbubbles) is comparable for CW- and PW-HIFU at equal
amounts of energy deposit, i.e. 1 min CW- and 10 min PW-HIFU exposure at 20 W.
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a

b

time (min)

power (W)

Fig 3. Release of NR from NCL polymeric micelles (pH 5) using PW-HIFU with and without
microbubbles as function of exposure time with acoustic power set at 10 W (a) and as function
of acoustic power with exposure time set at 10 min (b). All experiments were performed at room
temperature and in triplicate.

CONTROL EXPERIMENTS
No fluorescence was measured in spectrophotometric control experiments using
empty NCL micelles. Furthermore, in these control experiments it was shown that
the fluorescence emission spectrum of NR (0.5 μg mL-1) in buffer is red shifted and
has a very low quantum yield. Finally, it was shown that the fluorescence emission
spectrum of NR dissolved in MeOH does not changed upon HIFU exposure (Fig. 4a).
A maximum temperature increase of ~9 °C (so actual temperature was ~29 °C) was
measured when applying 20 W CW-HIFU during 4 min. However, after 60 min of
exposure to temperatures of 20 °C, 37 °C or 45 °C in a warm water bath the maximum
empty NCL

NR in MeOH before HIFU

NR loaded NCL

NR in MeOH after HIFU

Sl (a.u.)

NR in buffer

Sl (a.u.)

3

PW HIFU + microbubbles

release (%)

release (%)

PW HIFU

a

wavelength (nm)

b

wavelength (nm)

Fig. 4. Fluorescence emission spectra of empty NCL micelles, NR loaded NCL micelles, NR (0.5
μg mL-1) in buffer and NR (0.5 μg mL-1) in MeOH before and after HIFU (a). Y-axis zoom of same
spectra (b).
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NCL
CCL 4%
CCL 13%
37 °C
NR release (%)

NR release (%)

20 °C

a

b

time (min)

Fig. 5. Release of NR from NCL, CCL 4%
methacrylation and CCL 13% methacrylation
micelles at three different temperatures: 20 °C
(a), 37 °C (b) and 45 °C (c).

NR release (%)

45 °C

c

time (min)
(min)
time

time (min)

NCL
CCL 4%
CCL 13%

a

Z-average (nm)

45 °C

Z-average (nm)

37 °C

b

time (min)

time (min)

Fig. 6. Stability of NR-loaded NCL and CCL micelles as determined by DLS at pH 7.4 incubated
over time at 37 °C (a) and 45 °C (b). Figure shows Z-average (in nm) of different micellar
formulations as function of time at 2 different temperatures.

measured release of NR from NCL was 5%, 5% and 7%, respectively (Fig. 5). The
maximum NR release from the CCL micellar formulations was comparable or slightly
lower than the release from NCL micelles. Furthermore, no change in Z-average was
observed for all formulations at all temperatures (Fig. 6).
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CHARACTERIZATION OF MICELLES AFTER HIFU EXPOSURE
DLS measurements of the NCL micelles at pH 5 and 7.4 and CCL micelles (4%
and 13% methacrylation) at pH 7.4 before and after HIFU exposure (20 W, 4 min)
showed a nearly unchanged Z-average with a PDI of ≤ 0.2 (Table 3). Similar results
were obtained for NCL micelles at pH 5 before and after PW-HIFU with and without
microbubbles at four different exposure times and four different acoustic powers.
GPC analysis of the block copolymer before and after CW-HIFU exposure (20 W, 4
min) of NCL micelles at pH 7.4, revealed an unchanged Mn 19,000 g mol-1 (Mw/Mn =
1.5). 1H NMR data of NCL micelles before and after HIFU exposure did not show
detectable hydrolysis of the HPMA side chains (Fig. 7).

1

3

3

2

A
B

6.0

5.6

5.2

4.8

4.4

4.0

3.6

3.2

2.8

2.4

2.0

1.6

1.2

0.8

0.4

0.0

Frequency (ppm)
Fig. 7. 1H-NMR spectra of mPEG-b-p(HPMAm-Lac2) before (a) and after CW-HIFU for 4 min
at 20 W (b). Arrow 1 indicates the PEG methylene proton resonance peak, arrow 2 indicates
the methine proton (CO-CH(CH3)-OH) resonance peak and arrow 3 indicates the (CH-OH
(HPMAmLac2)) resonance peak.

DISCUSSION
Several groups have investigated the ability of using CW-HIFU for triggered (drug)
release from micelles [42]. However, the in vivo use of CW-HIFU for inducing the
non-thermal release of drugs from micelles is not feasible because of the high acoustic
absorption of tissue leading to temperature increase. In the present study, it has been
shown that CW- as well as PW-high frequency (1.5 MHz) focused ultrasound (HIFU)
has the ability to induce the release of a hydrophobic agent (NR) from NCL and CCL
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micelles. After 20 W of CW-HIFU exposure for 4 min an almost complete release (~85
%) of the loaded NR from NCL micelles was achieved. Zhang et al. also achieved
substantial NR release (~70%) from PLA-b-PEG micelles using high frequency
ultrasound, but only after applying 150 min CW-HIFU at 160 W [29]. In contrast,
Marin et al. and Husseini et al. only found up to 10% release from pluronic micelles,
though lower ultrasound intensities (up to 8 W cm2) were used as compared to our
study [23, 43]. Furthermore, it was observed that the same CW-HIFU settings lead
to less release from CCL micelles than from NCL micelles, which can be ascribed to
the covalent crosslinking of the core. Moreover, at low acoustic power settings (up to
~10 W), NCL micelles at pH 7.4 released more NR than NCL micelles at pH 5. This
can be explained by the fact that at pH 5 the lactic acid side groups have the highest
stability against hydrolysis [44]. However, it does not explain the acoustic power
dependency. Finally, a slightly higher NR release was observed from CCL micelles
with 4% methacrylation compared to CCL micelles with 13% methacrylation. From
these findings, it can be concluded that micelles with a densely crosslinked core show
less NR release with the same ultrasound settings. Similar observations were made by
Husseini et al. for unstabilized and stabilized micelles using low frequency HIFU [23].
No differences in NR release from NCL micelles at pH 5 were observed between PWand CW-HIFU when equal amounts of acoustic energy were deposited. In contrast,
the release of NR from NCL after PW-HIFU exposure in the presence of microbubbles
was slightly less than in their absence which is most probably due to absorption of
part of the ultrasound energy by the oscillating microbubbles [45]. The differences in
release kinetics of hydrophobic agents from micelles in our study and other published
studies can be attributed to the different micellar formulations, to the ultrasound setup and exposure parameters and to the underlying mechanisms causing the release.
In literature, several mechanisms are proposed to explain the ultrasound-induced
release from micelles. In a recent study, Wang et al. hypothesized that the combined
thermal and mechanical effect, related to a relatively weak cavitation effect, of high
frequency CW-HIFU induces the hydrolysis of 2-tetrahydropyranyl methacrylate
(THPMA) side groups of the PEO-b-PTHPMA diblock copolymer leading to the
destabilization of the micelles. This claim was based on pH, infrared spectroscopy,
DLS and atomic force microscopy data. However, quantitative analysis of the
polymer before and after HIFU exposure was not performed [31]. In another study,
the same group confirmed these results by performing a comparative study on the
ultrasound-induced disruption of four different block copolymer micelles [30]. Using
significant lower ultrasound powers and shorter exposure times as compared to the
previous study, the authors claim that disruption of all micelle formulations was due
to chemical degradation of the polymers. However, the extent of micellular disruption
and thus release depended on the diblock copolymer used. Also for PLA-b-PEG
based micelles, the ultrasound-induced degradation of the PLA-b-PEG copolymer
was pointed out as micelle disrupting force by Zhang et al. [29]. Although high
frequency CW-HIFU was used in this study, the authors argued that cavitation causes
the chemical disruption of the PLA-b-PEG micelles. Interestingly, with the exact same
HIFU exposure parameters they did not observe NR release from pluronic micelles,
which is in contrast with the work done by the group of Husseini et al. who showed
that low as well as high frequency HIFU can disrupt pluronic micelles by cavitationinduced high shear forces [43, 46]. In their early study they suggest that transient
cavitation (i.e. oscillating microbubbles) was responsible for the release, because
they found a linear relationship between acoustic power and the degree of drug
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release [43]. However, in a more recent paper they found a non-linear relationship
between the acoustic intensity and the amount of release, which indicates that inertial
cavitation (i.e. exploding microbubbles) is probably the mechanism that causes the
release [46]. In the present study, none of the above mentioned mechanisms are likely
to contribute to the observed ultrasound-induced release. The DLS results after CWas well as PW-HIFU exposure of micelle samples with and without microbubbles did
not result in a significant change in micelle size after HIFU exposure. However, it
cannot be excluded that the NCL micelles are temporarily destabilized during HIFU
and reform after stopping HIFU exposure. Likely, CCL are (more) resistant towards
the destabilizing forces, which might explain the lower amount of release from CCL
compared to NCL micelles with the same ultrasound settings. Furthermore, no
differences in the GPC and 1H NMR data before and after CW-HIFU were observed,
which exclude chemical degradation such as hydrolysis of the lactate side groups
and/or the ester bond connecting the PEG and the thermosensitive block. Finally,
the equal release of NR from NCL micelle at pH 5 (at which the polymers have the
highest stability [44] and pH 7.4 at fixed power of 20 W (Fig. 2a) demonstrates that
chemical degradation is not the driving force for HIFU-triggered release from NCL
micelles. The use of high frequency ultrasound, the absence of increased release by
adding microbubbles and the absence of a threshold intensity for ultrasound-induced
release suggest that (inertial) cavitation is not the (main) mechanism for the observed
ultrasound-triggered release. Furthermore, it can be excluded that heat development
during CW- or PW-HIFU exposure caused the NR release from the micelles because
micelles exposed during 1 h to temperatures that are reached during CW-HIFU
treatment did only lead to 8% NR release (Fig. 5). It is suggested that radiation force
induced convection of the micelle solution causes shear forces, which leads to a
temporary physical destabilization of the micelles and thus release of NR. Similar
shear forces may be expected in vivo when micelles are pushed against vessel walls
or through the extravascular space [47]. This theory also explains why micelles with a
higher percentage of crosslinking of the forming blocks release less of the entrapped
hydrophobic compound upon HIFU sonication. The crosslinking of forming blocks
stabilizes micelles and thus diminishes the release upon HIFU sonication. The present
study demonstrates that high frequency CW- as well as PW-HIFU is able to trigger the
release of a hydrophobic (i.e. NR) compound from mPEG-b-p(HPMAm-Lacn) micelles.
Up to 85% of the NR was released from micelles depending on micelle formulation
as well as ultrasound parameters. It was demonstrated that release was not triggered
due to chemical degradation of the block copolymer but rather likely due to radiation
force induced convection that cause shear forces. Overall, (PW-) HIFU is a highly
promising technique to destabilize mPEG-b-p(HPMAm-Lacn) micelles on demand
and spatiotemporally control the release of hydrophobic compounds.
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ABSTRACT
A promising approach for local drug delivery is high-intensity focused ultrasound
(HIFU)-triggered release of drugs from stimuli-responsive nanoparticles such
as liposomes. The aim of this study was to investigate whether another release
mechanism is involved with HIFU-triggered release from liposomes beside cavitation
and temperature. Furthermore, it was studied whether this new release mechanism
allows the release of lipophilic compounds. Therefore, both a lipophilic (Nile red) and
a hydrophilic (fluorescein) compound were loaded into thermosensitive (TSL) or nonthermosensitive liposomes (NTSL) and the liposomes were subjected both to continuous
wave- (CW) and pulsed wave- (PW) HIFU. The mean liposome size varied from 97-139
nm with a PDI ≤ 0.06 for the different formulations. The Tm of the phospholipid bilayer
of the TSL was around 42 °C. Approximately 80% of fluorescein was released within 15
min from TSL at temperatures ≥ 42 °C. In contrast, no fluorescein release from NTSL
and NR release from both TSL and NTSL was observed at temperatures up to 60 °C.
CW-HIFU exposure of TSL resulted in rapid temperature elevation up to 52 °C and
subsequently almost quantitative fluorescein release. Fluorescein release from NTSL
was also substantial (~64% after 16 min at 20 W). Surprisingly, CW-HIFU exposure (20
W for 16 min) resulted in the release of NR from TSL (~66% of the loaded amount),
and this was even higher from NTSL (~78%). PW-HIFU exposure did not result in
temperatures above the Tm of TSL. However, nearly 85% of fluorescein was released
from TSL after 32 min at 20 W of PW-HIFU exposure, whereas the release from NTSL
was around 27%. Interestingly, NR release from NTSL was ~30% after 2 min PW-HIFU
exposure and increased to ~70% after 32 min. Furthermore, addition of microbubbles
to the liposomes prior to PW-HIFU exposure did not result in more release, which
suggests that cavitation can be excluded as the main mechanism responsible for
the triggered release of both a hydrophilic and a lipophilic model compound from
liposomes. DLS analysis showed that the mean size and PDI of the liposomes did not
significantly change after CW- and PW-HIFU exposure. Taken together, it is therefore
concluded that neither temperature elevation nor inertial cavitation is essential for the
release of both hydrophilic and lipophilic compounds from liposomes. It is assumed
that the release originates from radiation force-induced acoustic streaming, causing the
liposomes to collide at the walls of the exposure chamber leading to shear forces which
in turn results in reversible liposome destabilization and release of both hydrophilic
and lipophilic compounds.
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INTRODUCTION

3

The focus in chemotherapy is currently shifting from conventional systemic
administration of cytotoxic drugs to more local treatments using for instance drug
delivery systems (DDS) [1-8]. Local delivery of an anticancer drug in the tumor
ideally results on the one hand in higher efficacy and on the other hand in reduced
side effects due to less exposure of healthy tissue to cytotoxic compounds. Nanosized
DDS are widely investigated for drug targeting purposes because of their ability to
accumulate in the tumor by the enhanced permeability and retention (EPR) effect
[9-11]. Frequently studied nanoparticles for drug delivery are liposomes, spherical
particles with a phospholipid bilayer surrounding an aqueous core in which
hydrophilic drugs can be dissolved whereas lipophilic drugs can be solubilized in
the phospholipid bilayer [12]. By introducing phospholipids displaying a gel-toliquid transition temperature (Tm) around 42 °C such as 1,2-dipalmitoyl-sn-glycero3-phosphocholine (DPPC) in the liposomal bilayer, thermosensitive liposomes
(TSL) are prepared, which release hydrophilic compounds present in the aqueous
core after exposure to mild hyperthermia [13, 14]. This phase transition is a result
of a conformational change of the alkyl chains of the phospholipids, leading to
an increase in the volume occupied by the hydrocarbon chains in the membrane
and thus an increase in the permeability of the lipid bilayer [15, 16], resulting in
liposomal drug release. Clinical trials with a thermosensitive liposome formulation
containing doxorubicin (ThermoDox, Celsion corporation, Columbia, MD, USA)
in combination with radiofrequency heating-triggered release for the treatment of
hepatocellular carcinoma (HCC) are currently underway [17]. Although drug release
from different DDS has been modeled [18], few models have considered the release
of lipophilic compounds from liposomes [19]. Lipophilic compounds like several
taxanes such as paclitaxel [20, 21] and different cisplatin analogues [22, 23] are
solubilized in the phospholipid bilayer by van der Waals forces [24]. The interaction
between lipophilic compounds and the phospholipid bilayer remains when the Tm is
exceeded and therefore these compounds are not released upon heating a liposome
formulation above this temperature. Therefore, there is a need for technologies that
enable triggered release of lipophilic drugs from liposomes. A recently developed
and customized technology for triggered drug release from different DDS is highintensity focused ultrasound (HIFU) [25-29]. Ultrasound, a sound pressure wave
with a frequency higher than 20 kHz, can be focused in a small spatial region in
deep tissue, leading to high levels of acoustic energy, which is absorbed by the tissue
resulting in local temperature increase. Therefore, HIFU can be used as an external
stimulus for local drug release from thermosensitive liposomes at the desired location
within the body [5, 30, 31]. However, with relatively long continuous wave- (CW)
HIFU exposure, high temperatures are produced, leading to thermal damage and
ablation of the affected tissue [32]. In addition to CW-HIFU, pulsed wave- (PW)
HIFU can be used for drug release from nanoparticles. PW-HIFU is characterized by
emission of ultrasound pulsed during a short time period (typically ~100 μs) followed
by a longer period of time without pulse emission (typically ~900 μs), which results
in a decrease of temporal average intensities as compared to CW-HIFU [33], and,
therefore, thermal effects as associated with CW-HIFU are circumvented [34]. Yet,
another effect of ultrasound, especially when using low frequency ultrasound (LFUS),
is cavitation; the formation of cavities in a liquid and the subsequent implosion of the
cavities which can result in shear forces affecting the nearby tissue [35]. In several

72

II. EVIDENCE FOR A NEW MECHANISM BEHIND HIFU-TRIGGERED RELEASE FROM LIPOSOMES

studies, release of lipophilic agents from nanoparticles, such as polymeric micelles
[36, 37] and liposomes [38, 39] using LFUS due to the induction of cavitation has been
demonstrated. Cavitation, however, may also occur in between the transducer and the
focal point with LFUS, leading to unwanted damage of healthy tissue. Additionally,
focussing of the ultrasound waves from LFUS is more difficult as compared to high
frequency ultrasound, and therefore restricts the use of LFUS for clinical applications
[40, 41]. The aim of this study was to investigate whether another release mechanism
is involved with HIFU-triggered release from liposomes beside cavitation and
temperature. Furthermore, it was studied whether this new release mechanism
allows the release of lipophilic compounds. Therefore, both a lipophilic (Nile red)
and a hydrophilic (fluorescein) compound were loaded into thermosensitive (TSL)
or non-thermosensitive liposomes (NTSL) and the liposomes were subjected both to
continuous wave- (CW) and pulsed wave- (PW) HIFU.

3

MATERIALS AND METHODS
MATERIALS
All chemicals and lipids were commercially available and used as obtained.
1,2-dipalmitoyl-sn-glycero-3-phosphocholine (DPPC) and 1,2-dipalmitoyl-snglycero-3-phospho-ethanolamine-N-[methoxy(polyethylene glycol)-2000] (PEG2000DSPE) were obtained from Lipoid GmbH (Ludwigshafen, Germany). Cholesterol
(>99%) and Nile red (Standard Fluka) were supplied by Sigma Aldrich (Steinheim,
Germany). 1,2-distearoyl-sn-3-glyceryl-phosphatidylcholine (DSPC) was obtained
from Avanti Polar Lipids (Alabaster, Alabama, USA). Sodium fluorescein (100 mg
mL-1) was obtained from Serb Laboratoires (Paris, France). Slide-A-Lyzer cassettes
(MW cut-off 3,5 kDa) were obtained from Pierce (Rockford, IL, USA). Microbubbles
(SonoVue, 8 µl mL-1, average size 2-8 µm containing sulfur hexafluoride gas. Shell
composition: macrogol 4000, DSPC, DPPG and Palmitic acid) were obtained from
Bracco (Milano, Italy).

LIPOSOME PREPARATION
Fluorescein-containing thermosensitive liposomes (F-TSL), Nile red-containing
thermosensitive liposomes (NR-TSL), fluorescein-containing non-thermosensitive
liposomes (F-NTSL) and Nile red-containing non-thermosensitive liposomes (NRNTSL) were prepared using a conventional thin-film hydration technique as described
previously [42]. The TSL formulations consisted of DPPC, DSPC, cholesterol and
PEG2000-DSPE in a molar ratio of 67 : 15 : 13 : 5. The NTSL formulations consisted of
DSPC, cholesterol and PEG2000-DSPE in a molar ratio of 56 : 39 : 5 and resembled the
FDA-approved Doxil formulation [43] with the modification that the phospholipid
HSPC was replaced by DSPC. The lipid concentration of both formulations was 40
mM. Nile red (NR) was introduced into the phospholipid bilayer in a concentration
of 125 mmol mol-1. The lipid mixtures were dissolved in ethanol (10 mL) and
evaporated to dryness by rotary evaporation under vacuum (Rotavapor R-210,
BUCHI Laboratory Equipment, Zurich, Switzerland). The resulting lipid films were
further dried under N2. For F-TSL and F-NTSL, 10 mL sodium fluorescein (25 mg
mL-1) was used to hydrate the lipid film. For NR-TSL and NR-NTSL, the lipid film
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was hydrated in 10 mL HEPES-buffered saline (HBS; 20 mM HEPES and 135 mM
NaCl, pH 7.4). The resulting lipid dispersions were sized with sequential extrusion
using a Lipex Extruder (Northern Lipids Inc., Vancouver, Canada) and polycarbonate
membrane filters (Poretics Corporation, Livermore, CA) with pore diameters of 600,
400, 200 and 100 nm. Non-encapsulated fluorescein was removed by dialysis against
an excess HBS at room temperature using Slide-A-Lyzer cassettes during 48 h with
four times a change of buffer.

LIPOSOME CHARACTERIZATION

3

The average hydrodynamic size and polydispersity index (PDI) of freshly prepared
liposomes and liposomes after heat- or HIFU exposure were determined with
dynamic light scattering (DLS) using a Malvern ALV CGS-3 system (Malvern
Instruments Ltd., Worcestershire, UK). The PDI value ranges from 0 for a
monodisperse to 1 for a heterodisperse formulation. Intensity correlation functions
were measured using a wavelength of 632.8 nm at a scattering angle of 90°. Size and
PDI determination was performed on liposome dispersions before and after HIFU
exposure. Differential scanning calorimetry (DSC) measurements were performed in
a capillary cell microcalorimeter instrument (MicroCal VP-DSC, Northampton, MA)
to determine the phase transition melting temperature (Tm) of the liposomal bilayer.
The measurements were performed at temperatures ranging from 25 °C to 60 °C at a
heating rate of 1 °C min-1 after an equilibration period of 5 min at 25 °C.

