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CHAPTER 1: GENERAL INTRODUCTION.
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CHAPTER 1

1.1 Cancer & Chemotherapy
Cancer is a disease characterized by the presence of one or more malignant tumors formed
from the transformation by mutations or genetic instability (cytogenetic abnormalities) of an
initially normal cell. These tumor cells adopt an abnormal behavior characterized by an
independence to the signals involved in the proliferation of cells and to signals triggering
antiproliferative mechanisms, e.g. growth suppressors. In addition, their ability to proliferate is
no longer limited, which is usually concomitant to the disappearance of the phenomenon of
apoptosis together with the ability to generate abnormal angiogenesis (1).
Since the beginning of the 20th century, the a constant increase of the cancer incidence in the
developed world (2–4) has led to extensive research to improve the effectiveness of treatments
such as surgery, radiotherapy, hormone therapy, immunotherapy and chemotherapy. In this
context, chemotherapeutic drugs take advantage of the fact that tumor cells divide rapidly
compared to healthy cells. Although many current chemotherapies kill all dividing cells
indiscriminately, cancer tissues recover slowly as compared to healthy tissues and thus
chemotherapeutic treatments are usually spaced over time in order to leave healthy tissues
time for recovering. Nowadays a large number of chemotherapeutic drugs are available, which
can be divided into several groups based on their principal mode of action, e.g.: the alkylating
agents, the antimetabolites, the anti-tumor antibiotics: anthracyclines (e.g. doxorubicin), the
topoisomerase inhibitors (e.g. camptothecin) and the mitotic inhibitors (e.g. paclitaxel).
Unfortunately, the balance between the dose of the drug that causes adverse and the dose that
leads to the desired pharmacological effect (5) of most of these drugs is rather tight. For
instance, doxorubicin is associated with cardiac toxicity, one of the side effects that currently
limits its dose (6, 7) and paclitaxel presents poor solubility, which has been tackled by the
addition of excipients that lead to increased side effects (8). One last limitation of
chemotherapeutic treatments results from the nature of the disease itself. Tumors tissue consist
of cells that have experienced different oncogenic hits leading to subpopulations of tumor cells
with multiple phenotypes within the same tumor allowing them for becoming resistant to
chemotherapies (9–11). Hence, tumors are extremely heterogeneous in terms of
chemotherapeutic response. Finally, the optimal therapy, which depends on the origin, the
type and the stage of the tumor, is by nature highly patient dependent (12, 13).
Nevertheless, systemic chemotherapy is often the only treatment option when metastases are
present, and is often used as a palliative treatment in end-stage disease (14–16). For solid
tumors, surgical removal and radiotherapy ablation are usually the first line of treatment.
However, the proximity of vital structures, the radio-sensitivity of healthy tissues (17, 18) as well
as the difficulty of predicting the presence of metastasis (19, 20) or progression of disease at the
time of diagnosis often limit these treatments. Therefore, neoadjuvant or adjuvant
chemotherapy has found its use in improving clinical outcomes of surgical removal. As an
example, the breast cancer treatment consists usually of a surgical resection with curative intent
followed by postoperative (adjuvant) chemotherapy especially when the breast cancer is
invasive. However not all of newly diagnosed patients are eligible for surgery (21). Hence,
preoperative (neoadjuvant) systemic therapy with or without associated regional radiation (22)
has been tested to allow an early attack on systemic micrometastatic disease and, by
downstaging the primary tumor, to increase the number of patients able to undergo a breast
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conservation surgery (23–25). Consequently, chemotherapeutic treatments are nowadays
essential to fight against cancer and recent clinical outcome improvements (26) suggest that,
next to the understanding of the cancer mechanisms, improving these treatments should be a
key point in the battle against cancer (27).
In this context, local drug delivery strategies have been intensively studies (28) since it should
allow for improving the therapeutic index of chemotherapeutic drugs by tuning their
pharmacologic properties to limit their side effects and/or to increase the drug concentration
delivered at the tumor site (29). Moreover, such a scenario with local delivery of
chemotherapeutics, would be especially useful in clinical scenarios where the primary aim is
locoregional control.

1.2 Thermosensitive liposomes
In order to solve issues such as low bioavailability (e.g. poorly vascularized and/or high pressure
tumor regions) and/or the severe side effects associated with chemotherapeutic drugs, a wide
variety of carriers have been investigated for drug delivery purposes (30), e.g. lipid-based selfassembled systems (31, 32). In this strategy to associate antitumor drugs with colloidal
nanoparticles, a class of lipid vesicles, so called liposomes, are a promising candidate (Fig. 1.1).
An attractive liposome feature is its ability to protect and carry hydrophilic or hydrophobic
molecules. In addition liposomes can be functionalized by attaching molecules to their surface,
e.g. antibodies for selective binding. Initially, the use of liposomes as a drug carrier was limited
due to a drug release related to exposure to serum proteins (33, 34) even though the
incorporation of cholesterol as well as the addition of sphingomyelin to the liposome
formulation were rapidly found to overcome this leakage (35, 36). Later on, the opsonization of
liposomes by serum proteins was found to be responsible for the rapid clearance of liposomes
from circulation and uptake into the liver and spleen by the mononuclear phagocyte system
(34, 37–39). First, this circulation half-life was increased modestly by reduction of the liposome
size (40), but later on, the grafting of polyethylene glycol onto the liposome surface was found
to substantially reduce the blood clearance (41–43).
While the stability of pegylated liposomes, so-called “Stealth liposomes” (44, 45), in the
circulation as well as the retention of their contents have long been recognized as a desirable
liposome characteristics for successful drug delivery, liposomes can be designed to release their
content, when exposed to an external trigger, e.g. hyperthermia. Indeed, the phase transition
temperature of a liposome formulation is known to depend upon the phospholipids used and
can be tuned to achieve release at a predefined desired temperature (46). The bilayer of socalled thermosensitive liposomes will undergo phase transitions from a more crystalline gel
state to a more disordered fluid state (Fig. 1.1) with increasing temperatures, which affects the
permeability of the membrane, resulting in leakage of the encapsulated material.
Two main strategies for liposome-based drug delivery have been intensively investigated so far
(47, 48). The first consists of allowing liposomes to accumulate passively for a relative long
period (hours or longer) into the interstitium of the tumor by means of the enhanced
permeability and retention (EPR) effect (49). The second strategy is based on triggering
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Figure 1.1: Schematic representation of a liposome together with the temperature effect resulting
in phase transition

intravascular release of the contents when the liposomes are still in circulation allowing to
locally increase the drug penetration into tumors (50).

1.3 Image guided drug delivery
Medical imaging is a vital component for cancer diagnostics. In that role, imaging is used to
screen, to detect, to diagnose and to monitor the cancer evolution and recurrence. The progress
in imaging technology have incited and permitted the development of accurate diagnosis
along with its application in therapy guidance. Different imaging modalities such as Magnetic
Resonance Imaging (MRI), Single-photon tomography (SPECT), Positron emission tomography
(PET), Computed tomography (CT) and Ultrasound (US) have been intensively studied and used
as tools for in vivo visualization of drug delivery (51). In this context, MRI presents several
advantages to monitor a drug delivery process. First, MRI is a noninvasive technique and since
the first body scan of a human, performed by Damadian, on July 3, 1977, only a few mortal
accidents, “indirectly related” to the exposition to a high magnetic field have been reported.
MRI can be used for performing repetitive and/or extended imaging experiments. Second, the
temporal resolution of MRI allows for producing quantitative images in less than few seconds
and with a relatively high spatial resolution (of the order of 1 mm). Finally, the MR signal can be
manipulated to probe several specific properties such as the temperature, the pH and the water
diffusion, access, each of which has allowed for designing concepts for monitoring parts of drug
delivery processes. Therefore, a drug delivery process based on e.g. paramagnetic-labelled drug
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carriers or superparamagnetic-labelled carriers can be classically achieved with T1 weighted
images or T2(*) weighted images, respectively. However such intensity-based approaches are
intrinsically limited since magnitude images are relative or, in other words, do not own any
direct physical meaning. Therefore, relaxometry mapping methods allowing for accessing
either T1, T2(*) or both parameters has rapidly emerged as a potential solution to derive the carrier
concentration and hence a drug delivery process.
In more detail, the MR signal detected by the scanner is due to magnetization of the nuclear
spins in the tissue, usually protons. The contrast in MRI originates from the difference of the
tissue MR signals. In MRI, measured signal is determined by the pulse sequence applied in the
NMR imaging procedure and, among other factors, depends on 1) the density of the nuclear
spins associated with hydrogen atoms, so called proton density, 2) the spin-lattice relaxation
rate R1 that reflects how fast the longitudinal magnitization returns to its equilibrium value 3)
the spin-spin relaxation rate, also known as R2, which represents the loss of coherence of the
transverse magnetization after it has been created. These properties are highly tissue type
dependent. Indeed, tissues, which differ in relaxation rates and/or proton density, can be
manipulated to a state with different total nuclear magnetization and, hence, can be
distinguished by different magnitude signal intensities. Lauterbur et al. (52) demonstrated the
feasibility of using paramagnetic contrast agents to artificially change these tissue relaxivities
and thus to improve image contrast and tissue discrimination in MRI which greatly expanded
the role of MRI in assessing physiological and functional parameters (53).
These so called MR contrast agents are molecules or particles that increase the spin-lattice
relaxation rate and the spin-spin relaxation rate. The capability of contrast agents to affect one
or the other relaxation rate is used to classify them into two classes, viz. T1 and T2 contrast
agents, respectively affecting both relaxation rates in the same order of magnitude or primarily
the R2. Here it should be pointed out that these properties are a function of their near
environment, which is of first interest for producing nanocarriers that allow monitoring of drug
delivery using MR.
The ability of MR contrast agents to increase a relaxation rate, the so called relaxivity, is defined
as the proportionality constant of relaxation rate change versus the concentration of the
contrast agent and is usually expressed in mM-1.s-1 (Fig. 1.2). Knowing the relaxivity of a contrast
agent in a medium is important since, as suggested before, it allows to estimate a tracer
concentration from a measurement of the sample relaxation times that can be determined by
using the appropriate MR pulse sequence.

Figure 1.2: Relaxivities r = r1, r2, or r2* with R = R1, R2 or R2*, respectively, versus
the contrast agent concentration [C].

5

CHAPTER 1

1.3.1 T1 contrast agents

Figure 1.3: Parameters influencing relaxivity of paramagnetic contrast agent

Paramagnetism refers to the magnetic property of atoms, molecules or materials to react upon
application of an external magnetic field, by producing a magnetic field in the direction of the
applied field. In this case the material has a positive magnetic susceptibility. In contrast with
Ferromagnetic materials, paramagnetic materials do not retain any magnetization in the
absence of an externally applied magnetic field, since thermal motion causes the electron spin
population to become randomly oriented without it. Many ions have paramagnetic properties
suitable to be used as MR contrast agent. Gd(III) is highly paramagnetic with seven unpaired
electrons and a long electron spin relaxation time, making it an excellent candidate as a
relaxation agent. However, the high toxicity of [Gd(H2O)8]3+ required the metal to be complexed
by strong organic chelates for applications in vivo. The ability of such MR contrast agents to
contribute to R1 relaxation is governed by its water access (Fig. 1.3) and therefore to the
parameters affecting the ability to the water molecules to associate with the paramagnetic
atom (54). Several commercial Gd(III) contrast agents (Table I.1) are available for use in patients,
differing in terms of biodistribution and/or in term of pharmacokinetics and therefore in their
application field (55).
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Table 1.1: Commercially available gadolinium based MR contrast agent

1.3.2 T2 contrast agents

Figure 1.4: Superparamagnetic single domain nanocrystal (diameter < 20 nm). In the absence of a
magnetic field (left) the orientation of the magnetic domains within the SPIO and the orientation of the
SPIO particles in solution is random. An external magnetic field causes the magnetic domains of the SPIO
to reorient according to the direction (right). Dissolved SPIO particles in a magnetic field will orient
themselves to produce a magnetic moment. When the external magnetic field is removed the
orientation of the magnetic single domains will lose its ordering, primarily by Néel Relaxation, in which
the magnetic orientation of the domain changes with respect to the crystal. For the larger SPIO particles
in solution Brownian relaxation is dominant, in which the whole particle is rotating.
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Superparamagnetism and paramagnetism refer to a similar magnetic property except that
large susceptibilities (i.e. the response of a material to an applied magnetic field) are involved
for “super”paramagnetism as a result of the collective behavior of the (electron) spins. For
example, maghemite based nanoparticules are fully polarized even at low field (e.g. 20 mT,
(56)).Bulk iron oxide is by nature ferromagnetic. Iron-oxide crystals with a diameter lower than
20 nm, will from a so-called "single domain " particle (Fig. 1.4). Superparamgnetic Iron Oxide
(SPIO) particles typically consist of multiple single domain nanocristals, which are, in absence of
an applied magnetic field, are randomly orinented with no net magnetic moment. Hence in
contrast with ferromagnetic materials, the transient application of an external magnetic field
does not allow for magnetic field hysteresis since the thermal energy is sufficient for the
individual single domain crystals within the SPIO particle, to randomly reorient themselves
when the external magnetic field is removed. This so-called the Néel relaxation, is known to
dominate the relaxation course of small single domain particles (57). In addition, the rotation of
the whole particles themself, so-called the Brownian relaxation, allows to respond to changes
of the external field. Brownian relaxation is dominant for single domain nanocrystal with a
diameter > 7 nm (58), as well as the SPIO particles that contain multiple smaller chrystals
(Fig. 1.4).
When exposed to a magnetic field, such as the main magnetic field in an MRI scanner, the single
domain particles cooperate, aligning their own magnetic field to the applied field. Therefore,
superparamagnetic materials are commonly used as T2(*) contrast agents thanks to their strong
susceptibility effect as compared to paramagnetic materials. Interestingly, even though T2(*)
contrast agents are known to affect the T2 relaxation time of water 10 to 20 times more than T1
contrast agents do, they affect T1 in the same order of magnitude as T1 contrast agents (Fig. 1.5).

Figure 1.5: Comparison of the mean relaxivities r1and r2 of gadolinium based contras agents
(Gd = Magnevist, ProHance, Omniscan and MultiHance) and iron oxide based contrast agents (Fe = Feraspin
XS, Resovist and Feridex/Endorem) measured at 1.5T in plasma at 37°C.
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1.4 High Intensity Focused Ultrasound
When hyperthermia is combined with thermosensitive drug delivery systems, the heat can be
used as a trigger to initiate drug release. Localized hyperthermia-induced drug delivery may
offer a minimal invasive treatment option of localized tumors that are not eligible for resection
(59). Different methods are available for the application of local hyperthermia, e.g.
radiofrequency (60–62), water bath, laser and microwave applicators (63, 64). In this context,
high-intensity focused ultrasound has emerged as a promising modality to heat up tissue
locally in a non-invasive way (Fig. 1.6). Indeed, focusing ultrasound in order to heat deep inside
the body is a 60 years old idea (65), but for too long we were missing a guiding system. An
elegant solution was proposed in the 1990s (66, 67) based on a 2 second T1-weighted gradientrefocused acquisition and further improved thanks to faster real-time MR thermometry (68).
This so called Magnetic resonance-guided high-intensity focused ultra-sound (MR-HIFU) has
since emerged as the combination of high-intensity focused ultrasound which is monitored by
real-time MR thermometry and target localization. Ablative hyperthermia applications have
been first suggested for minimally invasive surgery (69). Nowadays MR-HIFU ablation
applications are still under development and a number of applications have emerged and
already been FDA approved such as bone metastases, prostate cancer, uterine fibroids
treatment and essential tremor that is treated by ablating a small region deep in the brain (70).

Figure 1.6: Schematic illustration of focused ultrasound transducer,
with the focal zone where the US energy converges.
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MR thermometry allowing for monitoring or even controlling the HIFU energy deposition is
often based on the temperature-dependent shift of the water proton resonance frequency. This
is an attractive choice since this so called proton resonance frequency shift (PRFS) thermometry
is, at first approximation, independent of the tissue composition as compared to other MR
thermometry methods, e.g. the relaxation rate-based thermometry. In addition, this method is
less sensitive to the presence of MR contrast agents even though high concentration of MR
contrast agents can also limit this common PRFS thermometry method (71).
Next to the ability of ultrasound to coagulate tissues, High Intensity Focused Ultrasound have
been used for local mild hyperthermia purposes. Mild hyperthermia corresponds to
temperatures of 40°C to 45°C which allows for inducing a physiological and/or biological effect
but not intended to produce immediate tissue coagulation. In that sense the combination of
regionally targeted, image-guided mild hyperthermia (40–45°C) and TSLs is an attractive and
potentially clinically feasible strategy for augmenting delivery of drugs e.g. to solid tumors (72).
The efforts spent in MR-HIFU technology development (73) have resulted in e.g., the
development of transducers allowing for multifoci sonications to heat larger regions (74) as well
as on the HIFU beam trajectory to heat more homogenously (75–77). However, this technology
is still under development to reduce e.g. its sensitivity with respect to the motion (78) or to
correct for the MR scanner's static magnetic field drift occurring during a long time MR scan
session (79, 80).
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1.5 State of the art of MR-guided drug delivery
In the context of monitoring drug release from nanocarriers using MRI some studies have
focused on the nanocarriers, whereas others are related to the development of MR methods
and HIFU technologies allowing for controlling the HIFU heating and/or for the contrast change
MRI-based measurements. Drug release is one of the key factors that determine the success of
targeted chemotherapy and the first work conducted on the tuning of the nanocarrier group
was dedicated to the observation of the release process of TSL. The first attempt to measure the
drug release has been performed by Viglianti et al. in 2004 and was based on
manganese/doxorubicin co-loaded TSL (81). Subsequently, de Smet et al. reported on
paramagnetic TSLs containing a chelated gadolinium that was co-encapsulated with
doxorubicin (82). Both of these works were based on the decrease of the apparent longitudinal
relaxivity (r1) of the native contrast agent within the liposomal carrier which can be recovered
upon its release as first demonstrated by De Zwart et al. and Fossheim et al. in 2000 (83, 84). A
similar approach was achieved by Langereis et al. with 19F-MR imaging where, to probe the
release process, ammonium hexafluorophosphate loaded TSL were used. This approach was
combined with a co-encapsulated thulium-based chemical shift agent which allowed for the
visualization of the intact liposomes based on the 1H chemical exchange saturation transfer
effect (CEST). This co-labeled formulation was, in our knowledge, the first one to allow for
discriminating the presence of intact TSL and TSL that have released their content.
Next to these TSL development studies, several methods have been proposed for near-realtime MR methods allowing for simultaneously monitoring the temperature and other MR
parameters, e.g. T1 allowing for characterizing the release of nanocarriers. At the time this thesis
was conducted, Look-locker based (85) or variable flip angle based (86) methods were available
to achieve this.
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1.6 Outline of the thesis
The aim of this thesis was to investigate if superparamagnetic contrast agents would allow
following a drug nanocarrier before release of its contents as well as monitoring the release
itself in vivo using MRI. Superparamagnetic contrast agents, like iron oxide, are attractive
candidates for this purpose owing to their strong susceptibility effect, which means they can
produce a strong microscopic magnetic field disturbance that exceeds the carrier size. This is
similar to what was demonstrated for cell tracking studies (87), where loading with iron-oxide
based contrast agents allowed tracking of individual cells. Therefore, thermosensitive
liposomes loaded with USPIO were prepared and characterized. In addition, we developed a
time resolved MR Relaxometry/Thermometry method to characterize, in vivo, a drug delivery
process based on this iron oxide-based nanocarrier.
In Chapter 2 we present the synthesis and characterization of iron oxide loaded
thermosensitive liposomes, so called thermosensitive magnetoliposomes (TSM). We then
demonstrated that these TSM permit to monitor release by MRI triggered by HIFU-mediated
hyperthermia. For that purpose we hypothesized that the TSM phase transition leads to a
modification of the agglomeration state of USPIO generating a decrease of R2* relaxation rate
but also a T1-weighted signal enhancement. MRI signal enhancement, relaxation times and
relaxivities of TSM samples, before, during and after heating were measured, first in a water
bath to establish the proof of concept and finally with HIFU heating into a gel for dynamic follow
up.
In Chapter 3, an original dynamic MRI method is presented to simultaneously acquire PRFbased thermometry data, R2* and R1 maps using a dynamic multi gradient echo sequence. The
method was validated in vitro in a porcine muscle sample, initially using a water bath for heating
and then applying local heating using MR-guided HIFU, and used to monitor the release of a
paramagnetic contrast agent from thermosensitive liposomes.
In Chapter 4, we investigated whether TSM in combination with on-line MR relaxation mapping
and thermometry techniques allowed assessment of both intratumoral distribution of
nanocarriers and their release profile in vivo. In this proof-of-concept study, local hyperthermia
was applied in tumor-bearing rats using an MR-compatible water bath. The availability and the
local temperature-triggered release of the USPIOs into the tumor and its surrounding tissue
were probed using the method presented in chapter 2.
Because of the encouraging results of De Smet et al. (82, 88) and with respect to the lack of R1
changes discussed in chapter 4, in Chapter 5 an improved formulation is proposed where a
gadolinium based MR contrast agent was co-encapsulated in the TSM. We showed that this
formulation allowed for both monitoring liposomal biodistribution, as well as liposomal release.
Three thermosensitive liposome formulations, loaded either with a chelated gadolinium
complex (Gd-TSL), citrated iron oxide nanoparticles (TSM) or both (Gd-TSM) were developed.
The MR properties before and after heating of these dual MR contrast agent formulations were
measured and compared. The utility of Gd-TSM in an ex vivo renal vasculature system was
investigated.
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CHAPTER 2: MRI CONTRAST VARIATION OF THERMOSENSITIVE
MAGNETOLIPOSOMES TRIGGERED BY FOCUSED ULTRASOUND:
A TOOL FOR IMAGE GUIDED LOCAL DRUG DELIVERY.
Abstract

In this chapter we used ultrasmall superparamagnetic iron oxide nanoparticles (USPIO)
encapsulated in thermosensitive liposomes, to obtain thermosensitive magnetoliposomes
(TSM), allowing their tracking and/or visualization by MRI. The transverse and longitudinal
relaxivities of this MRI contrast agent was measured upon TSM membrane phase transition in
vitro using a water bath or HIFU. The results showed significant differences for MRI signal
enhancement and relaxivities before and after heating, which were absent for nonthermosensitive liposomes and free nanoparticles used as controls. Thus, incorporation of
USPIO as MRI-contrast agents into thermosensitive liposomes should, besides TSM tumor
accumulation monitoring, allow the visualization of TSM membrane phase transition upon
temperature elevation. In conclusion, HIFU under MR image guidance in combination with
USPIO loaded thermosensitive liposomes as drug delivery system has the potential for a better
control of drug delivery and to increase the drug therapeutic index.
Published as:

C. Lorenzato, A. Cernicanu, M-E. Meyre, M. Germain, A. Pottier, L. Levy, B. Denis de Senneville, C.
Bos, C.T.W. Moonen, et P. Smirnov, MRI contrast variation of thermosensitive
magnetoliposomes triggered by focused ultrasound: a tool for image-guided local drug
delivery. Contrast Media Mol. Imaging, 8;2:185-192, 2013.
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2.1 Introduction
Currently, chemotherapy remains the standard treatment for most cancers. However, it is rarely
completely curative for solid tumors (1). Chemotherapy is based on systemic administration of
drugs which reach blood stream and are distributed throughout the whole body. Indeed, most
chemotherapeutic agents target all rapidly dividing cells and are not specific for cancer cells
thus leading to some damage to healthy tissues. Specific interactions with biological molecules
may also enhance toxicity in specific organs (e.g. cardiotoxicity for doxorubicin (2)). It is
therefore necessary to improve the specificity of existing treatments by targeting the drug to
concentrate preferentially into the tumor (macroscopic targeting), and reach targeted cancer.
A field on the crossroads of nanotechnology and biotechnology is the use of nanocarriers (3–
5). The encapsulation of the drug in such carriers results in modifying its biodistribution and
may allow improved delivery of the drug to the appropriate site (6). Among the different
nanocarriers available, liposomes are of great interest. Discovered by Alec Bangham in the
beginning of the 1960th (7), many studies have been performed and demonstrated the use of
liposomes as relevant drug carrier (8, 9). Their structure made of a phospholipid bilayer
surrounding an aqueous compartment is biocompatible and allows the encapsulation of
hydrophilic or hydrophobic drugs in a tunable system (size, membrane composition, steric
coating avoiding captation by reticuloendothelial system, targeting agent addition). Due to
these advantages liposome formulations are increasingly considered for cancer treatments (10,
11).
In order to improve drug bioavailability once accumulated in the tumor, liposomes can be
modified to be sensitive to an external and non-invasive stimulus. In this way, phospholipid
composition of liposomes membrane can be adjusted to be temperature sensitive (12). Indeed,
a phase transition occurs for phospholipids from a rigid, gel-like structure to a fluid, permeable
liquid-crystalline phase, at a specific temperature, called the melting temperature Tm. Generally,
formulations of thermosensitive liposomes are mainly composed of phosphatidylcholines
presenting a phase transition temperature Tm in the range of mild hyperthermia (41°C-43°C).
Those thermosensitive liposomes are able to locally produce a burst release of their payload
under activation. A promising approach to control drug release is to combine thermosensitive
liposomes with high intensity focused ultrasound (HIFU). The energy of mechanical vibration of
ultrasound waves is converted in heat in the targeted tissue and was originally designed for
thermal ablation (13). Using this technology, it is also possible to apply a local and moderate
temperature elevation visualizable by MRI (14, 15), allowing drug release from thermosensitive
liposomes (16).
A major point for the design of local activation of drug delivery system is to ensure a release of
the encapsulated drug at the right time, at the right place, and at the right concentration. To
ensure such a level of control, both the monitoring of liposomal accumulation in the tumor
structure and the visualization of the phase transition of liposomal membrane are required.
Several approaches are explored to monitor nanocarrier accumulation in tumor and to follow
the release of their content under external activation. The use of MRI contrast agents is a
method of choice for HIFU which is already coupled to MRI for temperature mapping.
Paramagnetic contrast agents were first used to follow the release of liposome contents, e.g. by
means of changes of the water access to chelated gadolinium (17). Several studies were
performed in order to improve both the sensitivity and the stability of these drug delivery
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systems (12, 18) and confirmed that, in principle, paramagnetic contrast agents such as
gadolinium are suitable to follow a drug release process based on changes in T1. Such methods
do not allow follow the biodistribution of the nanocarriers since the liposomal bilayer prevents
relaxation of bulk water by the encapsulated contrast agent. However, several studies have
shown that encapsulation of a high amount of paramagnetic contrast agent can lead to
nanosystems that affect T2/T2* relaxation times (19, 20), which do not rely on direct water access.
Superparamagnetic contrast agents such as Ultra Small Iron Oxide Particles (USPIO) should be
detectable before release occurs, because of their strong influence on magnetic field
homogeneity. The T2* effect is stronger for clustered than for dispersed USPIO particles,
suggesting that a MR-signal change may occur upon phase transition of TSMs. In contrast,
clustering reduces longitudinal relaxivities of iron oxide nanoparticles, as was demonstrated for
cellular internalization (21–23) or drug carriers such as liposomes (24). Hence, a system of TSM
encapsulating anticancer drugs and nanoparticles can be an attractive candidate for image
guided drug delivery (25).
The principal aim of this article was to demonstrate the feasibility of the monitoring of the TSM
phase transition by MRI during activation by HIFU. For this, we hypothesized that TSM phase
transition leads to a modification of agglomeration state of USPIO generating an increase of T2*
relaxation time and also a T1-weighted signal enhancement. MRI signal enhancement,
relaxation times and relaxivities of TSM samples, before, during and after heating were
measured, first in a water bath to establish the proof of concept and finally with HIFU heating
into a gel for dynamic follow up. The system presented is a step towards monitoring both
phases of drug delivery: accumulation of nanocarriers and release in the targeted tissue.

2.2 Material and Methods
2.2.1 Synthesis of thermosensitive liposomes containing iron oxide nanoparticles.
Iron oxide superparamagnetic nanoparticles, thermosensitive and non-thermosensitive
liposomes loaded with nanoparticles were provided by Nanobiotix (Paris, France). Briefly, 5 nmsized nanoparticles are synthesized by coprecipitation of ferrous and ferric ions (26). Fe2+ and
Fe3+ concentrations were assayed using 1,10-phenanthroline/ hydroxylamine
spectrophotometric method (27). The iron oxide nanoparticles concentration in suspension
was adjusted to [Fe] = 1M. The particles were subsequently surface coated with Sodium
Hexametaphosphate salt bringing a negative surface charge at pH 7 of approximately -40 mV
(Zetasizer, NanoZS, Malvern Instruments Ltd, Malvern). Such negative surface charge ensures
the stability of the iron oxide nanoparticles in suspension at neutral pH. Nanoparticles are
coated with a chemical envelope bringing a negative surface charge at pH 7 to ensure stability
at neutral pH. Thermosensitive liposomes encapsulating Ultra Small superparamagnetic Iron
Oxide nanoparticles (USPIO) were prepared using the lipid film re-hydration method (7, 28). For
thermosensitive
liposomes
preparation,
dipalmitoylphosphatidylcholine
(DPPC),
hydrogenated
soybean
phosphatidylcholine
(HSPC),
cholesterol
(Chol)
and
distearylphosphatidylethanolamine-[methoxy(polyethylene glycol)-2000] (DSPE-PEG2000) are
solubilized in chloroform in the molar ratio 100:33:27:7 (DPPC:HSPC:Chol:DSPE-PEG). For nonthermosensitive liposomes, HSPC, Chol and DSPE-PEG are solubilized in chloroform in the molar
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ratio 75:50:3. The solvent is then evaporated under a nitrogen flow. Hydration of the lipid film
with a USPIO solution is performed at 55°C, then 10 freeze-thaw cycles are applied (by plunging
the sample in liquid nitrogen, then thawing at 55°C in a water bath) and finally the liposomes
solution is extruded 5 times on a 0.45 μm poly(vinylidene fluoride) membrane and 10 times on
a 0.22 μm poly(ether sulfone) membrane filter. Non-encapsulated iron oxide nanoparticles are
eliminated by Size Exclusion Chromatography on a 15cm-height column filled with Sephacryl
S1000 gel (eluant: HEPES 25mM pH 7.4). The final iron concentration in the purified
magnetoliposomes solution is [Fe] =11mM for the thermosensitive ones and [Fe] =14mM for
the non-thermosensitive ones. The impact of USPIOs encapsulation on liposomes size, due to
possible change of osmolarity between the liposome cavity and the external medium, was
assessed by Dynamic Light Scattering measurements (Zetasizer, NanoZS, Malvern Instruments
Ltd, Malvern). No significant difference of size between the USPIO-loaded liposomes and the
non-loaded ones was observed (data not shown). The phase transition temperature of the asprepared iron oxide-loaded liposomes was Tm = 43°C, measured by Dynamic Light Scattering
(Zetasizer Nano ZS, Malvern) as a function of temperature (29).

2.2.2 Liposomes size measurement
The hydrodynamic radius of the liposomes was determined using dynamic light scattering
(Nanosizer nanoZS, Malvern). Intensity correlation functions were measured at a scattering
angle of θ=175° using a wavelength of 633 nm.

2.2.3 Gels and samples preparations
The different concentrations used of liposomes or nanoparticles solution were prepared by
serial dilution. Thermosensitive, non-thermosensitive liposomes and nanoparticles (TSM, NTSM
and Np respectively) were diluted in 1.5 ml Eppendorf tubes ([γ-Fe2O3] = 5, 10, 20 and 40 μg.ml1
or [Fe] 0.06, 0.13, 0.25, 0.5 mM, respectively) with deionized water containing 25 mM of HEPES.
For the experiment observing relaxivity changes before and after heating, the tubes were
included in 4%-agarose gel for stabilization and MR field homogeneity. For the dynamic MRI
experiments, the same samples were prepared and tubes were mounted directly in a Bioblock
Scientific MRI compatible water bath.
HIFU experiments were done using a polyacrylamide gels (2%) with 4% of precipitated silica
containing [γ-Fe2O3] = 20 μg/ml from TSM and free USPIO particles as control. Five milliliter of
the TSM doped gel was included in bigger agarose gel. Acrylamide, ammonium persulfate,
N,N,N’,N’-Tetramethylethylenediamine (TEMED) and Silicone dioxide were purchased from
Sigma-Aldrich® (St. Louis, MO). SELECT Agar powder was purchased from Invitrogen™ Life
Technologies. The ultrasound setup is described below.

2.2.4 MRI and Ultrasound experiments
MRI experiments were performed on a 1.5 Tesla whole-body clinical magnet (Achieva, Philips
Medical Systems, Best, Netherlands). Inversion recovery sequences were used for T1
measurement
(TR / TI first / ΔTI = 2000 / 50 / 100 ms,
TE = 10 ms,
NEX = 2,
3
resolution = 1×1×3 mm , matrix = 128×168). Transverse relaxation time T2 measurement were
performed using a multi spin-echo sequence (8 echoes, TR / TE first / ΔTE = 300 / 10 / 10 ms,

24

MRI CONTRAST VARIATION OF THERMOSENSITIVE MAGNETOLIPOSOMES TRIGGERED BY FOCUSED ULTRASOUND

NEX = 4, resolution = 1×1×3 mm3, matrix = 128×168). Gradient echo sequences were used for
T2* measurement, with a flip angle = 40°, 10 echoes, TR / TE first / ΔTE = 300 / 10 / 10 ms,
NEX = 4, resolution = 1×1×3 mm3, matrix = 128×168), yielding 3 slices every 45 s.
Ultrasound experiments were performed with an in-house-designed, single-channel spherical
focused ultrasound transducer (Imasonic SA) integrated in the bed of the MRI. The transducer
had a focal length of 80 mm, with operating frequency of 1.5 MHz. The acoustic pressure field
was a 3D Gaussian centred at the focal point position with a full width at half maximum of
1×1×6 mm3. HIFU heating was performed with acoustic power of 20 W during 5 minutes
resulting in a temperature stable around 45°C during at least 2 minutes. Four HIFU sonications
were done, three located in the center of the polyacrylamide gel and one shifted in the upperright of the polyacrylamide gel. Measurements presented here were done before and after
20 minutes consecutively to the two HIFU sonications.
Proton resonance frequency-based temperature MRI was calculated using an echo time of
14 ms (near the T2* values of the observed nanoparticles). Briefly, as the phase variation in
gradient-echo images is proportional to the temperature variation, a simple subtraction of each
new phase image from a reference phase image provided the temperature evolution on time
(30, 31). Phase Drift due to the slow decrease of the static field during a dynamic MRI experiment
was corrected using a ROI placed in a reference gel at constant temperature. In addition, an
independent measure of temperature was obtained from a MRI compatible Luxtron optical
fiber thermometer. The probe was placed in the center of the water bath, and in the periphery
of the polyacrylamide center gel, respectively.

2.2.5 MR Data analysis
Signal noise ratio (SNR) for each sequence was calculated as the mean of the ROI magnitude
signal divided by 1.53 times the variance of a similar sized ROI without signal. ROI size was about
1500 voxels.
T1-weighted images before and after heating experiment (Fig. 2.3) were compared by
subtracting the mean of ROIs placed in the centre of each sample. Hence enhancement (%) was
calculated by dividing the signal change by the ROI signal before heating.
All relaxation times T1, T2 or T2* were determined using a Marquardt–Levenberg fit of the
function [1], [2] and [3] respectively, to the corresponding relaxation time measurement data.
M TI
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ΔB0 was not taken in consideration for T2* fitting. To minimize the constant magnetic field
variation (ΔB0) effect on T2* maps the most homogenous map was manually chosen, based on
the minimum fit residual.
After having computed relaxation time maps T1, T2 and T2*, ROIs were set manually
encompassing each voxels corresponding to a single particle solution, excluding the peripheral
voxels. Then means and standard deviations of 1/T1, 1/T2 and 1/T2* were calculated. Finally, the
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particles relaxivities were obtained from error weighted linear regression of 1/T1, 1/T2 and 1/T2*
as a function of the particle concentrations. For the before / after heating experiment, measures
were done at 18°C.
All Experiments were run in triplicate and acquired data were expressed as mean ± SD.
Statistical significance was determined using Student's t-test. Differences were considered
statistically significant if P < 0.05 All calculations were done using custom scripts written in IDL,
(Exelis, Boulder, Colorado).

2.2.6 Transmission electron microscopy
Cryo-TEM is a powerful technique for the visualization of liposomes in the size range from 5 to
about 500nm. The magnetoliposome solution was diluted in buffer to reach a phospholipid
concentration of about 1mM. A single drop (2μL) was deposited on a copper grid covered with
a perforated polymer film and a thin carbon layer on both sides. Then most of the liquid was
removed with filter paper, leaving a thin film suspended by the grid. The samples were shockfrozen by dipping into liquid ethane and cooled to 90 K by liquid nitrogen. The samples were
transferred to the microscope (JEOL 2100HC, 200kV) and then examined at approximately
100 K.
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2.3 Results and Discussion
2.3.1 MR signal modifications after water-bath heating
The iron oxide-containing thermosensitive liposomes (TSM) were first characterized by cryotransmission electron microscopy (cryo-TEM) (Fig. 2.1 a, b). Since iron oxide nanoparticles are
electron-dense particles, agglomeration state of the USPIOs could be observed without
staining. After synthesis, the iron oxide nanoparticles were encapsulated in liposomes of 100200 nm (Fig. 2.1 a) as clusters of nanoparticles. Detailed analysis of TSM size distribution,
measured by Dynamic Light Scattering (Fig. 2.1 c), showed a mean hydrodynamic diameter of
200 nm with a polydispersity index of 0.14. Before heating (Fig. 2.1 a), the diameter of the USPIO
agglomerates was slightly larger than 50 nm. After heating, USPIO nanoparticles were mostly
observed as individual particles, dot-like with a diameter smaller than 10 nm (Fig. 2.1 b, empty
arrow). Because of the diffusion limit imposed by the liposome membrane, these two extreme
sizes gave us the range (10 to 50 nm) for the iron oxide nanoparticle agglomerate size change
a.

b.

c.
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Figure 2.1: Cryo-TEM images of thermosensitive magnetoliposomes (TSM) before (a) and after (b) heating to 45°C
for 10 min (scale bar: 0.1μm). Before heating, the intact spherical liposome membranes can be observed, (solid
arrows) encapsulating iron oxide nanoparticles (dashed arrow). USPIO are contained in the liposomes to form
agglomerates (curly bracket). After heating, we can observe scattered free USPIO particles (open arrow) and empty,
dented phospholipids bilayers, (dashed open arrow) respectively. Size distribution of TSM determined by Dynamic
Light Scattering (distribution is represented in intensity of scattered light) (c).
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observable during MRI experiments. The phospholipid membranes were discernible before
heating and showed smooth and round contours (Fig. 2.1b, black arrow) after the heating
experiment, lipid membranes exhibited polyhedral structures demonstrating that a phase
transition occurred during the heating process. Furthermore, phospholipid membrane
disruption and subsequent release of USPIOs are visible (Fig. 2.1b). It is known that charged
molecules, such as arginine or poly(ethylenimine), are able to interact with lipid bilayer and
permeabilize the phospholipid membrane (32). Since encapsulated USPIOs present a negative
surface charge (zeta potential of approximately -40mV at pH 7), they are able to interact with
the phospholipids head groups of the liposome membrane. During phase transition, it may be
supposed that the lipid membrane undergoes a stress due to interactions with the stiff particles,
resulting in membrane disruption and release of USPIOs from liposomes. A rearrangement of
phospholipids on USPIOs surface could also be possible. Further physicochemical studies are
required to confirm these hypotheses.
Gradient echo T1-weighted images obtained before and after the water bath heating show a
large MRI signal enhancement of 83 ± 4 % for TSM, figure 2.2. This was the case for neither
USPIO nor non-thermosensitive liposomes (NTSM) where enhancements of -7 ± 4 % and 1 ± 3 % were observed respectively. T1-weighted gradient echo imaging is well adapted for fast
image acquisition. Hence, this sequence can be used to monitor the relaxations changes during
heating, to detect the phase transition of liposome membrane and provide an indication for
release of a co-encapsulated drugs.
To characterize the effect of iron oxide nanoparticles-containing thermosensitive liposomes on
the MR signal, relaxivities were measured before and after heating. In figures 2.3 (a-c), 1/T1, 1/T2
and 1/T2* were plotted as a function of the concentration in iron ([Fe]) of the samples, before
and after heating. Longitudinal relaxivity of TSM increased markedly from r1 = 1.6 ± 0.3 to
r1 = 4.6 ± 0.7 mM-1. s-1 (Fig. 2.3 d). At the same time, transversal relaxivities r2 and r2* decreased
from r2 = 221.3 ± 15.3 to r2 = 139.1 ± 4.6 mM-1. s-1 (Fig. 2.3 e) and from r2* = 248.8 ± 15.9 to
r2* = 152.5 ± 13.4 mM-1. s-1 (Fig. 2.3 f). While TSM samples still exhibit significant differences after
the cooling period back at room temperature, free USPIO relaxivities remain stable, with values
TSM

NTSM

NP

Before
heating

After
heating

Figure 2.2: T1-weighted gradient echo images (TE = 10 ms) before and after water bath heating to 45°C, for
thermosensitive liposomes, non-thermosensitive liposomes and free iron oxide particles. A clear MRI signal
enhancement of 83 ± 4 % is shown for TSM. Dotted white circle shows typical ROI used for enhancement
calculation.
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reported before and after heating equal to r1 = 15.7 ± 5.3 and r1 = 13.5 ± 2.4 mM-1.s-1,
r2 = 195.0 ± 3.3
and
r2 = 185.6 ± 6.5 mM-1.s-1,
and
r2* = 209.8 ± 14.3
and
-1 -1
r2* = 189.0 ± 13.4 mM . s , respectively.
As the ratio r2*/r1 can be used as a measure of the efficiency of an MRI contrast agent (33), we
looked at this value before and after heating for TSM and free USPIO. For TSM, r2*/r1 ratio was
equal to 164.7 prior heating, and decreased to 33.5 after heating. On contrast for free USPIO,
r2*/r1 ratio remained unchanged (r2*/r1(USPIO) = 14.5 before heating and r2*/r1(USPIO) = 14.6 after
heating). Signal to noise ratio (SNR) of MRI sequences used for T1 measurement was equal to
65.5 ± 1.8 for the longest inversion time and equal to 9.7 ± 0.9 and 8.2 ± 0.9 for T2 and T2*
measurement for the longest echo time.
The high value of r2*/r1 observed for USPIO encapsulated in liposomes before heating is due to
a high r2* value (r2* = 248.8 mM-1. s-1) and mainly to a low r1 value (r1 = 1.6 mM-1. s-1). Indeed it
can be noted that before heating nanoparticles clustered into liposomes showed a longitudinal
relaxivity 10 times lower than free nanoparticles. The limited r1 effect of USPIO internalized in
liposomes observed in this study could be explained by water access, with two different pools
of protons: a small pool confined into liposomes with high r1, due to the internalized contrast
agent, and a large external pool with low r1 (22). If the residence time τD of protons in the
liposomes becomes larger than its relaxation time, the relaxation effect of the iron oxide

Figure 2.3: Relaxation rates R1 (a), R2 (b), R2*(c) vs. iron concentration for determination of relaxivities r1, r2 and r2*
of TSM. A linear fit allows determining the relaxivities r1, r2, r2*. Relaxivities r1 (d), r2 (d) and r2*(f) of
thermosensitive magnetoliposomes (TSM) and free USPIO, respectively, before (solid bars) and after (hatched bars)
heating to 45°C for 10 minutes. Student’s t-test, *: p < 0.05
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nanoparticles conﬁned in the liposomes saturates. Because the phospholipid layer surrounding
the agglomerated USPIO limits diffusion, exchange of water protons between both pools is
restricted. Thus the longitudinal relaxivity of the particles in liposomes is reduced, and the
apparent r1 relaxivity of iron oxides in liposomes is lower compared with freely dispersed
contrast agents. Potentially, the r1 of USPIOs is further reduced by aggregation of the iron
particles inside the liposomes as compared to non-aggregated particles; because of the limited
water diffusion imposed by the lipid bilayer, this effect is expected to be small, however.
After heating in a water bath at 45°C, the phospholipid phase transition occurring at 43°C, leads
to the permeabilization of the lipid barrier, and allows external water access. It can be
hypothesized that upon membrane permeabilization, a change of the internal aqueous phase
may modify the internal ionic strength of liposomes, thus modifying the agglomeration state
of negatively charged iron oxide nanoparticles in the liposome core and leading to the decrease
of r2*.
In this experiment we used the observation that for (T2*) proton dephasing in the presence of
magnetic particles, two major regimes can be described, depending on the size of the particle
(34): the so-called Motional Averaging Regime (MAR) and the Static Dephasing Regime (SDR).
In the motional averaging regime, that applies to small particles (diameter between 5 to
100 nm), a proton experiences, because of Brownian motion, the field disturbance of different
particles. Hence, local field effects are averaged out leading to a relatively long T2* (35). For
larger particles, or agglomerated nanoparticle (diameter > 100 nm), at similar iron
concentration as in our experiment, the distance between the particles increases, so limiting
the averaging effect due to diffusion, and decreasing T2*. The proton experiences the field
disturbance of one particle as if it were stationary, i.e. the so called SDR.
In our study, particles with a radius in the range of 5 to 25 nm, as observed using cryoTEM,
theoretically correspond to the MAR region. The clustered particles on the other hand should
lead to T2* changes closer to that corresponding to the SDR. Thus, theoretically we could expect
a shift from a SDR regime toward a MAR regime. Nevertheless, T2 and T2* values observed for
the TSM remained very close, suggesting that the MAR could been still apply despite their larger
size (36, 37).
The phospholipid membrane also plays an important role in the T2* evolution. Paquet et al. (38)
described the effect of the encapsulation of magnetic particles with a hydrophilic coating
holding water protons at the surface of a particle for a longer period of time. Similar to these
hydrophilic coatings, the liposome membrane encapsulates the water around the particles
limiting water diffusion locally. Hence the T2* values of liposomes containing USPIO, which have
a diameter of about 200 nm (Fig. 2.3 c) would tend towards the SDR, further increasing the T2*
contrast change after the membrane phase transition.