RELEASE MEASUREMENTS
To investigate release of the encapsulated compounds from the liposomes in HBS
and in HBS:FCS (1:1 v/v) as a result of temperature increase, the different liposome
formulations were subjected to different temperatures: 20, 37, 40, 42, 45 and 60 °C
up to 15 min using a thermostat-controlled water bath. The release was measured
at the exposure temperature as well as after cooling down of the samples to room
temperature using a FluoroLog spectrofluorometer (Jobin Yvon Horiba FL3-21,
Edison, NJ, USA). Additionally, the fluorescence spectra of free fluorescein and NR
exposed to temperatures up to 60 °C for 15 min were taken to verify that changes in
fluorescence intensity were not due to thermal degradation of the compounds. For
measuring fluorescein release, an excitation wavelength of 494 nm and an emission
spectrum in the range of 500-580 nm was used. The release of fluorescein from TSL
and NTSL was related to liposomes lyzed with 2% Triton X-100 using the formula:
fluorescein (F) released (%) = (Fpost - Fpre) / (Flyz - Fpre) x 100%, in which Fpre is the
fluorescence observed before temperature elevation of HIFU exposure, Fpost resembles
the fluorescence intensity at 525 nm after temperature elevation or HIFU exposure.
Flyz corresponds with the fluorescence intensity at 525 nm after the liposomes were
lyzed in 2% Triton X-100. When NR is released from the liposomes, it is discharged
in the aqueous HBS solution, resulting in quenching [44]. To measure NR release,
an excitation wavelength of 550 nm and an emission spectrum in the range of 580680 nm was used. NR release (%) from TSL and NTSL was calculated using the
following formula: NR released (%) = (NRpre - NRpost) / (NRpre - NRlyz) x 100%, where
NRpre is the fluorescence observed before temperature elevation or HIFU exposure,
NRpost resembles the fluorescence intensity at 600 nm after temperature elevation or
HIFU exposure. NRlyz corresponds with the fluorescence intensity at 600 nm after
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the liposomes were lyzed in 2% Triton X-100. Fluorescein release after exposure
of the liposomes to CW- and PW-HIFU was measured using a FLUOstar OPTIMA
(BMG Labtech, Ortenberg, Germany) with an excitation wavelength of 490 nm and
an emission wavelength of 520 nm for fluorescein. For NR release, an excitation
wavelength of 550 nm and an emission wavelength of 600 nm was used. Release of
both fluorescein and NR was calculated similarly as described above. All experiments
were performed in triplicate.

HIFU-TRIGGERED RELEASE STUDIES
For the exposure of the TSL and NTSL to CW- or PW-HIFU, an in-house developed
HIFU system was used (Fig. 1), consisting of a single-element transducer (Imasonic,
Besançon, France) placed inside a water bath with adjustable temperature and a
sample holder. The single-element transducer had an external radius aperture of 120
mm and a focal length of 80 mm. The sinusoidal signal (f = 1.5 MHz) was generated
by using AG 1006 amplifier/generator. The dimensions of the focal point were 2 x 2 x
5 mm3 (at -3 dB). The acoustic output power of the HIFU system was calibrated with
a balance measurement [45]. Acoustic powers of 2.5 up to 30 W were used, which
corresponds to a peak negative pressure (PNP) of 1.6 and 5.5 MPa, a spatial peak,
temporal peak intensity (ISPTP) of 83.4 and 1000.7 W cm2, a spatial average, temporal
average (ISATA) of 7.1 and 84.6 and a mechanical index (MI), which is defined by
the following equation: MI = sqrt(PNP) / f, of 0.84 – 1.56, respectively. The sample
holder consisted of a silicone-like gasket (Thermo Fisher Scientific, Landsmeer, the
Netherlands) sealed on both sides with an ultrasound transparent polyester heat seal
membrane (Waters, Acquity UPLC Consumables, Etten-Leur, the Netherlands) and
was placed in the focal point. Before HIFU exposure, the sample holder was filled
with 0.5 mL of liposome dispersion. The liposome dispersions were degassed in a
vacuum desiccator for 24 h prior to HIFU exposure to exclude the possibility for gas
nuclei to be present and subsequently eliminate the possibility of cavitation in the
sample. The incubation temperature of the sample holder was 37 °C to mimic the in
vivo situation. Prior to HIFU exposure, the water bath was covered by ultrasoundabsorbing material to avoid ultrasound reflection. The temperature at the position
of the focal point was measured with a thermocouple fixed in the middle of sample
holder filled with degassed liposome dispersion. The samples were subjected to a CW
of f = 1.5 MHz at different acoustic powers (0, 2.5, 5, 10, 15, 20, 30 W) for 4 min and
to different exposure times (1, 2, 4, 8 and 16 min) at 20 W of acoustic power. In order
to exclude the thermal effects associated with CW-HIFU, the liposome formulations
were also subjected to PW-HIFU. The liposomes were subjected to a time series of 1,
2, 4, 8, 16 and 32 min at 20 W of acoustic power with a duty cycle of 10% (repeatedly
100 μs ‘on-time’ and 900 μs ‘off-time’) and a pulse repetition frequency (PRF) of 1
kHz. Furthermore, microbubbles were added to TSL and NTSL and the liposome
dispersions were exposed for 1, 2, 4 and 8 min at 20 W of PW-HIFU.

RESULTS
LIPOSOME PREPARATION AND CHARACTERIZATION
Mean size, PDI and Tm of the liposomes were measured directly after preparation
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Fig. 1. HIFU system used for ultrasound exposure of the liposome formulations. The sample
holder (filled with liposome suspension) was placed in the focal point above the ultrasound
transducer. The water bath temperature was 37 °C to mimic the in vivo situation.

(Table 1). The liposome formulations had an average size between 97-139 nm and
had a small size distribution (PDI ≤ 0.06). DSC analysis showed that the Tm of F-TSL
and NR-TSL was 42.1 °C and 42.3 °C, respectively (thermograms not shown), in
agreement with literature [46, 47]. For NTSL, as expected, no Tm was detected within
the measured temperature range of 25 °C - 60 °C. DLS measurements performed
on FCS showed an average size of 21 ± 2 nm with a PDI around 0.48. Addition of
FCS to the liposome formulations resulted in a small increase of the PDI (up to 0.32),
while the size did not significantly change. This is shown for NR-loaded liposomes
(both TSL and NTSL) in Table 2. DLS was measured based on particle volume, so the
small serum proteins within FCS did not significantly affect the mean liposomal size,
while the PDI was yet increased. Moreover, the mean size and PDI after heating the
liposomes in HBS or HBS:FCS (measured at 20 °C) did not significantly change as
compared to non-heated liposomes.

TEMPERATURE-TRIGGERED RELEASE OF FLUORESCEIN AND NILE
RED FROM TSL AND NTSL
Within 15 min of exposure to 60 °C in HBS and HBS:FCS using a thermostatcontrolled water bath, around 80% of the loaded amount of fluorescein from TSL
was released (Fig. 2), which is in accordance with previous studies [47]. The emission
spectra of both fluorescein release in HBS and HBS:FCS are provided in Fig. 3a
and 3b, respectively. When FCS is added to the liposome dispersion, the release of
fluorescein from F-TSL is hampered (Fig. 3c) when exposed to 42 °C (Tm of F-TSL)
as compared to fluorescein release in HBS alone (Fig. 3a). Maximum release at 42 °C
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Table 1: Size, PDI and Tm of the liposome formulations. n/a*) No Tm was not found within the measured
temperature range (25 °C to 60 °C). Values are given as mean ± SD, n=3.
Liposome formulation

Size (nm)

PDI

Tm (°C)

F-TSL

133 ± 4

0.02 ± 0.01

42.1 ± 0.1

F-NTSL

97 ± 2

0.05 ± 0.02

n/a*)

NR-TSL

139 ± 5

0.01 ± 0.01

42.3 ± 0.2

NR-NTSL

103 ± 4

0.06 ± 0.02

n/a*)

Table 2. Size (nm) and PDI of FCS and NR-TSL / NR-NTSL after the addition of FCS prior to and after
heating.
NR-TSL
Size (nm)

PDI

NR-NTSL
Size (nm)

PDI

139 ± 5

0.01 ± 0.01

103 ± 4

0.06 ± 0.02

21 ± 2

0.48 ± 0.02

21 ± 2

0.48 ± 0.02

Fresh + FCS

135 ± 1

0.12 ± 0.04

113 ± 10

0.32 ± 0.02

Post heating + FCS

127 ± 1

0.10 ± 0.06

107 ± 3

0.31 ± 0.01

Freshly prepared
FCS

release (%)

Fig. 2. Release of fluorescein from
TSL in HBS ( ) and in HBS:FCS
( ) after 15 min of heating at
different temperatures between 20 °C
and 60 °C (mean ± SD, n=3).

temperature (°C)

was observed after 1 h. Exposure of the F-TSL in HBS:FCS to temperatures above the
liposomal Tm (Fig. 3b), however, resulted in maximum release within 15 min, which
is similar as observed in HBS. As described before, no Tm was found as determined
with DSC measurements of F-NTSL, although the Tm of DSPC is around 54-55 °C [48,
49]. This can be explained by the mol fraction cholesterol used for the preparation of
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a

b

wavelength (nm)

3

wavelength (nm)

Fig. 3. Fluorescence intensity of F-TSL in HBS
(a) and HBS:FCS (b). Multiple fluorescence
emission spectra taken from F-TSL at 42 °C
in HBS:FCS (c). Each graph represents one
measurement which was repeated every 5
min. The lowest peak was obtained after
5 min of incubation time, which increased
at longer incubation times up to 1 h when
maximum release at 42 °C was achieved.

relative fluorescence (a.u.)

c

20 °C
37 °C
40 °C
42 °C
45 °C
60 °C

relative fluorescence (a.u.)

relative fluorescence (a.u.)

20 °C
37 °C
40 °C
42 °C
45 °C
60 °C

wavelength (nm)

NTSL, which is 39%. The presence of cholesterol in phospholipid bilayers causes a
decrease in enthalpy [50], and, therefore, the Tm is not detected with DSC [51]. Hence,
no changes in the fluorescence emission spectra of F-NTSL in HBS are found within
the temperature range of 20 °C to 60 °C (Fig. 4a). In the presence of FCS, however, an
increase in fluorescence intensity is found at 60 °C (Fig. 4b). Most probably, the serum
proteins such as albumin interact with the transient pores which are created when
the Tm of the liposomes is exceeded and DSPC undergoes a gel-to-liquid crystalline
transition, leading to some fluorescein release from the liposomes. The emission
spectra of F-NTSL after HIFU exposure were taken at 20 °C in HBS, so any effect of
temperature elevation on the release kinetics instigated by HIFU exposure prior to the
fluorescence measurements can be excluded. Fig. 5a shows an increasing decline in
fluorescence intensity of NR-TSL upon incubation at elevated temperatures up to 60
°C, measured directly at the elevated temperature. However, when the samples were
cooled down prior to measurement, fluorescence intensities were restored to the initial
values. It is hypothesized that the phospholipid bilayer in which NR is solubilized is
compromised due to the associated conformational changes at and above the liposomal
Tm, which allows in- and outflow of the surrounding medium. Consequently, NR is
more surrounded with hydrophilic molecules, leading to a decrease in fluorescence
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a

20 °C
37 °C
40 °C
42 °C
45 °C
60 °C

relative fluorescence (a.u.)

relative fluorescence (a.u.)

20 °C
37 °C
40 °C
42 °C
45 °C
60 °C

b

wavelength (nm)

wavelength (nm)

Fig. 4. Fluorescence intensity of F-NTSL at different temperatures in HBS (a) and HBS:FCS
compared to Triton X-100 lyzed F-NTSL (100% release) (b), n=3.

intensity due to quenching [52, 53]. In HBS:FCS, the fluorescence was not reduced
with increasing temperatures (Fig. 5b) due to the presence of serum proteins,
which interact with the liposomal phospholipid bilayer. Subsequently, interaction
of hydrophilic molecules with NR is prevented, avoiding a decline in fluorescence.
Only at 60 °C, after also exceeding the Tm of DSPC, the fluorescence decreases. The
emission spectrum was restored to its initial value when the liposome dispersion was

a

20 °C
37 °C
40 °C
42 °C
45 °C
60 °C

relative fluorescence (a.u.)

relative fluorescence (a.u.)

20 °C
37 °C
40 °C
42 °C
45 °C
60 °C

b

wavelength (nm)

wavelength (nm)

Fig. 5. Fluorescence intensity of NR liposomes at different temperatures in HBS (a) and in
HBS:FCS (b), n=3.

cooled down to at 20 °C. Furthermore, incubation of NR-TSL for 2 h at 37 °C did not
result in a change in fluorescence, demonstrating that the NR-TSL remained stable
and no NR release had occurred. NR-NTSL were exposed to different temperatures
in HBS (a) or HBS:FCS (b) and measured directly after heating of the liposomes to
the desired temperature. No decrease in fluorescence intensity was observed after
temperature elevation up to 45 °C (Fig. 6), since no conformational changes within
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20 °C
37 °C
40 °C
42 °C
45 °C
60 °C

relative fluorescence (a.u.)

relative fluorescence (a.u.)

20 °C
37 °C
40 °C
42 °C
45 °C
60 °C

b

wavelength (nm)

wavelength (nm)

Fig. 6. Fluorescence intensity of NR-NTSL at different temperatures in HBS (a) and HBS:FCS (b),
n=3.

the liposomal phospholipid bilayer occur and interaction of hydrophilic molecules
with NR is prevented. Only after temperature elevation to 60 °C, thus exceeding
the (minor) Tm of DSPC, the fluorescent intensity is somewhat decreased. After the
addition of FCS, the difference in fluorescence decrease is less as compared to the
fluorescence decrease in HBS alone, probably also due to the interaction of the serum
proteins such as albumin interact with the transient pores which are present at 60 °C
(Fig. 6b), as described previously. The emission spectrum was restored to its initial
value when the liposome dispersion was cooled down to at 20 °C.

TEMPERATURE ELEVATION OF THE LIPOSOMES AT FHE FOCAL SPOT
DURING HIFU EXPOSURE
To validate the temperature elevation of the liposome samples during CW- and PWHIFU exposure, the temperature at the position of the focal point was measured with
a thermocouple fixed in the middle of sample holder filled with degassed liposome
dispersion. A mean temperature of 44 °C at 4 min of CW-HIFU exposure to 2.5 W
and increasing temperatures up to 58 °C at 4 min of HIFU exposure to 20 W (Fig.
7a), which exceeds the Tm of the liposomes. The temperature measured at the focal
point raised rapidly to the final temperature and remained stable for the remaining
exposure time. A similar release profile is shown after HIFU exposure to 20 W for
different time periods, where the temperature in the sample holder raised to ~52 °C
after 30 s of exposure time (Fig. 7b), which remained stable after longer exposure
times. Exposure of the liposomes to PW-HIFU resulted in a temperature increase of
only 2 °C (from 37 °C to 39 °C, Fig. 7b), which excludes temperature as initiator of
liposomal release.

CW-HIFU-TRIGGERED RELEASE OF FLUORESCEIN AND NILE RED
FROM TSL AND NTSL
Rapid release of fluorescein from TSL incubated at 37 °C was observed after 4 min
CW-HIFU exposure to 2.5 W (~80% of the loaded amount was released; Fig. 8a).
Thermocouple measurements at the focal spot of the sample holders indicated a rapid
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Fig. 7. Temperature ramps of HIFU exposure versus temperature. Exposure of liposomes to CW-HIFU
at different acoustic powers (W) for 4 min versus the Tm of the liposomes (a). Exposure of liposomes to
20 W CW-HIFU ( ) and PW-HIFU ( ) for different times (b).

a

b

acoustic power (W)

exposure time (min)

Fig. 8. Release of fluorescein from TSL ( ) and NTSL ( ) after exposure to CW-HIFU. The liposomes
were exposed to different acoustic powers for 4 min (a) and to 20 W of acoustic power for different
exposure times incubated at 37 °C (b). Values are given as mean ± SD, n=3.

temperature increase from 37 °C to 44 °C (Fig. 7). Exposure of the same formulation
for the same time but to a higher dose of 30 W and to 20 W for different time periods
up to 16 min resulted in an increase in temperature to 52 °C which was associated
with a rapid and almost quantitative fluorescein release (Fig. 8a and b). Furthermore,
substantial fluorescein release from NTSL, around 40% of the loaded amount, was
observed after exposure to 30 W for 4 min (Fig. 8a) and up to 64% was released after
exposure to 20 W for 16 min (Fig. 8b). The release of NR from TSL increased with
higher acoustic power (Fig. 9a), reaching ~43% of the loaded amount after exposure
to 30 W for 4 min. Fig 9a shows that at similar conditions, an even higher release
from NTSL was obtained, reaching ~64% of the loaded amount. Fig. 9b shows that
the release NR from TSL after exposure to CW-HIFU at a fixed acoustic power (20
W) increased with time reaching up to 66% of the loaded dose after exposure for 16
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a

3

b

acoustic power (W)

exposure time (min)

Fig. 9. Release of NR from TSL ( )and NTSL ( ) incubated at 37 °C after exposure to CW-HIFU. The
liposomes were exposed to different acoustic powers (W) for 4 min (a) and exposed to 20 W of acoustic
power (W) for different exposure times (b). Values are given as mean ± SD, n=3.
Table 3. Size (nm) and polydispersity index (PDI) of F-TSL / F-NTSL after heating and after CW-HIFU
exposure to different acoustic powers.
F-TSL
Size (nm)

PDI

F-NTSL
Size (nm)

Freshly prepared

133 ± 4

0.02 ± 0.01

97 ± 2

0.05 ± 0.02

Post heating

131 ± 3

0.07 ± 0.02

105 ± 1

0.13 ± 0.02

Post HIFU 10 W

127 ± 1

0.07 ± 0.02

104 ± 1

0.14 ± 0.00

Post HIFU 20 W

132 ± 2

0.10 ± 0.06

105 ± 1

0.11 ± 0.02

Post HIFU 80 W

123 ± 1

0.11 ± 0.01

121 ± 4

0.21 ± 0.01

Post HIFU 120 W

118 ± 0

0.14 ± 0.02

113 ± 0

0.16 ± 0.03

PDI

min, whereas NTSL showed at the same conditions an even higher release (~78% of
the loaded dose). DLS analysis showed that the mean size and PDI of the liposomes
did not significantly change after CW-HIFU exposure of the liposomes, as is shown
for fluorescein-loaded liposomes (both TSL and NTSL) in Table 3. This confirms that
the release of both fluorescein and NR originates from reversible destabilization of
the liposomes.

PW-HIFU-TRIGGERED RELEASE OF FLUORESCEIN AND NR FROM TSL
AND NTSL
Release of fluorescein from TSL after PW-HIFU exposure at 20 W up to 32 min
was substantially higher, ~85%, as compared to ~27% for NTSL (Fig. 10a). During
exposure, a mild temperature elevation from 37 °C to ~39 °C (Fig. 7) was measured
with the thermocouple. This is around 3 °C lower than the Tm of the TSL and, as
a consequence, will not trigger the released of fluorescein from F-TSL. At the same
conditions, a higher NR release from NTSL, ~69%, as compared to ~36% for TSL, was
observed (Fig. 10b).
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a

b

exposure time (min)

exposure time (min)

Fig. 10. Release of fluorescein (a) and NR (b) from TSL ( )and NTSL ( ) incubated at 37 °C after
exposure to PW-HIFU (20 W for different times; duty cycle of 10%). Values are given as mean ±
SD, n=3.

DISCUSSION
In this study, the involvement of an additional release mechanism from liposomes
beside cavitation and temperature associated with HIFU exposure was investigated.
Furthermore, the HIFU-triggered release of a lipophilic compound was studied.
To discern temperature-induced release from non-temperature effects due to
HIFU exposure, both non-temperature sensitive (NTSL) and temperature sensitive
(TSL) liposomes containing a hydrophilic compound (fluorescein) or a lipophilic
compound (Nile red) were prepared and incubated in a water bath at temperatures
ranging between 20 °C and 60 °C. Approximately 80% fluorescein release from TSL
was observed within 15 min after exposure to temperatures above the liposomal Tm
(≥ 42 °C, Fig. 2). As expected, no release of fluorescein from NTSL was measured.
Moreover, NR was not released from both liposome types, most likely due to the
strong interaction of NR with the hydrocarbon chains of the phospholipid bilayer
by Van der Waals forces [24]. Furthermore, it was demonstrated that the average
liposomal size did not significantly change after the addition of FCS and after 15 min
of heating to 60 °C, hence no liposome aggregation had occurred. CW-HIFU exposure
of F-TSL to 2.5 W of acoustic power incubated at 37 °C resulted in almost complete
release within 4 min (Fig 8a), likely because the sample temperature (45 °C) exceeded
the Tm of the liposomal bilayer. Furthermore, fluorescein release from NTSL was
observed, although the release was slower and less as compared to the release from
TSL (Fig. 8). Based on the results from the water bath experiment it is concluded that
the fluorescein release from NTSL is not due to the temperature increase, but only due
to the ultrasound wave. Surprisingly, CW-HIFU exposure of TSL resulted in ~66% NR
release after 16 min of exposure to 20 W, and an even higher release of ~78% from NTSL
was observed (Fig. 9). Since no release of NR from both TSL and NTSL after heating
in a water bath up to 60 °C was observed and no significant changes in liposome
size and PDI before and after HIFU exposure were detected, it can be concluded
that HIFU reversibly destabilizes the phospholipid bilayer of the liposomes and
weakens NR-lipid interactions, resulting in NR release. The differences in release can
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be explained by the liposome composition since the interaction between a lipophilic
compound and a phospholipid bilayer is stronger when the bilayer mainly consist
of DPPC (TSL) as opposed to DSPC (NTSL) [24, 54]. Fluorescein release from NTSL
and NR release from both TSL and NTSL demonstrates that another mechanism than
temperature elevation associated with CW-HIFU is responsible for this effect. It is
hypothesized that radiation force-induced acoustic streaming causes the liposomes
to collide at the walls of the exposure chamber leading to shear forces that destabilize
the liposome resulting in release of the loaded compounds [55-57]. CW-HIFU leads
to fluorescein and NR release from TSL and NTSL, but also to unwanted heating of
the targeted tissue when clinically applied to release cytostatic drugs from liposomes.
With PW-HIFU, the same amount of total energy will be generated as compared to
CW-HIFU, although a longer total exposure time is needed. In this study it is shown
that PW-HIFU only lead to minor temperature increase, from 37 °C to 39 °C. This
is due to the short ultrasound exposure (100 μs) followed by a longer period of no
ultrasound exposure (900 μs) during which the generated heat dissipated in the
surrounding environment. During PW-HIFU the temperature does not exceed the Tm
of the liposomal bilayer. Therefore, the observed triggered release of the entrapped
compounds is not due to temperature effects. Fluorescein release (~15% of the loaded
amount) from TSL was observed after 2 min PW-HIFU exposure, which increased
to substantial release (~85% after 32 min). The NTSL formulation used in our study
resembles Doxil, a clinically used NTSL formulation (Janssen Biotech, Inc., Horsham,
PA, USA), although HSPC was replaced by DSPC and fluorescein was used as a
doxorubicin-surrogate. Dromi et al. investigated triggered release of doxorubicin
in vivo with PW-HIFU from ThermoDox [58] and compared the drug release with
that from Doxil [33]. The consequential hyperthermia (4 °C to 5 °C) resulted in a
significant higher drug deposition in the tumor and reduced tumor growth in
ThermoDox-treated mice. Nevertheless, no significant improvement was shown with
Doxil-treated mice after PW-HIFU exposure as compared to the non-exposed mice.
This was to be expected due to the relatively short PW-HIFU exposure time of 2 min
per spot. In our study, only ~5% fluorescein release from NTSL was observed after
2 min PW-HIFU exposure. However, longer exposure times (up to 32 min) resulted
in 27% release of the encapsulated compound. These results show that release from
NTSL is not due to temperature elevation and confirm that an additional mechanism
opposed to temperature elevation or cavitation is responsible for the release. Hence,
in vivo studies with Doxil and increased PW-HIFU exposure times to achieve higher
drug deposition in the tumor and a reduced tumor growth are recommended. In
previous studies it was demonstrated that cholesterol can stabilize and rigidify the
phospholipid bilayer [59-61]. The TSL investigated in this study contained a three
times lower cholesterol concentration as compared to NTSL, which explains the
higher HIFU-triggered fluorescein release from TSL as compared to NTSL. The release
of NR from NTSL was ~30% after 2 min of exposure time, increasing to ~69% after 32
min. This was higher as compared to TSL (~36%), which is in accordance with the NR
release from TSL and NTSL after CW-HIFU exposure. Exposure of microbubbles to
PW-HIFU can lead to rapid radial expansion, contraction and the subsequent collapse
of the microbubbles within a short exposure period due to the cyclic change of the
pressure of an ultrasound field, called inertial cavitation [62, 63]. It can be expected
that this phenomenon enhances liposome destabilization and increases the release
of entrapped compounds [64]. All liposome samples were degassed prior to CWor PW-HIFU exposure, minimizing the occurrence of cavitation due to air bubbles
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present in the sample. In order to investigate whether HIFU exposure generated
cavitation in the liposome samples, they were exposed to PW-HIFU in the presence
of sulphur hexafluoride microbubbles. However, no increased release in the presence
of microbubbles was observed, even though the microbubbles had collapsed within
1 min of PW-HIFU exposure, which confirms that cavitation was generated. Yet,
it was not the most important HIFU-triggered release mechanism from liposomes
in this study and points out that the release most likely originates from radiation
force-induced acoustic streaming. The resulting shear forces in the sample cause the
liposomes to collide at the walls of the exposure chamber leading to shear forces that
reversibly destabilize the liposome resulting in release of the loaded compounds.

CONCLUSION
In the present study, for the first time HIFU-triggered release of a lipophilic
compound from liposomes is demonstrated. Moreover, it was shown that HIFU
exposure resulted in release of a hydrophilic model compound (fluorescein) from
non-thermosensitive liposomes. It is concluded that neither temperature elevation
nor inertial cavitation is essential for the release of both hydrophilic and lipophilic
compounds from liposomes. It is assumed that the release originates from radiation
force-induced acoustic streaming, causing the liposomes to collide at the walls of the
exposure chamber leading to shear forces which in turn results in reversible liposome
destabilization and release of both hydrophilic and lipophilic compounds.
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ABSTRACT
The combination of fluorescein-containing liposomes (FCL) and magnetic resonanceguided high intensity focused ultrasound- (MR-HIFU) triggered release is a promising
approach for lesion demarcation and more efficient removal of non-palpable breast
lesions. Exposure of FCL to ablation temperatures (60 °C) using MR-HIFU would
result in palpable, stained tumors, which are more easy to identify during surgical
resection. In this study, proof-of-concept concerning fluorescent FCL for MR-HIFUtriggered release and tumor demarcation of non-palpable breast lesions is presented.
Ex vivo experiments in human blood and porcine muscle tissue showed increased
label release from the liposomes, clear fluorescence enhancement and diffusion
of the released compound after heating to 60 °C. Next, fluorescein release of FCL
was observed after MR-HIFU-mediated mild hyperthermia (42 °C) and ablation
temperature (60 °C) for a short period (30 s), which is in line with the clinically
relevant MR-HIFU treatment parameters. These results indicate the potential of
the FCL as a tool to improve tumor demarcation in patients by MR-HIFU-triggered
release. Therefore, this method may offer a new tool for efficient surgical resection of
non-palpable breast tumor lesions by enabling proper discrimination between tumor
tissue and adjacent healthy tissue.
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One of the main difficulties in surgical breast tumor resection is to distinguish
non-palpable breast lesions from healthy tissue. Smith-Bindman et al. stated after a
screening mammography study in the UK and the US that 10-55% of the detected
suspicious non-palpable lesions were malignant [1]. These patients must undergo
intensive treatments like lumpectomy or mastectomy to ascertain 100% removal
of the malignancies. Axillary lymph node dissection and loss of breast tissue
severely affects the quality of life of the patients. Hence, it is important to improve
lesion demarcation to reduce the removal of healthy tissue. Consequently, there is
a need for a method that enables proper discrimination between tumor tissue and
adjacent healthy tissue to ensure efficient complete tumor removal. Nowadays, the
use of magnetic resonance imaging (MRI) as a non-invasive diagnostic modality for
characterization of suspicious breast lesions has become an additional diagnostic
tool next to conventional techniques like mammography and ultrasound [2]. A
recent clinically available non-invasive technique, that combines MRI with thermal
ablation, is magnetic resonance-guided high intensity focused ultrasound (MRHIFU) [3]. MR-HIFU is able to heat tissue with pinpoint accuracy thereby ablating
malignant cells. Temperatures to be reached for this purpose are 60 °C and higher.
Currently, clinical trials are performed on MR-HIFU treatment of uterine fibroids and
prostate cancer [4, 5]. Extensive preclinical research has been performed to expand
the possibilities of this technique to breast tumor treatment [6, 7]. Unfortunately,
100% tumor ablation cannot be guaranteed [6]. Especially for tumors with undefined
margins and scattered multiple foci, MR-HIFU-mediated tumor ablation is not
suitable [8]. Therefore, surgical resection remains important in the clinical setting.
A recent development in anti-cancer therapy is the combination of MR-HIFU and
drug-containing nanoparticles like thermosensitive liposomes, which release their
content upon application of a heat-trigger around 42 °C [9-12]. Interestingly, the
combination of MR-HIFU-mediated ablation and thermosensitive liposomes has not
been explored as yet. Although treatment of the lesions with MR-HIFU alone will
result in coagulated tissue, which becomes palpable and consequently more easy to
identify, visual detection of the malignant areas during surgery will still be difficult.
So, it would be beneficial to enable visual discrimination of the lesions from healthy
tissue. Margin marking of the lesions with a dye would help to facilitate more efficient
lesion resection. An appropriate fluorescent dye for this purpose is fluorescein, since
it is already used as a diagnostic tool in combination with ultraviolet (UV) light
in a clinical setting and can therefore be safely used in patients [13-15]. Moreover,
fluorescein is a self-quenching dye, which means that no fluorescence is detected
at high intraliposomal concentration [16]. This has the advantage that the dye can
only be detected with UV light after it is being released from the liposomes enabling
proper discrimination of the MR-HIFU-treated malignant tissue from the non-treated
healthy tissue. The concept of this novel approach to improve efficiency in lesion
resection after the MR-HIFU-mediated ablation procedure starts with intravenous
administration of fluorescein-containing liposomes (FCL). To ensure a sufficient
liposome accumulation at the tumor tissue, it is essential to include cholesterol and
poly(ethylene glycol) (PEG) into the liposome formulation for high stability and long
circulation, respectively, while the inclusion of a thermosensitive phospholipid such
as 1,2-dipalmitoyl-sn-glycero-3-phosphocholine (DPPC) enables MR-HIFU-mediated
fluorescein release from the liposomes. By virtue of the enhanced permeability and
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retention (EPR) effect, liposomes with a size of around 100 nm are able to extravasate
from the blood vessels into the tumor tissue [17-21]. Subsequently, the high ablation
temperature as applied by MR-HIFU will trigger the FCL to release their dye, which
will diffuse throughout the surrounding tumor tissue, resulting in tumor demarcation.
In this study, FCL, which are able to release their content after exposure to MR-HIFUmediated ablation temperatures, are developed, and proof-of-concept is provided for
the proposed approach to improve lumpectomy based on a combination of FCL and
MR-HIFU.

MATERIALS AND METHODS
MATERIALS
All chemicals and lipids were commercially available and used as obtained.
1,2-dipalmitoyl-sn-glycero-3-phosphocholine (DPPC) and 1,2-dipalmitoyl-snglycero-3-phospho-ethanolamine-N-[methoxy(polyethylene glycol)-2000] (PEG2000DSPE) were obtained from Lipoid GmbH (Ludwigshafen, Germany). Cholesterol
(>99%), glutathione (reduced, >99%); Triton X-100 and silicon dioxide (SiO2, 99%, 0.510 μm) were supplied by Sigma Aldrich (Steinheim, Germany). Sodium fluorescein
(100 mg mL-1) was obtained from Serb Laboratoires (Paris, France). HMPAO kit was
purchased from Ceretec (Amersham, Arlington Heights, IL, USA). 99mTc-pertechnetate
was obtained from a molybdenum-99/technetium-99m generator (Mallinckrodt,
Petten, the Netherlands). N-(7-nitrobenz-2-oxa-1,3-diazol-4-yl)-1,2-dihexadecanoylsn-glycero-3-phosphoethanolamine (NBD-PE) was purchased from Invitrogen
(Carlsbad, CA, USA). Agarose MP was obtained from Roche Applied Science
(Mannheim, Germany).

LIPOSOME PREPARATION
The FCL were prepared with the conventional thin-film hydration technique as
described previously [20] and consisted of DPPC, cholesterol and PEG2000-DSPE in
a molar ratio of 1.85 : 1 : 0.15. The lipid mixture (100 mM) was dissolved in ethanol
(10 mL) and evaporated to dryness by rotary evaporation under vacuum (Rotavapor
R-210, BUCHI Laboratory Equipment, Zurich, Switzerland). The resulting lipid film
was further dried under N2 to ensure that all ethanol had evaporated. The lipid film
was hydrated with 10 mL fluorescein (100 mg mL-1). For control experiments, 99mTcHMPAO- and NBD-PE-containing liposomes were prepared using the same technique.
For the 99mTc-HMPAO-containing liposomes, the lipid film was hydrated with 10 mL
glutathione (15.4 mg mL-1). NBD-PE was incorporated with the lipid bilayer to obtain
a liposome composition of DPPC, cholesterol, PEG2000-DSPE and NBD-PE in a molar
ratio of 1.85 : 1 : 0.15 : 0.03 (NBD-PE 1% of total lipid concentration) at 15 μmol mL-1.
The lipid film was hydrated with 10 mL HEPES-buffered saline (HBS; 20 mM HEPES
and 135 mM NaCl, pH 7.4). The resulting lipid dispersions were sized with sequential
extrusion using a Lipex Extruder (Northern Lipids Inc., Vancouver, Canada) and
polycarbonate membrane filters (Poretics Corporation, Livermore, CA, USA) with a
pore diameter of 600, 200, 100 nm and 50 nm to obtain liposomes with an average
diameter of around 100 nm.
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The average hydrodynamic size and polydispersity index (PDI) of the liposomes
were determined with dynamic light scattering (DLS) using a Malvern ALV CGS3 system (Malvern Instruments Ltd., Worcestershire, UK). The PDI value can range
from 0 for a monodisperse to 1 for a heterodisperse formulation. Intensity correlation
functions were measured using a wavelength of 632.8 nm at a scattering angle of 90°.
Non-encapsulated fluorescein or glutathione was removed by dialysis in HBS using
Slide-A-Lyzer cassettes with a molecular weight cut-off of 10 kDa (Pierce, Rockford,
IL, USA) during 48 h with four times a change of buffer. Dye concentration of FCL
was determined by spectrophotometric measurement (UV Mini 1240, Shimadzu
Scientific Instruments, Columbia, USA, λ = 490 nm) after lysis of the liposomes using
2% Triton X-100 in HBS. The total phospholipid concentration of the liposomes after
extrusion was determined with the phosphate assay as described by Rouser et al.
[22]. Preformed glutathione-containing liposomes were labeled with 99mTc-HMPAO
as described previously by Phillips et al. [23]. Briefly, 740 MBq 99mTcO4- was added
to a lyophilized HMPAO kit. Incubation of 0.5 mL liposomes with 1 mL 99mTcO4-HMPAO results in a concentration of 14.8 MBq µmol-1 lipid. Labeling efficiency of
99m
Tc-HMPAO-containing liposomes was determined in the liposome fraction after
removal of the non-encapsulated 99mTc-HMPAO using a PD-10 desalting column
(Amersham Biosciences, Uppsala, Sweden) with HBS as eluent. The radioactivity of
the liposomes was measured with a VDC-404 dose calibrator (Veenstra Instruments,
Joure, the Netherlands). Differential scanning calorimetry (DSC) measurements
were performed in a capillary cell microcalorimeter instrument (MicroCal VP-DSC,
Northampton, MA) to determine the phase transition melting temperature (Tm) of the
liposomes. The experiment was performed at temperatures ranging from 20 °C to 70
°C at a heating rate of 1 °C min-1 after an equilibration period of 15 min at 20 °C.

LIPOSOME STABILITY
To investigate liposomal stability, the liposomes were stored at 4 °C for 6 months.
Afterwards, three samples of each liposome batch were taken to measure size and
PDI. Besides, the three freshly prepared liposome compositions were heated to 60
°C for 180 min to investigate the size distribution and PDI of the liposomes after an
extended heating period.

IN VITRO FCL RELEASE STUDIES
For quantitative dye release analysis, the FCL and NBD-PE-containing control
liposomes were exposed to different temperatures. Therefore, agarose phantoms
(0.5%) were prepared with deionized water in 50 mL BD Falcon tubes. A small cavity
was created with a 100 μL pipette tip in the middle of the agarose phantom before
the onset of gelation. The remaining cavity after the tip was removed was filled with
liposomes containing a total dye concentration of 130 μM. The agarose phantoms
were heated to 20, 37, 40, 43, 47 and 60 °C for 30 s using a thermostat-controlled water
bath. To study the effect of room and body temperature, the agarose phantoms were
exposed to 20 °C and 37 °C for an extended period of 180 min. After heat exposure,
the agarose phantoms were stored at 4 °C and dye release was measured with a
Photon Imager (Biospace Lab, Paris, France) 24 h after heat exposure to allow the
released dye to diffuse throughout the agarose phantoms. Quantitative data (number
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of fluorescent counts) was collected and analyzed using M3Vision software (Biospace
Lab, Paris, France). FCL and NBD-PE-containing liposomes lysed with 2% Triton
X-100 were used as positive control. Agarose phantoms (0.5%) without liposomes
were used as negative control.

EX VIVO LIPOSOME RELEASE STUDIES
To determine the feasibility of FCL application in a clinical setting, FCL (800 μM)
were mixed with human blood (1 mL : 1 mL) and exposed to 20 °C, 37 °C and 60 °C
for 30 s for visual detection of the released dye after heat-triggering. Photographs
of the samples were taken under normal light conditions and UV light (350 nm).
Additionally, 99mTc release from liposomes was investigated in porcine muscle tissue
using planar nuclear imaging with a dualhead gamma camera (Vertex-MCD, ADAC,
Milpitas, CA, USA) before and after heat exposure of the tissue. Two pieces of porcine
musculus semitendinosus were obtained from a pig that was previously used as a
laboratory animal. The tissue was stored at 7 °C and used within 24 h after the pig was
euthanized. The muscle tissues were injected with 1 mL of 99mTc-HMPAO liposomes
of which one was heated to 60 °C using hot air flow and one was kept at room
temperature (20 °C), as monitored by a locally placed thermometer. Diffusion of 99mTc
throughout the tissue was allowed for 2 h at room temperature. The acquisition time
was 90 s with a count rate of approximately 10,000 cps. The images were acquired in a
256 x 256 matrix with a pixel size of 2.32 mm x 2.32 mm and a 20% window centered
around the 140 keV photopeak using a low energy collimator. Posterior and anterior
images were fused in one image.

MR-HIFU-TRIGGERED RELEASE STUDY
Agarose phantoms were prepared in polypropylene beakers with 0.5% agarose, 2%
SiO2 and 800 mL deionized water. SiO2 is added for a higher absorption coefficient of
the agarose gel, resulting in better absorption of the ultrasound beam. A small cavity
was created in the middle of the agarose phantom with a 2 mL pipette tip, which was
inserted in the middle of the agarose before the onset of gelation. After the agarose
was cooled down, the pipette tip was removed and the remaining cavity was filled
with a mixture of liposomes containing a dye concentration of 800 μM and agarose gel,
which was cooled down to 37 °C to prevent premature release from liposomes. After
cooling down, more agarose gel (37 °C) was put on top until the cavity was completely
covered to prevent scattering of the ultrasound beam during MR-HIFU exposure. The
agarose phantoms containing FCL or the control NBD-PE-containing liposomes were
heated with the Philips Sonalleve 3 T MR-HIFU system (Philips Healthcare, Helsinki,
Finland). This system was used to heat a volume of approximately 1.2 x 1.2 x 5 cm3
using a 256-element phased-array ultrasound transducer with volumetric heating
capabilities and feedback control [24]. The ultrasound field was continuous wave with
a frequency of 1.2 MHz. Planning of the target area and temperature mapping during
treatment was performed by a 3 T Philips Achieva MRI scanner (Philips Healthcare,
Best, the Netherlands). The temperature measurements were performed according
to the Proton Chemical Shift (PRF) method [25]. MR phase images of a gradient echo
sequence were used to calculate temperature maps. When the spatial temperature
in the field-of-view of the first acquired phase image is known (e.g. in equilibrium
at room temperature), the temperature distribution in the second acquisition can
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be considered as an absolute temperature map. The temperature maps were used
as input for the binary feedback loop of the HIFU transducer. The binary feedback
loop modulated in real-time the transducer power resulting in a precise control of
the temperature in the field-of-view. The MR gradient echo sequence is a dynamic
multi-slice sequence with the following parameters: TR/TE = 28/20 ms; flip angle =
19°; matrix = 160 x 99; field-of-view = 400 x 250 mm; voxel size = 2.5 x 2.5 x 7 mm;
acquisition time per dynamic scan = 2.5 s. The MR slices were arranged as described
by Kohler et al. [26]. After a short preheating period (around 30-120 s), the desired
temperature of 42 °C and 60 °C was reached and maintained for 30 s. The temperature
accuracy was 0.1 °C based on the MR signal intensity [27]. After 24 h of storage at 4
°C, the agarose phantoms were sliced along the midsagittal plane. Dye release from
the focal spot was measured with the Photon Imager and analyzed using M3Vision
software as described previously. The total dye release after MR-HIFU treatment was
compared with FCL or NBD-PE-containing liposomes lyzed with 2% Triton X-100
were used as positive control. Liposome-embedded agarose phantoms, which were
not treated with MR-HIFU, were used as negative control.

RESULTS

4

LIPOSOME PREPARATION AND CHARACTERIZATION
FCL were prepared to determine their implementation as a diagnostic tool in lesion
demarcation after MR-HIFU-mediated ablation (Fig. 1). Liposomes containing the
lipophilic label NBD-PE were prepared as control liposomes and 99mTc-HMPAOcontaining liposomes were used for ex vivo studies (Table 1).
Fig. 1. Schematic representation of the FCL showing a PEGcoated lipid bilayer surrounding an aqueous compartment
containing fluorescein.