2.3.2 Dynamic MRI
A dynamic study was performed in order to demonstrate the possibility to follow the liposome
membrane permeabilization over time. After drift correction, MR thermometry was well
correlated with the temperature measured by the optical fiber. However, over the extent of the
phantom, a mean shift of 1.9 ± 0.6 °C was present with respect to the probe in the center. This
was most likely due to inhomogeneous heating of the phantom gel, from the outside. The shift
was substantially smaller if regions near the optical probe were considered.
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The magnitude of the MR-signal of the dynamic series is T1-weighted (TR = 300 ms, TE = 10 ms)
and so will reflect the T1 changes over time (Fig. 2.4 a). For free USPIO the magnitude signal
follows the temperature evolution (Fig. 2.4 b). The signal behavior from the TSM shows the
same shape except during the period corresponding to the phase transition temperature where
a strong positive shift of 50% occurred. Here, the T1 relaxation time decreased because of the
change of internal aqueous phase upon membrane phase transition and subsequent change
of the agglomeration state of iron oxide nanoparticles.

Figure 2.4: MR-signal enhancement observed during water bath heating as function of time (a), for TSM (black
squares), and free USPIO (grey squares), for the samples with 20 μg/ml iron concentration. The thin line shows the
theoretical magnitude enhancement based on observed T2* evolution, assuming a fixed T1. The sigmoidal
variations are limited by two vertical lines at 42°C and 44.5°C, a transition which took place in 7:30 minutes (double
open arrow). Evolution of T1-weighted MR signal vs. PRFS temperature during the experiment (b), for the heating
(solid lines) and subsequent cooling phases (dashed lines). Solid and dashed arrows (corresponding to the heating
and cooling period respectively) indicate the evolution of time. As opposed to the MR-signal enhancement
evolution from USPIO (grey line), MR-signal from TSM (black line) present a hysteresis.
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It can be argued that there is some T2*-weighting in the signal, and that a T2* increase after
release, which was demonstrated above, is responsible for the signal change. However, based
on values measured during the experiment (T2* ≥ 14.4 ± 0.4 ms, for all time points), the
influence of T2* on the signal magnitude enhancement was estimated, and it was demonstrated
that for the TSM a pronounced T1-weighted signal enhancement effect was observed (Fig. 2.4a).
Figure 2.5a shows r2* variation versus time, each calculated from the T2* values of samples with
different iron concentrations. In water, the evolution of r2*(USPIO) was linearly correlated with
temperature. For thermosensitive liposomes, however, r2*(TSM) showed a sigmoidal variation
between 42 and 44.5°C in addition to the baseline variation with temperature as observed for
free USPIO. This hysteresis took place in 7 minutes with an inflexion point located near the
phase transition temperature (Tm = 43°C) and had a sigmoidal behavior similar to a classical

Figure 2.5: Relaxivity r2* of TSM (black square) and Free USPIO (grey square) produced during a water bath heating
experiment as a function of time (a). Relaxivity r2* evolution during heating (solid lines) and cooling (dashed lines)
of the sample as a function of temperature for TSM (black lines) and free USPIO (grey lines) (b). For r2*, as well, the
TSM relaxivity shows a hysteresis effect, indicating an irreversible change after the heating cycle.
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phase transition from thermosensitive liposome bilayer and, thus, is very likely to correlate with
the liposome membrane permeabilization (39).
Alternatively, T1-weighted enhancement and r2* can be plotted as a function of temperature
(Fig. 2.4b and 2.5b respectively), to better demonstrate hysteresis: during the cooling period,
neither T1-weighted enhancement(TSM) nor r2*(TSM) returned to their original values. This suggests
that the iron oxide nanoparticles environment change occurring upon heating is irreversible,
corresponding to dilution of the internal aqueous phase (entry of buffer upon membrane
permeabilization), leading to a change of the agglomeration state of iron oxide nanoparticles.

2.3.3 Proof of concept: local HIFU heating experiment.
Finally, a study was done to demonstrate the feasibility of registering spatially controlled USPIOaggregation states into liposomes, by observing T2* variation after and before HIFU-heating.
Before the heating experiment, the central polyacrylamide gel doped by TSM showed a mean
relaxation time T2* of 6.5 ± 0.7 ms (Fig. 2.6b).
T2* increased to 57 ± 18.4 ms for a 5x5 mm ROI that received 4 heating cycles. At a different
position, one cycle of heating was applied, which leads to a smaller increase of T2*, viz. 20.9 ± 6.2
ms, on a smaller 3x3 mm ROI (Fig. 2.6d). No T2* changes were observed for free USPIO upon
HIFU-heating (data not shown). As expected a corresponding positive enhancement could also

Figure 2.6: Magnitude images (a, c) and T2* maps (b, d) obtained during a HIFU heating experiment, before (a, b)
and 15 minutes after HIFU application (c, d), respectively. The first location (white solid line) received 4 heating
cycles, the second location (white dashed line) received a single heating cycle.
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be observed on the magnitude images (Fig. 2.6 c), but seemed to be relatively smaller (65.1 ±
19.5% in the center ROI). This is a smaller change than in the liquid sample used in the first step
characterization, which can be partly attributed to a slight reduction of diffusion within the silica
doped gel (40). T2* value changes because transversal relaxation time is diffusion-dependent as
described in the outer-sphere relaxation theory. In this case, a low polyacrylamide
concentration was used (2%), to limit τD and maintain T2* variation effect. Furthermore, the
addition of silica leads to a reduction of T2* in itself.
Here, we demonstrated that we can spatially control and visualize the membrane phase
transition of TSMs by MRI, showing two distinct regions of T2* change corresponding to
different positions of the HIFU transducer.
Thus, as for the T1-weighted imaging mentioned above, the use of T2* measurement may be an
interesting and sensitive method for evaluating the membrane phase transition of TSMs and
subsequent release of a co-encapsulated anticancer drug from liposomes. The T1 and T2*
variation occurring in-vivo during the carrier phase transition, still remains to be studied, as the
diffusion coefficient and or the electrostatic environment may differ.

2.4 Conclusions
In this study, an approach using thermosensitive magnetoliposomes to monitor local drug
delivery by MRI was presented. Relaxation properties of TSM were characterized and we have
shown that thermosensitive liposomes containing USPIO nanoparticles had different MRcontrast properties than free USPIOs. The permeabilization of the liposome membrane upon
heating at a temperature superior to the phospholipid phase transition temperature leads to a
change of the internal aqueous phase of liposomes and to a modification of the iron oxide
nanoparticles confinement. A large 5-fold decrease of the r2*/r1 ratio of TSM is then observed
upon heating. Hence, we demonstrated that, when encapsulated in liposomes, USPIO
nanoparticles are efficient contrast agent to follow the lipid membrane permeabilization over
time during heating, by observing the decrease in T1 or the increase in T2* relaxation time. We
showed that membrane permeabilization of TSM and subsequent drug release could be locally
triggered and observed by combining HIFU heating and dynamic MRI. Moreover, incorporation
of iron oxides as MRI-contrast agents into the thermosensitive liposomes system not only offers
the possibility to visualize the drug delivery but also to track drug carriers before inducing the
release process. In conclusion, this approach using TSL including superparamagnetic contrast
agents can be used for MR-guided HIFU mediated local drug delivery of small molecular
anticancer drugs.
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CHAPTER 3: RAPID DYNAMIC R1/R2*/TEMPERATURE ASSESSMENT:
A METHOD WITH POTENTIAL FOR MONITORING DRUG DELIVERY.
Abstract

Relaxivity contrast agents can be co-encapsulated with the drug to allow visualizing the
presence of liposomes, by means of R2*, as well as the co-release of the contrast agent and the
drug, by means of R1, upon heating. In this chapter, the mathematical method used to extract
both R2* and R1 form a fast dynamic multi-echo spoiled gradient-echo (ME-SPGR) is presented
and analyzed. R2* was obtained from a fit to the ME-SPGR data. Absolute R1 was calculated from
the signal magnitude changes corrected for the apparent proton density changes and a
baseline Look-Locker R1 map. The method was used to monitor nearly homogenous water bath
heating and local focused ultrasound heating of muscle tissue, and to visualize the release of a
Gd-chelate from TSLs in vitro. R2*, R1 and temperature maps were measured with a 5 seconds
temporal resolution. Both R2*and R1 measured were found to change with temperature. The
dynamic R1 measurements after heating agreed with the Look-Locker R1 values, if changes of
equilibrium magnetization with temperature were considered. Release of Gd from
thermosensitive liposomes was detected by an R1 increase near the phase transition
temperature, as well as a shallow R2* increase. Simultaneous temperature, R2* and R1 mapping is
feasible in real time and has potential for use in image-guided drug delivery studies.
Published as:

C. Lorenzato , C. Oerlemans, A. Cernicanu, M. Ries, B. Denis de Senneville, C.T.W. Moonen and C.
Bos. Rapid dynamic R1/R2*/temperature assessment: a method with potential for monitoring
drug delivery. NMR Biomed, 27;11:1267-1274, 2014.
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3.1 Introduction
Undesired side effects associated with chemotherapeutic drugs can be substantial. Therefore,
there is a need for drug delivery systems (DDS) that may favorably alter the pharmacokinetics
of the drug (1) and reduce the toxic side effects as observed with systemic chemotherapy.
Taking advantage of the ability of DDS to carry both imaging and therapeutic agents,
detectable drug carriers have been prepared that allow imaging the drug distribution noninvasively (2–4). In this context MRI is a potentially interesting modality: DDS that behave as
temperature-sensitive switchable MR contrast agents have been prepared, and would allow
monitoring their availability (5, 6) and their release process (7–9) based on MR-relaxometry
measurement of the transversal relaxation rates (R2, R2*) and the longitudinal relaxation rates
(R1), respectively.
In addition, MRI can non-invasively provide temperature maps, e.g. using the Proton Resonance
Frequency Shift method (10), and can thus be used for continuous guidance of the
hyperthermia procedure that triggers drug release (11). One of the techniques to achieve local
hyperthermia is High Intensity Focused Ultrasound (HIFU), which has been successfully
integrated with MRI, such that MR thermometry controls the HIFU heating (12). Therefore, it
would be of great value for the development of these image guided drug delivery techniques
to have access to quantitative relaxometry (7, 13) and temperature at the same time.
In this work, a fast dynamic MRI method to simultaneously acquire PRF-based thermometry
data, R2* and R1 maps using a dynamic multi gradient echo sequence is presented. To assess the
feasibility of this approach, the signal change in response to changes of R1 and the influence of
the variance of transverse relaxation rate R2* estimation on the quantification of the longitudinal
relaxation rate R1 were analyzed. Subsequently the method was validated in vitro in a porcine
muscle sample, initially using a water bath for heating and then applying local heating using
MR-guided HIFU. Finally, the method was used to monitor the release of a paramagnetic
contrast agent from thermosensitive liposomes (TSL). The method is a step towards monitoring
two important phases of image-guided drug delivery: availability of nanocarriers and release in
the target tissue.

3.2 Materials and Methods
3.2.1 Data Acquisition
All data was acquired on a 1.5 T clinical MR system (Philips Healthcare, Best, The
Netherlands). Real time mapping of relaxation times R1 and R2* was based on a multi-echo RFspoiled gradient echo sequence (ME-SPGR). For this sequence, the signal is given by,

S TE

sin α ∙ M ∙ e

∙ ∗

∙ sinc

γ∆B /dz
2TE

∙

1 e ∙
1 cos α e

∙

,

1

where Sn(TE) is the signal of dynamic n for a given echo time TE, α is the flip angle, M0 is the
nuclear magnetization which can be thought of as an apparent proton density (APD), γ the
gyromagnetic ratio, and TR the repetition time. For slice selective sequences, the sinc-term
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reflects the effect of the macroscopic main field inhomogeneity, which is assumed for these
anisotropic voxels to be dominated by the field variation ΔB0/dz in slice direction (14).
With a fixed TR and α, the ME-SPGR does not allow quantifying R1. Instead, a baseline R1 map is
measured first, which is then updated based on the signal changes for each ME-SPGR dynamic.
In this study, the initial R1 map was measured using a Look-Locker acquisition (15) (resolution =
1 × 1 × 3 mm3; FOV = 128 mm; TR = 4s; α = 5°; Images were acquired for 30 time points after the
inversion, starting at 30 ms with 60 ms intervals; TFE factor = 5).
Subsequently, a ΔB0/dz map was estimated from the phase images of a multislice MESPGR scan without slice gap. Phase evolution from echo to echo was limited to be smaller than
π and echoes with signal magnitude below than 10% of the first echo were excluded as
proposed in (14). The resonance frequency was then obtained by calculating the slope of a
linear fit to the signal phase as a function of echo time. Next, a map of the local gradient field
ΔB0/dz was derived from a linear fit to the frequency values in the slice direction.
Finally, the central slice of the ME-SPGR was dynamically acquired to map temperature,
*
R2 and R1 over time. All ME-SPGR images were acquired using the same parameters (TR/TE1/ΔTE
= 50/4.6 /4.6 ms; α = 25°; 10 echoes; fly-back; voxel size = 1×1×3 mm3; scan time = 5.6
seconds/slice).
All calculations were performed on a voxel-by-voxel basis using custom scripts written
in IDL, (Exelis, Boulder, CO, USA) and in C++ for the Levenberg–Marquardt algorithm.

3.2.2 Data analysis and Processing
3.2.2.1 Dynamic R*2 mapping
R2* maps were calculated from the multi-echo data using Eq.[1], assuming fixed α, M0 and
R1 values:
S TE, ∆B /dz

S e

∙ ∗

. sinc γ. ∆B /dz /2. TE

2,

Here, S0 is the signal when TE approaches 0. Three ways of handling ΔB0/dz compensation for
fitting R2* were evaluated: 1) ΔB0/dz is assumed to be zero and R2* can be extracted from a monoexponential Levenberg-Marquardt fit; 2) ΔB0/dz is assumed to be constant; it is measured once
using the multislice ME-SPGR phase maps and then the sinc term from the Eq.[2] is calculated
and included in the R2* fitting process; 3) ΔB0/dz is updated for each dynamic using the method
described by Schaeffter et al. (14). In this last case, the measured ΔB0/dz map was used as an
initial value for an iterative algorithm that updates the ΔB0/dz map from frame to frame. Briefly,
the magnitude intensity for each echo is corrected (divided) by the corresponding absolute
sinus cardinal term calculated from the first ΔB0/dz map. Then a first R2* estimate is obtained by
fitting the ΔB0/dz corrected signal to the remaining mono-exponential decay term in equation
[2]. Finally, based on this first R2* estimate, ΔB0/dz is adjusted and the process is iterated to
minimize the squared error in [2].
3.2.2.2 Dynamic R1 mapping
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The implemented method estimates a change in R1 based on the signal magnitude
change under SPGR conditions. To allow measuring absolute R1 values, an initial R1 map is
needed, which was calculated from the Look-Locker data (15).
R1 change (ΔR1) over time was calculated using the signal change at the shortest TE. For that
purpose the signal from each new dynamic S is divided by the signal of the reference
dynamic S0.
M T
M T
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From Eq.[3] it is apparent that for quantitative R1 measurements, influence of temperature
change and R2* change should be considered. The APD is proportional to the equilibrium
nuclear magnetization M0, with M0(T) = Nγ2 h2 I(I+1)H0 / 3κT, where κ is Boltzmann’s constant, N
is the number of nuclear spins per unit volume, and T is the absolute temperature. Thus, M0 is
inversely proportional to the temperature, with a resulting signal change of approximately
0.29%/°C in the experimental range of 20 to 60 °C (16).Hence, the APD influence on the signal
ratio can be easily compensated if the relative temperature variation is known. The second
factor in Eq.[3] is related to R2* and can be calculated from the dynamic R2* mapping. The ΔR1 is
then determined numerically, in an iterative fashion, from Eq.[3], which can be rewritten as
follows after compensation for M0 and R2*:
S
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,

4

Using R10 as obtained from the Look Locker method, this provides an R1 value at every time
point.
3.2.2.3 Proton resonance frequency based thermometry
PRF shift was calculated using the unwrapped phase change, ΔΦ, at the last echo time
of the dynamic ME-SPGR data. The temperature change ΔTn is related to ΔΦ by: ΔTn = ΔΦ /
β·γ·TE·B0 (10), where β the temperature dependence water chemical shift of -0.0101 ± 0.0004
ppm/°C (17). PRF-based thermometry was corrected for potential B0 drift by using the phase of
an agar gel (2% w/w R2* ≈ 20 s-1) that was at constant temperature as a reference.

3.2.3 Efficiency assessment of the proposed method
3.2.3.1 Influence of ΔR2* on R1:
The ΔR1 is determined numerically, in an iterative fashion after compensation for M0 and R2*,
from Eq. [4] where the signal ratio QS ≡Sn/S0 can be written as follows:
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with R1,n ≡R1,0 + ΔR1 the quantity to be solved. Under the condition that R1·TR ≪ 1 and α ≪ 1 we
may substitute the exponential term and the cosine term in Eq.[5] by their first and second order
Taylor expansions, respectively,
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3.2.3.2 Sensitivity of signal to R1 changes
The signal change in response to R1-changes was evaluated to assess the sensitivity of
the method. To this end, assuming constant R2*, realistically detectable magnitude signal
variations from –20% to 20%, were evaluated for different R1 starting values (ranging from
1 to 5 s-1). Eq.[4] was solved iteratively to determine the required R1 change.
3.2.3.3 Influence of ΔR2* on R1
Eq.[4] implies that there is a correlation between errors in the R2*-change estimate and
the estimate of R1. For this we may quantify the influence of ΔR2* as R1 can be solved from Eq.[7]
from which the partial derivative ∂R / ∂∆R∗ can then be calculated.

3.2.4 Porcine muscle heating
A porcine muscle sample of 3 x 3 x 1 cm3 was heated from 26 to 34ºC in a water bath.
During heating, real time ME-SPGR images were acquired for 20 minutes. Look-locker based R1
maps were calculated before heating and after the sample reached thermal equilibrium in order
to validate the real time measurements. The variation of R2* and R1 over time were determined
in an ROI encompassing the sample. A Luxtron optical probe was placed on top of the sample
to monitor temperature (Fig. 3.1 b). The temperature dependence of the relaxation rates R1 and
R2* of the porcine muscle sample were determined using weighted linear regression of the
relaxation rate to the temperature as measured by the PRFS method.
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3.2.5 MR-guided HIFU heating
Relaxometry and thermometry in the range of mild hyperthermia in porcine muscle
tissue were finally demonstrated using a clinical MR-HIFU therapy system (Sonalleve; Philips
Healthcare). HIFU heating was performed with an acoustic power of 20W for 30 s, starting after
30 s of scanning which would typically lead to a temperature rise of 20°C (18). Beam-steering of
the focused acoustic field was performed to create a 4-mm diameter heating cell (19). The mean
and the standard deviation, from a ROI of 4x4 voxels centered on the heating pattern, were used
for monitoring R1, R2* and temperature over time. LL-based R1 mapping was performed to
validate R1 values at the end of the procedure. In addition, precision of R2* and R1 for muscle was
estimated before heating in the same region of the sample from the standard deviation over
time for the cases when ΔB0/dz was assumed to be 0, assumed to be constant, or continuously
updated, respectively. A fiber optic probe provided the baseline temperature measurement.

3.2.6 Liposome preparation
Gadolinium-containing thermosensitive liposomes (Gd-TSL) were prepared using the
conventional thin-film hydration technique as described previously (20). The TSL formulations
consisted of DPPC, DSPC, cholesterol and PEG2000-DSPE in a molar ratio of 67:15:13:5 with a
phospholipid concentration of 40 mM (21). The lipid mixture was dissolved in ethanol (10 mL)
and evaporated to dryness by rotary evaporation under vacuum (Rotavapor R-210, BUCHI
Laboratory Equipment, Zurich, Switzerland) and the resulting lipid film was further dried under
a stream of N2. A solution containing 60 mM of Prohance (gadoteriol, Bracco Diagnostics Inc.
NJ, USA) and 10 mM of HEPES Buffered Saline (HBS), containing 135 mM NaCl, pH adjusted to
7.4 was used to hydrate the lipid film. The resulting liposome 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 and 200nm. Extra-liposomal Prohance was substituted by HBS using PD-10 columns
(GE Healthcare, Little Chalfont, UK) for 3 consecutive times.

3.2.7 Liposome characterization
The average hydrodynamic size and polydispersity index (PDI) of the Gd-TSL was determined
with dynamic light scattering (DLS) using a Malvern ALV CGS-3 system (Malvern Instruments
Ltd., Worcestershire, United Kingdom).
The chelated Gd concentration was determined at room temperature from the measured
relaxivity of Prohance at 1.5 T. For that purpose, 5 tubes of 2 ml with different concentrations
([Prohance] = 0, 0.15, 0.3, 0.5, 0.8 and 1 mM) diluted with deionized water containing 25 mM of
HEPES buffered at pH = 7.4 were prepared from the stock solution of Prohance (500 mM). The
r1 relaxivity was then extracted from the linear regression of the LL-based R1 measurements
obtained for each concentration from a ROI manually set on each voxels corresponding to a
single sample.
The stock Gd-TSL solution was diluted 10 times in 3 samples of 2 ml. Each sample was heated
for 10 minutes at 45ºC in presence of 5 μL of a 10% v/v solution of Triton X-100. Assuming these
conditions to correspond to a complete release, R1 was measured for each sample and both the
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concentration and the encapsulation rate were calculated. Additional characterizations, such as
the osmolarity of the solution would have to be performed before use in in vivo experiments.

3.2.8 Gd-HPDO3A Release from Thermo-Sensitive Liposomes
The feasibility to monitor the release of a paramagnetic contrast agent from Gd-TSL, using this
method was investigated. For that purpose two tubes were placed in a MR compatible water
bath and heated from 38.6 to 46ºC during 20 minutes of scanning. One tube contained 1 mL of
the Gd-TSL preparation diluted 10 times, corresponding to a total [Gd] = 0.6 mM, was preheated
to 60ºC for 15 minutes and served as a control. The other tube contained fresh Gd-TSL. The
variation of the mean and standard deviation of the relaxation times R1 and R2* and the PRFbased temperature was analyzed using two ROIs of 36 voxels (see Fig. 3.1 c). A fiber optic probe
in between the tubes provided independent temperature measurement.

Figure 3.1: Schematic of MR scanning protocol (a) with the corresponding temperature vs. time profile for the water
bath and the HIFU heating studies. Magnitude images of the experimental setup for water bath heating of the
porcine muscle sample (b) and the TSL (c).

45

CHAPTER 3

3.3 Results
3.3.1 Sensitivity of signal to R1 changes and influence of R2* on R1
The imposed variation of Sn/S0 and the corresponding resulting R1n values are shown in
figure. 3.2 a. For the scan parameters used in the experiments and for typical R1 (0.8 to 2.0 s-1),
the calculated ΔR1 is almost directly proportional to the signal variation. Consequently,
assuming known R2*, with e.g. R1 = 1 s-1 (T1 = 1000 ms) and a signal change of ± 3% (SNR ≈ 33),
the detection limit for R1 changes are around ± 0.04 s-1 (± 42 ms).
The partial derivative ∂R1/∂ΔR2* was calculated (Eq.[5]) for in-vivo typical R2* values (from 10 to
60 s-1 = 100ms) to quantify the effect of errors in R2* estimation on the R1 estimation (Fig 3.2b).
On one side, high R2* values > 50 s-1 lead to high ∂R1/∂ΔR2*, implying that such R2* values have to
be accurately measured in order not to corrupt the R1 measurement. In practice, this means that
short echo times with short ΔTE need to be used. In contrast, errors in measuring relatively low
R2* (under 20 s-1) do not affect the R1 estimation substantially; for instance, an error of 1 s-1 for a
R2* = 20 s-1, would translate into an error of 0.01 s-1 in ΔR1.