Table 1. Liposome characteristics
Label

Diamter (nm)

PDI

Dye concentration

Fluorescein

108 ± 1

0.04 ± 0.01

7.1 mg mL-1

NBD-PE

107 ± 2

0.05 ± 0.01

131 μg ml-1

109 ± 2

0.02 ± 0.01

134 MBq mL-1

Tc-HMPAO

99m

The average diameter of the liposomes was around 110 nm and the PDI was low in
every liposome dispersion (all ≤ 0.05), which indicates a narrow size distribution.
Storage of liposomes for 6 months at 4 °C and heating of liposomes to 60 °C for 180 min
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PDI

particle size (nm)

did not influence the size distribution of the liposomes, indicating that the liposomes
are stable regarding changes in particle size distribution (Fig. 2). DSC measurements
confirmed the Tm of the FCL to be at 42 °C, which corresponds with the Tm of DPPC.

fluorescein

NBD-PE

Tc-HMPAO

99m

Fig. 2. Liposome size (nm) and PDI (mean ± SD, n=3). Diameter of freshly prepared liposomes ( ).
Liposome diameter after 180 min of exposure to 60 °C ( ). Diameter of liposomes 6 months after storage
at 4 °C ( ). PDI ± SD is indicated by ( ).

IN VITRO LIPOSOME RELEASE STUDIES
The degree of dye release from FCL exposed to 20, 37, 40, 43, 47 and 60 °C for 30 s is
presented in Fig. 3a. Exposure to 43 °C resulted in 38% release, while 68% release was
observed after exposure to 60 °C. Exposure to 20 °C and 37 °C, even after an extended
exposure period of 180 min, did not result in any detectable release. NBD-PEcontaining liposomes exposed to 37 °C and 60 °C for 180 min did not show detectable
release of the fluorescent label from liposomes into the agarose phantoms (Fig. 3c),
while NBD-PE liberated using 2% Triton X-100 from the liposomal bilayer was able
to diffuse throughout the agarose gels. This indicates that the liposomal formulation
remains stable after heating. In order to exclude any direct effects of temperature
elevation on fluorescence levels of fluorescein, an experiment was performed on
fluorescein solubilized in demineralized water. The samples were heated for 15 min
from 20 °C up to 60 °C , and emission spectra were measured. No detectable change in
the emission spectra was observed at different temperatures (data not shown), hence
the increase in fluorescence can exclusively be ascribed to release from the FCL. In Fig.
4, photographs from FCL in human blood exposed to different temperatures for 30 s,
taken under normal light conditions (Fig. 4a-c) and 350 nm UV light (Fig. 4d-f), are
shown. No visual differences between the samples were observed under normal light
conditions. However, under UV light conditions, fluorescence was clearly enhanced
after exposure of the FCL to 60 °C (Fig. 4f).

EX VIVO RELEASE STUDIES
Distribution of fluorescein throughout tissue cannot be visualized directly in large
tissue samples due to the insufficient tissue penetration depth. Therefore, ex vivo
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release (%)

Fig. 3. Percentage of fluorescein
release from liposomes after
30 s exposure to different
temperatures (mean ± SD, n=3)
(a). Fluorescence measurements
in FCL-containing phantoms
exposed to different temperatures
for 30 s (b). Fluorescence of
NBD-PE-containing
liposomes
in agarose phantoms after heat
exposure to 37 °C and 60 °C for
30 s (c).

a

temperature (°C)

4
b

c
porcine muscle tissue was injected with liposomes labeled with the water-soluble
radioisotope 99mTc (99mTc-HMPAO-containing liposomes) to evaluate the release
properties of the liposome formulation in tissue. Planar nuclear images of the tissue
before and after heat exposure (60 °C) are shown in Fig. 5. Fig. 5b indicates the
diffusion of 99mTc in tissue after heat-triggering, which supports the feasibility of MRHIFU-triggered release from liposomes in tissue. In control tissue, which was not
exposed to heat, 99mTc did not show such enhanced diffusion from the injection spot
throughout the tissue (Fig. 5c and d).

MR-HIFU-TRIGGERED RELEASE STUDY
The liposome spot inside the agarose phantoms was treated with MR-HIFU, as is
depicted in Fig. 6a. This region of interest (ROI) was heated to 42 °C (Tm of DPPC)
and 60 °C (ablation temperature) for 30 s with MR-HIFU. In Fig. 6b and c, the heated
liposome spot in the agarose phantom is shown with MRI temperature mapping to
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20 °C

37 °C

60 °C

a

b

c

d

e

f

Fig. 4. Photographs from FCL
dispersed in human blood.
Samples are exposed to 20
°C, 37 °C and 60 °C for 30
s. Photographs taken under
normal light conditions (a-c).
Photographs taken under 350
nm UV light emission (d-f).
Exposure to 20 °C and 37 °C
(d and e). After exposure to 60
°C, fluorescence was clearly
enhanced (f).

demonstrate the accuracy of the MR-HIFU procedure. MR-HIFU-induced heating to
42 °C resulted in 28% release, whereas 68% release was observed after heating to 60
°C. These results correspond with the heat exposure results that were obtained with
a water bath (Fig. 3). MR-HIFU treatment of NBD-PE-containing liposomes did not
lead to fluorophore distribution throughout the agarose phantoms, which is also in
agreement with the in vitro water bath results (see above).

before treatment

after treatment (60 °C) +2h

a

b
control +2h

control

c

d

99

Fig. 5. Planar nuclear images of
porcine muscle tissue injected
with 99mTc-HMPAO-containing
liposomes. Distribution of
99m
Tc in the tissue before and
after heat exposure to 60 °C
(a and b). Diffusion of 99mTc
throughout the tissue was
observed after heat-triggering.
In
control
tissue,
such
enhanced distribution was not
observed (c and d).
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b

c

a
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Fig. 6. Schematic drawing of the treatment planning positioned on the MR image of the agarose
phantom during MR-HIFU treatment; the intended treatment cell is shown in green (a).
Transverse plane of the agarose phantom during the 42 °C treatment, the temperature distribution
can be deducted from the color bar (b). Midsagittal plane of the agarose phantom during 42 °C
treatment, indicating the heated area and reflecting the treatment cell as prepared during the
treatment planning (c).

DISCUSSION
This study was performed to obtain proof-of-concept for the applicability of stable,
long-circulating FCL as a tool for tumor demarcation of non-palpable breast lesions
after MR-HIFU-mediated ablation. The liposomal size distribution of around 110
nm enables passive tumor targeting facilitated by the EPR effect [17]. A 6-month
storage period at 4 °C showed that the FCL did not leak their fluorescent label and are
stable regarding changes in particle size distribution. A pharmaceutical acceptable
shelf-life is important for usage in a clinical setting and underlines the clinical
applicability of the FCL formulation. Temperature-induced fluorescein release from
liposomes was investigated by exposure of liposome-embedded agarose phantoms
to different temperatures. Exposure of these phantoms to 20 °C and 37 °C did not
result in detectable release. Fluorescein release was limited at 40 °C (about 10%)
after short exposure times (30 s) while it increased to 68% after 30 s exposure to 60
°C (Fig. 3), illustrating the sensitivity of the liposome formulation for temperature
changes above 37 °C. No fluorophore distribution was observed after heating the
NBD-PE-containing liposomes to 60 °C, demonstrating the high stability of the
liposome formulation. Exposure of FCL dispersed in human blood to 20 °C, 37 °C
and 60 °C for 30 s showed a clear enhancement of fluorescence at 60 °C as compared
to body temperature (37 °C). The liposomal fluorescein concentration used in these
experiments is sufficient for staining in a clinical setting. Due to self-quenching inside
the liposomes, fluorescence is only observed when fluorescein is released from the
liposomes. This attractive property contributes to efficient lesion demarcation since
fluorescence will only be detected around the heated area, which excludes false
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positive staining of healthy tissue. Although animal-derived breast tissue or ex vivo
human mammary tissue may resemble breast tissue in a clinical setting, these tissues,
however, do not resemble tumor tissue itself with respect to the tissue consistency.
Tumor tissue is often characterized as dense tissue, which is highly vascularized at
the tumor periphery. For this reason, muscle tissue was determined to be a suitable
alternative for tumor tissue in this setup for ex vivo diffusion experiments after heattriggered liposome release of 99mTc. Ex vivo experiments with porcine muscle tissue
injected with 99mTc-HMPAO showed enhanced distribution of 99mTc after heating to
60 °C, indicating release and diffusion of 99mTc. This result additionally confirms the
potential applicability of the liposome formulation for lesion demarcation in tissue.
To demonstrate the occurrence of temperature-induced release after MR-HIFUtriggering, FCL-embedded agarose phantoms were exposed to MR-HIFU ablation for
30 s. Short ablation temperatures are critical when using MR-HIFU in the body. The
short exposure period is in accordance with clinically relevant MR-HIFU parameters
[24, 26]. Long heating periods may cause peripheral absorption of heat in non-targeted
tissue, yielding the risk of unpredictable thermal lesions [6]. Short exposure of FCLembedded agarose phantoms to MR-HIFU at 42 °C and 60 °C resulted in dye release
kinetics in line with the in vitro results obtained with a water bath.
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ABSTRACT
In cancer therapy, a promising treatment option to accomplish a high tumor-tonormal-tissue ratio is endovascular intervention with microsized particles, such as
embolotherapy. In this study, alginate microspheres (ams) were prepared with the
JetCutter technique, which is based on cutting a sodium alginate solution jet stream into
small droplets of uniform size which are then crosslinked with different lanthanides
or iron-III, resulting in microspheres of a predefined size which can be visualized by
magnetic resonance imaging (MRI). The microspheres were investigated for their size
and morphology (light microscopy and scanning electron microscopy analysis), cation
content and MRI properties. The lanthanide-ams formulations, with a uniform size of
250 µm and a cation content between 0.72-0.94%, showed promising results for MR
imaging. This was further demonstrated for Ho3+-crosslinked alginate microspheres
(Ho3+-ams), the most potent microsphere formulation with respect to MR visualization,
allowing single sphere detection and detailed microsphere distribution examination.
Intravascular infusion of Ho3+-ams by catheterization of ex vivo rabbit and porcine
liver tissue and assessment of the procedure with MRI clearly showed accumulation
and subsequently embolization of the targeted vessels, allowing accurate monitoring
of the microsphere biodistribution throughout the tissue. Therefore, the different
alginate-lanthanide microsphere formulations developed in this study show great
potential for utilization as image-guided embolotherapy agents.
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INTRODUCTION

5

In cancer chemotherapy, treatment techniques aimed at local drug delivery are
gaining increasing interest. Ideally, successful tumor targeting will lead to a high
tumor-to-normal-tissue ratio, enhancing treatment efficacy while toxicity and side
effects are reduced [1, 2]. A promising treatment option for efficient tumor targeting
is embolotherapy, in which microsized particles are administered selectively into
the tumor-feeding artery by catheterization. During this procedure, a catheter is
advanced intra-arterially to the desired location. Using radiopaque contrast medium,
the procedure can be performed under fluoroscopy guidance. When the tumorfeeding artery is reached with the catheter, the microsized particles are infused. As
a result, the blood flow is reduced or completely obstructed, which causes a lack
of nutrients and oxygen and eventually leads to necrosis of the affected tissue.
Different embolization agents, such as polyvinyl alcohol embolization particles
and tris-acryl gelatin embolization microspheres, have been developed and are
currently utilized for various indications, such as treatment of uterine fibroids,
arteriovenous malformations and hypervascularized tumors [3, 4]. Furthermore,
embolization microspheres can also be exploited as a carrier of therapeutic agents,
e.g. drug-eluting beads, which have been used recently in transarterial chemoembolization [5-7]. These microspheres enabled visualization with fluoroscopy and
X-ray computed tomography (CT) imaging, which would allow ‘real-time’ image
guidance of the transcatheter embolization procedure [8, 9]. However, these ionizing
radiation-based imaging techniques lack soft tissue contrast, which is important for
tumor identification. The possibility to non-invasively assess the biodistribution of
microspheres in conjunction with the local anatomy is of major importance, because
it allows for superior treatment monitoring as well as validation of the targeting
efficiency. Recently, our group demonstrated proof-of-concept of an embolization
particle based on alginate containing a magnetic resonance imaging (MRI) contrast
agent (Ho3+) [10]. MRI is a promising modality for image-guided embolotherapy and
biodistribution assessment of microspheres within the patient due to its relatively
high spatial and temporal resolution and superior soft tissue contrast properties [11]
as compared to CT, which allows visualization of lower quantities of the contrast
agent and improves localization with respect to soft tissue target organs. After intraarterial infusion of microspheres, clustering and accumulation of the microspheres
within the tissue can occur, which may lead to saturation of the MR signal, especially
when using high-field MRI and microspheres with a high magnetic susceptibility.
Therefore, alginate microspheres with a low susceptibility may be more suitable
for the quantification of higher microsphere concentrations. Alginate, the main
component of these microspheres, is a biocompatible hydrophilic polysaccharide
consisting of alternating (1,4)-linked β-D-mannuronic (M) acid and α-L-guluronic
acid (G) units and can interact with different cations, resulting in the formation of a
hydrogel [12]. Alginate hydrogels have been widely investigated in the biomedical
research field and have subsequently been successfully employed as matrix devices
for the loading and release of drugs [13-17] and growth factors [18-21], as well as for
the entrapment of cells [22-25]. The development of different microsized spherical
particles which have the potential to be used, for instance, as drug carriers and
additionally can be visualized with MRI will offer a great improvement in minimally
invasive transcatheter embolization therapy. In this comparative study, different
lanthanides were investigated for their ability to form alginate-based MRI-detectable
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microspheres, exploiting the paramagnetic behavior of the lanthanides [26-28].
All microsphere formulations were characterized with light microscopy, scanning
electron microscopy (SEM) and complexometric cation content analysis. Extensive
qualitative and quantitative MRI assessment of the microsphere formulations was of
particular interest. Furthermore, ex vivo embolization studies with rabbit and porcine
liver were performed and the possibility of ‘single sphere detection’ was explored,
which would allow detailed microsphere biodistribution examination.

MATERIALS AND METHODS
MATERIALS
All chemicals and polymers were from commercial sources and were used as
obtained. Sodium alginate (Protanal LF 240 D, Ph. Eur.) was a generous gift from FMC
Biopolymer Ltd. (Girvan, Ayrshire, UK). Calcium(II) chloride dihydrate (≥99.0%),
ferric(III) chloride hexahydrate (≥98%), gadolinium(III) chloride hexahydrate (99%),
dysprosium(III) chloride hexahydrate (99.9%), Eriochrome Black T (ACS reagent),
1,10-phenanthroline (≥99%), ammonium iron(II) sulphate hexahydrate (Mohr’s salt,
ACS reagent; 99%) and sodium chloride (ACS reagent, ≥99.8%) were obtained from
Sigma Aldrich (Steinheim, Germany). Holmium(III) chloride hexahydrate (99.9%),
ytterbium(III) chloride hexahydrate (99.9%), thulium(III) chloride hexahydrate
(99.9%), europium(III) chloride hexahydrate (99.9%) and terbium(III) chloride
hexahydrate (99.9%) were purchased from Metall rare earth Ltd. (Shenzhen, China).
Agarose MP was obtained from Roche Applied Science (Mannheim, Germany).
Nitric acid (65%), potassium nitrate (99.9%), ethylene dinitrilotetraacetic acid (EDTA;
>99.0%), xylenolorange (Ph. Eur. 99.9%), hydroxylamine hydrochloride (≥96%)
and manganese(II) chloride tetrahydrate (ACS reagent) were obtained from Merck
(Darmstadt, Germany). Sodium hydroxide (99.9%) was purchased from Riedel-de
Haën (Seelze, Germany), Magnesium(II) chloride hexahydrate was obtained from
Boom Lab (Meppel, the Netherlands).

ALGINATE MICROSPHERE PREPARATION
An important advantage of alginate gels is their ease of preparation, allowing the
formation of gels with different shapes and sizes [29]. The JetCutter technique
allows for the preparation of monodisperse alginate microspheres (ams) (Fig. 1), as
previously described by Prusse et al. [30], resulting in the preparation of spherical
particles with a predetermined size which can be utilized as embolization agents [10,
31, 32]. The JetCutter uses a mechanical cutting step in combination with a jet of fluid,
which is pressed through a nozzle with a small diameter to create identical cylindrical
segments that will become spherical due to the surface tension of the fluid [10]. In order
to produce ams with the JetCutter, sodium alginate was dissolved in demineralized
water under magnetic stirring at a concentration of 2% (w/v). Subsequently, the
alginate solution was processed with the JetCutter using a nozzle diameter of 120
μm and a rotor speed set to 5000 rpm. The JetCutter was equipped with a cutting
tool consisting of 120 wires with a diameter of 100 μm. An alginate flow rate of 0.12
mL s-1 was used to prepare microspheres with a target size of around 250 μm. The
droplets were collected into various solutions containing 25 mM concentrations of the
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chloride salts of alkaline earth metals (CaCl2), transition metals (FeCl3) or lanthanides
(HoCl3, GdCl3, DyCl3, YbCl3, TmCl3, EuCl3 and TbCl3). Ca2+- and Fe3+-ams were
used as control formulations, as Ca2+ is often used for alginate hydrogel formation
[29] and Fe3+ is frequently used in non-lanthanide-based MRI contrast agents [33,
34]. All droplets were allowed to crosslink for 2 h under gentle magnetic stirring.
After three washing steps with demineralized water to remove excess cations, the
microspheres were collected and stored in demineralized water at room temperature.
In order to determine the influence of the crosslinking time and crosslinking solution
concentration on cation content, the ams were also allowed to crosslink for 2 up to 24
h or to crosslink in a 100 mM crosslinking solution.

5
Fig. 1. The JetCutter system used in this study to prepare monodisperse ams with different
crosslinking agents. The cutting disk cuts the alginate jet stream into small cylinders (top left).
The cylinders become spherical when falling down (bottom left). When the droplets come into
contact with the crosslinking solution, microspheres are formed (bottom right).

LIGHT MICROSCOPY
Morphological examination of the formed ams was performed using light microscopy
(magnification 10 x 10). To calculate the mean size, the diameters of 25 randomly
selected microspheres were determined. Size distribution was calculated as the
coefficient of variation (C.V.), which is defined as the ratio between the standard
deviation and the mean. A C.V. of less than 5% is the commonly accepted definition
of monodispersity [35].

SCANNING ELECTRON MICROSCOPY
For SEM analysis of the surface morphology of the different ams, they were
subjected to critical point drying, which allows the examination of the microspheres
under vacuum. Therefore, freshly prepared microspheres were centrifuged at 3000
rpm for 2 min and subsequently subjected to dehydration steps for 5 min each in
an increasing series of ethanol (30%, 50%, 70%, 80%, 90%, 96% and 100%). Next,
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ethanol was replaced by acetone in three consecutive steps (50%, 67% and 100%).
The microspheres were then transferred into a beaker glass filled with 100% acetone
and microporous specimen capsules (Sigma Aldrich, Steinheim, Germany), equipped
with filter paper and subsequently the microspheres were dried using a critical point
dryer (Baltec corporation, Canonsburg, PA, USA). Then, the samples were mounted
on an aluminum stub and coated with a 6 nm layer of platinum. SEM micrographs
were obtained using an FEI FEG-SEM XL30 microscope (FEI Company, Eindhoven,
the Netherlands) at a voltage of 5 kV.

COMPLEXOMETRIC CATION CONTENT ANALYSIS
To determine the cation content of the ams, different complexometric analyses were
performed. For the lanthanide-ams, a complexometric titration was performed as
previously described by Zielhuis et al. [10] with minor modifications. Briefly, 250
mg of ams was collected by filtration of the ams through a 20 μm sieve to remove
the excess water. Next, the ams were broken down in 10 mL of nitric acid (65%) at
100 °C for 30 min. Hexamethylenetetramine (5 g) and xylenol-orange (50 mg, 1:100
mixture in potassium nitrate) were added and the resulting solution was brought
to pH 5 using 10 MNaOH. The solution was titrated with 10 mM EDTA until a
color change from pink to yellow was observed. For Ca2+-ams, after the destruction
of the microspheres the pH was brought to 10 and Eriochrome Black T indicator
(1:10 mixture in NaCl) was added to the sample. MgCl2 (1 mM) was added as an
indicator blank. The resulting solution was titrated until a color change from red
to blue was observed. All titrations were performed in triplicate. For Fe3+-ams,
the 1,10-phenanthroline colorimetric method described by Talelli et al. [36] was
used. Briefly, an excess of hydroxylamine hydrochloride solution (100 mg mL-1 in
ammonium acetate buffer, pH 4) was added to reduce Fe3+ to Fe2+, followed by the
addition of 1,10 phenanthroline (6 mg mL-1 in ammonium acetate buffer, pH 4) to
form an orange-red complex of tris(1,10-phenanthroline) iron(II). The absorbance of
the samples was measured at 910 nm using an ultraviolet-visible spectrophotometer
(Shimadzu UV/VIS 2450 spectrophotometer, Shimadzu Suzhou Instruments, Kyoto,
Japan). The concentration of iron(II) was calculated using a calibration curve obtained
using Mohr’s salt solution in HCl 0.01 N in a concentration range of 0-10 μg mL-1. All
measurements were performed in triplicate.

EX VIVO EMBOLIZATION PROCEDURE WITH HO3+-AMS
Rabbit and porcine liver were used for an ex vivo embolization procedure to mimic
potential in vivo imaging applications. Therefore, the organs were flushed with
heparin solution to prevent coagulation of blood in the tissue and subsequently with
a solution of 0.16 mM MnCl2 · 4H2O in demineralized water to reduce the longitudinal
relaxation rate (T1) of the water and to mimic the relaxation properties of tissue [37].
Next, a catheter (Abbocath-T I.V. Catheter 20 g x 1.25’’, Hospira Inc., Lake Forest,
IL, USA) was introduced in the hepatic artery of the rabbit liver, while a 4F straight
catheter (Merit Medical Europe, Maastricht-Airport, the Netherlands) was introduced
in the hepatic artery in the porcine liver. Next, 50 mg of Ho3+-ams dispersed in 5 mL
(rabbit liver) or in 50 mL (porcine liver) of MnCl2 · 4H2O-doped demineralized water
(see above) was administered. Magnetic resonance imaging (MRI) was performed
prior to and after administration of the microspheres to determine the biodistribution
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of the microspheres in the tissue. Due to the very low MnCl2 · 4H2O concentration and
the quick transformation of the liquid agarose to a solid gel state, interference with
the microspheres by Mn2+ is negligible.

MAGNETIC RESONANCE IMAGING

5

To investigate the sensitivity of MRI for the different microsphere formulations, gel
phantoms in glass tubes (length = 93 mm; inner diameter = 11 mm) were prepared
with 1% agarose in a solution of 0.16 mM MnCl2 · 4H2O in demineralized water. A
homogeneously distributed concentration series of ams from 0 to 200 μg mL-1 (cation
weight) was prepared for each microsphere formulation. MRI was performed using
a 1.5 and 3 T clinical MR scanner (Intera, Achieva, respectively, Philips Healthcare,
Best, the Netherlands). The sample tubes were positioned parallel to the B0 field
in an eight-element head coil in the MR scanner. The sensitivity of MRI for a
particulate agent is determined by the r2* relaxivity of the agent (in s μg−1 mL−1),
which represents the change in the effective proton transverse relaxation rate (R2*
in s−1) per unit concentration (in μg mL−1). The R2* relaxation rate characterizes the
rate of mono exponential MR signal decay due to transverse relaxation, according to
the formula: S(t) = S(0) ∙ exp(-R2* ∙ t), where S(t) and S(0) are the MRI signal at time
t and 0, respectively. To determine the r2* relaxivity of the ams, the R2* relaxation
rates of the concentration series were measured using a 3-D multiple gradient echo
sequence with the following imaging parameters: echo time and spacing = 4.0 ms, 21
echoes, repetition time = 200 ms, field of view (FOV) = 144 × 96 × 22 mm3, acquired
and reconstructed voxel size of 1 × 1 × 2 mm3, two signal averages and a 60° flip angle.
For single sphere detection at 3 T, similar imaging parameters were used, apart from
an echo time and spacing of 3.0 ms and an acquired voxel size of 0.5 x 0.5 x 1 mm3,
reconstructed to a voxel size of 0.25 x 0.25 x 0.5 mm3. Linear regression of the R2*
values as a function of the concentration provides the r2* relaxivity. The relaxivity
r2* was calculated from transverse images using the method described by Seevinck
et al. [11]. For MR imaging of ex vivo rabbit liver (measured at 3 T), identical MRI
parameters were used for the single sphere detection scan as described previously.
For porcine liver (measured at 3 T), a 3-D multiple gradient echo sequence was used
with an echo time and echo spacing of 4.6 ms (water and fat in-phase), 15 echoes,
repetition time of 150 ms, FOV of 224 × 224 × 130 mm3 with an acquired voxel size of
1 × 1 × 2 mm3 reconstructed to 0.5 x 0.5 x 2 mm3 and a 45° flip angle.

RESULTS
LIGHT MICROSCOPY
Table 1 shows the average sizes and C.V. of the ams crosslinked with different cations.
Ca2+-ams showed an average size of 281 μm, while the trivalent cation-ams displayed
an average size of around 250 μm, which has been demonstrated to be an optimal size
for embolization, since microspheres of this size will embolize the tumor or will be
in close proximity to the tumor margin [38, 39]. Since the C.V. was < 5%, the different
microspheres can be considered monodisperse (Table 1). All preparation parameters
were kept identical, hence any size variation between the Ca2+-ams (divalent) and
trivalent cation-ams is solely attributable to the nature of the crosslinking agents
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(further discussed under ‘Complexometric cation content analysis’). Fig. 2 shows
representative light microscopy photographs of microsphere formulations crosslinked
for 2 h with an alkaline earth metal- (Ca2+), transition metal- (Fe3+) and lanthanide
(Ho3+) crosslinking agent, respectively. These pictures demonstrate that the different
microsphere formulations are spherical in shape and display a uniform size.
Table 1. Size (mean diameter) and C.V. of the different alginate microsphere formulations.
Crosslinking agent

Size (μm ± C.V.)

Crosslinking agent

Size (μm ± C.V.)

Ca2+

281 ± 3

Dy3+

248 ± 3

Fe3+

249 ± 4

Ho3+

253 ± 1

Eu

250 ± 4

Tm

252 ± 4

250 ± 2

Yb

246 ± 3

3+

Gd

3+

Tb3+

3+

3+

248 ± 3

Alkaline Earth Metals

Transition Metals

Lanthanides

Fig. 2. Light microscopy pictures from representative microsphere formulations comprising
alkaline earth metal-, transition metal- and lanthanide-ams magnification 10 x 10).

SCANNING ELECTRON MICROSCOPY (SEM)
Fig. 3a shows SEM images of critical-point dried Ca2+-, Fe3+- and Ho3+-ams. The
surface morphology of the ams is shown in Fig. 3b (magnification 35,000x). Ca2+-ams
showed a tightened smooth surface, while trivalent cation-ams (transition metals
and lanthanides) displayed a much more irregular shaped surface morphology:
Fe3+-ams showed wrinkled, ‘coralline’ surface characteristics, whereas all lanthanideams showed a ‘knitting pattern’ structure. The morphological differences between
divalent- and trivalent cation-ams can be explained by the geometrical structures
for chelation between the functional groups and the inter-diffused cations; a planar
geometry for the divalent cation-crosslinked alginates, and a non-planar geometrical
structure for trivalent cation-crosslinked alginates [40, 41], resulting in a smooth or
more irregular shaped surface, respectively.

COMPLEXOMETRIC CATION CONTENT ANALYSIS
Fig. 4a shows the cation content (w/w) of the different microsphere formulations
which varied from 0.33% (Ca2+) up to 0.94% (Yb3+). Cesaro et al. reported that the
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Ca 2+ -ams

Fe 3+ -ams

Ho 3+ -ams

a

b
Fig. 3. SEM images of critical-point-dried ams (a). Note that the microsphere size is reduced
in some extent, which is due to critical point drying, resulting in the loss of water. Surface
morphology of ams (b).

5

strength of cation crosslinking of the alginate chains is related to release of structured
water that hydrates both the ion and the uronic moieties [42]. The stronger the
interactions between cations and uronic moieties, the more water is released. For the
divalent Ca2+-ams, this may explain the somewhat larger size (281 μm) compared
to the microspheres crosslinked with the different trivalent cations (all around 250
μm). Longer crosslinking times (up to 24 h) or a higher cation concentration in the
crosslinking solution (up to 4x higher) did not result in significantly higher cation
concentrations within the microspheres (data not shown). This can be explained by
the cation - monomer (G or M) unit ratio (Fig. 4b), indicating that all binding sites
for lanthanides were filled (ratio 1:2). Zaafarany et al. stated that lanthanide ions
are restricted to crosslinking via only intermolecular association in their alginate
complexes for geometrical reasons [41], which may explain the ratio of one lanthanide
cation per two monomer units, which is half the ratio as compared to Ca2+ and Fe3+ monomer ratio. This 1:1 ratio for Ca2+ and Fe3+ cations is likely caused by a difference
in valence (divalent for Ca2+ cations versus trivalent for lanthanides) and ionic radius,
which is much smaller for Fe3+ as compared to lanthanides [43]. Lanthanides contain a
much larger ionic radius, therefore a ratio of one lanthanide cation per two monomer
units was observed. Due to the relatively low lanthanide concentrations within
the microspheres, toxicity of the microspheres is expected to be low. For example,
administration of 1 g of microspheres (a regular amount for embolization) to a 50 kg
patient, would result in a total lanthanide concentration of around 0.001 mmol kg-1,
which is in the same order as FDA-approved Gd-chelates for MR imaging where
concentrations of around 0.1 mmol kg-1 are administered and a dissociation up to 1%
of the total administered dose is observed [44].
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cation content (%)

Fig. 4. Cation content (% w/w)
of ams (a). Ratio of cation
versus monomer units (mol
mol-1) (b). Values are provided
as mean + SD, n = 3.

cation : monomer umits (ratio)

a

b
MAGNETIC RESONANCE IMAGING
The increase of the effective transverse relaxation rate (R2*) as a function of cation
concentration was measured for each alginate microsphere formulation using an ROI
analysis. Linear calibration curves were found for measurements at 1.5 as well as
at 3 T (R2 > 0.95 for each formulation). Fig. 5 shows the R2* for the 0 to 400 μg mL-1
Ho3+-ams concentration series measured at 3 T. The standard deviation (SD) clearly
increases with cation content, which is to be expected. Furthermore, saturation of R2*
occurs for concentrations higher than 200 μg mL-1. Knowing the size of the acquired
voxel volumes (1 x 1 x 2 mm = 2 µL), the size and volume of the analyzed ROI (111
voxels, 0.222 mL) and the average diameter of the microspheres (250 µm), it can be
calculated that for cation concentrations of 2, 5, 10, 20, 50, 100, 200 μg mL-1, each voxel

R2* (s-1)

Fig. 5. R2* relaxation rate (s-1)
versus Ho3+ concentration of
ams measured at 3 T. The solid
line is a least squares fit to the
data points which are given as
mean ± SD in the ROI of 111
voxels. The slope represents
the relaxivity (r2*).
Ho3+ concentration (µg mL-1)
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relaxivity (s x µg-1 x mL-1)

Fig. 6. Relaxivity (r2*) of the
different alginate microsphere
formulations at 1.5 and 3 T.
Values are provided as mean +
SD, n=3.

5

on average contains 0.06, 0.15, 0.30, 0.59, 1.49, 2.47 and 5.95 microspheres, and each
ROI approximately 7, 17, 33, 66, 165, 330 and 660 microspheres, respectively. At low
concentrations, that means that most voxels by far do not contain any microspheres,
leaving the SD unaffected as compared to the bare medium. When increasing the
concentration, more and more voxels will contain one or more microspheres, which
is determined by randomness, increasing the signal variation over the entire ROI and
as result the SD of the mean R2* value. Fig. 6 shows the relaxivity (r2*) of the different
microsphere formulations at both 1.5 T and 3 T. At 3 T, the relaxivity was higher as
compared to 1.5 T, as was expected since in a higher magnetic field the paramagnetic
microspheres induce stronger magnetic field distortions. No MR signal decay
enhancement was observed with Ca2+-ams, which was expected regarding its nonparamagnetic nature. From Fig. 6, it can be concluded that the lanthanide-ams, and
especially Ho3+-ams are most potent as MR contrast agents, followed by Dy3+, Gd3+
and Tb3+, which can be explained by their paramagnetic behavior. The differences
in relaxivity between the alginate-lanthanide microsphere formulations can be
explained by the differences in susceptibility between the lanthanides. Ho3+-ams
showed the highest relaxivity at both 1.5 and 3 T and were therefore used for further
assessment with MRI. In Fig. 7, the fourth echo of the multi-gradient echo series (echo
time 12 ms) of the Ho3+-ams concentration series is shown. The expected number of
microspheres in a single slice of the 2, 5, 10 and 20 μg mL-1 Ho3+ concentration series
was calculated, taking into account tube diameter and slice thickness, providing
theoretical microsphere quantities of 2.3, 5.8, 11.7 and 23.4, respectively. These
estimations resemble an equivalent number of microspheres as compared to the black
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Fig. 7. Detection of Ho3+-ams in a phantom concentration series (cation concentration in μg mL-1)
by high resolution T2*-weighted 3-D gradient echo MR imaging, measured at 3 T. Sagittal plane
(above) and transversal plane (below). Individual microspheres can be clearly detected at Ho3+
concentrations up to 20 μg mL-1.
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spots detected on the high resolution MR images of the phantom setup in Fig. 7,
confirming the possibility to visualize individual microspheres at low concentrations
up to 20 μg mL-1 in a clinical setup. At higher microsphere concentrations (above
20 μg mL-1), MR signal decay enhancement was widely distributed throughout the
phantom and, therefore, the microspheres cannot be distinguished individually
anymore with the used imaging parameters.
Fig. 8. T2*-weighted gradient
echo MR images of rabbit
liver tissue before (a) and after
(b) intravascular infusion of
microspheres in the hepatic
artery, measured at 3 T. The
white arrows indicate signal
voids which represent clusters
of microspheres.

a

b

Fig. 8 shows an MR image of ex vivo rabbit liver before and after microsphere
administration. The Ho3+-ams were heterogeneously distributed as a result of
the administration method (intravascular infusion), leading to accumulation of
microspheres and subsequently embolization of the targeted vessels. The larger
signal voids consisting of overlapping signal losses at several positions, which
were not present in the images prior to administration, are expected to be clusters
of microspheres (white arrows). As a result, quantification based on single sphere
detection, as observed in Fig. 7 at concentrations ≤ 20 μg mL-1, will not be possible
in situations with clustered microspheres. However, in vivo quantification of the
Fig. 9. T2*-weighted gradient
echo MR images of porcine
liver tissue before (a) and after
(b) the administration of Ho3+ams introduced via selective
lobular
catheterization,
measured at 3 T (white arrows
show some examples of
Ho3+-ams). The larger spots
showing signal decay (already
visible before microsphere
administration) are likely
caused by the presence of
blood clots or air bubbles
within the tissue (black
arrows). Images on the right
are excerpt from (a) and (b)
with a magnification of 3x.

a

b

115

5

CHAPTER 5

administered microsphere dose in a specific ROI may well be possible when based
on R2* relaxation rate changes rather than single sphere measurements, analogous
to the ROI analysis performed to construct the calibration curves. Clinically, it is
desirable to reduce scan times as much as possible which, however, also results in
lower image resolution and will therefore further complicate single sphere detection
in vivo. Nonetheless, when MRI-guided embolotherapy becomes clinical practice,
monitoring of the administration procedure along with the assessment of the resulting
biodistribution of the microspheres will be of primary importance. MR images of ex
vivo porcine liver before and after intravascular microsphere infusion taken at a lower,
clinically more realistic resolution, are presented in Fig. 9. Although image resolution
is too low to discriminate single spheres, the MR signal decay at several positions
within the tissue after microsphere administration is clearly enhanced. This lead to
reduced signal intensities and allowed for accurate monitoring of the microsphere
distribution throughout the tissue, which opens a wide range of innovative and
dedicated clinical applications in embolotherapy.

CONCLUSION

5

In this study, the preparation and characterization of different monodisperse alginate
microsphere formulations as well as their feasibility for MRI-guided embolotherapy
was demonstrated. Monodisperse ams were prepared with the JetCutter technique
using nine different cations. Especially the lanthanide-ams formulations showed
promising results for MR imaging and can be detected individually at low, nonclustered homogeneously distributed concentrations, as demonstrated for Ho3+ams, allowing detailed microsphere biodistribution examination, despite the low
holmium concentration within the microspheres. Due to the relatively low lanthanide
concentrations within the microspheres, toxicity of the microspheres is expected to
be low, although in vivo studies are necessary to validate the toxicity profile and
long-term stability. Intravascular infusion of Ho3+-ams by catheterization of ex vivo
tissue and assessment of the procedure with MRI showed that accumulation and
subsequently embolization of the targeted vessels with Ho3+-ams was clearly observed,
allowing accurate monitoring of the microsphere biodistribution throughout the
tissue. After intra-arterial infusion of microspheres, clustering and accumulation of
the microspheres within the tissue can be expected, which may lead to saturation
of their effect on the T2*-weighted MR signal, complicating the assessment of the
amount of microspheres administered based on local R2* values. This phenomenon is
more prominent with contrast agents with a higher susceptibility and, furthermore,
will increase with higher field strength (Fig. 5). The different alginate-lanthanide
microsphere formulations as developed in this study allow the selection of the most
suitable microsphere formulation for the specific clinical task and magnetic field
strength. These newly developed alginate-lanthanide microsphere formulations
offer specific real-time feedback of the clinical procedure and therefore show great
potential for utilization as image-guided embolotherapy agents.
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ABSTRACT
Embolotherapy is a minimally invasive transcatheter technique aiming at reduction
or complete obstruction of the blood flow by infusion of micro-sized particles in
order to induce tumor regression. A major drawback of the currently commercially
available and clinically used microspheres is that they cannot be detected in vivo with
medical imaging techniques, impeding intra- and post-procedural feedback. It can
be expected that real-time monitoring of microsphere infusion and post-procedural
imaging will result in a more safe, efficient and successful treatment. In this study,
a novel microsphere formulation has been developed that can be visualized with
fluoroscopy, X-ray computed tomography (CT) and magnetic resonance imaging
(MRI). The microspheres were prepared with the JetCutter technique and consist of
alginate (matrix-forming polymer), holmium (crosslinking- and MRI contrast agent),
lipiodol (radiopaque contrast agent) and Pluronic F-68 (surfactant). The mean size
(± SEM) of the hydrated holmium-lipiodol alginate microspheres (Ho-lip-ams) was
570 ± 12 μm with a holmium content of 0.38 ± 0.01% (w/w). Stability studies showed
that the microspheres remained intact during incubation for two weeks in fetal
calf serum (FCS) at 37 °C. The inclusion of lipiodol in the microspheres rendered
excellent visualization capabilities for fluoroscopy and CT, whereas the holmium
ions, which keep the alginate network together, also allow MR imaging. In this
study it was shown that single sphere detection was possible by fluoroscopy, CT
and MRI. The Ho-lip-ams were visualized in real-time during infusion in a porcine
kidney using fluoroscopy, and post-procedural, the deposition of the microspheres
was examined with fluoroscopy, (cone beam rotational) CT and MRI. The different
imaging modalities showed similar deposition patterns of the microspheres within
the organ. The combination of intra-procedural visualization, multimodality imaging
for patient follow-up and the possibility of quantification offers a new and promising
method for more safe, efficient and successful embolization treatment.

CHAPTER 6

INTRODUCTION

6

Embolotherapy, i.e. intra-arterial injection of embolic agents, has gained an important
position in the treatment of a wide variety of conditions affecting different organs of
the human body, such as uterine fibroids, arteriovenous malformations (AVM), as
well as kidney and liver tumors. Embolotherapy is a minimally invasive transcatheter
technique aiming at reduction or complete obstruction of the blood flow by infusion
of micro-sized particles of a predefined size in order to induce tumor regression.
Several bland embolotherapy agents are commercially available and clinically used,
ranging from heterodisperse, irregularly shaped, polyvinyl alcohol (PVA) particles
[1] to spherically shaped and uniformly sized microspheres such as Embosphere [25] (BioSphere Medical, Rockland, USA), Embozene [6-8] (CeloNova BioSciences, San
Antonio, USA) and LC beads [9] (Biocompatibles, Farnham, UK). These microspheres
with a size range of 40-1300 μm are introduced into the feeding artery of the tissue
via fluoroscopy-guided catheterization and result in uniform artery occlusion with a
predictable penetration depth [10, 11]. More recently, microspheres that can be loaded
with drugs, i.e. drug-eluting beads (DEB) [12] (Biocompatibles, Farnham, UK), which
contain doxorubicin (DEBDOX) [13] or irinotecan (DEBIRI) [14] are commercially
available for clinical treatment of liver cancer patients. A major drawback of the
currently clinically available bland- and chemo-microspheres, however, is that
they cannot be visualized in vivo with medical imaging techniques. Consequently,
microspheres that can be detected with multiple imaging modalities such as
fluoroscopy, computed tomography (CT) and magnetic resonance imaging (MRI)
are highly needed and open the possibility to perform real-time monitoring during
administration, post-treatment biodistribution assessment and dosimetry. X-ray
imaging offers the opportunity of real-time monitoring the microsphere infusion
with fluoroscopy, providing direct feedback for the interventional radiologist, and
subsequent rapid post-procedural assessment with CT. MRI provides relatively
high spatial and temporal resolution and superior soft tissue contrast properties as
compared to CT [15]. This allows visualization of smaller quantities of the contrast
agent and detection of the microspheres relative to the targeted tissue while exposure
to non-target tissue of the patient to ionizing radiation is avoided. Therefore, a
microsphere formulation that can be simultaneously visualized by X-ray and MRI
techniques, is expected to increase both the safety (less non-targeted delivery) and
the efficacy (adequate delivery in the target regions) of embolotherapy procedures.
The purpose of this study was to develop a multimodal imageable microsphere
formulation for embolotherapy and to investigate its multimodality imaging
properties in an in vitro and ex vivo model. Therefore, microspheres were prepared
with alginate, lipiodol, which renders X-ray visibility and holmium, a paramagnetic
element which renders it an MRI-contrast agent.

MATERIALS AND METHODS
MATERIALS
All chemicals and polymers were of commercial sources and were used as obtained.
Sodium alginate (Protanal LF 240 D, Ph. Eur.) was a generous gift from FMC
Biopolymer Ltd. (Girvan, Ayrshire, UK). Pluronic F-68 was obtained from Sigma
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Aldrich (Steinheim, Germany). Holmium(III) chloride hexahydrate (HoCl3 ∙ 6H2O;
99.9%) was purchased from Metall rare earth Ltd. (Shenzhen, China). Lipiodol, a
radiopaque contrast agent composed of iodinated ethyl esters of fatty acids from
poppy seed oil with a total iodine content of 37% (w/w) [16], which is frequently used
for transarterial (chemo)embolization procedures (TAE/TACE) [17], was purchased
from Guerbet (Lipiodol Ultrafluide, Guerbet, Aulnay-Sous-Bois, France). Agarose
multipurpose (MP) was obtained from Roche Applied Science (Mannheim, Germany).
Manganese(II) chloride tetrahydrate (MnCl2 · 4H2O; ACS reagent), nitric acid (65%),
ethylene dinitrilotetraacetic acid (EDTA; >99.0%), potassium nitrate (99.9%) and
xylenol-orange (Ph. Eur. 99.9%) were obtained from Merck (Darmstadt, Germany).
Sodium hydroxide (99.9%) was purchased from Riedel-de Haën (Seelze, Germany).