Figure 3.2: Simulated magnitude signal variation ΔSn/S0 and the corresponding increase/decrease of R1 for different
R1 starting values (color-coded scale) (a). Influence of uncertainties in the estimation of R2* change on the R1
estimation (b), for an example starting value of R1 = 1.25 s-1, expressed as the partial derivative ∂ R1/∂ ΔR2* for a
TR = 50 ms, TE = 4.6 ms
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3.3.2 Porcine muscle heating
The water bath study was performed to validate the real-time R1 measurements (Fig. 3.3). The
mean values of the LL-based R1 measurements were 1.26 ± 0.04 s-1 and 1.17 ± 0.04 s-1 at 26
and at the thermal equilibrium of 34 , respectively. With an SNR of 38 on the first echo of the
ME-SPGR data, the near real time R1 measurement after heating was 1.18 ± 0.07 s-1 and showed
a good correspondence to the LL-based R1 measurement. R1 was found to decrease with a
temperature dependence of -0.0161 ± 0.0005 s-1. -1 which corresponds to a change in T1 of 1.31
± 0.05 %. -1.
The value of R2*, when ΔB0/dz was updated frame by frame, was on average 0.92 ± 0.16 s-1 lower
than if ΔB0/dz was assumed to be zero, confirming the contribution of the field gradient to
R2*.(Fig. 3.3b). The precision of R2* was similar whether ΔB0/dz was set to zero, or assumed
constant, i.e. 0.30 s-1 and 0.31 s-1, respectively. However, when ΔB0/dz was allowed to vary in
fitting the signal decay, the ROI mean value was less accurate, with a temporal standard
deviation 0.54 s-1. The computation time of the R1 map, the R2* map and the temperature map
was under 0.8s per frame allowing for near-real-time monitoring.

Figure 3.3: Near-real-time R1 variation (a), with (×) and without (○) APD correction, of muscle as a function of PRF
thermometry during water bath heating. The inset shows a comparison between MR-thermometry and the optical
temperature probe. The values of the LL-based measurements at 26ºC and at 34ºC are plotted in red. R2*
measurement as a function of temperature (b), with (×) and without (+) sinus cardinal correction. All r2 values were
found to be > 0.91.
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3.3.3 MR-guided HIFU heating
The R1 and R2* changes over time correlated well with the temperature change observed by the
PRF thermometry and corresponding areas showed a good correspondence in position and
shape (Fig. 3.4 and Table 3.1). When taking into account APD changes with temperature, the
bias in R1 was essentially removed. The precision of R1 was essentially independent of the way
R2* was calculated, which may be related to the high SNR of 85 in this experiment, as well as the
moderate R2 of muscle. Nevertheless, iteratively updating ΔB0/dz led to a higher variance in the
R2* estimates than assuming constant or zero ΔB0/dz. PRF-based temperature precision was 0.37
± 0.2°C. The HIFU heating of 30 seconds caused a temperature increase of 20ºC. Both, R2* and
the susceptibility corrected R2* increased during the heating period and decreased during the
cooling process. The final R1 measurement from the Look-Locker, corresponded well to the last
incrementally calculated R1 determined from the dynamic series. Similar temperature
dependence as measured in the water bath experiment were found for muscle: -0.0127 ±
0.0003s-1.°C-1 and 0.35 ± 0.01s-1.°C-1 for R1 and R2*, respectively.

Table 3.1: Comparison of ending R1 values and the Look Locker measurements from the HIFU experiment. aBias =
ending R1 with M0 constant – Look Locker R1 measurement. bBias = final R1 with M0(T) – Look Locker final R1
measurement. cTemporal standard deviation before heating.
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3.3.4 Gd-HPDO3A loaded temperature-sensitive liposomes
Gd-TSL encapsulating 60 mM [Gd(HPDO3A)(H2O)] were prepared using the lipid film hydration
technique followed by sequential extrusion. The hydrodynamic diameter of the Gd-TSL was 194
± 18 nm with a PDI of 0.04. The melting phase transition temperature was 42.2 °C with a DSC
peak maximum of 44.3 °C. The relaxivity r1 of Prohance, at room temperature, was estimated to
be 4.22 mM-1s-1.The R1 relaxation rate of the released gadolinium from the 10 times diluted stock
Gd-TSL was on average equal to 3.1 ± 0.1 s-1 corresponding to a concentration of 5.9 ± 0.2 mM
of the stock solution and an encapsulation rate of 9.7 %.

3.3.5 Gd-HPDO3A Release from Thermo-Sensitive Liposomes

Figure 3.4: Dynamic magnitude image measured at 1.5 minutes with PRF thermometry overlay (a) ΔR1 overlay (b)
and ΔR2* overlay (c). Evolution over time of the PRF thermometry (d), R1 (e) and R2* (f) measured at the focal point
(4×4 mm2) with their corresponding standard deviation (dotted lines). HIFU heating was applied from 0.5 to 1 min.

Finally, it was demonstrated that the proposed method can be used to monitor the release of a
Gd-chelate from TSLs during a water bath heating experiment (Fig. 3.5). The need for the APD
correction was underlined by the comparison of the R1 calculated from the ME-SPGR data
during heating, 2.01 ± 0.10 s-1 with vs 1.93 ± 0.11 s-1 without APD correction, and the Look
Locker data acquired at the end, 1.99 ± 0.06 s-1. PRF-based thermometry from the TSL tube and
the fiber optic thermometer measurements showed an r2 coefficient of 0.98, validating the
temperature measurements using this method.
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For the freshly prepared Gd-TSL, a positive, and linear R1 variation was observed from 38.6ºC to
42ºC (t = 11 min). This may reflect the increase of the water permeability of the liposome bilayer
as shown by Terreno et al. (22). During the phase transition, from 42.2ºC to 44ºC, a sigmoidallike increase of R1 was measured. Above the phase transition, R1 values were similar to these of
the pre-heated Gd-TSL control sample until the end of the experiment. The control sample
presented a small negative temperature dependence, during the whole heating process. For
corresponding R2* measurements (Fig. 3.5 e, f) a detectable change was found upon release,
which is probably related to the limited R2*effect of chelated Gd.
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Figure 3.5: Scatterplot of the uncorrected (a. b.) and APD corrected (c. d.) dynamic R1 measurements versus time (a. c.)
and temperature (b. d.) of the TSL (black ×) and preheated TSL (blue ×). Insets show the probe temperature vs. time and
the probe temperature vs. the PRF-based temperature. R1 measurements from the Look Locker of TSL (red) and the
control tubes (orange) are plotted for comparison with near real time data. Corresponding dynamic ΔB0/dz corrected R2*
measurements versus time (e.) and temperature (f.).
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3.4 Discussion
In this study, it has been shown that R1, R2* and temperature can be monitored based on a multiecho SPGR sequence.
The ability of a T2* shortening agent to create contrast even when encapsulated into
nanoparticles (6, 23–25), makes R2* an interesting mechanism for monitoring the availability of
drug-nanocarriers in the tissue. In addition, earlier studies using thermosensitive liposomes
have shown the potential of MRI to monitor the release from nanocarriers using R1 mapping (8,
26, 27). Dahnke et al. showed that for slice selective multi-echo sequences R2* has to be
compensated for B0 gradients in slice direction (14). In our case, ΔB0/dz was weak and stable for
temperatures in the mild hyperthermia range up to 43°C. However, as demonstrated in this
paper, R2* changes need to be estimated accurately and precisely to allow for R1 monitoring
based on signal changes. In this study, three ways of handling B0 in R2* estimation have been
compared, and it was confirmed that including ΔB0/dz in the R2* estimation removes biases.
Nevertheless, it may be advantageous to measure ΔB0/dz once and then keep it fixed, rather
than to update it over time at 1.5 Tesla. Firstly, this allows using a single slice sequence for the
dynamic R2* measurement. Secondly, in situations with low SNR, attempts to fit ΔB0/dz from the
signal magnitude evolution with TE in a single slice for each dynamic will increase the variance
on the R2* estimate, which may cross over to the R1 estimates as well.
The PRF-based temperature measurements in turn allowed correcting for APD changes in the
R1 estimate during heating. Obeying the Boltzmann distribution, the dependence of APD on
temperature is well-known, and within the examined temperature range effectively allowed for
correction of the bias that was present when APD changes are not taken into account. However,
this method requires a reference R1 map to allow calculating absolute R1 values from the
magnitude signal changes, as well as a phase reference for the temperature updates. This
introduces motion sensitivity, and may thus limit its applications similar to the motion
sensitivity of the PRFS method that is based on phase subtraction.
Moreover, Hijnen et al. have shown that change of Gd concentration biases the PRF
thermometry mostly due to changes of bulk magnetic susceptibility (28). By monitoring R2* over
time, we may detect when the Gd concentration is stable, and then initiate the heating under
control of PRF thermometry. With respect to the microscopic local field inhomogeneity, the R2*
changes, albeit weak, (Fig. 3.5 e,f) and did not exclude accurate PRF-thermometry and R1
measurement.
Measured R1 temperature dependence of ex vivo porcine muscle was found to be independent
of the heating device (HIFU vs water bath heating). Comparable T1 temperature dependence ,
1.4 ± 0.2%. -1, was found in literature (29) even if such values are highly dependent on
measurement technique and tissue composition(30, 31).
The computation time was substantially smaller than the heating and release processes, as well
as the dynamic scan time of the multi-echo SPGR sequence and thus suited for near-real-time
monitoring.
Properly quantifying the released fraction of a contrast agent from thermosensitive
nanocarriers looking at R1 variations is difficult. Indeed R1 variation also reflects the total agent
concentration. However, measuring R2* variation should allow us to look not only to the ΔR1 but
also to the ratio ΔR2*/ΔR1 to observe a release process while minimizing the concentration effect
or as proposed by Terreno et al. (32) to measure e.g. pH using Gadolinium complexes.
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3.5 Conclusion
We presented and validated a method for simultaneous PRF-based thermometry, and R1 and
R2* mapping with a spatial and temporal resolution high enough to characterize the release of
contrast agents from TSL and to monitor HIFU heating, with potential for application in MRIguided drug delivery studies. Computation time was < 0.05 ms.voxel-1 witch allow for a complet
mapping of a FOV equal to 128 x 128 in less than a second.
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CHAPTER 4: THERMOSENSITIVE MAGNETOLIPOSOMES AS A DRUG
DELIVERY SYSTEM: IN VIVO NEAR-REAL-TIME MONITORING OF
ACCUMULATION AND RELEASE USING MR RELAXOMETRY MAPPING
Abstract

In this chapter, the MRI performance of this drug delivery system was evaluated in-vivo. TSM
were intravenously injected (40 μM/kg of Fe) in nude rats bearing two subcutaneous rat glioma
tumors, one of which was treated by local mild hyperthermia. The carrier distribution and its
release over time in the tumors was monitored using the MRI procedure described in chapter 3
allowing for mapping R2*, R1 and temperature, simultaneously. After the systemic injection of
TSM, a mean increase of R2* = 6.6 ± 2.4 ms was measured at the tumor sites. The hyperthermiainduced release resulted in a mean decrease of R2* = -5.2 ± 2.1 ms while no change was observed
for the untreated tumors. However, the release-induced R1 change at the tumor site remained
insignificant. Based on R2* changes, TSM allowed for detecting the carrier accumulation and
triggered release in-vivo even though the release wasn’t confirmed by the overtime R1 profiles
Submitted as:

C. Lorenzato, C. Oerlemans, A. Barten van Rijbroek, J-M. Escoffre, N. Sasaki, B. Denis de
Senneville, C.T.W. Moonen, C. Bos. Thermosensitive Magnetoliposomes as a Drug Delivery
System: In Vivo Near-real-time Monitoring of Accumulation and Release using MR Relaxometry
Mapping. NMR Biomed.
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4.1 Introduction
Chemotherapy is one of the main therapeutic strategies for cancer treatment. However,
conventional chemotherapy suffers from lack of selectivity and/or specificity, which can result
in, inter alia, severe adverse effects. To alleviate the limitations originating from conventional
chemotherapy, the use of nanocarriers as drug delivery systems is actively being investigated
(1). For instance, the dose-limiting cardiotoxicity that accompanies anthracycline therapy has
partly been overcome by liposomal formulation based nanocarriers, e.g., Doxil®. These
formulations allow for extended doxorubicin blood circulation but at the same time reduce the
bioavailability of the drug, since it will partially remain associated within the liposome (2).
Thermosensitive liposome formulations, which allow for drug release by a (tunable)
temperature increase, were proposed to recover the free drug bioavailability in a locally heated
region (3). However, this drug delivery strategy contains two steps that should be controlled.
First, since the carrier distribution is super-imposed on the biodistribution of the drug, the
availability of the drug-loaded carrier should be confirmed before the interventional attempt to
trigger release. Second, the drug has to be actively released from its carrier to interact with its
target. De Smet et al. (4) have demonstrated that MRI can be used, in-vivo, for mapping of the
heat-induced release of thermosensitive liposome by co-encapsulating a drug and a MR
contrast agent. To this end, they exploited the characteristics of paramagnetic MR contrast
agents, which only affect the MR signal of water molecules in its immediate vicinity. Initially, the
carrier shell limits the water access and thus the T1 shortening effect of the contrast agent.
However, upon release of the contrast agent from the liposome, its surrounding hydrophilic
environment allows for imaging of the drug release pattern based on R1/T1 mapping (5).
Conversely, since the T1 shortening effect of the contrast agent is limited to the intraliposomal
aqueous fraction, such a T1-based approach using a paramagnetic contrast agent formulation
does not allow mapping of the intratumoral distribution of the drug carrier. Previously, we have
shown that, in-vitro, the use of iron oxide based superparamagnetic contrast agents
encapsulated in thermosensitive liposomes, so-called thermosensitive magnetoliposomes
(TSM), enables detection of the nanocarriers prior to release of its content (6). When the
nanocarriers are still intact, the local field created by the superparamagnetic iron oxide
nanoparticles (USPIO) concentrated in the carriers produces local magnetic field gradients and
hence a detectable signal loss on T2* weighted imaging. In contrast to the water exchange
mediated T1 shortening effect, this T2* shortening effect is not limited by the water access and
can affect signal in a volume millions of times the volume of the nanocarrier itself (7, 8). In this
case, the USPIOs loaded into a liposome also affect the water located around the liposome,
which consequently allows for nanocarrier detection.
Here, we investigated whether TSM (6) in combination with on-line MR relaxation mapping and
thermometry techniques allowed assessment of intratumoral distribution of nanocarriers as
well as their release profile in-vivo. In this proof-of-concept study, local hyperthermia was
applied for 5 to 15 min in tumor-bearing rats using an MR-compatible water bath at 1.5T. The
availability and the local temperature-triggered release of the USPIOs into the tumor and its
surrounding tissue were probed using dynamically acquired R2*, R1 and temperature maps with
a temporal resolution of 5 seconds (9). Finally, we compared the final R2* measurements with
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inductively coupled plasma-optical emission spectrometry (ICP-OES)-based iron quantification
of the treated tumors.

4.2 Materials and methods
4.2.1 Thermosensitive liposomes loaded with iron oxide nanoparticles.
4.2.1.1 Preparation of TSM
Thermosensitive magnetoliposomes (TSM) were synthesized by Nanobiotix (Paris, France) as
described previously (10). Briefly, the thermosensitive liposome formulation consisted of
dipalmitoylphosphatidylcholine (DPPC), hydrogenated soybean phosphatidylcholine (HSPC),
cholesterol (Chol) and distearylphosphatidylethanolamine-[methoxy(polyethylene glycol)2000] (DSPE-PEG2000) in the molar ratio 100:33:27:7 (DPPC:HSPC:Chol:DSPE-PEG). Iron oxide
nanoparticles of 5 nm-sized were synthesized by co-precipitation of ferrous and ferric ions (11).
Fe2+ and Fe3+ concentrations were assayed using the 1,10-phenanthroline/ hydroxylamine
spectrophotometric method (12). Nanoparticles were coated with a chemical envelope
bringing a negative surface charge at pH 7 to ensure stability at neutral pH. TSM were prepared
using the lipid film re-hydration method (13, 14). Hydration of the lipid film with a USPIO
solution was performed at 55°C, then 10 freeze-thaw cycles are applied and finally the liposome
solution was extruded 5 times on a 0.45 μm poly(vinylidene fluoride) membrane and 10 times
on a 0.22 μm poly(ether sulfone) membrane filter. Non-encapsulated iron oxide nanoparticles
were eliminated by Size Exclusion Chromatography on a 15cm-height column filled with
Sephacryl S1000 gel (eluent: HEPES-buffered saline (HBS) 25 mM pH 7.4).
4.2.1.2 TSM Characterization
The size of the TSM and their phase transition temperature were measured by Dynamic Light
Scattering (Zetasizer Nano ZS, Malvern) as a function of temperature (15) and Differential
Scanning Calorimetry (Differential Scanning Calorimeter Q20 ,TA Instruments), respectively.
The relaxivities r1 and r2* of the TSM were measured at 1.5 T on a clinical MR-system (Philips
Healthcare, Best, The Netherlands) at 37°C. Both TSM and free USPIOs were first diluted in 2 ml
Eppendorf tubes ([Fe] 30, 15, 7.5, 3.8, 1.9 mM, 3 times) with deionized water containing 25 mM
of HEPES and R2* and R1 maps passing through all tubes were acquired before and after heating
to 45°C for 5 minutes. In each tube a region-of-interest of typically 30 voxels was drawn
manually, and mean and standard deviation of R1 and R2* were calculated. Finally, the TSM
relaxivities before and after heating were obtained from error weighted linear regression of R1,
R2 and R2* as a function of the iron concentrations. Acquired data were expressed as mean ± SD.
Statistical significance was determined using Student's t-test. Differences were considered
statistically significant if p < 0.05. Calculations were done using custom scripts written in IDL,
(Exelis, Boulder, CO, USA).
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4.2.2 Animal model
All experiments were performed in agreement with The Netherlands Experiments on Animals
Act (1977) and the European Convention guidelines (86/609/EC). Approval was obtained from
the University Animal Experiments Committee (DEC number: 2012.III.08.018). Male RNU rats
were purchased from Harlan (HSD:RH--Foxn1mu, 2 animals) and from Charles River
(Crl:NIH-Foxn1rnu, 4 animals). They were maintained at constant room temperature with 12h
light cycle in filtered isolation cages. The rats were 6 to 8 weeks old at the start of the
experiments, weighing approximately 150 g. Under gaseous anesthesia (Aerrane, Baxter,
Deerfield, NL), C6 rat glioma cells (107 cells/injection in 100 μL of 1:1 v/v Matrigel©) were
subcutaneously injected in both hind legs. Tumor growth was followed by measuring the
length (l), width (w) and depth (d) using a caliper and the tumor volume was calculated as ½ ×
l × w × d. The studies were performed with rats having tumors of at least 400 mm3, typically 45
to 60 days after tumor cell injection. Nevertheless, as soon as one of the two tumors reached an
upper volume limit of 1000 mm3, the animal was included in the study regardless the size of the
other tumor. Finally the study was performed in a group of n=6 animal (weight 221 ± 15 g) of
C6 tumor-bearing rats (heated tumor size 908 ± 334 mm3, control tumor size 440 ± 269 mm3).
Experimental procedures for each rat are summarized in Table 1.

4.2.3 Animal setup
A homemade MR-compatible water bath was designed, allowing for both maintaining the
animal body temperature at 37°C and for raising the temperature of one leg so as to heat one

Figure 4.1: Schematic representation of the MR-compatible dual water bath setup.
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of the C6 tumors (Fig. 4.1). The setup consisted of a primary water bath at 37°C. The animal was
placed on its side onto a support, while a hole allowed for one of the two tumors to be immersed
in water (heated tumor). A secondary on/off heating circuit positioned next to the immersed
leg was used to heat the secondary water bath and subsequently the subcutaneous tumor. The
temperature of this second water circuit was set to 70°C in order to rapidly heat up the tumor
to 45°C within 5 minutes.
Under sedation (intraperitoneal injection; Ketamine 75 mg.kg-1 and Dexdomitor
(Dexmedetomidine) 0.25 mg.kg-1), a catheter was placed on the jugular vein in order to allow
the systemic injection of the liposomes during the dynamic MR scanning session. The sedation
was maintained for the whole experiment until the animal was sacrificed (Pentobarbital; 50
mg.kg-1) at the end of the imaging session.

4.2.4 TSM availability and local hyperthermia mediated USPIOs release.
Before applying hyperthermia, the accumulation of TSM was studied. Prior to the experimental
procedure, the tumors serving as control were shaven and covered by an alginate casting gel
(Cavex, the Netherlands) that acted as passive shimming by limiting the air-tissue interfaces, so
as to prevent artificial R2* increase (Fig. 4.1). During the whole experiment, both the body
temperature of the animal and that of the MR compatible water-bath were monitored by
Luxtron optical probes (LumaSense Technologies, Santa Clara, USA). T2w anatomical images
were acquired in order to localize both tumors (2 points) and the agar gel (1 point) used as
reference for thermometry. An additional T2w anatomical series was acquired in the newly
defined plane passing through the 3 points.
In this plane, TSM biodistribution and release of the contents was monitored using near-realtime combined MR thermometry and R1, R2* mapping. TSM were then intravenously injected by
a jugular vein catheter (40 μM/kg of Fe, 600 μL of liposome suspension) 2 minutes after the
monitoring scan was started. To avoid any phase accumulation related to concentration
changes of TSM in the tissue, an image acquired 2 minutes after the TSM injection served as a
reference for the proton resonance frequency based MR thermometry. Immediately after the
imaging experiments, (20 ± 5 min after the intravenous injection of TSM) the rats were
euthanized and both tumors, the kidneys and the liver were harvested and stored at -80°C until
the iron contents of the tissues were quantified with ICP-OES.
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4.2.5 MRI Methods
4.2.5.1 In vitro Relaxometry
R2* maps of the TSM tubes were calculated from the signal of a multi-echo RF-spoiled gradient
echo sequence (ME-SPGR, 16 echoes, TR/TEfirst/ΔTE = 120/4.61/4.61 ms, NEX = 4, resolution =
0.6×0.6×2 mm3, matrix = 128×128, flip angle = 25°, 6 adjacent slices). The R2* maps were
determined using a Levenberg-Marquardt fit of the corresponding relaxation time
measurement data based on the function:
S TE, ∆B /dz ∝ S e

∙ ∗

. sinc γ. ∆B /dz /2. TE

[1],

where S is the measured MR signal, S0 the signal when TE approaches 0, γ the gyromagnetic
ratio and ΔB0/dz the macroscopic main field inhomogeneity. The field variation ΔB0/dz was
estimated based on the method previously described by Schaeffter et al. (16).
R1 maps were computed from a Look-Locker acquisition (17) (resolution = 0.6×0.6×2 mm3; FOV
= 72 mm; TR = 4s; α = 5°; images were acquired for 30 time points after the inversion, starting at
40 ms with 60 ms intervals, NEX = 2, 1 slice) and were calculated from the recovery of signal S(t)
after an inversion pulse:
S t ∝ A

Be

[2],

where R1calc is the relaxation time derived from a multi-parametric fit of the signal intensity over
time and α is the flip angle. The R1 is then estimated from the fitted R1calc by:
R

R

ln cos α

[3].