ALGINATE MICROSPHERE PREPARATION
For the preparation of alginate microspheres, the JetCutter technique was used [18],
resulting in spherical particles with a predetermined size. Briefly, sodium alginate
was dissolved in demineralized water under magnetic stirring at a concentration
of 2% (w/v). Subsequently, lipiodol or poppy seed oil was added to the alginate
solution under vigorous stirring to prepare a 1:1 alginate : oil (w/w) emulsion. 1%
(w/v) Pluronic F-68 was added as a surfactant to stabilize the emulsion. Next, the
alginate-oil emulsion was processed with the JetCutter which was equipped with a
cutting tool consisting of 40 wires with a diameter of 100 μm. A nozzle diameter of 250
μm was used and the rotor speed was set to 4000 rpm. The droplets were hardened
into solutions containing 25 mM of the chloride salt of holmium to form holmiumlipiodol alginate microspheres (Ho-lip-ams) and holmium-poppy seed oil alginate
microspheres (Ho-pso-ams). The preparation of Ho-lip-ams is illustrated in Fig. 1.
Non-ethiodized poppy seed oil was used as control. The alginate microspheres were
allowed to crosslink for 2 h under gentle magnetic stirring. After three washing steps

6

Fig. 1. Schematic drawing of Ho-lip-ams preparation. Lipiodol and water for injection are
emulsified with Pluronic F-68. Next, the emulsion is processed with the JetCutter. The formed
droplets fall into the holmium chloride solution resulting in the formation of Ho-crosslinked
alginate microspheres entrapping lipiodol emulsified droplets (Ho-lip-ams).
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with demineralized water to remove excess cations, the microspheres were collected
and stored in demineralized water at room temperature.

MICROSPHERE CHARACTERIZATION
Morphological examination and size distribution of Ho-pso-ams and Ho-lip-ams were
investigated with light microscopy (magnification 4 x 10). To calculate the average
size and its distribution, the diameters of 100 randomly selected microspheres were
determined. For the determination of the total holmium content of the Ho-lip-ams,
500 mg of Ho-lip-ams was collected by filtration using a 20 μm sieve to remove excess
water. Next, the microspheres were destroyed in 10 mL of nitric acid (65%) at 100 °C
for 30 min. All samples were diluted in 2% nitric acid and measured on a Varian 820
MS (Varian, the Netherlands) with a detection limit of 0.1 ng mL-1 holmium using
standard holmium reference material (CertiPUR Holmium ICP Standard, traceable
to SRM from NIST, Merck, Darmstadt, Germany). To investigate the stability of Holip-ams, microsphere samples (400 mg) were incubated in test tubes containing 10 mL
fetal calf serum (FCS) and 5% penicillin/streptomycin to prevent bacterial and fungal
growth. The test tubes were continuously shaken at 37 °C for 14 consecutive days.
After 4 h and every 24 h, the test tubes were centrifuged, and 1 mL of the supernatant
was collected for microscopic examination and holmium content determination with
inductively coupled plasma mass spectrometry (ICP-MS) analysis. The measurements
were performed in duplicate.

IN VITRO PHANTOMS CONTAINING ALGINATE MICROSPHERES
For in vitro imaging of the Ho-pso-ams and Ho-lip-ams, a concentration series was
prepared. The microspheres were embedded in agarose gel phantoms (1% w/w)
containing 0.16 mM MnCl2 to mimic the MRI relaxation properties of tissue as
described previously [19]. The microsphere concentration in the sample tubes ranged
from 0 to 196 mg mL-1.

INTRA-ARTERIAL HO-LIP-AMS INFUSION IN A PORCINE KIDNEY

6

A porcine kidney from a 30 kg weighing female pig that was previously used as
laboratory animal, was used to perform an ex vivo embolization procedure and mimic
potential in vivo imaging applications. All experimental protocols and procedures
applied on the pig prior to our ex vivo experiments were approved by the local
experimental animal welfare committee and conform to national and European
regulations for animal experimentation. The kidney was flushed with heparin
solution to prevent coagulation of blood in the tissue and subsequently with 0.16 mM
MnCl2 in demineralized water to reduce the longitudinal relaxation rate (T1) of the
water and to mimic the relaxation properties of tissue [19]. Next, the left renal vein
and artery were ligated and the organ was extirpated. A catheter (Abbocath - T I.V.
Catheter 20 g x 1.25’’, Hospira Inc., Lake Forest, IL, USA) was placed selectively in the
inferior segmental renal artery and fixated with a suture. The kidney was placed in a
plastic bucket and fixated to the sides of the bucket. A 30 cm flushing line connected
to a three-way stopcock was connected to the catheter. Then, a 10 mL syringe was
filled with 42 mg of Ho-lip-ams dispersed in water for injection and connected to
the three-way stopcock for infusion. The microspheres were brought into suspension
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by cautiously shaking the syringe and administered through the catheter system
into the kidney under subtraction fluoroscopy at 70 kV using a digital flat panel
fluoroscopy system (Allura Xper FD, Philips Healthcare, Best, the Netherlands). After
the procedure, the catheter was flushed with 50 mL solution of 0.16 mM MnCl2 in
demineralized water to ensure complete microsphere infusion.

RESULTS AND DISCUSSION
MICROSPHERE CHARACTERIZATION
A representative micrograph of Ho-lip-ams is shown in Fig. 2. The emulsified lipiodol
is visible as small droplets of a size range around 10-80 µm dispersed in the alginate
matrix. The mean size (± SEM) of the Ho-lip-ams was 570 ± 12 μm, which is a clinically
appropriate diameter for embolotherapy [20]. The size of the microspheres, however,
is not limited to this range and can be tailored to fit a specific embolotherapy strategy
by adjusting the settings of the JetCutter, enabling microsphere sizes between 120 μm
to 3 mm [21].
Fig. 2. Micrographs of Ho-lipams (magnification 40 x 10) (a),
and 200 x magnification of a
single Ho-lip-ams which shows
the lipiodol emulsified droplets
within the microspheres (b).

a

b

The holmium content of the Ho-lip-ams was 0.38 ± 0.01% (w/w). Inductively coupled
plasma mass spectrometry (ICP-MS) measurements of fetal calf serum (FCS) in which
Ho-lip-ams were incubated at 37 °C for two weeks showed a holmium dissociation
of 10.8 ± 1.1%. This release was reached already after one day, while no further
leakage was observed up to two weeks of exposure time, hence the holmium-alginate
matrix of the Ho-lip-ams remained intact. Meanwhile, slow lipiodol release from
the holmium-alginate matrix was observed over time (Fig. 3). This observation is
worth further investigation, since lipiodol is frequently used for transarterial chemoembolization (TACE) procedures in combination with a chemotherapeutic agent such

Fig. 3. Micrographs of Ho-lip-ams after 4h, 2 days, 7 days and 14 days of incubation in FCS
(magnification 4 x 10). The black arrows indicate small lipiodol droplets.
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as doxorubicin or cisplatin [22, 23]. Due to the relatively low holmium content within
the Ho-lip-ams, and the slow release of holmium in time, toxicity of the microspheres
is expected to be relatively low. To illustrate, FDA-approved gadolinium-chelates,
which are frequently used for MRI diagnostics, are administered in concentrations
of 0.1 mmol kg-1, from which 1% is dissociated [24]. Holmium is a lanthanide
comparable to gadolinium, and for a 100 kg patient receiving 1 g of microspheres
(a regular amount for embolization), a total holmium concentration of 250 nmol kg-1
would be administered to the patient, which is 4 times lower as compared to the 1%
of dissociated gadolinium from gadolinium-chelates and even 40 times lower when
taken into account the dissociated holmium percentage from Ho-lip-ams.

MULTIMODALITY IMAGING OF ALGINATE MICROSPHERE PHANTOMS
The radiopaque Ho-lip-ams were clearly visible with CT, CBCT and MRI (Fig. 4). MRI
confirmed the spatial Ho-lip-ams distribution as observed with CT. These images
demonstrated single sphere detection with both imaging modalities. Ho-pso-ams
were not detected with CBCT and CT imaging, due to the absence of radiopaque
iodine within the microspheres. 3-D rendering of CT images illustrates the spatial
distribution of the Ho-lip-ams as individual microspheres throughout the agarose
phantoms (Fig. 5).

6

Fig. 4. Transverse images of a concentration series of Ho-lip-ams and Ho-pso-ams. The Ho-lipams can be depicted as single spheres using multimodality imaging (CT, CBCT and MRI). For
Ho-pso-ams, only MRI allows for microsphere visualization due to the absence of radiopaque
lipiodol. MR images are taken from the third echo (TE = 14.2 ms).

The sensitivity of X-ray CT (in HU mg−1 mL−1) for the Ho-lip-ams and Ho-pso-ams
is shown in Fig. 6. As expected, Ho-lip-ams had superior CT imaging properties as
compared to Ho-pso-ams (a sensitivity increase ~60 times was observed at 80 kV).
These results confirm the findings of Fig. 4.

HO-LIP-AMS INFUSION IN A PORCINE KIDNEY
Ho-lip-ams were clearly visible under digital subtraction fluoroscopy during
administration via a catheter into an ex vivo porcine kidney (Fig. 7). An embolization
procedure with the currently used non-imageable microspheres is continued until
a desired embolization endpoint is reached or reflux of contrast material into nontarget vessels is observed [16]. Intra-procedural imaging of an embolization procedure
would facilitate direct feedback of the microsphere administration and may therefore
enable the possibility to modify the intervention and defining desirable embolization
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Fig. 5. Ho-lip-ams depicted as single spheres with 3-D CT
assessment (left).
Fig. 6. CT sensitivity (in HU mg-1 mL-1) of Ho-pso-ams and Holip-ams (top).

a

b

c

d

Fig. 7. Fluoroscopy-guided infusion of Ho-lip-ams in a porcine kidney. The kidney, which
is delineated by the dotted line in this figure, was fixated to the inside of a plastic box and a
catheter was inserted in the inferior segmental renal artery (a). Fluoroscopy of the kidney before
microsphere infusion (b). Digital subtraction fluoroscopy of kidney during the embolization
procedure (c, d).

endpoints [25]. After the procedure, multimodality imaging was performed to
determine the distribution of the microspheres in the kidney. Selective embolization
of the inferior renal segment was achieved (Fig. 8). The fluoroscopy (Fig. 8a), CBCT
(Fig. 8b), CT (Fig. 8c) and MR (Fig. 8d) images show a similar microsphere distribution
and indicate that all four modalities are appropriate for Ho-lip-ams visualization.
Post-procedural imaging of the embolization procedure allows determination of bead
distribution relative to the targeted tissue and enables dosimetry. The Ho-lip-ams
comprises of components all in compliance with the requirements of the European
Pharmacopoeia. This may be advantageous when CE marking of the new formulation
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Fig. 8. Multimodal images
of a porcine kidney after
infusion
of
Ho-lip-ams.
Fluoroscopy (a), CBCT (b),
CT (c) and MRI (third echo,
TE = 2.9 ms) (d). The black
arrows indicate the clusters of
microspheres deposited in the
tissue. The white arrows show
the catheter position on the
different modalities.

a

b

c

d

is considered. Yet, it is important to realize that the microspheres first have to be
thoroughly tested on cell cultures and that long-term in vivo toxicity tests have to be
performed before clinical implementation can be achieved.

CONCLUSION

6

In the present study, a new microsphere formulation for multimodality imageguided embolotherapy is presented. The materials used for microsphere preparation
and consequently the expected low toxicity indicates great potential for clinical
implementation. The combination of intra-procedural visualization, multimodality
imaging for patient follow-up and the possibility of quantification offers a new and
promising method for more safe, efficient and successful embolization treatment.
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Summary and future directions

SUMMARY
Great process has been made during the last decades to overcome cancer. However,
this disease still remains one of the leading causes of death worldwide. A multitude
of therapeutic approaches has been proposed for different cancer types, including
systemic chemotherapy, tumor resection, tumor ablation, external beam radiation
therapy, immunotherapy, radiofrequency ablation (RFA), gene therapy and inhibition
of angiogenesis. An important role is reserved for targeted therapies, where tumors
are treated locally, thereby preventing damage to the surrounding healthy tissue [1,
2]. Local therapy can be achieved in different ways. For example, nanocarriers can
be loaded with chemotherapeutic compounds and systemically administered into
the blood stream. By encapsulation of the drugs in these carriers, their solubility
and stability can be improved. The drugs incorporated in the nanoparticles also
have improved pharmacokinetics. Finally, due to the enhanced permeability and
retention (EPR) effect [3], the nanoparticles will accumulate in and around tumor
tissue, resulting in a better efficacy and reduced systemic toxicity of the loaded
drug. Although there has been emphasis on nanosized carriers, also microparticles
offer excellent opportunities for targeted drug delivery. Embolotherapy involves the
administration of microparticles with a size between 15-1200 µm into the tumorfeeding artery by catheterization [4]. The microspheres lodge in the tumor feeding
artery and thereby block the blood flow, causing a lack of nutrient and oxygen supply
to the tumor which finally leads to necrosis of the tumor tissue. Beside targeted
therapy with nano- and microparticles, local tumor therapy can also be achieved by
external modalities, such as high-intensity focused ultrasound (HIFU), which enables
accurate ablation of malignant tissue. Next to tumor ablation, HIFU is also able to
trigger drug release from nanocarriers such as polymeric micelles and liposomes to
improve treatment outcome. In this dissertation, several new drug delivery systems
for targeted cancer therapy are investigated and described. Targeted approaches and
combinations of the different strategies are demonstrated both in vitro and ex vivo.
Chapter 2 reviews the current status of polymeric micelles in anticancer therapy.
Micelles are colloidal particles with a size around 5-100 nm and are under investigation
as drug delivery systems for hydrophobic drugs. Currently, five micellar formulations
for anticancer therapy are under clinical evaluation. Furthermore, future perspectives
for micellar drug delivery are discussed. Micellar drug delivery systems can be
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optimized in different ways: targeting moieties which specifically recognize tumor
cells can be attached to the micelles to increase the selectivity for tumor cells and
enhance intracellular drug delivery. Imaging agents can be anchored to the micelles
to allow in vivo tracking of the particles using different modalities such as MRI,
CT and SPECT. Furthermore, pH-, thermo-, ultrasound-, or light-sensitive block
copolymers enable controlled micelle dissociation and triggered drug release. This
results in a higher drug concentration at the tumor site and improves the efficacy.
The combination of these approaches will further improve specificity and efficacy of
micelle-based drug delivery and brings the development of a ‘magic bullet’ a major
step forward.
Chapter 3 (I) provides new insights into triggered release of a lipophilic compound
(Nile red, NR) from non-crosslinked (NCL) and core-crosslinked (CCL) micelles
exposed to continuous wave- (CW) HIFU and pulsed wave- (PW) HIFU high-intensity
focused ultrasound (HIFU). After 4 min exposure to 20 W CW-HIFU, almost complete
NR release (~85%) from NCL was achieved. CW-HIFU exposure of CCL resulted in
less release as compared to NCL. Furthermore, a slightly higher NR release was
observed from CCL micelles with 4% methacrylation compared to those with 13%
methacrylation. No differences in NR release from NCL micelles between PW- and
CW-HIFU were observed when equal amounts of acoustic energy were deposited.
Addition of microbubbles to the micelle dispersions prior to HIFU exposure did
not result in more NR release, indicating that inertial cavitation is not the main
release mechanism of NR from the micelles. This was confirmed with dynamic light
scattering (DLS) and gel permeation chromatography (GPC), which indicated that no
changes in size distribution of the micelles and no degradation of the polymer chains
had occurred after HIFU exposure. Therefore, it is hypothesized that the polymeric
micelles are temporally destabilized upon HIFU exposure due to radiation forceinduced shear forces, leading to NR release on demand.

7

Chapter 3 (II) describes a promising concept for local drug delivery using CWand PW-HIFU to trigger the release of a hydrophilic (fluorescein) and lipophilic
(Nile red, NR) model compound from thermosensitive liposomes (TSL) and nonthermosensitive liposomes (NTSL). The mean liposome size was 97-139 nm with a
small polydispersity index (PDI) ≤ 0.06 and a melting transition of the lipid bilayer
of TSL around 42 °C. Exposure of the TSL to CW-HIFU exposure resulted in rapid
temperature elevation up to 53 °C and subsequently almost quantitative fluorescein
release since the Tm of the liposomal bilayers was exceeded. Fluorescein release from
NTSL was also substantial (~64% after 16 min at 20 W). Surprisingly, the release of
NR from TSL was ~66%, and this was even higher from NTSL (~78%). Nearly 85%
of fluorescein release was observed after PW-HIFU exposure of TSL for 32 min at
20 W, whereas under the same conditions the release of fluorescein from NTSL was
around 27%. Interestingly, NR release from NTSL was ~30% after 2 min of PW-HIFU
exposure, increasing to ~70% after 32 min. In this study, HIFU-triggered release of a
lipophilic compound from liposomes was reported for the first time. It is discussed
that the release originates from radiation force-induced acoustic streaming which in
turn results in reversible liposome destabilization and release of both hydrophilic and
lipophilic compounds.
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Chapter 4 presents a novel approach to identify non-palpable breast lesions
combining fluorescent liposomes and MR-HIFU-triggered release. In this approach,
fluorescein-containing liposomes (FCL) are administered into the blood stream.
Due to the EPR effect, the liposomes will passively accumulate in the tumor tissue.
Subsequently, exposure of the FCL localized in the tumor to ablation temperatures
using HIFU would then result in palpable, fluorescently-stained tumors, which
are more easy to identify during surgical resection. Ex vivo experiments in human
blood and porcine muscle tissue showed increased release from the liposomes, clear
fluorescence enhancement and diffusion of the released compound after heating to
42 °C and 60 °C for a short period (30 s), which is in line with the clinically relevant
MR-HIFU treatment parameters. Therefore, this method may offer a new tool for
efficient surgical resection of non-palpable breast tumor lesions by enabling proper
discrimination between tumor tissue and adjacent healthy tissue.
Chapter 5 reports on the development of alginate-lanthanide microspheres for
magnetic resonance imaging (MRI)-guided embolotherapy. Embolotherapy, or
endovascular intervention with microsized particles has gained an important position
in the treatment of a wide variety of conditions affecting different organs of the
human body, such as uterine fibroids, arteriovenous malformations (AVM), kidney
and liver tumors. Alginate microspheres (ams) were prepared with the JetCutter
technique, which is based on cutting a sodium alginate solution jet stream into small
droplets of uniform size which are then crosslinked with different lanthanides or
iron-III, resulting in microspheres of a predefined size which can be visualized by
MRI. The lanthanide-ams formulations had a uniform size of 250 μm and a cation
content between 0.72-0.94% (w/w). The different lanthanide-ams were visualized
with MRI on both 1.5 and 3 T. The highest relaxivity was found for Ho3+-ams.
Further investigation of Ho3+-ams using MRI showed that the microspheres could
be depicted as single spheres. Intravascular infusion of Ho3+-ams by catheterization
of ex vivo rabbit as well as porcine liver tissue and assessment of the procedure with
MRI clearly showed accumulation and subsequently embolization of the targeted
vessels, allowing accurate monitoring of the microsphere distribution over the tissue.
Therefore, these alginate-lanthanide microsphere formulations show great potential
for utilization as image-guided embolotherapy agents.
Chapter 6 is dedicated to the development of alginate-lipiodol microspheres to allow
multimodality imaging during and after embolotherapy. An important drawback
of the current clinically available microspheres, is that they cannot be detected
in vivo with medical imaging techniques, impeding intra- and post-procedural
feedback. Real-time monitoring of microsphere infusion and post-procedural
imaging is expected to result in a more safe, efficient and successful treatment. A
novel microsphere formulation is proposed that can be visualized with fluoroscopy,
X-ray computed tomography (CT) and magnetic resonance imaging (MRI). The
microspheres were prepared with the JetCutter technique and consist of alginate,
holmium, lipiodol and Pluronic F-68. The mean size (± SEM) of the holmium-lipiodol
alginate microspheres (Ho-lip-ams) was 570 ± 12 μm with a holmium content of 0.38
± 0.01% (w/w). Stability studies showed that the microspheres remained intact during
incubation for two weeks in fetal calf serum at 37 °C. The inclusion of lipiodol in the
microspheres rendered excellent visualization capabilities for fluoroscopy and (cone
beam) CT, whereas the holmium ions, which keep together the alginate network,

137

7

CHAPTER 7

also allow MR imaging. Single sphere detection was possible by fluoroscopy, CT and
MRI. The Ho-lip-ams were distinguished in real-time during infusion in a porcine
kidney using fluoroscopy. Similar deposition patterns of the microspheres within the
organ were observed with fluoroscopy, (cone beam) CT and MRI. The combination
of intra-procedural visualization, multimodality imaging for patient follow-up and
the possibility of quantification offers a new and promising method for more safe,
efficient and successful embolotherapy.

7
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FUTURE DIRECTIONS
Local cancer therapy has proven its value over the last years. Several liposome
formulations are clinically approved and used for the treatment of i.e. multiple
myeloma, ovarian cancer, metastatic breast cancer and AIDS-related Kaposi’s sarcoma
[5]. Five micelle formulations are now in clinical trials for different cancer types such as
breast cancer, adenocarcinoma of oesophagus, gastroesophageal junction and stomach,
pancreatic cancer and non-small-cell lung carcinoma (NSCLC) [6]. Microspheres have
gained an important position in embolotherapy for the treatment of a wide variety
of conditions affecting different organs of the human body, such as uterine fibroids,
arteriovenous malformations (AVM), kidney and liver tumors. However, efficacy
of these drug delivery systems can still be improved. Preclinical research has been
conducted to develop more efficient drug delivery. For instance, targeting ligands
can be attached to the particles, enabling binding to receptors found on cancer cells,
which is believed to result in increased particle accumulation in the tumor tissue.
However, the total amount of particles that accumulate in the tumor tissue depends
only on the EPR effect and the circulation half life. Attachment of targeting ligands
to particles might adversely affect the circulation kinetics [5] and may therefore even
decrease the amount of drug that is deposited in the tumor. Therefore, attaching
targeting moieties to nanoparticles is only useful to achieve improved retention and
intracellular delivery. Moreover, active targeting is an attractive approach to reach
metastasis. Loading of the particles with imaging ligands allows visualization of the
treatment to predict the outcome of the therapy. This contributes to the treatment
efficiency and gives insight into the prospect of novel cancer therapies. Conversely,
the circulation kinetics may be adversely affected when the imaging moieties are
attached to the surface of the particle. Furthermore, high concentrations of contrast
agents may result in toxic side effects [7-9]. Triggered drug release from particles, for
instance by temperature elevation or high-intensity frequency ultrasound (HIFU), is
non-invasive and can be locally applied at the tumor site, and is therefore an attractive
method to obtain a higher drug efficacy. On the other hand, particle adjustment to
increase their susceptibility to destabilization is required, which makes the particles
less stable, also in the circulation. Therefore, there is a need for stable particles that yet
provide the possibility of triggered drug release. It should also be taken into account
that triggered release in clinical practice requires an extra treatment step: the patient
has to undergo a HIFU procedure to locally heat the nanocarriers, leading to higher
costs and more inconvenience for the patient. It is therefore imperative that advances
for improved drug delivery and efficacy have to be carefully conducted, taking into
account the possible adverse effects concerning circulation kinetics and stability. In
this dissertation, evidence of a new triggered release mechanism from liposomal and
micellar formulations is presented. For clinical translation, the model compounds
used in these studies can be replaced by a variety of chemotherapeutic compounds to
tumor tissue such as alkylating agents like cisplatin and cyclophosphamine, taxanes
like paclitaxel, anthracycline antibiotics such as doxorubicin, as well as different
antimetabolites like 5-fluorouracil or different pyrimidines for the treatment of
multiple cancer types. Particularly for breast cancer, the combination between tumor
ablation and HIFU-triggered liposomal release may lead to more efficient treatment,
especially by replacing the clinically approved fluorescent dye fluorescein [10, 11] by
several drugs specifically used to treat breast cancer, such as tamoxifen, anastrozole
or letrozole for hormone-dependent tumors and cyclophosphamide, doxorubicin or
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epirubicin for non-hormone-dependent tumors. Besides nanoparticles, novel bland
embolization microspheres crosslinked with a variety of lanthanide elements for MR
imaging are proposed in this dissertation. Moreover, the development of holmiumcrosslinked alginate microspheres containing the radiopaque contrast agent lipiodol,
allowing both röntgen- and MR imaging for more safe and controlled embolization
therapy, is described. The main component of these microspheres is alginate, which
is a linear copolymer with homopolymeric blocks of (1-4)-linked β-D-mannuronate
and α-L-guluronate residues, and is used for several biomedical applications, varying
from the preparation of dental impressions and food additives, to the encapsulation
of (stem) cells or antibodies [12]. The versatility of alginate and the imaging
opportunities obtained with the different microsphere formulations developed in this
disquisition offer numerous possibilities for advanced cancer therapy. For instance,
the microspheres can be loaded with different therapeutic agents, depending on
the purpose of the therapy. A suspension of lipiodol and cisplatin or doxorubicin
is already clinically used for transarterial chemoembolization (TACE) [13]. In our
research, slow lipiodol release from a holmium-alginate matrix was observed,
which offers the possibility of controlled drug release from a multimodal imageable
microsphere formulation. Long-term prospects would include the combination of
nano- and microparticles: nanoparticles can be encapsulated in microparticles to
enable a more efficient targeted therapy. It is envisioned that after intra-arterially
administration of biodegradable microspheres, the nanoparticles are released
from the microspheres over time and accumulate in the tumor tissue with a higher
efficiency as compared to systemic nanoparticles administration. Another prospect
includes the encapsulation of stimuli-responsive nanoparticles in non- (or slowly)
degradable microparticles. For example, thermosensitive liposomes loaded with both
a contrast agent and a chemotherapeutic compound can be encapsulated in holmiumalginate microspheres. HIFU can be applied as an external trigger for local release of
the contrast agent and the drug. MR imaging enables intra-procedural feedback of
the embolization procedure, while MR thermometry and -imaging allows monitoring
of the HIFU exposure and release procedure. Intra- and post-procedural monitoring
of the treatment with multimodality imaging is crucial to verify whether the therapy
is successfully executed and facilitates the possibility for optimization of future
treatments. For clinical translation, the particles have to be further investigated in
terms of toxicity, safety and efficacy in in vivo models. Moreover, it should be taken
into account that medical implementation is only possible when particle preparation
takes place under good manufacturing practice (GMP). In conclusion, the different
particles as developed in this dissertation show encouraging results for future clinical
implementation, and bring the prospect of combined therapies a step forward. The
particles can be tailored in various ways, enabling the development of personalized
medicine where the therapy can be adjusted to the needs of the individual patient.
For these combined therapies, the main focus is to design imageable drug delivery
systems, which also allow drug release ‘on command’, resulting in a high efficacy
with a significant decrease in toxicity and side effects. Merging the platforms of nanoand microsparticle-based drug delivery combined with triggered drug release and
multimodality imaging facilitates interdisciplinary integration of both preclinical and
clinical research and brings the prospect of the ‘magic bullet’ a major step forward.
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INLEIDING
De afgelopen decennia is er aanzienlijke progressie geboekt in het onderzoek naar
de behandeling van kanker. Desondanks blijft kanker nog steeds een van de meest
voorkomende doodsoorzaken ter wereld. Voor verschillende typen kanker worden
momenteel verscheidene behandelmethoden toegepast, zoals chemotherapie, tumorresectie, tumorablatie, radiotherapie, immunotherapie, radiofrequente ablatie (RFA),
gentherapie en inhibitie van angiogenese. Een belangrijke ontwikkeling die momenteel
wordt onderzocht is het lokaal behandelen van tumoren, waardoor de efficiëntie
van de behandeling toeneemt, terwijl schade aan het omliggende weefsel wordt
beperkt of zelfs voorkomen wordt. Lokale therapie kan op verschillende manieren
worden bewerkstelligd, bijvoorbeeld met behulp van nanodeeltjes, deeltjes met een
diameter van slechts enkele tientallen tot honderden nanometers die kunnen worden
geladen met cytostatica. Door het inkapselen van de medicijnen in nanodeeltjes
kan de oplosbaarheid, de stabiliteit en de farmacokinetiek worden verbeterd. Naast
nanodeeltjes kunnen ook micropartikels worden gebruikt voor lokale therapie door
de partikels te gebruiken voor embolisatie. Micropartikels zijn een factor duizend
groter dan nanodeeltjes en kunnen het bloedvat afsluiten (emboliseren), wat een tekort
aan voedingsstoffen en zuurstof voor de tumor tot gevolg heeft. Dit leidt tot necrose
van het tumorweefsel. Naast doelgerichte therapieën met nano- of microdeeltjes,
kan lokale tumortherapie ook worden bewerkstelligd met externe, non-invasieve
technieken, zoals bijvoorbeeld met hoge-intensiteit gefocusseerde echografie (HIFU).
Hierbij worden geluidsgolven in een klein gebied gefocusseerd waardoor er een
lokale verhoging van de temperatuur ontstaat, die in de kliniek zelfs kan oplopen
tot ongeveer 60 °C. Deze techniek kan worden gebruikt om tumorweefsel te ableren.
Naast tumorablatie, kan HIFU ook worden gebruikt voor gecontroleerde afgifte van
medicijnen uit nanodeeltjes zoals polymere micellen en liposomen.

NANOTECHNOLOGIE IN KANKERTHERAPIE
In 1986 is door Japanse wetenschappers ontdekt dat de vaatstructuur in tumoren
anders is dan in gezond weefsel. De oorzaak hiervoor is dat wanneer de tumoren een
bepaalde grootte bereiken (er wordt uitgegaan van ongeveer 200 mm), diffusie van
zuurstof en voedingsstoffen naar de tumorcellen niet meer toereikend is. Tumoren
zijn hierdoor genoodzaakt om verschillende stoffen, waaronder groeifactoren
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aan te maken die resulteren in angiogenese, oftewel het aanmaken van nieuwe
bloedvaten. Bij tumorcellen is dit proces echter verstoord, waardoor de vaatstructuur
abnormaliteiten vertoond. Hierbij moet gedacht worden aan endotheelcellen die niet
enkellaags gerangschikt zijn, de afwezigheid van glad spierweefsel en een groter
lumen. De Japanse onderzoekers zagen dat door deze ‘lekke’ vaten kleine partikels
van enkele honderden nanometer (nm) in het tumorweefsel terechtkwamen en
daar vanwege de afwezigheid van een effectieve lymfatische drainage op de plek
bleven. Dit fenomeen werd daarom het ‘enhanced permeability and retention’ (EPR)
effect genoemd. Deze ontdekking heeft de deuren geopend voor de introductie van
nanopartikels voor de behandeling van kanker. Immers, wanneer deze kleine partikels
een cytostaticum bevatten, dan kan de tumor veel gerichter worden aangepakt, zelfs
wanneer deze partikels intraveneus worden toegediend. Voorbeelden van zulke
medicijndragers, ook wel ‘drug delivery systems’ (DDS) genoemd, zijn liposomen
en polymere micellen. Liposomen zijn kleine vetbolletjes van ongeveer 50 tot 200
nm in diameter, bestaande uit een fosfolipide bilaag die een waterige kern omsluit,
In de kern van een liposomen kan een waterminnend (hydrofiel) stofje worden
gebracht, terwijl een vetminnend (lipofiel) stofje in de bilaag kan worden opgelost.
Micellen hebben een grootte van ongeveer 5 tot 100 nm en bestaan uit amfifiele
verbindingen, oftewel verbindingen die zowel een hydrofiel als een lipofiel gedeelte
bevatten. Als deze monomeren in een hydrofiele omgeving worden gebracht, dan
vindt aggregatie plaats en ontstaan micellen doordat de lipofiele gedeeltes van de
monomeren zich afkeren van het hydrofiele medium. Wanneer dit proces plaatsvindt
in de aanwezigheid van een lipofiel stofje, dan wordt deze ingesloten in de micellen.
Zowel liposomen als micellen kunnen technologisch zo worden vervaardigd dat ze
specifieke eigenschappen krijgen, waarbij gedacht kan worden aan de mogelijkheid
tot ‘triggered release’, zodat de nanopartikels het ingesloten stofje vrijgeven bij een
externe trigger. Voorbeelden van een externe trigger zijn temperatuursverhoging,
blootstelling aan ultrageluid, blootstelling aan licht van een specifieke golflengte
en pH veranderingen. Tevens kunnen de nanopartikels worden uitgerust met een
‘targeting ligand’, oftewel moleculen zoals antilichamen die specifiek binden aan
tumorcellen met als doel een efficiëntere afgifte van cytostatica te bewerkstelligen.
Ook zijn er voorbeelden bekend van liposomen die kunnen worden afgebeeld via
medische beeldvormende technieken zoals computertomografie (CT) en magnetische
resonantie beeldvorming (MRI). Op deze manier is men in staat om de uitkomst van
de therapie in kaart te brengen en kan de therapie worden geoptimaliseerd.