4.2.5.2 In vivo imaging
Imaging was performed on a 1.5-T clinical scanner (Philips Healthcare, Best, The Netherlands).
Two 47-mm diameter coils mounted on the animal setup were used for signal reception
(Fig. 4.1). T2w anatomical images used for tumor localization were acquired using a turbo spin
echo sequence (TR/TEeff = 2500/80 ms; α = 90° turbo factor = 15; voxel size = 0.3 × 0.3 × 2 mm3;
scan time = 20 seconds/slice, NSA = 2).
Simultaneously, dynamic mapping of the relaxation times R1 and R2* and the PRF-based MRthermometry of the two tumors was achieved using the method published in (6) based on a
multi-echo RF-spoiled gradient echo (ME-SPGR) sequence. An initial R1 map was acquired using
a Look-Locker acquisition (voxel size = 1 × 1 × 3 mm3; FOV = 112 × 112 × 3 mm3; TR =4.5 s; α =
5°; Images were acquired for 50 time points after the inversion, starting at 33 ms with 60 ms
intervals; TFE factor = 5). A ΔB0/dz map was estimated from the phase images of a multi-slice
ME-SPGR scan without slice gap. Finally, the central slice of the ME-SPGR was dynamically
acquired for 20 minutes to map both the temperature change, R2* and R1 over time. ME-SPGR
images were acquired using the following sequence parameters: TR/TE1/ΔTE = 45/ 4.61/4.61 ms;
α = 25°; 9 echoes; fly-back; voxel size = 1 × 1 × 3 mm3; scan time = 5 seconds/dynamic.
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The R2* maps were calculated using Eq. [1], where ΔB0/dz was measured once using the multislice ME-SPGR phase map and assumed to be constant. From the same data, the dynamic MR
thermometry image was computed using the temporally unwrapped phase difference at 41.5
ms, ΔΦ, of the current image and the reference image. The temperature change ΔTn is related
to ΔΦ by: ΔTn = ΔΦ / β·γ·TE·B0 (18), where β the temperature dependence water chemical shift
of -10.1 × 10-3 ± 0.4 × 10-3 ppm.°C-1 (19). PRFS-based thermometry was corrected for potential B0
drift by using the phase of an agar gel (2% w/w doped with 3% w/w of silicate, R2* ≈ 20 s-1) at
constant temperature as a reference. The R1 map was dynamically updated based on the signal
magnitude as described in ref (9). Temperature, R1 and R2* were then computed using custom
scripts written in IDL, (Exelis, Boulder, CO, USA) and in C++ for the Levenberg–Marquardt
algorithm. Computation time was < 0.6 s/slice.
Additionally, the dynamic R2* maps were used to estimate the intratumoral biodistribution of
the liposomes immediately after the injection, corresponding to the peak iron concentration. A
maximum change map, ΔR2*max, was first obtained from the subtraction of the R2* map prior to
the TSM injection and the R2* map measured after the injection with the highest median R2*
value. The ΔFe was finally estimated by dividing the ΔR2* maps by the TSM r2*-relaxivity
measured at 37°C.

4.2.6 Inductively Coupled Plasma-Optical Emission Spectrometry (ICP-OES).
The organ samples were dissolved on a heating block by addition of nitric acid at 140°C.
Samples were then cooled down and diluted to a known volume. The amount of Fe was then
determined using ICP-OES. During ICP analyses, sample solutions were fed through a nebulizer
to produce an aerosol that was conducted into an argon plasma which led the solution to
evaporate, to atomize, to excite and to ionize, and therefore produces element-specific
emission. The intensity of the emission was used to determine the amount of Fe. Samples
without Fe (blanks) were used as controls. Each blank, calibration standard and sample solution
contained corresponding amounts of internal standard to correct for system variations during
measurement. Each ICP measurement was performed in triplicate and iron was measured at
multiple wavelengths (239.562 nm, 259.939 nm, 238.204 nm).
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4.3 Results
4.3.1 TSM Characterization
The melting phase transition temperature (Tm) of the TSMs was 41.7°C with a differential
scanning calorimetry (DSC) peak maximum of 43.1°C as evidenced from DSC (Fig. 4.2) . The
mean average hydrodynamic diameter of the TSMs was 202 ± 40 nm (PDI = 0.04) as determined
by dynamic light scattering (DLS). TSM were produced based on the formulation allowing for
the USPIO to escape from the liposome lumen upon heating (6). MR signal and relaxivities were
measured before and after heating at 37°C (Fig. 4.3). Longitudinal relaxivity of TSM increased
from r1 = 0.8 ± 0.2 to r1 = 2.3 ± 0.3 mM-1.s-1 while no statistical differences (p > 0.05) were found
on the transversal relaxivity before and after heating: r2* = 82 ± 5 mM-1.s-1 and 89 ± 6 mM-1.s-1,
respectively. USPIO relaxivities before and after heating were equal: r1 = 5.3 ± 0.5 and
r1 = 5.2 ± 0.5 mM-1.s-1, and r2* = 79 ± 6 mM-1.s-1 and r2* = 80 ± 6 mM-1.s-1, respectively.

Figure 4.2: Differential scanning calorimetry allowing
characterizing the endothermic phase transition of TSM.

for

Figure 4.3: Relaxivities r1 and r2* of TSM (a.) and free USPIOs (b.) measured at 37°C before
(solid bars) and after (dashed bars) a heating experiment of 45°C for 5 minutes.
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4.3.2 Availability
In order to characterize the TSM tumor biodistribution at the first passage, iron biodistribution
maps were computed from the dynamic R2* maps, typically measured during two to five
dynamics (i.e. 10 to 25 seconds) after the TSM injection (Fig. 4.4). In most larger tumors, the TSM
distributed preferentially at the periphery; the distribution was heterogeneous, and varied from
tumor to tumor.

Figure 4.4: Maximum ΔR2* maps measured at the tumor sites after the TSM systemic
injection superimposed over the corresponding T1w gradient echo images, TE = 4.6 ms.

67

CHAPTER 4

Figure 4.5 shows the relaxometry measurements over time in a control rat, in which neither
tumor was heated, where after the injection a mean R2* increase of about 50 ± 10% was
observed for both tumors. In less than 5 dynamic measurements (25 seconds), the ΔR2*
increased rapidly, then decreased to reach a plateau of about 18% and slowly diminishing by
3% to 5% during the remaining 15 minutes. In this short interval, R1 was found to be stable and
no changes were measured for either tumor.

Figure 4.5: Mean relaxation rates (R1 and R2*) and MR-thermometry variations measured over time at the
top tumor sites (grey lines and ×) and the low tumor sites (black lines and ×). Green and the red dashed lines
corresponding to the injection time point and the starting of the secondary heating device, respectively.
Released windows are materialized by orange shadows delimited by two orange dashed lines, starting as
soon as temperature above the Tm (41.7°C) was measured and ending when the mean temperature
decrease down to the Tm.
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4.3.3 Heat-mediated USPIO release from TSM
Near-real-time MR Relaxometry and thermometry profiles of rats that were subjected to heatinduced TSM release experiments are shown in figure. 4.5. MR thermometry of all control
tumors was stable over the whole dynamic scanning session. In rats n°3 and n°4, the heattreated tumor reached 42.5°C during 4 minutes and 10 minutes, respectively. In rats n°5 and n°6
a temperature exceeding 42.5°C (i.e., up to 45°C) for at least 10 minutes was reached.
After the bolus injection of 40 μmol Fe/kg, the transversal relaxation R2* of all tumors increased
sharply and then decreased to reach a plateau at least 3 minutes after the injection. The mean
R2* measured from the ROIs encompassing the control tumors remained stable all along the
experiment while a R2* decrease was observed for the treated tumors starting after the heating
was initiated. The declines in R2* occurred when the temperature was in the TSM release
window, above 41.7°C , as was measured using MR thermometry for rats n°3 and n°4, while the
R2* decline observed for rat n°6 stopped as soon as the R2* reached the level observed before the
bolus injection although the temperature was maintained above the Tm until the end of the
treatment.
R1 measured at the tumor decreased with increasing temperature and vice versa. R1 changes are
known to be, within a limited range, proportional to temperature variation (20, 21), as was
found for example in rat n°6, R² = 0.83 (see Fig. 4.6). No significant increase (p > 0.05) of R1 as a
consequence of the release was detected.

Figure 4.6: R1 measurement as a function of the temperature
measured by MR-thermometry for rat n°6.
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4.3.4 Iron concentration and ICP-OES
Upon TSM injection, the increase of R2* of heated (7.6 ± 1.5 s-1) and control tumors (6.0 ± 2.3 s-1)
was similar (p > 0.05, Mann-Whitney U test). However, after the heating phase, the observed R2*
decrease was higher in all heated tumor (-5.2 ± 2.1 s-1) as compared to the control tumors which
were not heated (-0.1 ± 1.6 s-1), (p < 0.05). Likewise, the Fe concentration measured using ICPOES was lower in heated tumors than in control tumors (p < 0.05). In addition, the iron content
of kidneys of the rats that were subjected to the mild hyperthermia treatments tended to be
150% higher on average than in the kidneys of the control rat while the iron content of the liver
was found to be comparable for the two treatment conditions (Fig. 4.7).

Figure 4.7: Comparison of the R2* increase for heated and control tumors upon injection of the TSM (a), R2*
decrease from the start of the hyperthermia treatment until the end of the scanning session of the treated
tumors and their corresponding control tumor (b), tumor Fe concentration after heating measured by ICPOES (c), and mean kidney and liver mass Fe concentrations measured by ICP-OES of the control rat (hatched
bars) and rats that underwent a heat induced release treatment (solid bars) (d).
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4.4 Discussion
Following our in vitro characterization of TSM loaded with highly concentrated USPIOs were (6),
wee demonstrated here the feasibility of in vivo near-real-time MR-imaging of biodistribution
and heat-induced release using a thermosensitive liposome formulation (TSM).
In a subcutaneous rat C6 glioma tumor model, it was shown that we could monitor the
accumulation and release of the TSM with simultaneous thermometry and relaxometry. On
these images, the first TSM passages emphasized the tumor vasculature heterogeneity with
vessels preferentially distributed at the periphery of the solid C6 tumor. Five minutes after the
TSM systemic injection, R2* means values tended to be more homogeneous leading to a global
mean increase of at least 20% of the initial R2* values. These observations suggest that the
accumulation of carriers is dominated by blood flow in line with the confinement of the TSM to
the blood pool. At these short time scales, accumulation hardly reflects the well-known
enhanced permeability and retention effect (22), which is known to take place on the timescale
of hours to days, instead it is more in line with the early phase uptake (<10 min) described by
(23). In the unheated tumors, no measurable R1 change consequent to the bolus injection was
observed and both R1 and R2* remained stable for the complete duration of the experiments (20
minutes).
In the context of image-guided drug delivery using nanocarriers, radiolabeled liposomes have
been designed to detect the carrier in-vivo thus allowing to assess liposome accumulation into
the tumor (24–27). Using radiolabeled liposomes, Ito et al., (27) have demonstrated that the
tumor environment can influence the efficiency of a Doxil®-based treatment demonstrating a
clear correlation between liposomal tumor accumulation and effects of Doxil®. However, since
radioactivity is not environment dependent, these stable radiolabeled formulations could not
provide any feedback on release of the drug payload and therefore are unsuited for monitoring
triggered release, for example from thermosensitive liposomes. In contrast, MRI could be an
effective modality to provide relevant information about the triggered release event.
Using MRI, the release process has been successfully detected using either manganese (28) or
Gd-HPDO3A (26) loaded liposomes and allowed for correlating the intratumoral concentration
of the contrast agent with the deposition of the co-encapsulated chemotherapeutic drug.
Based on the release-induced r1 changes of TSM measured in-vitro, USPIOs should also permit
for detecting the release(6). In our study, however, R1 was hardly found to increase,
notwithstanding that the measured ΔR2* suggested a mean amount of 92 ± 25 μM of iron (from
the USPIO encapsulated into TSM) had accumulated which should have allowed for an increase
of R1 of at least 0.2 s-1 (25 %) after release. Instead, R1 followed in an inverted manner the changes
of temperature. All release induced treatments led to a significant decrease of R2* which fell
within the release window as observed with MR thermometry and further confirmed the
relation between the release of USPIO from the TSM and the return of R2* towards baseline
values.
The correlation between MR imaging and delivered drug dose observed by (26, 28, 29) relies
on the assumption that the drug and the MR contrast agent have comparable pharmacokinetic
properties, which is not to be expected for these USPIO-based systems and small molecular
weight drugs using a vascular release protocol. Indeed, together with iron tumor content
decrease measured by ICP-OES into the tumors, R1 and R2* measurements suggest that released
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USPIO particles were washed out of the tumor. Although the number of animals in this study
was rather small, this scenario is further supported by the relatively high kidney iron content
observed for the rats with heated tumors (Fig. 5). Therefore, combining the capability of
chelated-Gd contrast agent with such a TSM formulation (30) should allow for MR detection of
the carrier accumulation as well as obtaining a correlate for the drug distribution in the tumor
after release.

4.5 Conclusion
By using a dynamic R1, R2* and MR-thermometry measurements, TSM allowed for characterizing
the first passage as well as the accumulation over time of an USPIO labeled nano-carrier in C6
tumors. As opposed to R1 changes that were insufficient in vivo, R2* changes allowed for
detecting the release process, upon heating of the tumor.
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CHAPTER 5: MRI MONITORING OF NANOCARRIER ACCUMULATION
AND RELEASE USING GADOLINIUM-SPIO CO-LABELLED
THERMOSENSITIVE LIPOSOMES.
Abstract

Thermosensitive liposomes release their contents triggered by hyperthermia, which can be, for
example, precisely delivered using an MR Imaging-guided focused ultrasound procedure. In
such a scenario, it is attractive to demonstrate the accumulation of liposomes before applying
hyperthermia, as well as to document the release of liposome content using MRI. To address
this need, in this chapter, thermosensitive liposomes were developed and characterized, which
were doubly loaded by iron oxide nanoparticles and Gd-chelate, as opposed to loading with a
single contrast agent presented in chapter 2. When intact, the transverse relaxivity of the
liposomes is high allowing detection of carriers in tissue. After heating the longitudinal
relaxivity steeply increases indicating release of the small molecular contents. By choosing the
appropriate MR sequences, availability and release can be evaluated without interference of
one contrast agent with the other.
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C. Lorenzato, C. Oerlemans, M. van Elk, W.J.C. Geerts, B. Denis de Senneville, C.T.W. Moonen, C.
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5.1 Introduction
Even though the pharmaceutical industry has been successful in discovering drugs for the
treatment of a variety of cancer types, cancer still remains one of the principal causes of death
in developed countries (1). Often, the efficacy of chemotherapeutics is limited due to
inadequate delivery of drugs to the tumor target tissue and/or severe side effects. Due to their
biocompatibility (2) and their capability of carrying and protecting molecules (3–8), liposome
formulations have been developed to improve pharmacokinetic along with of the toxicity of
conventional anti-cancer drugs. Doxorubicin loaded liposomes (Doxil®), for example, has shown
less dose-limiting adverse effects such as cardiomyopathy and myelosuppression as compared
to free doxorubicin (9). Moreover, liposomes can be rendered responsive to mild temperature
elevation (e.g. 39-42C) based on their lipid composition, allowing triggered release of their
content at the tumor site, using a mild hyperthermia (HT) procedure (10). Preclinically, the use
of thermosensitive liposomes as drug carrier combined with mild HT has been demonstrated
to allow for enhanced the drug targeting to a locally heated tumor (11–15), resulting in
increased intratumoral drug concentrations up to 6 to 30 fold (13, 16–19) over the free drug
and
Nevertheless, controlling the release of the liposome content in vivo remains challenging. In
such a treatment scenario, there is a need for visualizing the biodistribution of the carrier, since
otherwise accumulation of the nanocarrier at the desired location can only be assumed, all the
more so when tumor tissue perfusion is highly inhomogeneous. Additionally, there is the need
to confirm drug release. MRI is an attractive technique for this purpose because it allows for
both localizing the drug carriers (20) and monitoring the release of their content (16, 21–23).
Furthermore, MRI can be used for temperature measurements of the tissue, which allows
guidance of the HT procedure, for instance high-intensity focused ultrasound (HIFU) (24–29),
used to induce liposomal release.
Initially, carriers containing paramagnetic MRI contrast agents were proposed for monitoring
drug release (10, 18). It was shown that the MR signal enhancement on T1-weighted images
triggered by the release of paramagnetic contrast agents from thermosensitive liposomes can,
in vivo, be quantitatively correlated with the local co-release of a drug (19, 22, 23). However,
these nanocarrier formulations do not allow for monitoring the biodistribution of the
liposomes. This is, on the other hand, more effectively achieved by using superparamagnetic
contrast agents to label the thermosensitive liposomes, e.g. iron oxide nanoparticles. The
nanoparticles induce a transverse relaxivity (R2*) increase that is present even if the nanoparticle
is encapsulated and not in direct contact with water. In addition, it has been shown that the
liposome formulation in (20) allows monitoring release due to a modest decrease of R2* effects
induced by changes in microscopic iron oxide distribution after disintegration of the liposome.
However, in view of the limited contrast in R2* based imaging upon release, it would be
advantageous to separate the detection of distribution and release in independent MR
parameters. Therefore encapsulating R1-based and R2*-based MR contrast agents into one
liposomal carrier should be beneficial for imaging biodistribution and release in a local drug
delivery procedure.
In this study, we show that co-loading of a paramagnetic and a superparamagnetic MR contrast
agent, affecting R1 and R2* respectively, in thermosensitive liposomes, allows for both
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monitoring liposomal biodistribution, as well as liposomal release. Therefore, three
thermosensitive liposome formulations, loaded either with a chelated gadolinium complex,
citrated iron oxide nanoparticles or both were developed. The MR properties before and after
heating of these dual MR contrast agent formulations were measured and compared. Finally,
the utility of these formulations in an ex vivo renal vasculature system was investigated.

5.2 Materials and Methods
5.2.1 Materials
Iron(II) chloride, FeCl2; Iron(III) chloride, FeCl3; Hydrochloric acid, HCl (37%), Ammonium
hydroxide, NH4OH (28%), Nitric acid, HNO3 (65%), Iron(III) nitrate, Fe(NO3)3; Citric acid;
Hydroxylamine hydrochloride, NH2OH·HCl; 1,10 phenanthroline, Ethanol (96%) and Cholesterol
were purchased from Sigma-Aldrich® (Chemie BV, Zwijndrecht, The Netherlands). DPPC, DSPC
and DSPE-PEG2000 were purchase from Lipoid GmbH® (Köln, Germany). ProHance®
(Gadoteridol 0.5 M) was obtained from Bracco Imaging (Bracco Diagnostics Inc. NJ, USA). PD-10
columns were purchased from GE Healthcare (Little Chalfont, UK). Select Agar powder and
Phosphate-Buffered Saline (PBS) were purchased from Invitrogen™ Life Technologies (Carlsbad,
CA, USA).

5.2.2 Citrated Ultrasmall Superparamagnetic Iron Oxide nanoparticles synthesis
Citrated superparamagnetic maghemite particles (citrated-USPIO) were prepared based on a
two-step procedure. First, the iron oxide nanoparticles were synthesized by co-precipitation of
FeII and FeIII chlorides (FeII/FeIII, molar ratio 0.5) in alkaline conditions to obtain a maghemite (γFe2O3) cationic ferrofluid as reported previously (30). An anionic ferrofluid, which is stable at pH
7.4, was then obtained by the electrostatic adsorption of negatively charged citrate molecules.
For that purpose, a solution of FeCl2 (dissolved in the presence of HCl) and FeCl3 was prepared
(FeII 33 mM / FeIII 66 mM). Under strong stirring conditions, 30 mL of NH4OH (8.6 M) was added
rapidly to 370 mL of the FeII/FeIII solution. A black anionic flocculate of nanoparticles was
obtained and magnetically decanted in order to remove the supernatant. Subsequently, the
adsorbed NH4+ ions were substituted with NO3- to obtain a cationic flocculate of magnetite in
the presence of HNO3 (20 ml, 2M). After removal of the supernatant, core oxidation of the
flocculate was achieved by the addition of 60 mL of Fe3+ (Fe(NO3)3, 0.33M at 100°C for 30 min)
and another treatment with HNO3 (20 ml, 2M) at room temperature was performed. Next, the
flocculate was washed three times with 200 ml acetone, and the nanoparticles were dispersed
in demineralized water. Finally, the remaining acetone was completely removed by rotary
evaporation under vacuum (Rotavapor R-210, BUCHI Laboratory Equipment, Zurich,
Switzerland) at 40°C. The citrate coating was obtained by addition of 10 ml USPIO dispersion to
30 ml citric acid (170 mM) leading to flocculation of the colloid. The flocculate was then washed
rapidly with 40 ml demineralized water to remove the excess citrate and the citrated-USPIOs
were recuperated in 40 ml PBS. Finally, the pH was adjusted to 7.4 by drop by drop addition of
0.1 M HCl leading to the re-dispersion of the citrated-USPIOs. The resulting ferrofluid was then
filtered through 100 nm diameter pore filters and stored at ambient temperature.
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5.2.3 Mohr’s salt Based Colorimetric Method
The iron content of the citrated-USPIO solution was determined using the 1,10-phenanthroline
colorimetric method (31). First, 20 μL of concentrated hydrochloric acid and the solution was
added to 40 μL of the USPIO dispersion and incubated for 1h at room temperature to dissolve
the USPIOs. Next, 100 μL of hydroxylamine hydrochloride (10%) was added, to reduce FeIII to
FeII, followed by the addition of 500 μL of 1,10 phenanthroline 3 mg/ml to form the orange-red
complex of tris(1,10-phenanthroline) iron(II). Finally, the sample volumes were adjusted to 2 ml
using ammonium acetate 500 mM pH 4 buffer, which was also used in the reagents’ solutions.
The absorbance of the samples was measured at 510 nm using a UV - vis 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 ((NH4)2Fe(SO4)2) in HCl 0.01 M in a concentration range of 0.5-7.5 μg/ml.

5.2.4 Determination of ζ-potentials
To assess colloidal dispersion stability and to confirm the citrate coating, the ζ-potential was
measured using a Nano Zetasizer (Z, Malvern, UK) at 25°C. Both the positively charged USPIO
and the citrated-USPIO were diluted 100 times in PBS (pH 7.4). Each sample was analyzed in
triplicate.