EMBOLISATIETHERAPIE
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Embolisatietherapie behelst het via een katheter inbrengen van micropartikels in
een arterie, zodat de bloedtoevoer wordt geblokkeerd en zuurstof en nutriënten
het tumorweefsel niet meer kunnen bereiken. In de oncologie wordt deze therapie
voornamelijk toegepast bij niertumoren, primaire levertumoren en colorectale
levermetastasen, omdat de nier en de lever gemakkelijk kunnen worden bereikt via een
katheter. Daarnaast worden levermetastasen voor ongeveer 90% van bloed voorzien
door de arteria hepatica (leverslagader), terwijl dit bij het gezonde leverweefsel
met name wordt aangevoerd via de poortader. Ook de micropartikels kunnen
worden uitgerust met cytostatica, waardoor naast embolisatie van het bloedvat, de
tumor tevens via medicijnen behandeld wordt, wat de kans groter maakt dat de
tumor verdwijnt. Dit wordt ook wel transarteriële chemo-embolisatie ofwel TACE
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genoemd. Daarnaast kunnen microsferen radioactief worden gemaakt (zoals SIRSpheres zijn voorzien van radioactief yttrium-90 en holmium-PLLA-microsferen van
het radioactieve element holmium-166), zodat levermetastasen binnen in het lichaam
kunnen worden bestraald (radio-embolisatie). Een bijkomend voordeel van holmium
is dat dit element kan worden gedetecteerd via een MRI scan. Radioactief holmium
kan tevens via nucleaire beeldvormingstechnieken (SPECT) worden gedetecteerd,
zodat goed in de gaten kan worden gehouden of de behandeling verloopt volgens
plan. Het aspect ‘beeldvorming’ wordt steeds belangrijker in de oncologie gezien de
toename van minimaal-invasieve therapieën. Terwijl bij tumorresectie een goed beeld
kan worden gevormd van de behandeling tijdens de operatie, is die mogelijkheid
niet aanwezig bij embolisatietherapie. Beeldvorming van de behandeling is alleen
mogelijk via röntgen-doorlichting met behulp van additionele contrastmiddelen
aangezien de micropartikels zelf niet zichtbaar zijn. Het onderzoek beschreven
in dit proefschrift heeft geleid tot de ontwikkeling van verschillende microsferen
welke zowel met MRI alsmede met CT/röntgen-doorlichting kunnen worden
afgebeeld. Deze ontwikkelingen dragen bij aan een verbetering van de huidige
behandelingsmethoden door de mogelijkheid tot het ‘live’ kunnen volgen van de
procedure, wat zal leiden tot succesvollere behandelingen en een betere prognose
de patiënt, doordat de observatie van de patiënt, ook na de behandeling, optimaal is.
Hoofdstuk 2 geeft een uitgebreid overzicht van de huidige status van polymere
micellen in zowel preklinisch als klinisch onderzoek. Hedendaags worden vijf typen
micellen geschikt geacht voor de behandeling van patiënten. NK012 is een type micel
dat een camptothecine-analoog bevat en in klinische fase 2-onderzoek verkeerd
voor de behandeling van borstkanker. Tevens wordt NK105, een type micel dat het
cytostaticum paclitaxel bevat, onderzocht in fase-2 onderzoek voor de behandeling
van maagkanker. SP1049C (fase 3) bevat doxorubicine en wordt onderzocht op
geschiktheid voor de behandeling tegen adenocarinomen in de slokdarm, maagklep
en maag. NC-6004 bevindt zich in fase 1/2 onderzoek voor de behandeling van
verscheidene solide tumoren, terwijl Genexol-PM reeds in fase 4 verkeerd en dus
is geregistreerd als geneesmiddel tegen borstkanker. Tevens wordt Genexol-PM
onderzocht voor toepassingen bij vele andere soorten tumoren. Daarnaast wordt in
dit hoofdstuk beschreven welke modificaties kunnen worden aangebracht bij micellen
die potentieël kunnen leiden tot efficiëntere drug afgifte. Liganden die specifiek
binden aan tumorcellen kunnen worden gebruikt voor een meer doeltreffende
behandeling, terwijl contrastmiddelen kunnen worden toegevoegd aan micellen om
ze met medische beeldvormende technieken te volgen in het lichaam. Een belangrijk
aspect bij micellen is het gecontroleerd laten vrijgeven van het cytostaticum. Hiervoor
kunnen de micellen op een specifieke manier worden aangepast zodat ze gevoelig
worden voor temperatuursverhoging, ultrageluid (HIFU), pH-veranderingen, UVof infrarood licht. Het ultieme doel is om de verschillende modificaties met elkaar
te verenigen, zodat we steeds dichterbij de ontwikkeling van de ‘magische kogel’
geraken.
Hoofdstuk 3 (I) beschrijft nieuwe inzichten in de vrijgifte van een lipofiele stof
(Nile red, NR) vanuit polymere micellen waarbij de polymeerketens onderling zijn
gekoppeld (CCL) en micellen waarbij dit niet het geval is (NCL) door middel van
zowel continue golf-hoge intensiteit gefocusseerd ultrasoon geluid (CW-HIFU) en
gepulseerde golf-HIFU (PW-HIFU). Na 4 minuten blootstelling aan 20 W CW-HIFU
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was bijna alle NR vrijgegeven uit de NCL micellen (~85%). Blootstelling van CCL
micellen aan 20 W CW-HIFU gedurende 4 minuten resulteerde in veel minder NR
vrijgifte. Tevens was de vrijgifte van NR uit CCL micellen met een lagere mate van
polymerisatie met methacrylaat (4%) iets hoger in vergelijking met CCL micellen met
een hogere mate van methacrylaat polymerisatie (13%). Er werden geen verschillen
in NR vrijgifte gezien uit NCL micellen na CW- en PW-HIFU blootstelling op pH 5.
Toevoegen van microbubbels aan de micellen resulteerde niet in meer NR vrijgifte uit
de micellen. Dit toont aan dat cavitatie, een effect wat met HIFU wordt geassocieerd,
niet het belangrijkste vrijgifte mechanisme is van NR uit de micellen. Dit is geverifieerd
met experimenten waarbij de grootte van de micellen is gemeten (dynamic light
scattering, DLS) en experimenten waarbij de samenstelling van de polymeren waaruit
de micellen bestaan is onderzocht voor en na HIFU blootstelling (gel permeation
chromatography, GPC). Er is hierbij geen verandering in micelgrootte of degradatie
van de polymeren waargenomen. Dit suggereert dat de polymere micellen tijdelijk
worden gedestabiliseerd door blootstelling aan HIFU, wat leidt tot de vrijgifte van
NR.
Hoofdstuk 3 (II) rapporteert over de vrijgifte van zowel hydrofiele en lipofiele stoffen
vanuit thermosensitieve (TSL) alsmede uit non-thermosensitieve liposomen (NTSL)
onder invloed van HIFU. De TSL en NTSL bevatten de hydrofiele stof fluoresceïne
of de lipofiele stof Nile red (NR). De liposomen hadden een gemiddelde diameter
van 97-139 nm met een lage polydispersiteit index (PDI) ≤ 0.06. De fase-overgang
temperatuur (Tm) van de TSL was rond 42 °C. Blootstelling van de TSL aan CWHIFU resulteerde in een snelle temperatuurstoename naar 53 °C, waardoor nagenoeg
de volledige hoeveelheid aan fluoresceïne werd vrijgegeven aangezien de Tm was
overschreden. Daarentegen werd ook een substantiële hoeveelheid fluoresceïne
vrijgegeven uit NTSL (~64% na 16 min op 20 W). Verrassend was de observatie dat de
vrijgifte van NR uit TSL rond de 66% lag, en zelfs nog hoger was vanuit NTSL (~78%).
Bijna 85% fluoresceïne werd vrijgegeven na 32 min blootstelling van de TSL aan PWHIFU, terwijl dit 27% was bij NTSL. Een belangrijke observatie was dat rond 30%
NR werd vrijgegeven vanuit NTSL na 2 minuten PW-HIFU blootstelling, wat opliep
tot ongeveer 70% na 32 minuten. Dit is de eerste studie die rapporteert over HIFUgeïnduceerde vrijgifte van een lipofiele stof vanuit liposomen. Het wordt aangenomen
dat HIFU blootstelling resulteert in tijdelijke destabilisatie van de liposomen, die
tijdens deze periode van destabilisatie hun stoffen vrijgeven. Deze bevindingen leiden
tot nieuwe inzichten in HIFU-geïnduceerde vrijgifte van stoffen vanuit liposomen
en tonen aan dat hyperthermie en cavitatie niet de enige mechanismen van vrijgifte
zijn door middel van HIFU blootstelling. Deze inzichten kunnen bijdragen aan het
ontwikkelen van methodes voor efficiëntere afgifte van cytostatica rondom tumoren.
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In hoofdstuk 4 wordt de ontwikkeling van fluoresceïne-bevattende thermosensitieve
liposomen (FCL) voor tumor demarcatie tijdens borsttumorresectie beschreven.
Via CW-HIFU kan de temperatuur in de borst op de plek van een aanwezige nonpalpabele tumor binnen korte tijd zeer lokaal worden verhoogd tot ongeveer 60
°C, zodat eiwit-denaturatie plaatsvindt en de borsttumor palpabel en dus voelbaar
wordt voor de chirurg om het resterende tumorweefsel operatief te verwijderen.
De FCL kunnen vooraf aan de HIFU-blootstelling intraveneus worden toegediend,
waarna ze middels het EPR effect in en om het tumorweefsel terechtkomen. Er wordt
geen fluorescentie gedetecteerd als de fluorescente stof binnenin de liposomen zit,
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echter wanneer de het weefsel wordt verhit en de fluorescente stof vrijkomt uit de
liposomen, licht de tumor op onder een UV lamp. Op deze manier wordt specifiek
de tumor gedemarkeerd. De chirurg kan vervolgens de tumor efficiënt verwijderen,
terwijl het gezonde weefsel zoveel mogelijk gespaard blijft.
Hoofdstuk 5 beschrijft de ontwikkeling van alginaat microsferen welke gebruikt
kunnen worden als embolisatiepartikel. De microsferen uit deze studie zijn gemaakt
via de JetCutter techniek en bevatten een lanthanide (europium, gadolinium, terbium,
dysprosium, holmium, thulium of ytterbium), waardoor de microsferen kunnen
worden afgebeeld met behulp van MRI. De microsferen hadden een gemiddelde
diameter van 250 μm en een lanthanide gehalte van 0.72-0.94%. De verschillende
typen microsferen zijn onderzocht op de mate van zichtbaarheid via MRI, waaruit is
gebleken dat de microsferen met holmium uiteindelijk het beste zichtbaar waren. De
microsferen konden zelfs als indiviuele bolletjes worden afgebeeld. In een lever van
een konijn en in de nier van een varken is met deze microsferen een katheterisatieprocedure nagebootst en is aangetoond dat de distributie van de microsferen accuraat
kan worden gevolgd in weefsel, wat ‘real-time’ terugkoppeling van de klinische
procedure mogelijk maakt en dus tot een grotere slagingskans van de embolisatie
therapie kan leiden.
In hoofdstuk 6 wordt een nieuw type microsfeer gepresenteerd welke geschikt is
voor multimodale beeldvorming. Het nieuwe type microsfeer, bestaande uit alginaat,
lipiodol, holmium en Pluronic F-68 kon zowel met behulp van röntgenstraling
(CT) door de encapsulatie van lipiodol als röntgencontrastmiddel, en MRI, door
de aanwezigheid van holmium, als individuele microsferen worden afgebeeld
in fantomen. De gemiddelde diameter van de microsferen was 570 μm met een
holmium concentratie van 0.38%. De microsferen bleven stabiel na incubatie voor
twee weken in serum op 37 °C. Tijdens een ex vivo experiment met een varkensnier,
waarbij via katheterisatie de microsferen zijn toegediend, kon de procedure intraproceduraal met fluoroscopie ‘live’ worden gevolgd, terwijl tevens de distributie
van de microsferen via alle gebruikte medische beeldvormende technieken, te weten
fluoroscopie, (cone beam) CT en MRI konden worden afbeeeld. De combinatie van
intra-procedurale detectie en multimodale beeldvorming biedt de mogelijkheid tot
goede nazorg voor de patient en kan daardoor resulteren in een veiligere, efficientere
en meer succesvolle behandeling.
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afgerond. Zijn eerste afstudeervak is uitgevoerd bij de vakgroep Toxicologie (WUR)
waarbij hij de invloed van fijnstof en ultrafijnstof (afkomstig van uitlaatgassen van
auto’s en uitstoot van de industrie) op de ontsteking van alveolaire macrofagen
en het indirecte effect hiervan op geprogrammeerde celdood (apoptose) van de
hartspiercellen heeft onderzocht. Zijn tweede afstudeervak heeft plaatsgevonden
aan de vakgroep Nutrition, Metabolism and Genomics (leerstoelgroep Humane
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Voeding, WUR), waarbij via genexpressie gekeken is naar ontstekingsreacties in
de lever bij verschillende diëten (vetarm en vetrijk) en de invloed van een nieuw
voedingscomponent op deze ontstekingsreacties. Zijn stage heeft hij uitgevoerd
bij Numico Research te Wageningen (tegenwoordig: Danone Research) waarbij hij
heeft meegewerkt aan de ontwikkeling van klinische voeding voor het verhogen
van de weerstand bij kankerpatiënten. In juni 2008 is hij gestart met zijn promotieproject bij de Afdeling Radiologie en Nucleaire Geneeskunde van het Universitair
Medisch Centrum Utrecht (UMCU) en het Image Sciences Institute (ISI) in nauwe
samenwerking met het Utrechts Utrecht Institute of Pharmaceutical Sciences (UIPS)
van Universiteit Utrecht, wat heeft geresulteerd in de publicatie van verscheidene
artikelen in wetenschappelijke tijdschriften en het proefschrift wat hier voor u ligt.
Momenteel werkt hij als postdoc bij de onderzoeksgroep Image-guided Molecular
Interventions onder leiding van prof. Chrit Moonen en is hij betrokken bij het HIFUCHEM project onder het Center for Translational Molecular Medicine (CTMM)
consortium waarbij hij onderzoek verricht aan thermosensitieve liposomen geladen
met doxorubicine voor MR-HIFU-getriggerde vrijgifte en het effect op tumorgroei.
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Vijf jaar geleden heb ik de kans gekregen een wetenschappelijk promotieonderzoek
uit te voeren. De eerlijkheid gebiedt mij te zeggen dat ik, als Wageningse bioloog,
nog nooit van een liposoom, micel of microsfeer had gehoord alvorens te beginnen
aan dit avontuur in het UMC Utrecht. Gelukkig werd mijn enthousiasme na mijn
aanstelling verder aangewakkerd door de bezieling van mijn collega’s en vooral van
mijn (co)promotoren. Derhalve wil ik een aantal mensen hartelijk danken voor hun
ondersteuning tijdens mijn promotieonderzoek.
Allereerst gaat mijn dank uit naar mijn promotoren en copromotor. Zij hebben het
mogelijk gemaakt dit proefschrift te vervaardigen en te mogen verdedigen.
Prof. dr. Luijten, beste Peter, jij hebt mij het vertrouwen gegeven door mij als bioloog
een medisch/farmaceutisch gerichte promotie uit te laten voeren. Je heb altijd een
vinger aan de pols gehouden, ondanks dat we inhoudelijk niet helemaal in hetzelfde
vakgebied zaten. Mede dankzij jou mag ik nu nog twee jaar verder als postdoc in het
HIFU-CHEM project van CTMM.
Prof. dr. ir. Hennink, beste Wim, ergens ‘makkelijk mee wegkomen’ is bij jou niet
aan de orde, en terecht. Ik heb je directheid leren waarderen, en al hebben de grote
hoeveelheden teruggezonden versies van manuscripten mij de nodige zweetdruppels
gekost: ik ben je zeer erkentelijk. Ik ben onder de indruk van je gestructureerdheid, je
kennis en professionaliteit; door jouw ondersteuning heb ik mijn promotieonderzoek
succesvol kunnen voltooien: bedankt!
Dr. Nijsen, beste Frank, jij hebt mijn promotietraject zijn uiteindelijke vorm gegeven
en op de voet gevolgd. We waren het niet altijd eens over de te volgen route, maar dat
krijg je natuurlijk met zo’n eigenwijze promovendus. Ik heb veel van je geleerd, vooral
een ‘hands-on’ mentaliteit. Die was bij mij in het begin slechts ‘latent’ aanwezig, maar
ik heb wel gezien dat je in plaats van plannen achter het bureau ook direct het lab in
kunt gaan om tot mooie resultaten te komen; de befaamde ‘quick-and-dirty’ methode.
Je hebt mij zeer vrij gelaten in de invulling van mijn onderzoek zodat ik mij zelf heb
kunnen ontwikkelen tot zelfstandig onderzoeker.
Daarnaast had dit proefschrift nooit kunnen worden gedrukt zonder een positieve
beoordeling van de beoordelingscommissie.
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Prof. dr. Storm, beste Gert, vanaf het begin af aan was je betrokken bij mijn
onderzoek. Jij hebt mijn eerste wetenschappelijk publicatie mogelijk gemaakt. Naast
coauteurschappen bij meerdere publicaties, ben je uiteindelijk ook degene die mede
mijn proefschrift heeft beoordeeld, waarvoor dank. Als er iemand positief gestemd
is, dan ben jij het wel! Dat zal de sfeer voor de komende twee jaar dat we met elkaar
blijven samenwerken alleen maar ten goede komen.
Prof. dr. Moonen, beste Chrit, nadat ik je al enkele keren had ontmoet op congressen
vanwege onze gezamelijke betrokkenheid bij het MediTrans project, besloot je in 2011
samen met je onderzoeksgroep te verhuizen van Bordeaux naar Utrecht. Voor het
UMC, maar tevens voor mij, een erg prettige stap. Want naast het feit dat je op het
gebied van HIFU als autoriteit mag worden gezien en het UMC hiermee wereldwijd
mee op de kaart hebt gezet, heb je mij de kans gegeven om postdoc bij je groep te
worden voor de komende twee jaar op het gebied van HIFU-triggered drug release.
Daarvoor ben ik je zeer erkentelijk.
Prof. dr. van den Bosch, beste Maurice, ik heb je leren kennen toen je nog niet de
positie van professor had. Gelukkig ben je nog even toegankelijk als voorheen.
Door jouw kennis en kunde op het gebied van interventieradiologie, en met name
embolisatie, heeft de Holmium Research Group een flinke boost gekregen en zijn de
‘holmium bollen’ inmiddels verheven tot speerpunt van het UMC. Tevens ben je nauw
betrokken bij het HIFU-onderzoek en dicht je de kloof tussen het wetenschappelijke
onderzoek en de directe klinische toepasbaarheid, exact wat een universitair medisch
centrum nodig heeft: met z’n allen werken aan een betere prognose voor patiënten.
Prof. dr. Grüll, beste Holger, meermaals ben ik te gast geweest in jullie lab. Wat een
professionaliteit en wat een grote hoeveelheid aan apparatuur is bij jullie aanwezig
op de High Tech Campus in Eindhoven! Ik heb mijn ogen uitgekeken. Het werk
beschreven in Hoofdstuk 4 had nooit voltooid kunnen worden zonder de hulp van
jullie vakgroep, en ook de vruchtbare discussie’s hebben hun vruchten afgeworpen
in het onderzoek. De gastvrijheid en openheid van jullie groep vind ik zeer te
waarderen. Ik heb dan ook met veel plezier samengewerkt. Hopelijk kunnen we dit
in de toekomst voortzetten.
Prof. dr. Jiskoot, beste Wim, wij hebben elkaar leren kennen tijdens een van mijn
eerste cursussen op het gebied van farmaceutische wetenschappen, de ‘advanced
drug delivery and drug targeting’ cursus, waarvoor ik een week in Leiden verbleef.
Erg praktisch zo’n stoomcursus in het begin van mijn PhD-project! Een mooie week
in Leiden, welke ik zeer heb gewaardeerd. Bedankt dat je mijn manuscript wilden
beoordelen. Wellicht komen we elkaar vaker tegen in de nabije toekomst.
Ook tijdens de dagelijkse werkzaamheden heb ik natuurlijk met een aantal mensen
een mooie tijd beleefd.
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Dr. Van het Schip, beste Fred, helaas kwam ik te laat bij de groep voor jou om
mij als copromotor te kunnen begeleiden. Je zou immers bij mijn promotie reeds
de pensioengerechtigde leeftijd hebben bereikt. Desalniettemin kon ik altijd bij je
binnenlopen voor vragen en berkeningen met betrekking tot chemie. Ik wens je veel
geluk in je nieuwe levensfase.
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Dr. Vente, beste Maarten, de wandelende radioembolisatie-encyclopedie, maar
bovenal: vriend. Met name in mijn derde jaar, toen we kamergenoten waren, hebben
we veel ‘kennis gedeeld’, of zoals de grote baas Frank het vaak (uiteraard onterecht)
formuleerde: ouwehoeren. Helaas heb jij uiteindelijk gekozen om elders aan de
slag te gaan, maar gelukkig hebben we nog altijd contact gehouden en spreken we
nog regelmatig af om een goudgele rakker te nuttigen. De volgende nemen we op
de promotie. Ik ben vereerd jou als paranimf aan mijn zijde te hebben tijdens de
verdediging van mijn proefschrift.
Dr. Heijenbrok, beste Frank, we kennen elkaar nog geen jaar, maar als kamergenoten
leer je elkaar natuurlijk al snel goed kennen. Gelukkig delen we eenzelfde gevoel
voor humor, want wat hebben we (naast natuurlijk het harde werken!) gelachen met
elkaar. Laten we zeggen dat dit samen te vatten is als een avondje cabaret van Javier
Guzman, waar we dan ook rond het verschijnen van dit proefschrift naar toe gaan.
Ook jou bedank ik hartelijk voor de ondersteuning tijdens de verdediging van mijn
proefschrift.
Dr. Bult, beste Wouter, onze eerste kennismaking was tijdens het Biomaterials
congres in Amsterdam. En dat terwijl ik nog niet eens officieel in dienst was. Frank
kon enkele dagen van het congres niet aanwezig zijn, dus mocht ik als ‘Dr. Nijsen’
op het congres rondlopen; die promotie had ik dus al snel voor elkaar. Uiteindelijk
hebben wij zo’n 3 jaar samen opgetrokken en heb je mij wegwijs gemaakt in het UMC
en vooral bij Farmacie. Na je promotie vertrok je naar het UMC Groningen om te
starten met de opleiding voor ziekenhuisapotheker. Daar heb je het nu prima naar je
zin, met inmiddels het gehele plaatje van ‘huisje, boompje, beestje’ compleet. Dank
voor je hulp, gezelligheid en humor.
Dr. Seevinck, beste Peter, met jou als ‘MRI-maatje’ heb ik vele uren achter de scanner
doorgebracht met allerhande rariteiten, waaronder agarose-gels met microsferen,
maar ook levers van konijnen en varkens. Gelukkig kon ook jij mijn gevoel voor
humor waarderen, al kon je de herhaling van grappen, of het maken van de grappen
terwijl jij intensief geconcentreerd was scanparameters in te voeren, niet altijd op
waarde schatten. Tja, dat krijg je als ik tot 23:00 stil op een stoel moet blijven zitten…
Toch konden we ook serieus onderzoek doen, waarbij onze samenwerking heeft
geresulteerd in mooie publicaties, en er ligt nog meer in het verschiet de komende
jaren!
Dr. Zonnenberg, beste Bernard, jij hebt mij een aantal mooie ideeën gegeven voor
mijn onderzoek. Ik heb hier een deel van ter harte genomen en inmiddels zoals je weet
mooie ‘bollen’ gemaakt. Helaas was er geen tijd genoeg om ze te beladen, maar ik blijf
nog even, dus wie weet…
Dr. Bakker, beste Chris, wij hebben vooral intensief contact gehad rondom de
ontwikkeling van de ‘nieuwe’ microsferen. Je hebt er zelfs voor gezorgd dat er
een mooi apparaat op het lab van Nucleaire Geneeskunde kwam te staan om deze
microsferen te kunnen maken. Daar ben ik je dankbaar voor. Ik heb je leren kennen
als een kundige onderzoeker die precies en gedetailleerd te werk gaat. Ook de
manuscripten waarvan je coauteur bent werden kritisch door jou bekeken. Ik heb je
bijdrage hieraan, maar vooral je prettige persoonlijkheid als aangenaam ervaren.
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Naast de ‘theoretische’ begeleiding, was ik natuurlijk nergens zonder de praktische
begeleiding op het lab. De helden van het lab zijn zonder twijfel Remmert de Roos
van het nucleaire lab in het UMC en Louis van Bloois en Mies van Steenbergen van
het farmaceutisch lab. Zonder dit ‘gouden trio’, bij wie ik altijd terecht kon, had mijn
onderzoek nooit kunnen slagen. Heren: hulde!
Ik kon niet daadwerkelijk alle experimenten zelf uitvoeren, dus gelukkig hebben
‘mijn’ studenten die ik tijdens mijn promotieonderzoek heb mogen begeleiden mij
hiermee prima kunnen helpen. Mariska Bos, jij was de eerste student die ik heb mogen
begeleiden en je hebt een uitgebreide literatuurstudie uitgevoerd over micellen en
liposomen. Voor mij vormde jouw scriptie een mooie aanzet voor het schrijven van
een review-artikel over micellen, waar jij dan ook coauteur van bent geworden en wat
inmiddels al meer dan 100 maal (!) is geciteerd. Hassan Boulkhrif, de ‘bollenmaker’,
inmiddels afgestudeerd apotheker en ondertussen alweer derdejaars student
geneeskunde. Ook jouw bijdrage en in het bijzonder je eigen inzicht heeft geleid
tot een coauteurschap op een publicatie. Naast het harde werken hebben we samen
ontzettend veel gelachen op het lab en zijn we vrienden geworden. Erg leuk dat we
nog regelmatig bij elkaar over de vloer komen. Binnenkort weer een happie eten in
Nieuwegein? Leida Reijnders, vreemd hoe de verhoudingen soms kunnen liggen:
een 10 jaar jonger kereltje moest jou begeleiden voor je wetenschappelijke stage.
Inmiddels ben je alweer ver gevorderd in je studie geneeskunde en komen we elkaar
nog regelmatig tegen aangezien je samen met Bernard een nieuw project aan het
opzetten bent. Erg leuk dat je zo enthousiast bent geworden voor wetenschappelijk
onderzoek. Willem van Doesum, jij mag inmiddels wel ‘HIFU-expert’ genoemd
worden voor het uren achtereen op samples ‘schieten’. Ondertussen mocht je
als dierenarts-in-opleiding ook honden en katten behandelen met intratumorale
holmium-microsferen-injecties. Een drukke, maar mooie tijd.
Binnen de onderzoeksschool ImagO en met name het Image Sciences Institute (ISI)
heb ik de nodige kennis opgedaan van allerhande algoritmes, wiskundige formules
en beeldreconstructies voor beeldverwerking van (met name) MRI-scans. Tevens heb
ik de gelegenheid gekregen om voor deze groep meerdere malen mijn onderzoek
te presenteren en mensen hierdoor te enthousiasmeren voor nano- en microdeeltjes.
Hiervoor wil ik de hele groep bedanken, en met name prof. dr. Max Viergever, voor
het bieden van deze mogelijkheid. Enkele promovendi die rond dezelfde tijd als ik zijn
begonnen bij het ISI en tevens betrokken waren bij het onderzoek naar de holmiummicrosferen wil ik graag in het bijzonder bedanken voor de mooie tijd: Gerrit van de
Maat, Hendrik de Leeuw en Mattijs Elschot.
In de loop der tijd heb ik verschillende kamergenoten zien komen en gaan; naast mijn
twee paranimfen wil ik graag dr. Gerard Krijger en Bo van Leeuwen bedanken voor
de gezelligheid op de kamer.
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Gedurende mijn promotietraject hebben naast de medewerkers van mijn afdeling(en)
een aantal mensen van andere afdelingen binnen het UMC, maar tevens buiten het
UMC, mij geholpen om zelfstandig onderzoeker te worden. Met betrekking tot mijn
eerste publicatie (Hoofdstuk 4 van dit proefschrift) wil ik graag dr. Patrick Derksen,
Eva Vlug, Ron Schackmann, Livio Kleij en Miranda van Amersfoort van de Afdeling
Medische Oncologie, en dr. Kristina Djanashvili, dr. Joop Peters en dr. Daniel
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Schühle van de Afdeling Biotechnologie van de TU Delft bedanken. Daarnaast heb
ik zeer prettig samengewerkt met prof. dr. Holger Grüll, dr. Sander Langereis, dr.
Edwin Heijman, dr. Jeroen Pikketmaat, dr. Mariska de Smet, dr. Anke de Vries en
Nicole Hijman van de Afdeling Biomedical Engineering van TU Eindhoven en Philips
Research Eindhoven. De elektronenmicroscopie afbeeldingen (Hoofdstuk 5) waren
niet mogelijk geweest zonder de hulp van dr. Wally Müller en Chris Schneijdenberg
van de Afdeling Biomolecular Imaging van Universiteit Utrecht.
Ondanks het feit dat ik verbonden was aan de Divisie Beeld en de knapste koppen
binnen deze divisie dagelijks met multimodale beeldvorming werken, zijn de beste
kwaliteit plaatjes nog altijd te verkrijgen via de Afdeling Fotografie. Roy Sanders,
bedankt voor het opmaken van mijn posters voor congressen en Karin van Rijnbach,
jou ben ik dankbaar voor het verzorgen van de lay-out van mijn proefschrift.
A special thanks goes out to Mr. Kerry Randolph from Phoenix, Arizona, USA, who
has been so kind to create the cover of my thesis, including the wonderful optical
illusion. Many thanks to you Kerry!
De ex vivo nieren, levers en andere organen van zowel varkens als konijnen zijn
verkregen via het Gemeenschappelijk Dierenlaboratorium (GDL). In het bijzonder
wil ik hiervoor Nico Attevelt, Hester de Bruin en Anja van der Sar bedanken.
Natuurlijk zijn er nog veel meer mensen die een bedankje verdienen. Ik kwam
dagelijks in contact met de medewerkers van Nucleaire Geneeskunde en dan met
name de laboranten en de klinisch fysici. Ook wil ik de medewerkers en in het
bijzonder de promovendi van Farmacie bedanken voor de gezelligheid op en rond
het lab.
Ik heb de kans gekregen om mij verder te ontwikkelen en bekwamen in het
wetenschappelijk onderzoek in mijn huidige betrekking als postdoc bij de vakgroep
‘Image-guided Molecular Intervantions’ (kortweg ‘de HIFU-groep’ genoemd) onder
leiding van prof. dr. Chrit Moonen en dr. Clemens Bos. Ik ben jullie dankbaar dat
ik deze kans heb gekregen. Tevens wil ik dr. Roel Deckers bedanken. Al voordat ik
postdoc bij de HIFU groep was geworden, hebben wij intensief samengewerkt aan de
ontwikkeling van liposomen en micellen in combinatie met HIFU-triggered release,
wat uiteindelijk tot twee gezamenlijke artikelen heeft geleid (Hoofdstuk 3 van dit
proefschrift).
Bovenal wil ik mijn familie bedanken. Naast mijn ooms, tantes, neefjes en nichtjes,
die waarschijnlijk nooit echt begrepen waar ik het over had als ik over mijn onderzoek
begon, gaat mijn dank speciaal uit naar mijn lieve oma en (in gedachten) opa Smid,
mijn zus Marcella en mijn zwager Henjo. Ik weet dat jullie trots zijn. Pa en ma,
zonder jullie had ik dit onderzoek nooit kunnen voltooien. Ik wil jullie bedanken
voor jullie steun en interesse, maar vooral jullie geduld tijdens het aanhoren van mijn
frustraties over het onderzoek. Deze horde is nu genomen, de volgende horde is meer
persoonlijk van aard. Jullie weten waar ik het over heb. En jullie weten dat ook dit
goed komt. Ik houd van jullie.
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