5.2.5 Liposome preparation
Three different thermosensitive liposomes (TSL) were prepared using the thin-film hydration
technique as described previously (32). The TSL formulation consisted of DPPC, DSPC,
cholesterol and DSPE-PEG2000 in a molar ratio of 67:15:13:5 with a phospholipid concentration of
80 mM (33). The lipid mixture was obtained by dissolving lipids in 10 mL ethanol. After the lipids
were completely dissolved, the solvent was evaporated to dryness by rotary evaporation under
vacuum (Rotavapor R-210, BUCHI Laboratory Equipment, Zurich, Switzerland) and the resulting
lipid film was further dried under a stream of N2 during 24 hours. The first liposome formulation
was hydrated with 250 mM of ProHance, the second formulation was hydrated with citratedUSPIO solution (50 mM iron content), the third formulation was hydrated with both 250 mM
ProHance and citrated-USPIO solution (50 mM iron content), respectively. All three solutions
used for lipid film hydration were first diluted in 10 mM HEPES-Buffered Saline (HBS), containing
135 mM NaCl, with a pH adjusted to 7.4. The resulting liposome 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 and 200 nm (two times each). Extra-liposomal ProHance, citrated-USPIO and the citrate
molecules were substituted with PBS buffer using PD-10 columns (GE Healthcare, Little
Chalfont, UK) for 4 consecutive times. The liposomal solutions were stored at 4°C.

5.2.6 Dynamic Light Scattering measurements
The average hydrodynamic size and PDI of the liposome formulations and the (non-)citrated
USPIOs were determined with dynamic light scattering (DLS) using a Malvern ALV CGS-3 system
(Malvern Instruments Ltd., Worcestershire, United Kingdom). Intensity correlation functions
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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 the PD-10 extrusions.

5.2.7 Differential scanning calorimetry
For each liposome formulation, the phase transition temperatures (Tm) was determined with
differential scanning calorimetry using a capillary cell microcalorimeter instrument
(MicroCalVP-DSC, Northampton, MA, USA). The samples were heated with 2°C min-1 from 25°C
to 55°C, after an equilibration period of 10 min at 25°C. The Tm values reported are the onset of
the differential scanning calorimetry (DSC) peak. All measurements were performed in
triplicate.

5.2.8 Transmission electron microscopy
Cryogenic transmission electron microscopy (cryo-TEM) was used to assess the morphology of
the liposome preparations and to determine the localization of the citrated-USPIO within the
liposomes before and after thermal treatment (15 min, 43° C). Cryo samples were made by
applying a liposome solution (2.5 μL, diluted at 1 mM of phosphorus concentration) onto a 200
mesh holey carbon Quantifoil grid (Quantifoil Micro Tools GmbH, Jena, Germany) and
subsequently plunge frozen into liquid ethane 2.5 or liquid ethane 3.5 (Linde Gas, Schiedam,
the Netherlands) using a Vitrobot II system (FEI, Eindhoven, the Netherlands). Cryo TEM studies
were performed using a Tecnai 20 LaB6 transmission electron microscope (FEI, Eindhoven, the
Netherlands) at 200 kV and a Gatan 626 single tilt cryo holder (Gatan, Munich, Germany). CryoTEM samples were maintained at temperatures below minus 167° C. Images were recorded
using a 4K square pixel Eagle CCD camera (FEI, Eindhoven, the Netherlands). The Cryo-TEM
images were used to calculate the mean number of iron oxide particles per liposomes, at least
200 liposomes were counted for each formulation. Values were compared using a Student’s ttest, with a significance threshold of p < 0.05.

5.2.9 Inductively Coupled Plasma Optical Emission Spectrometry
Inductively coupled plasma optical emission spectrometry (ICP-OES) was used for measuring
the gadolinium (Gd), iron (Fe) and phosphorus (P) content of the liposome formulations. For
that purpose, 10 μl of nitric acid were added to 100 μl of the liposome solutions and the samples
were destructed at 80°C overnight. Next, the samples were cooled down and introduced into
the ICP-OES through a nebulizer. The intensities of this element-specific emission were used to
determine the amount of Gd, Fe and P present in the samples. To calculate the mass quantities,
the samples were compared to standardized solutions of Gd, Fe and P. All measurements were
performed in triplicate.

5.2.10 MR Data Acquisition and Analysis
All experiments were performed using a 1.5T clinical whole-body MRI scanner (Philips
Healthcare, Best, The Netherlands) equipped with a 8-channel head-coil for the in vitro sample
characterizations and a small 47-mm circular coil for the kidney study.
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5.2.10.1 Relaxation rate mapping
R2 and R2* maps were acquired by using a multi spin-echo sequence (10 echoes,
TR/TEfirst/ΔTE = 300/10/10 ms, NEX = 4, resolution = 0.6 × 0.6 × 2 mm3 and a FOV
= 72 x 72 mm, 6 slices) and a multi-echo RF-spoiled gradient echo sequence (ME-SPGR ,
16 echoes ,TR/TEfirst/ΔTE = 120/4.61/4.61 ms, NEX = 4, resolution = 0.6 × 0.6 × 2 mm3,
matrix = 128 × 128, flip angle = 25°, 6 slices), respectively. R1 maps were measured using a LookLocker acquisition (34) (resolution = 0.6 × 0.6 × 2 mm3; FOV = 72 mm; TR = 4s; α = 5°; images
were acquired for 30 time points after the inversion, starting at 40 ms with 60 ms intervals,
NEX = 2, 1 slice). R2 or R2* were then determined on a voxel-by-voxel basis, by using a
Levenberg-Marquardtfit of the functions [1] and [2] to the data, respectively:

S TE ∝ S e ∙ ,
S TE, ∆B /dz ∝ S e

∙ ∗

. sinc γ. ∆B /dz /2. TE

,

[1]
[2]

Here, S is the measured MR signal, S0 is the signal when TE approaches 0, γ the gyromagnetic
ratio and ΔB0/dz the macroscopic main field inhomogeneity, more specifically the gradient in
the slice direction, which was estimated based on the method previously described by
Schaeffter et al. (35). Using the Look-Locker method (34), R1 maps were calculated from the
signal recovery after an inversion pulse:

S t ∝ A

Be

,

[3]

where R1calc is the relaxation time derived from a multiparametric fit to the signal intensity over
time and α is the flip angle. The R1 can then be estimated from R1calc as:

R

R

ln cosα / ,

[4]

5.2.10.2 Relaxivity measurements
For each sample, the mean and standard deviation of R1, R2 and R2* were determined in a regionof-interest (ROI) of at least 30 voxels. The particles relaxivities were obtained from a linear
regression of R1, R2 and R2* as a function of the phosphorus concentrations obtained from the
ICP-OES measurements. All relaxivity estimations were performed at room temperature. All
experiments were run in triplicate and the data is reported as mean ± SD. Calculations were
done using custom scripts written in IDL (Exelis, Boulder, Colorado).
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5.2.10.3 Gd-TSM relaxivity change estimation
Assuming the Gd-TSM relaxation rate increased to be governed by the Gd release, measured
Gd-TSM relaxivities variations were compared to relaxivity estimates obtained from the sum of
rTSM weighted by the iron concentration and rGd-TSL weighted by the gadolinium concentration:

r

r

r

,

[5]

5.2.11 Rabbit kidney experiments
5.2.11.1 Kidney resection
A total of 5 rabbit kidneys were collected from animals previously terminated in animal studies
that were in compliance with the guidelines set by the institutional animal care committee and
approved by the animal welfare committee of Utrecht University (Utrecht, Netherlands). Prior
to lethal injection by 4 ml of 200 mg.ml-1 pentobarbital, 2000 I.E. / rabbit of heparin was
administered intravenously. Both the renal artery and the renal vein were clamped using a
suture, as shown in figure 5.1 a, keeping the vasculature system available for the liposome
injection. Surrounding fatty tissues were removed from the kidneys. Right before the scanning
session the kidney was included into an alginate impression gel (Cavex, the Netherlands), which
served to limit the effect of air-tissue interfaces on R2*. All kidneys were used 1 to 3 days after
the surgical resection. Three kidneys were injected with Gd-TSM and 2 control experiments
were performed using the TSM and the Gd-TSL formulations, respectively.
5.2.11.2 MR Thermometry
Proton resonance frequency shift (PRF)-based thermometry was calculated using the
unwrapped phase change, ΔΦ, at the single echo time of a ME-SPGR dynamic sequence
(TR/TE = 80/18.4 ms, flip angle = 25°, NEX = 1, resolution = 1×1×3 mm3 and a FOV = 62 x 62 mm,
1 slices, dynamic scan time = 4.97 s.dyn-1). The temperature change ΔTn is related to ΔΦ as
follow: ΔTn = ΔΦ/β·γ·TE·B0 (36), with β being the temperature dependence of water chemical
shift of -0.0101 ± 0.0004 ppm/°C (37). PRF-based thermometry was corrected for potential B0
drift by using the phase of a reference agar gel (2% w/w R2* ≈ 20 s-1), which was maintained at
room temperature. The kidney setup with its corresponding PRF-based thermometry and the
temporal MRI protocol are illustrated in figure 5.1 b and 5.1 c, respectively.
5.2.11.3 HIFU exposure and MR imaging
Ex vivo HIFU experiments were performed with an in-house-designed, spherical focused
ultrasound transducer (Imasonic SA, Besançon, France) integrated into the MRI table (38). The
transducer had an operating frequency of 1.5 MHz and an acoustic pressure field centred at the
focal point with a full width at half maximum of 1×1×6 mm3. The HIFU sonications were
performed with an acoustic power of 30 W during 15 min.
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5.2.11.4 Liposome injection and MR imaging
After acquiring a first complete set of relaxation rate maps, 200 μL of Gd-TSM were injected in
the vasculature system, prediluted 10 times to a concentration of 5.8 mM and 0.9 mM of
gadolinium and iron, respectively. Then, two HIFU sonications located on the right and on the
left of the kidney were successively performed and sets of relaxation maps were again acquired
after the liposome injection and 15 min after each HIFU sonications. A schematic drawing of the
setup is depicted in figure 5.1 c.

Figure 5.1: Kidney setup (a). T2 weighted magnitude images with thermometry map overlays measured on the
basis of PRF-based thermometry, with the mean temperature profile over time measured in the displayed ROIs and
the localization of the HIFU focal point (white cross) (b). Schematic of temporal MR scanning protocol (c).
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5.3 Results and Discussion
5.3.1 Citrated Iron oxide nanoparticle synthesis
The superparamagnetic component in our formulation was based on maghemite (γ-Fe2O3)
nanoparticles, which were stable at pH ≈ 2-3. Next, citrated-USPIOs, were obtained by the
surface adsorption of citric acid, effectively yielding maghemite particles stabilized by
electrostatic repulsion at pH = 7.4. The resulting citrate coating led to the re-dispersion of the
nanoparticles after substitution of the unadsorbed-citrate excess by the PBS solvent and the
adjustment of the pH to 7.4. The citrate adsorption was further confirmed by the positive to
negative switch of the surface charge as measured by the ζ-potential (see Table 5.1) The
maghemite nanocrystal size of the citrated-USPIO was assessed by TEM (Fig. 5.2) and the mean
diameter was 8.0 ± 1.6 nm and found to be in agreement with other reports (30, 39). The
characterization results of the synthesized ferrofluid are summarized in Table 5.1.

Figure 5.2: TEM images of the citrated iron oxide nanoparticles.
Scale bars 50 nm.
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5.3.2 Liposome Characterization
Three temperature sensitive liposome formulations with identical lipid composition
encapsulating either ProHance (Gd-TSL), citrated-USPIO (TSM) or both (Gd-TSM) were prepared.
The final concentrations of phosphorus, gadolinium and iron of these systems as determined
by ICP-OES are shown in Table 5.1. Regardless of the molecular cargo, these preparations
showed a similar hydrodynamic radius (≈ 100 nm). All Tm values were between 41.4°C and
41.9°C (Table 5.1). Liposome sizes on Cryo-TEM images were found in agreement with the
hydrodynamic radius measured with DLS. For the TSM as well as the Gd-TSM formulation, all
citrated-USPIOs were entrapped in the TSLs (Fig. 5.3). Liposomes were mostly unilamellar and
USPIO were hardly aggregated within the vesicles. Before heating, the mean number of USPIOs
per liposome was 3,0 ± 0,5 and 2,5 ± 0,4 for the TSM and the Gd-TSM, respectively. After
heating, no significant differences were found (p > 0.05), 2.7 ± 0.7 and 2.1 ± 0.3 for the TSM and
the Gd-TSM, respectively. In addition, no USPIOs were found outside of the liposomes after the
phase transition, further confirming that USPIOs remained in the internal aqueous phase for
both the TSM and the Gd-TSM formulations.
During the preparation of the liposomes however, a small USPIO residue precipitated after
passing the liposome solution through the PD-10 column. This was most likely related to the
citrate retention within the columns, which led to the destabilization and thus the flocculation
of the remaining non-entrapped USPIOs. Figure 5.4 shows the effect of the PD-10 cleaning
process on the relaxivities estimations.

Figure 5.3: Cryo-TEM images of the three liposome formulations before (a-c) and after heating (d-f):
Gd-TSL (a, d); Gd-TSM (b, e); TSM (c,f). Scale bars 200 nm.
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Figure 5.4: Evolution of the relaxations rates of Gd-TSL and Gd-TSM after 4 successive PD-10 column
elutions, the solutions were diluted to a Gd concentration of 0.5 mM.

5.3.3 Liposomes MR contrast properties
Since the Gd-TSM are loaded with iron and Gd, and the other liposomes lack either iron or Gd,
we will compare the relaxivities of the formulations based on the total amount of liposomes
(Fig. 5.5) We used the phosphorus concentration as a measure of liposome quantity, the more
so, since based on the DLS data the hydrodynamic size of all three TSL formulations was found
to be equivalent. Normalized to the phosphorus concentration, before release, Gd-TSL
relaxivities r1, r2, and r2* were found to be 0.1 mM.s-1, 1.6 mM.s-1 and 3.8 mM.s-1, respectively. For
the two citrated-USPIO loaded liposomes, Gd-TSM and TSM, similarly low r1 values,
r1 TSM = 0.1 mM.s-1 and the r1 Gd-TSM = 0.3 mM.s-1, were measured whereas high r2

Table 5.1: Overview of the nanoparticle characterizations. a :Positively charged maghemite ferrofluid before
coating. b Hydrodynamic radius. c Measured by colorimetry quantification. d Measured by IPC-OES.
NA = Not Applicable.
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(r2 TSM = 8.8 mM.s_1, r2 Gd-TSM = 13.2 mM.s-1) and r2* (r2* TSM = 11.9 mM.s-1, r2* Gd-TSM = 19.4 mM.s-1)
relaxivities were observed. After heating to 43ºC during 15 min, no significant variations were
measured for free Citrated-USPIOs or TSM whereas r1, r2, and r2* of Gd-TSM were found to
increase by a factor 14.0, 1.1 and 1.2 after release (Fig. 5.4). For Gd-TSL, finally, r1, r2, and r2*
changed by a factor 27, 20 and 2.65, respectively.
We tested if these variations could be explained by the release of the chelated Gd-complex only.
Thus, Gd-TSM relaxivities after release were estimated using Eq. 5 and found to be similar to the
ones observed, r1 Gd-TSM estimated = 4.4 mM.s-1, r2 Gd-TSM estimated = 15.5 mM.s-1, r2* Gd-1
TSM = 24.9 mM.s . All measured relaxivities normalized to Gd or Fe concentration are
summarized in Table 5.2.
The purpose of this study was to demonstrate that the encapsulation of both a paramagnetic
and a superparamagnetic MR contrast agent in thermosensitive liposomes, provides a nanocarrier system with suitable switchable MR-properties for drug delivery monitoring by MRI.
Whereas TSM allow for the detection of liposomes and Gd-TSL for characterizing their release,
we combined these two properties into one formulation by the encapsulation of both a T1 and
a T2* contrast agent.

Table 5.2: Summary of the relaxivities before and after release. a Before heating | After heating = 43ºC for 15 min.
NA = Not Applicable. c The relaxivities of the Gd-TSM resulted from both the presence of gadolinium and iron. *5%
< Standard deviation < 40%, for other values Standard deviation < 3%. Measurements were done at 1.5T at room
temperature.
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Different studies have shown that increasing the number of USPIOs inside the liposomes leads
to an increase of both the r2 and the r2* relaxivities (20, 40, 41). In our study, we observed that
while the r1 relaxivity of free citrated-USPIOs was reduced by a factor 5 after encapsulation in
liposomes, both r2 and r2* remained unchanged compared to free citrated-USPIOs (Table 5.2).
The absence of r2 and r2* differences is in agreement with previous studies, which showed that
an increase of the transversal relaxivity is observed for formulations encapsulating at least 26
USPIOs per liposome of 100 nm in diameter (41). For to the USPIO-loaded liposomes, the TSM,
neither the transversal nor the longitudinal relaxivity were found to be affected by the phase
transition of the lipid bilayer triggered by heating. This suggests that the grain boundary
permeabilization driven by the phase transition of the phospholipid bilayers (42) did not allow
for USPIOs to escape from this liposome formulation. On Cryo-TEM, no USPIOs were found
outside of the liposomes after the phase transition, further confirming that USPIOs remained in
the internal aqueous phase for both the TSM and the Gd-TSM formulations. Conversely, the

Figure 5.5: Relaxation rates R1 (a - c), R2 (d - f), R2* (g - h) vs. phosphorus concentration for comparison of r1, r2 and
r2* relaxivities of the Gd-TSL, the Gd-TSM and the TSM formulations before (black lines) and after heating (grey
lines) and the corresponding linear weighted fits over plots. Measurements were done at 1.5T at room
temperature.
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modest decrease of r2* observed in (20) was accompanied by release of USPIOs from the TSM,
and subsequent dispersion of the particles after heating.
After heating, all Gd-TSL relaxivities were found to increase to the relaxivities measured for free
chelated Gd while, before release, even a high solution concentration of encapsulated Gd (>
1.5 mM) did not affect R1. This indicates that the R1 changes observed after heating were a
consequence of the release of chelated Gd, which led to an increase of the water pool affected
by the paramagnetic contrast agent. Note, that all measurements were done at room
temperature, to avoid confounding of these R1 changes by an increase of the phosphobilayer
permeability. In addition, the relaxation rates found for the Gd-TSM responded similarly to the
heat induced release and could be closely predicted based on the Fe and Gd concentrations
measured using ICP-OES (Fig. 5.5). This was in agreement with the scenario that the relaxivity
variation of Gd-TSM is governed by the released chelated-Gd and the absence of USPIO release.

Figure 5.6: Relaxivities r1 (a), r2 (b) and r2* (c) with respect to the phosphorus concentration of Gd-TSL, GdTSM and TSM, respectively, before (solid bars) and after (hatched bars) heating. Measurements were done at 1.5T
at room temperature.
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5.3.4 MR-monitored HIFU heating
To demonstrate that Gd-TSM can be used to detect the availability of the carrier in a vasculature
system and then to monitor the release process, a triggered release by localized HIFU
treatments was performed on freshly resected kidneys that were collected from rabbits after
they were terminated as part of another non-conflicting experimental protocol. Figure 5.7
shows the relaxation rate maps acquired prior to the injection of Gd-TSM, as well as the ΔR1, ΔR2
and ΔR2* maps after the liposome injection and the HIFU treatments. After liposome injection,
no R1 change was observed. Although only a small ΔR2 located at the lobar and interlobar
vessels was observed, ΔR2* values up to 100 s-1 were measured at the same location. Fifteen
minutes after the first HIFU-triggered release the ΔR2* map was almost similar as prior to HIFU
exposure, whereas changes in R1 (≈ 1.4 s-1) and R2 (≈ 5 s-1) were measured located in the heated
region. The second HIFU heating, which was performed on the other side of the kidney, led to
an equivalent ΔR1 and ΔR2 response, which was strongest near the vasculature system. T2weighted magnitude images, which are sensitive to both R1 and the R2 changes, showed the
presence of the liposomes in the veins by local hypointensities due to a signal dephasing effect
(R2) while the diffusion of the released Gd near the vasculature system led to localized
hyperintensities surrounding the vessels.
In summary, Gd-TSM allowed for monitoring both the carrier availability and characterization
of the release pattern as we have demonstrated in an ex vivo vasculature system, which was
not possible using single label TSL (data not show). The R1 and R2 increase observed after the
release triggered by the two HIFU heating procedures was, qualitatively, in accordance with the
relaxivity variations measured in vitro before/after release. Previously, it has been shown that
using thermosensitive liposomes co-encapsulating doxorubicin and manganese (19), or GdHPDO3A(Prohance) (23) as MR contrast agent allowed for quantifying the intratumoral
deposition of the chemotherapeutic drug. Whereas the pharmacokinetic (PK) properties of the
payload before release are governed by the nanocarrier, after release the PK properties of the
released contrast agent and the released drug have to be comparable in order to achieve a
“chemo-dosimetry”, based on imaging contrast changes. Hence, for each drug contrast-agent
combination this correlation has to be validated, similar to what was done for manganese or
[Gd(HPDO3A)(H2O)], and doxorubicin (23).
Still, with liposomes loaded with paramagnetic contrast agents, such as [Gd(HPDO3A)(H2O)], it
was challenging to predict the distribution of the carrier, potentially leading to an incomplete
tumor treatment for heterogeneous tumor morphology, e.g. due to the presence of a poorly
vascularized core (43, 44). In this study, we used a relatively weak iron concentration in order to
obtain nanocarriers that can increase a typical soft tissue R2* (20 to 30 s-1) by 20% after a 100-fold
dilution of the systemic injected solution. Nevertheless, a strong R2* effect as a result of, e.g.,
local accumulation of Gd-TSM / iron into the tumor tissue, may also limit such an MR monitored
drug delivery process. A too strong R2* increase will reduce the precision and/or the accuracy of
MR temperature measurements (45–47) and thus the capability to guide the HT procedure with
MRI. With respect to conventional PRF thermometry, based on a gradient echo sequence with
an echo time of 20 to 30 ms, and assuming that a standard deviation of ± 0.5 °C is an acceptable
upper limit for controlling the HT procedure, R2* of the order of 100 s-1 will represent an upper
limit. In our ex-vivo kidney experiments, where MR thermometry was used to measure the
temperature evolution, we therefore intentionally limited the iron and Gd dose injected.As an
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alternative, radiolabeling in combination with nuclear imaging techniques, e.g. single photon
emission computed tomography (SPECT) or positron emission tomography (PET), are
frequently used for quantitative in vivo biodistribution and pharmacokinetic studies . Being
valued for their sensitivity, these imaging methods also have a limited influence of the
environment on the radiolabel, thus allowing for accurate quantification of (drug-and carrierassociated) radiolabel accumulation. However, for the same reason, nuclear imaging prohibits
discrimination of the state of the nanocarriers, and therefore to detect drug release (11), as we
were able to demonstrate here using MRI.

Figure 5.7: Relaxation rate maps obtained during the rabbit kidney treatment. Left side: T2 weighted magnitude
images acquired at the different steps. Right side: Relaxation rate maps (R1, R2 and R2*) prior to any treatment
followed by the corresponding variations measured after the Gd-TSM injection and the two consecutive HIFU
treatments respectively. Measurements were done at 1.5T at room temperature.
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In xenograft and murine tumor models it has been demonstrated that by using mild HT to
release drugs from thermosensitive liposomes locally, can increase the drug concentration in
the tumor area significantly (13, 16–18). E.g, for doxorubicin loaded TSL, Viglianti et al. (19)
observed an increase in tumor concentration of up to 30-fold over the free drug and fivefold
over the total doxorubicin from a formulation similar to Doxil™, respectively. Also in rabbits,
using a VX2 tumor model, Staruch et al. achieved a 26.7 fold increase of doxorubicin
concentration in HT treated tumors vs. tumors not receiving HT (48). Besides serving as the
trigger for release, hyperthermia can serve to increase the extravasation of carriers (11, 12, 14,
15, 18, 44, 49). Li et al., for example have (14) demonstrated for three different tumor models
that application of HT well before injection of the TSL, improved the distribution of the carriers
in the tumor extracellular space. In several preclinical studies, in mice (13, 16, 18, 22, 26) and rat
(50) models, it was demonstrated that the drug delivery procedure using TSL and HT effectively
decreased tumor growth rate. Our results indicate that labelling the carrier using USPIOs should
allow for demonstrating the availability of the carrier before the release step. This should be
beneficial for preclinical experiments studying, for instance, the increase the of liposomes
uptake of tumor mediated by a post mild HT treatment or active targeting drug delivery
strategy (51, 52) or even later, in clinical scenarios, to confirm the accumulation of the carrier
before proceeding to the HT mediated release application.
We presented an MR imaging approach to detect availability and release of nanocarriers.
However, for preclinical in vivo demonstration of this approach in drug delivery some additional
challenges have to be met. Firstly, the physiologic stability of the presented formulation needs
additional testing and, the feasibility of triple loading the liposomes with two contrast agents
and a drug, would have to be studied.

5.4 Conclusions
This work demonstrated preparation and characterization of an MR observable thermosensitive
liposome formulation co-loaded with a paramagnetic and a superparamagnetic MR contrast
agent, Gd-HP-DO3A and USPIO respectively. This concept should thus allow for MR monitoring
of the drug delivery process, from the biodistribution of the carriers to the localized release of
the contents.
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The aim of this thesis was to investigate if superparamagnetic contrast agents would allow
following a drug nanocarrier before release of its contents as well as monitoring the release
itself in vivo using MRI.
We first studied, in vitro, MR relaxivity properties of iron oxide loaded thermosensitive
liposomes, TSM, as a function of temperature, and showed that these allowed for discerning
both their local accumulation as well as the release of their contents. In parallel, we developed
a near-real-time MR method allowing for simultaneously acquiring PRF-based thermometry
data, R2* and R1 maps for application in monitoring MRI-guided drug delivery. This method was
validated in vitro in a porcine muscle applying local heating using MR-guided HIFU. Second,
using this MR imaging method and the TSM developed we performed an in vivo proof-ofconcept study and demonstrated the ability of TSM to increase R2* showing their local
accumulation and to reduce R2* as a consequence of release of the contents. Finally, in these
experiments we observed that the modest T1 shortening MR properties of TSM needed
improvement, which was achieved by addition of a paramagnetic MR contrast agent. This dual
labelling concept was then validated in ex vivo experiments.

6.1 Delivery Concept
6.1.1 Intravascular release approach
One of the major challenge in chemotherapy-based localized tumor treatment is to change the
biodistribution of drugs to reduce free drug toxicity and favor tumor accumulation. Local
intravascular drug delivery using thermosensitive liposomes (TSL) could be an attractive option
to achieve this, since release of the drug can be externally triggered by hyperthermia. Rather
than relying on a long term accumulation of the nanocarrier before release, its efficiency is
directly related to the capability of the carrier to release its payload locally at concentrations
high enough to produce a sufficient concentration gradient for driving the drug into the
extravascular compartment (1–3). For this strategy a fast drug release is needed (4). There is
clear evidence that using intravascular drug release can lead to higher intratumoral
concentration (2, 5–8).
At least two hyperthermia treatment schedules can be considered at this point. The first consists
of applying and maintaining local hyperthermia just prior to the injection of TSL which allows
the carrier to release its content as soon as it reaches the heated area. Alternatively, the TSL can
be allowed to distribute into the blood pool during a few minutes and therefore into the tumor
vasculature before the application of hyperthermia-mediated release. In both cases, a relatively
fast drug release, here allowed by the thermosensitive nature of the carrier, is needed. In
addition such strategies could benefit of the improvement of the intratumoral nanoparticle
extravasation and penetration resulting from applying hyperthermia prior to drug injection (1,
9). In this thesis we used the intravascular release approach (10–12). The nanocarrier was
allowed to distribute in the blood pool before heat-induced release.
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6.1.2 Interstitial release approach
Extravascular release strategies exploit the fact that solid tumors may have a permeable and
aberrant vascular architecture and a lack of lymphatic drainage allowing long-term circulating
nanocarriers to extravasate from the tumor vessels into the interstitium of the tumor. This so
called Enhanced Permeability and Retention (EPR) effect (13) results in passive accumulation of
the carrier and is known to take place on the time scale of hours to days (14). The EPR effect has
first been characterized in solid tumors of animal models, and such a strategy is still under
investigation, especially for human hepatoma and human renal carcinoma which shown a
distinct EPR effect (15). Nevertheless, in humans, some cancers such as pancreatic and prostate
demonstrate less EPR effect (16). Therefore this strategy may be limited, e.g. by the
heterogeneous vascular permeability or by obstructed blood flow such as thrombus formation,
in necrotic areas in tumors, or even by the physicochemical properties of the nanocarrier itself,
e.g. their size (17–19), Presently, studies are ongoing to characterize and overcome these
limitations such as improving the EPR effect by a local neoadjuvant hyperthermia treatment
(20, 21), vascular permeability mediators/potentiators and/or sonoporation (22, 23).
TSM could be an attractive solution for studying extravascular release strategies as well as the
EPR effect itself since they should allow for monitoring the nanoparticle distribution and thus
the ability of a nanocarrier encapsulated drug for accumulating into the tumor interstitium.
Such a study would consist of a longitudinal imaging study after IV injection of the TSM,
followed by a heat-induced release. However, the TSM formulations we developed were not
optimized in terms of size for such an approach, since this would require formulations with long
term stability in vivo which would have to be validated for TSM. To the best of our knowledge
such study has not been performed yet.

6.2 MRI monitoring drug delivery concept
For both intravascular release as well as for release from liposomes lodged in the interstitium, a
nanocarrier–based drug delivery process can be subdivided into three phases. One phase starts
from the intravenous administration of the loaded carrier to access its target region. The second
includes the release of the cargo which subsequently has to access its subcellular/molecular
targets in a last third phase. Thus, monitoring the drug delivery process using imaging consist
of monitoring the delivery (the accumulation, the availability) of the carrier as well as the release
and subsequent distribution of the drug.
In vivo, the first phase, the distribution/accumulation, is commonly studied thanks to nuclear
imaging of radiolabeled carriers/drugs (20, 24, 25). Nevertheless, even though this imaging
modality is highly sensitive, the properties of radioactive agents are invariant with respect to
the state of the nanocarrier, and their environment. In that sense, MRI based monitoring has a
great potential: it has been shown that MR contrast agent loaded nanocarriers can both provide
information about the state of the carrier (26–29) and the carrier distribution as demonstrated
in Chapter 4. In addition, MR imaging allows for monitoring the temperature that can be used
as the trigger of the thermosensitive carrier release (26). However, it should be noted that even
though MRI allows for detecting drug release, in the second phase, care should be taken when
correlating the MR Relaxivity changes induced by the release of the released MR contrast agent,
with the resulting local drug concentration, the last phase of a drug delivery. Owing to
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differences in physicochemical properties of the drug and the contrast agent the distribution
after release can be substantially different. Nevertheless, such a correlation has been validated
for [Gd(HPDO3A)(H2O)] contrast agent co-encapsulated with doxorubicin (10, 30), even though
this correlation is not fixed and has been found to depend on the tumor type (31).
With respect to the ability of released SPIO nanoparticles to accumulate into the tumor there is
no straightforward conclusion. Indeed these versatile particles can be either prepared to be
hydrophilic/hydrophobic, to have a positive, negative or neutral surface charge and can be
easily sized from a few nanometers to an order of magnitude larger, which allows for
changing/tuning their biodistribution (32)

6.3 Other approaches
6.3.1 Other methods for hyperthermia
The application of hyperthermia in the treatment of cancer was first based on the observation
that many types of tumor cells are more sensitive to elevated temperatures than are normal
cells (33). Later, the development of technologies allowing for local heating next to the
availability of thermosensitive nanocarriers have led to hyperthermia-induced drug delivery
research. MR-guided HIFU has been demonstrated to allow for heating many organs, including
the uterus, the breast ,the bones, the brain, the prostate or the liver (34). Besides HIFU, other
methods are available for the application of hyperthermia, such as radiofrequency (RF),
microwave (MW), lasers, or even hot water baths.
Each of these methods have advantages and disadvantages with respect to HIFU. Specifically,
HIFU cannot travel through air filled organ (lung) without scattering. In addition, ultrasound is
highly absorbed by bone. Highly perfused organs also pose a challenge for accurate
homogeneous local heating, although a strategy using shock ultrasound waves has been
developed to enhance the energy uptake in the focal area, and consequently to increase the
efficiency of heating (35). Finally, HIFU allows for heating a small area (12 mm3 or 0.012 cm3),
which can be advantageous for accurate heating, but also problematic for heating larger
volumes. Nevertheless, Partanen et al. succeed in increasing the heated area up to 2.5 cm3 (36)
by electronic steering the focal point, as is allowed by the development of multi-element
ultrasound transducers.
RF heating relies on electrical conduction through the tissue. An electrically conducting path is
created by using one or more interstitial electrodes producing with alternating voltage,
e.g. 400 kHz at 100 W in a clinical setup. For applicator-based RF heating, the energy deposition
occurs close to the electrode, even though a large portion of the final heated zone is created as
thermal conduction pushes heat into more peripheral areas around the electrode (up to 15 cm3
in liver (37)). A clinical trial for HCC treatment lead by Celsion© consisting of a combination of
this ablative RF-based hyperthermia with Thermodox (a doxorubicin loaded thermosensitive
liposome) as adjuvant therapy in phase 3 has been conducted but failed to show a significant
difference as compared to RF alone. Unlike HIFU-based hyperthermia, RF heating has been an
effective tool for treating tumors of the lung and bone, despite the poor electrical and thermal
conductivity of bone and lung tissues, and even if the areas near large heat sinks can be limiting
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factors (38). In addition, similarly to HIFU, applicator-based RF heating can be monitored by MR
thermometry (39).
MW heating consists of allowing radiative microwaves to induce rotation of water molecules.
This rotational energy is consequently converted into heat thanks to frictional forces. For
interstitial MW heating occurs within about 10 mm of the antenna depending on tissue type,
applied frequency (from 434 to 915 MHz for external MW to 2450 MHz for interstitial probe, for
ablative technologies) and power (5-10 W to continuous 60-W output for ablation purpose).
Interstitial MW offers all of the same benefits as applicator-based RF heating but is not as
dependent on tissue properties and has the ability to heat faster in a larger volume (40) and
therefore should be even more efficient for treating bone and lung tumors. Nevertheless both
of these modalities are limited in areas of high perfusion (kidney and liver) (41). External MW
heating could be used for even larger volumes. However, the accuracy of the heating remain
limited and/or not controlled precisely (42). External MW applicators are already used in clinical
trials combined with adjuvant chemotherapy and/or radiotherapy (43–45). Clinical MR
compatible systems are also available and can be combined with noninvasive MR thermometry
(46). There is early preclinical data as well as clinical data in companion animals of local drug
delivery from thermosensitive liposomes using external MW applicators (47, 48) .
Laser based interstitial hyperthermia relies on laser photon energy transformation to heat
following absorption by tissue-specific chromophores (49). The light produced is of a specific
wavelength and defines the properties of the laser system and the extent of tissue penetration.
An infrared light wavelength of between 800 and 1100 nm is the optical window for achieving
maximal tissue penetration and homogeneous spread. Traditional bare-tip fibers are 400–600
μm in diameter and are introduced into tumors using fine-bore cannulas. Typical power settings
vary between 2-4 W and the maximum achievable lesion diameter with bare-tip fibers is 2 cm
(50, 51). So far, no in vivo study has been published related to hyperthermia-based drug delivery
using laser heating.
In contrast to these physical modalities, sound waves can penetrate relatively deep into tissues
with a small absorption coefficient. The local energy deposition can be increased drastically by
focusing allowing for efficient regional energy deposition far from the source. Therefore the
main advantage of HIFU is the fact that it allows to apply hyperthermia completely noninvasively, with precise spatial control.

6.3.2 Other MR monitoring strategy.
Characterizing the distribution and/or the release of the nanocarrier is a crucial step for the
purpose of MR monitored drug delivery. With that goal in mind, the ability of MRI to manipulate
contrasts by using different sequence designs have encouraged the development of numerous
methods dedicated to drug delivery monitoring(26, 52). In this thesis we aimed to characterize
the drug delivery process by means of dynamic relaxometry, as presented in chapter 3, however
MRI is not limited to relaxation time mapping. As an example, de Rochefort et al. have
developed a method for producing quantitative susceptibility maps (53, 54) that have been
found to accurately estimated USPIO concentration regardless of whether the nanoparticles
were dispersed or clustered (55).Therefore, combining such a method with a method sensitive
to the clustering of USPIO, such as relaxometry, should allow for discriminating intact TSM from
TSM that have released their cargo in a region of interest. Multi-echo ultrashort echo time
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sequences could also be of interest for improving the drug delivery monitoring of USPIO based
nanocarrier since, by combining T1 and T2* weighted images in a synergistic way, a background
signal suppression can be obtained highlighting voxels with both short T1 and T2*, a signature
of USPIOs (56).
The use of Chemical exchange saturation transfer (CEST) contrast could also benefit drug
delivery monitoring. CEST agents are chemicals that contain exchanging protons that can be
selectively saturated by setting a proper RF irradiating field at their absorption frequency. This
saturation is subsequently transferred to the bulk water, when these solute protons are
exchanged between the CEST agent and to the bulk water. Consequently, the water signal
becomes slightly attenuated in the presence of CEST agent, which is the CEST signal.
Liposome loaded with a paramagnetic shifting agent have been produced with the idea to
create a compartment that absorbs RF energy at a distinct frequency form the bulk water. At
the same time this compartment is in fast exchange with the bulk water pool. As long as the
liposome is intact, this frequency difference is maintained and thus the LipoCEST signal is
detected (29, 57). For thermosensitive liposomes, at the phase transition temperature the
shifting agent is released (as well as the payload) and consequently the LipoCEST properties are
lost (29).
Whilst proton based MRI has become an indispensable tool for imaging in the clinic, it
frequently suffers from low contrast owing to background signal from abundant 1H in the body.
As a result, increasing attention is being directed at compounds containing 19F as native 19F
signals are virtually undetectable in vivo and therefore should allow for quantification of the
nanocarrier (58). In summary, MRI offers alternative strategies besides loading with contrast
agents for detecting drug release.

6.3.3 Other multimodality imaging
On one hand, MRI is promising for studying a drug delivery process, in particular owing to its
ability to provide anatomical information. However, it is also suffering from different drawbacks
compared to other imaging modalities Table 6.1. In first line, proton based MRI cannot detect
the drug directly and although maintaining a close proximity in between the drug and an MRI
contrast agent can overcome this limitation, its sensitivity remained quite low compared, for
instance, to nuclear imaging methods, based on radiolabels.
Unlike MRI, SPECT and PET images are acquired with low natural background signal. Compared
with MRI, SPECT and PET are approximately 105 times more sensitive and both of these imaging
modalities are quantitative techniques (59). SPECT/PET image-guided drug delivery can allow
for the direct assessment of drug biodistribution and accumulation at the target site and for
real-time monitoring the therapeutic outcome (60, 61). These modalities suffer from poor
spatial resolution.
US is one of the most common clinical imaging modalities due to its low cost, speed, simplicity,
and safety. In this modality, a transducer which emits high frequency sound waves (>20 kHz) is
placed against the skin and US images are obtained based on the sound wave reflected back
from the internal organs. US contrast agents, gas filled microbubbles, can improve image
contrast by introducing a material with different acoustic properties from that of tissues, such
as gas (62). It has been proposed to load these microbubbles with drugs (63), but the relatively

104

GENERAL DISCUSSION

Table 6.1: Comparison of noninvasive imaging modalities. Adapted/modified from (70) and (71)

limited loading volume of the microbubbles fueled research into expanding the loading
capacity of these bubbles, for example by attaching liposomes to the shell (64).
While MRI can indirectly detect the presence of SPIO, Magnetic Particle Imaging (MPI) is a new
imaging modality designed to directly detect the superparamagnetic particles (SP) as used in
the nanocarriers presented in the studies in this thesis. MPI is a tracer imaging modality that is
gaining significant interest from imaging researchers. Briefly, MPI signals are magnetic
harmonics generate by SPs (f1, f2,…,fn) in response to an alternating magnetic field at f0
(frequency f0 ≈ 25 kHz; 20 mT). This response is based on the ability of SPs to be almost fully
saturated at low magnetic field (≈ 10 mT). Consequently, when SPs are exposed to a sinusoidal
magnetic waveform with a maximum intensity superior to their saturation level, SPs answer by
a non-sinusoidal periodic waveform, tending toward a square wave signal. The higher
harmonics present in such a waveform are then extracted by Fourier transform and used to
discriminate the presence of SPs. In addition, this SP answer can be suppressed by the addition
of a superimposed constant magnetic field which allow to discriminate the spatial position of
the SP, thus allowing for mapping the SP concentration over space. Although this technology
is rather young (65) MPI is currently making rapid progress, especially in hardware, pulse
sequence, and nanoparticle improvements, with potential applications in angiography, stem
cell tracking, and/or drug delivery monitoring.
As all of these imaging modalities have their own advantages/drawbacks compared one to each
other, synergistic improvements over any single modality can be achieved by combining
multiple molecular imaging techniques, an approach that is gaining interest. A common
example of such a combination is PET/CT imaging that has gained widespread acceptance as a
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tool for tumor staging and therapy response (66). The latest breakthrough in PET detector
technology, together with the superior soft tissue contrast of MRI has also allowed for the
development of PET/MRI systems, some of which are now offered as regular products for
preclinical and clinical imaging. For drug delivery, multimodality imaging presents a huge
opportunity since it should allow for improving our ability for monitoring the carrier location,
its release and the drug itself. There is a wealth of multimodal compounds and carriers proposed
in formulation and even tested preclinically (67–69), but application in the clinic so far is very
limited.

6.4 Ongoing and future research
In this thesis, we demonstrated the utility of SPIO MR-contrast agents for discerning both the
local accumulation of SPIO loaded TSMs, and theirs release from. In addition, a dynamic
relaxometry / thermometry method was implemented monitoring using MRI. Nevertheless
several issues may deserve further attention.
In chapter 2 we presented an original TSM formulation with MR relaxometry properties allowing
for both monitoring the nanocarrier distribution and its release. However, even though this
formulation was prepared in order to be able to co-load doxorubicin, the co-loading of these
three different compounds still has to be demonstrated. Moreover, the biocompatibility of the
co-loaded compound as well as its safety and the stability for use in the in vivo environment
remains to be verified. In addition, since the heat induced changes of both the transverse and
the longitudinal relaxivities of TSM relies on the capability of the USPIO to escape from the
lumen on the carrier, the potential interference of a co-loaded drug cargo on USPIO release
would deserve further attention. Usually, SPIOs are produced in order to maximize their T2(*)
shortening effect by increasing their size which consequently reduces their T1 shortening
properties. In this thesis, USPIOs of 7 nm diameter produced by a “classical” co-precipitation
synthesis were chosen to optimize the release induced T1 effect. The clustering of USPIOs into
a nanocarrier was found to increase their r2(*) relaxivity (<150 mM-1.s-1) to values even higher than
conventional SPIO based contrast agents e.g. Resovist® (95 mM-1.s-1). Nevertheless, with respect
to the recent advance concerning the SPIO synthesis, USPIO with diameter of 2nm can be
synthetized and should be one of the first candidates to further optimize the release induced
relaxivities changes. Moreover, in chapter 4, the TSM formulation was found to have an
insufficient T1 effect in vivo for characterizing a release pattern, which was attributed to the low
or null accumulation of 7 nm USPIOs into the tumor tissue. Therefore, further studies have to be
conducted with respect to the TSM formulation. It should also be acknowledged that the in vivo
trials performed in this thesis were done on a relatively small number of animals and further
efficacy tests should be performed to achieve further translation.
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6.5 Conclusions
This work has contributed to the development of a MR relaxometry method/tool dedicated for
the near-real-time monitoring of original iron oxide nanoparticles-based nanocarriers owing
thermo-switchable MR properties for the accumulation as well as the release from liposomes.
First, the potential of TSM was shown thanks to the preparation and the MR characterization of
TSM. In a second iteration, this formulation was improved by the addition of chelated Gd to TSM
to obtain Gd-TSM that possess both an r2* relaxivity comparable to TSM and release induced r1
relaxivity change equivalent to Gd-loaded thermosensitive liposomes. It was finally shown that
the near-real-time MR relaxivity methods was feasible in vivo and allowed for the complete
payload delivery from the distribution of the nanocarrier to its heat-induced release. Imaging
guidance of drug delivery is an active and attractive field both promising and sometimes
conflicting, where new techniques and concepts are performed every day for the improvement
of cancer treatment.
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SUMMARY
Since the beginning of the 20th century the constant increase of the cancer incidence in the
developed world has led to extensive research to improve the effectiveness of treatments,
including chemotherapy. While chemotherapy has shown success in several indications it is also
limited by toxicity. Local drug delivery by hyperthermia-induced drug release from
thermosensitive liposomes (TSL) may reduce systemic toxicity of chemotherapy, while
maintaining or increasing its efficacy. To achieve increased drug concentration locally at the
correct location, imaging guidance is necessary, and can be applied to monitoring the
accumulation of the carrier, the application of hyperthermia and the release of the drug.
In this thesis, labeling of the thermosensitive nanocarriers based on superparamagnetic iron
oxide is evaluated. In addition we developed dedicated MRI methods for monitoring the
accumulation, as well as for release and temperature monitoring that could be used to guide
such a procedure.
In chapter 2 the effect of Thermosensitive magnetoliposomes (TSM), i.e. ultrasmall
superparamagnetic iron oxide nanoparticles (USPIO) encapsulated in thermosensitive
liposomes, on MRI contrast was studied. The formulation was first characterized by DLS and
Cryo-TEM. The TSM were found to have a mean hydrodynamic diameter of 200 nm (PDI 0.14).
USPIOs were found to form clusters inside the liposomes. After heat-induced release, USPIO
were mostly observed as individual particles on TEM. This showed evidence of USPIO release
although the mechanism of release occurring during the phase transition still remains to be
clarified. Subsequently, the relaxivities r1, r2 and r2* were measured before and after release.
Longitudinal relaxivity of TSM increased markedly from r1=1.6±0.3 to r1=4.6±0.7 mM-1.s-1. At the
same time, transversal relaxivities r2 and r2* were found to decrease from r2=221.3±15.3 to r2 =
139.1±4.6 mM-1.s-1 and from r2* = 248.8±15.9 to r2* = 152.5±13.4 mM-1.s-1. The effect on the MR
signal was further studied in a time-resolved MR experiment during water bath heating and
cooldown. It was demonstrated in vitro that USPIOs were suitable contrast agents for following
the lipid membrane permeabilization over time during heating, observed by the decrease in T1
or the increase in T2* relaxation time. Finally, we studied the feasibility of HIFU heating to trigger
localized release, and demonstrated that a local R2* change, which showed where the TSM had
released the USPIO label, coincided with the heating location on MR thermometry.
Monitoring temperature triggered drug release using MR requires dedicated imaging
protocols. In chapter 3 the feasibility of using a multi-echo spoiled gradient echo for the time
resolved assessment of R1, R2* and temperature maps for use with TSM was developed. The 5s
dynamic multi-echo sequence can be used straightforwardly to map R2* from the decreasing
echo amplitudes, as well as the temperature based on PRFS using the unwrapped phase
change. However, R1 is not directly accessible. The method estimates the R1-change based on
the signal magnitude change knowing the value of R2* and compensating for the apparent
proton density changes with temperature. To allow the measurement of the absolute R1 values,
an initial R1 map is needed, which was calculated from a previous Look–Locker acquisition data.
Subsequently, for each dynamic, R2* is extracted from the dynamic R2* mapping. The R1-change
is then solved for numerically, in an iterative fashion, while taking the APD influence on the
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signal change into account based on the relative temperature variation estimated from the
PRFS-based temperature map.
In silico, characterization was first performed to evaluate the robustness of the method with
respect to reasonable MR parameters (TE,TR) and potential change in R1 versus R2*. In vitro
porcine muscle heating then demonstrated the feasibility of simultaneous thermometry, R1 and
R2* monitoring using both water bath heating and localized HIFU heating. Next to the good
correspondence in position and shape of the change in R1 and R2* and temperature, comparable
temperature dependence of the relaxation rates to that measured in the water bath experiment
was measured. Finally, water bath heating experiments of samples containing TSL loaded with
a Gd-chelate were performed to validate if the time-resolved R1 measurements could detect the
release of the contrast agent from the TSLs. The experiments demonstrated the feasibility of the
method, but also underlined the importance of the estimation of the apparent proton density
from the temperature maps to properly estimate the R1 changes.
In chapter 4, we investigated whether TSM in combination with time-resolved MR relaxation
mapping and thermometry techniques implemented previously allowed assessment of
intratumoral distribution of nanocarriers as well as their release profile in vivo. In this in vivo
study, local hyperthermia was applied for 5 to 15 min in tumor-bearing rats (N=6) using a
homemade MR-compatible dual water bath setup that allowed for increasing the temperature
into one tumor while maintaining the temperature of the other tumor constant, which could
thus serve as a control. The accumulation of the nanocarriers and the local temperaturetriggered release of the USPIOs from the liposomes were probed with a temporal resolution of
5s. Finally, we compared the resulting R2* measurements with inductively coupled plasmaoptical emission spectrometry based iron quantification of the treated tumors. This work
demonstrated that TSM allowed for characterizing the first passage as well as the accumulation
over time of USPIO labeled nanocarriers in C6 tumors. In vivo, R2* changes allowed for detecting
the release process, upon heating of the tumor. However R1 change was insufficient to detect
the release. ICP-OES measurements showed that the Fe concentration measured using ICP-OES
was lower in heated tumors than in control tumors, suggesting that the USPIOs leave the tumor
after release.
Motivated by the modest R1-change obtained using TSM loaded with only superparamagnetic
iron oxide, we investigated the added value of dual labeling with a Gd-chelate (ProHance) and
USPIO. In addition, preclinical data form other groups using co-encapsulated GdChelate/doxorubicin had shown that the Gd distribution and the related R1 change could serve
as a surrogate for the doxorubicin distribution in the tumor. In chapter 5 we describe the
formulation of a thermosensitive liposome encapsulating both Gd-chelate and citrated-USPIO,
so called Gd-TSM. Thus we used citrated USPIOs to label the liposome while Gd-chelates were
used to monitor the release. The Gd-TSM formulation was characterized using DLS and CryoTEM and compared to two other formulation encapsulating either Gd-chelate or citrated USPIO
alone, and no significant hydrodynamic changes were observed. Contrary to the formulation
from chapter 2, the citrated USPIOs were found to stay entrapped in the liposome lumen after
a heat-induced phase transition on Cryo-TEM.
The heat-induced relaxivity changes clearly showed the benefits of dual labeling, with a strong
r1 change after heating with unchanging r2*. Finally, to demonstrate that Gd-TSM can be used
for both detecting their availability and for monitoring their release process, heat-induced
release by localized HIFU was performed ex-vivo on freshly resected rabbit kidneys. Gd-TSMs
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were found to allow for monitoring both the carrier availability by detecting R2* changes and
the characterization of the release in a fresh ex vivo vasculature system based on R1.
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De constante toename van het aantal patienten met kanker van de afgelopen eeuw is een
drijfveer voor onderzoek dat beoogd de effectiviteit en de mogelijkheden van behandeling te
verbeteren, zo ook voor chemotherapie. Hoewel chemotherapie voor verschillende indicaties
leidt tot verbetering van de overleving na een kankerdiagnose, gaat dit gepaard met zware
bijwerkingen. Een mogelijkheid om deze bijwerkingen te beperken is om het geneesmiddel te
verpakken in temperatuurgevoelige liposomen die vervolgens door locale verwarming het
geneesmiddel afgeven. Deze benadering kan door een verhoging van de concentratie
geneesmiddel in de tumor mogelijk tot verhoging van de effectiviteit leiden. Om te zorgen dat
het geneesmiddel op de juiste plek wordt vrijgezet is beeldgeleide nodig. Deze kan worden
gebruikt om de ophoping van de liposomen te bevestigen, de toediening van de hyperthermie
te sturen, en het vrijkomen van de lading uit de liposomen te registreren.
In dit proefschrift hebben we gekeken naar de mogelijkheden die superparamagnetische
ijzeroxide bidet voor het labelen van de temperatuurgevoelige liposomen. Daarnaast hebben
we MRI methoden ontwikkeld gericht op het zichtbaarmaken van opeenhoping van de
liposomen, het vrijkomen van de lading, en het meten van de temperatuursverdeling om de
verwarming van het weefsel tijdens de procedure te sturen.
In hoofdstuk 2 onderzoeken we het effect van temperatuurgevoelige magnetoliposomen
(TSM), dat zijn liposomen die superparmagnetische ijzer oxide nanodeeltjes (USPIOs) bevatten,
op het MRI contrast. .Het preparaat werd gekarakteriseerd met DLS en elektronen microscopie.
De TSM hadden een gemiddelde hydrodynamische diameter van 200 nm (PDI 0.14) en de
USPIOs zaten als clusters in het liposoom. Nadat de deeltjes waren verwarmd om vrijzetting te
bewerkstelligen, konden we op elektronenmicroscopie zien dat de USPIOs zich als losse
deeltjes buiten het liposoom bevonden. Dit toonde aan dat deze USPIOs inderdaad vrijgezet
worden.
De relaxiviteiten, r1, r2 and r2*, voor en na vrijzetting lieten grote verschillen zien: de
longitudinale relaxiviteit van de TSM steeg van r1=1.6±0.3 naar r1=4.6±0.7 mM-1.s-1, terwijl de
transversale relaxiviteiten r2 and r2* daalden van respectievelijk r2=221.3±15.3 naar r2 =
139.1±4.6 mM-1.s-1 en van r2* = 248.8±15.9 naar r2* = 152.5±13.4 mM-1.s-1. We keken vervolgens
naar het verloop van het MRI signaal van een opgelost preparaat tijdens opwarmen en afkoelen.
Zodoende hebben we laten zien dat de USPIO lading in vitro het mogelijk maakte om het
doorlatend worden van het liposoom membraan bij verwarming waar te nemen door een
afname van T1 of een toename van T2*. Verhitting met HIFU leidde tot locale vrijzetting van de
USPIOs uit de TSM, die zichtbaar was als een gelokaliseerde R2* afname op dezelfde plaats als
waar de verhitting was waargenomen op MR thermometrie.
Voor de beeldsturing van dit proces, het vrijzetten van geneesmiddelen onder invloed van de
temperatuur, zijn MRI protocollen nodig die gevoelig zijn voor de veranderingen die
plaatsvinden. In hoofdstuk 3, wordt de bruikbaarheid onderzocht van een multi-echo gradient
echo sequentie voor het meten van het verloop van R1, R2* en temperatuur over de tijd voor
volgen van het vrijzetten uit TSM. Zo’n multi-echo sequentie levert elke vijf seconden een
dataset, waaruit op een standaard manier de R2* kan worden bepaald uit de afname van het
signaal met de echotijd. Ook de temperatuur verandering wordt op bekende manier berpaald
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uit de fase van het signaal. De bepaling van R1 uit deze data is echter niet triviaal: de verandering
van R1 kan wel worden bepaald uit de verandering van de magnitude van het MRI signaal,
wanneer de R2* bekend is en wanneer je corrigeert voor de schijnbare verandering van de
proton dichtheid met temperatuur. De absolute R1 waarden kunnen dan worden bepaald door
een beeld te maken met de beginwaarden van R1, die we in dit geval hebben gemeten met de
Look-Locker methode. Op basis van deze data kan dus voor elk tijdpunt een R2* beeld worden
verkregen, terwijl de R1 verandering kan numeriek wordt gefit. Daarbij wordt de invloed van de
schijnbare proton dichtheids verandering met temperatuur meegenomen, waarbij de
temperatuur geschat wordt met de proton resonance shift methode.
Als eerste hebben we de stabiliteit van de fit methode geevalueerd voor typische waarden van
MR parameters zoals TR en TE, en de te verwachten veranderingen in R1 en R2*. Een in vitro
experiment in een stuk vlees liet de haalbaarheid zien van simultane temperatuur, R1 en R2*
meting voor verhitting zowel global met een waterbad als meer lokaal met HIFU. In de HIFU
experimenten, kwamen naast de plaats en de vorm van de R1, R2* en temperatuurs verandering
ook de temperatuursafhankelijkheid van de relaxiviteit goed overeen met de waarden gemeten
in de water bad experimenten. Tot slot hebben we verwarmings experimenten uitgevoerd met
TSL geladen met Gadoteridol, om te valideren dat de dynamische R1 meting het mogelijk maakt
om de vrijzetting van het contrastmiddel te detecteren. De experimenten lieten de
haalbaarheid zien van de methode, maar brachten ook het belang naar voren van de correctie
voor de schijnbare proton dichtheid voor de schatting van de R1 verandering.
In hoofdstuk 4 hebben we onderzocht of de TSM in combinatie met de dynamische
relaxiviteitsmetingen en MR thermometrie het mogelijk maakten om, in vivo, zowel de
verdeling van nano carriers als het afgifteproces af te beelden. In N=6 ratten met tumoren
geimplanteerd aan beide zijden, werd een van de tumoren blootgesteld aan 5 tot 15 minuten
locale hyperthermia met behulp van een waterbad. De ophoping van de nanocarriers en de
vrijzetting van de USPIOs teweeggebracht door de locale verhoging van de temperatuur
werden gevolgd met een tijdsrresolutie van 5s per beeld. Tot slot hebben we de R2* metingen
afgezet tegen de hoeveelheid ijzer in de tumoren, gemeten met inductief gekoppeld plasmaoptische emissie spectrometrie. De USPIOs in de TSM maakten het mogelijk om de eerste
passage met het bloed en vervolgens de ophoping van de nanocarriers in de tumoren af te
beelden. In vivo, waren het met name de afname in R2* die het mogelijk maakten om het
moment van vrijzetting te detecteren tijdens het verwarmen van de tumor. Enige R1
verandering was echter te klein om gedetecteerd te worden. De ICP-OES metingen gaven aan
dat de ijzerconcentratie was afgenomen in de tumoren die verwarmd waren, wat suggereert
dat de USPIOs na vrijzetting meegevoerd worden met het bloed.
Naar aanleiding van de bescheiden R1 verandering die de TSM geladen met USPIOs
teweegbrachten, hebben we onderzocht of dubbele labeling van de TSM met USPIOs en een
Gd chelaat (ProHance) een betere detectie van vrijzetting van de inhoud mogelijk zou maken.
Daarnaast had preclinische data van andere groepen al laten zien dat bij TSL die zowel
doxorubicine als Gd chelaat bevatten, de Gd concentratie en de R1 verandering op MR
correleerden met de doxorubicine concentratie in de tumor.
In hoofdstuk 5 beschrijven we de formulering en karakterisatie van TSL geladen met Gdchelaat en USPIOs met citraat schil, oftewel Gd-TSM. De rol van de USPIOs was nu om de
aanwezigheid van de liposomen vast te kunnen stellen, terwijl de Gd chelaten dienden om de
vrijzetting van de inhoud te detecteren. De formulering werd gekarakteriseerd met DLS en
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Cryo-TEM en daarbij vergeleken met TSL formuleringen die óf Gd chelaat óf USPIO bevatten. Er
werden geen veranderingen aan de hydrodynamische eigenschappen gemeten. In
tegenstelling tot de formulering uit hoofdstuk 2, liet Cryo-TEM zien dat de gecitreerde USPIO
deeltjes in het liposoom achterbleven nadat de temperatuur boven de fase transitie
temperatuur was gebracht.
De veranderingen van de relaxiviteit die teweeg konden worden gebracht door verwarming
lieten duidelijk de toegevoegde waarde van dubbele labeling zien: een grote r1 verandering na
verwarming met relatief stabiele r2*. Ten slotte, hebben we laten zien dat Gd-TSM gebruikt
kunnen worden om zowel aanwezigheid als vrijzetting te detecteren. Daartoe hebben we de
Gd-TSM ingespoten in een uitgenomen nier van een konijn en hierin een klein focus verhit met
HIFU. De aanwezigheid van de Gd-TSMs was zichtbaar door middel van R2* veranderingen in dit
ex vivo vaatsysteem, terwijl de vrijzetting zichtbaar was als een toename van de R1.

121

ACKNOWLEDGMENT
I would like to acknowledge the help of all the people involved in this project and, more
specifically, the authors and reviewers that took part in the design of my experiments and the
review process of my articles. I appreciate the opportunity to have been part of the SONODRUG
project and later part of the SOUND PHARMA project, which both involved an exciting
combination of MRI, ultrasound based technology and f the development of drug delivery
carriers. I have learned so much, both from a personal and professional capacity.
My sincere gratitude goes to Prof. Dr. Chrit Moonen. Thank you for your supervision during
my PhD research. You contributed your time and expertise to the redaction of my articles and
consequently this work. Without your support, this PhD would not have become a reality. Thank
you also for introducing me to a country, the city of Utrecht, its beautiful St. Martin's Cathedral
and its wonderful canals. I enjoyed so many good times riding my bike along its streets . Prof.
Dr. ir. Max Viergever, thank you for giving me the opportunity to restart my PhD at the Image
Science Institute.
This thesis would not be have been possible without the dedicated support from my daily
supervisor and co-promoter Dr Bos Clemens. You have been so patient with me. You inspired
me so much, professionally as well as personally. I can finally put it in to words, you’re somewhat
of a role model for me, a person who can be trusted and a person I would like to resemble.
Baudouin, thanks for teaching me how to use a computer. I appreciate all your advice. Most of
the work archived during my thesis would not have been possible without you. Jean-Michel,
thank you for your help and all your advice, each piece of advice more useful than the previous.
You often helped me recover from my disappointments. You are an honest and reliable person.
I am happy for you that you obtained a fixed position in Tours, you deserve it. Noburu, many
thanks for your expertise and the help on the in vivo related experiments and all the time you
spent that made it possible for me to achieve my experiments. Hoping to see you and your wife
again in Japan. Roel, thank you for the help you provided me with when I arrived in Utrecht,
but also all the nice advice you shared with me. Wishing you the best for the rest of your career.
Angélique, much of my in vivo related works would not have been possible without your
assistance. Your in vivo related expertise was impressive. I really enjoyed working with you.
Chris, thank you for all the advice you gave me to complete my thesis. You have been there
when I needed help. You have always been there to help me (even during the weekends) for
my experiments. Thank you for all your help. I am still trying to find someone who writes as
eloquently as you. It was a pleasure to work with you. Mario, thank you for supervising me at
the beginning of my thesis. I really appreciate your pragmatic way of life that was really helpful
especially when I moved to Utrecht. Martijn, thank you for explaining basic physics and
mathematics to me. Luc, we spent a lot of good times together riding our bikes, having beers
and watching movies during rainy days. Thanks for all. Marc, my true first fellow PhD student, I
hope that you will make it in the Netherlands. Wishing you the best for the rest of your career.
A big thanks to Mariska and your help with all the Dutch administrative forms that I would
never have been able to fill in alone. Thank you Merel for working with me at the end of my
PhD. I really appreciated being able to help each other to complete our respective experiments.

123

Willie than yous for your expertise and your Cryo-TEM images you made from my liposomes.
Thank you for allowing me to work with your microscope. Alexandru, I really appreciated
working with you. You were truly my first MRI teacher. Thanks for the time you spent teaching
me how to use the Philips MRI scanners. Pierre I miss you, and I will miss you for a long time.
Thank you for the help you provide me with. I am proud to have had you as my first ’last coauthor‘. I will keep all we have done and it will stayin a special place in my heart. Paul, next time
be careful before betting on beer with me! Thank you for our MRI related discussions and the
good time we spent together at the console. Miekee, I wish I had more time to work with you
on a common project. Hoping to see you again in Utrecht. Henriette, a big thank you for having
welcomed me, in Utrecht, in your wonderfully typical Dutch house. I hope to have the
opportunity to see you again and to introduce you to my daughter, Margaux. Also, I wish to
thank all the members of the ISI, with a special mention to the administrative staff and all my
fellow PhD students that I forget to mention here.
Thanks to my parents Caroline and Patrick, to my brother Grégory and my favorite sister
Cyndie for supporting me from France. A big thank you also to my parents in-law, Michèle and
Francis and Mamé for their support and for visiting me in Utrecht. It was a real pleasure to see
you all riding Dutch bikes. I would also like to thank all my friends: Bertrand, Cédric², Pierre,
Damien, Stéphanie, Alexandre, Victorine, Brân, Elodie, Charlotte and Ariane.
Mathilde, my love, thank you. Thank you for the smile you had when you learnt that I decided
to follow Chrit to Utrecht even though we had just bought our first apartment in Bordeaux.
Thank you not only for waiting for me during these years, but also for coming to join me in the
Netherlands and share my day-to-day life for six months. Thank you for the gifts you gave me
on my return to France, I am so pleased you agreed to be my wife and to have given me a
wonderful daughter, Margaux, who infuses me with a zest for life that I never expected.

124

ACKNOWLEDGMENT

125

CURRICULUM VITAE
The author was born on May 2, 1984 in Marmande, a small town situated in the
South West of France. After graduating from high school in 2004 he moved to
Bordeaux to study Biology and Biochemistry at the Bordeaux University, France.
In 2009, he completed his master’s degree in Biochemistry. From 2009 to 2011
he started his first PhD project at the Laboratory for Molecular and Functional
Imaging, in Bordeaux, under the supervision of Professor Chrit Moonen. At this
time, Chrit Moonen’s laboratory moved to the University Medical Center
Utrecht where he was allowed for completing is PhD project. Currently, he fulfills a position as
postdoc in the research group of Gisèle Clofent-Sanchez at the Center for Magnetic resonance
of Biological systems, University of Bordeaux.

127

LIST OF PUBLICATION
Articles
C. Lorenzato, A. Cernicanu, M.-E. Meyre, M. Germain, A. Pottier, L. Levy, B. Denis de Senneville,
C. Bos, C. Moonen, P. Smirnov. MRI Contrast Variation of Thermosensitive Magnetoliposomes
Triggered by Focused Ultrasound: a Tool for Image-guided Local Drug Delivery, Contrast Media
Mol. Imaging. 8 (2013) 185–192. doi:10.1002/cmmi.1515.
C. Lorenzato, C. Oerlemans, A. Cernicanu, M. Ries, B. Denis de Senneville, C. Moonen, C. Bos.
Rapid Dynamic R1/R2*/Temperature Assessment: A Method with Potential for Monitoring Drug
Delivery, NMR Biomed. 27 (2014) 1267–1274. doi:10.1002/nbm.3182.
M. van Elk, C. Lorenzato, B. Ozbakir, C. Oerlemans, G. Storm, F. Nijsen, R. Deckers, T. Vermonden,
W.E. Hennink. Alginate Microgels Loaded with Temperature Sensitive Liposomes for Magnetic
Resonance Imageable Drug Release and Microgel Visualization, Eur. Polym. J. 72 (2015) 620–
631. doi:10.1016/j.eurpolymj.2015.03.013.
C. Lorenzato, C. Oerlemans, M. van Elk, W.J.C. Geerts, B. Denis de Senneville, C. Moonen, C. Bos.
MRI Monitoring of Nanocarrier Accumulation and Release Using Gadolinium-SPIO Co-labelled
thermosensitive
liposomes, Contrast Media
Mol.
Imaging.
(2016)
n/a-n/a.
doi:10.1002/cmmi.1679.
K. Oumzil, C. Lorenzato, A. Hemadou, J. Laroche Traineau, M.-J. Jacobin, S. Mornet, C.-E. Roy, T.
Kauss, K. Gaudin, G. Clofent-Sanchez, M. Ramin, P. Barthelemy. Solid Lipid Nanoparticles for
image-guided
therapy
of
atherosclerosis,
Bioconjug.
Chem.
(2016).
doi:10.1021/acs.bioconjchem.5b00590.

Articles under review
C. Lorenzato, C. Oerlemans, A van Rijbroek, J-M Escoffre, N Sasaki, B.Denis de Senneville, C.
Moonen, C. Bos. Thermosensitive magnetoliposomes as a drug delivery system: in vivo nearreal-time monitoring of accumulation and release using MR relaxometry mapping, NMR
Biomed

Abstracts
M. Derieppe, A. Yudina, M. Lepetit-Coiffe, C. Lorenzato, C. Moonen. Real-time imaging and
analysis of FITC-dextran extravasation from tumor vasculature using fibered confocal
fluorescence microscopy. World Mol. Imaging Congr. WMIC, 2011.
A. Yudina, M. Derieppe, C. Lorenzato, R. Tejera-Garcia, P. Kinnunen, C. Moonen. Real-time
imaging of doxorubicin release from thermosensitive liposomes using fi bered confocal
fluorescence microscopy, in: World Mol. Imaging Congr. WMIC, 2011.
A. Yudina, M. Lepetit-Coiffe, M. de Smet, S. Langereis, C. Lorenzato, H. Gruell, C. Moonen.
Temperature-Controlled Ultrasound-Mediated Intracellular Delivery of Cell-Impermeant
Molecules: In Vivo Study, in: World Mol. Imaging Congr. WMIC, 2011.

129

C. Lorenzato, A. Cernicanu, B.Denis de Senneville, P. Smirnov, M.-E. Meyre, M. Germain, M. Ries,
C. Moonen. Rapid dynamic PRF/Capital Greek DeltaT1/T2* monitoring for the characterization
of heat-induced USPIO release from thermosensitive liposomes, in: Int. Symp. Magn. Reson.
Med. ISMRM, 2012.
C. Lorenzato, C. Oerlemans, F. Nijsen, C. Moonen, C. Bos. MRI in Vitro Setup for Studying
Contrast Agent Effect in Inhomogeneous Environment, in: Int. Symp. Magn. Reson. Med. ISMRM,
2013.
M. van Elk, C. Oerlemans, C. Lorenzato, J.F.W. Nijsen, R. Deckers, T. Vermonden, W. Hennink.
Temperature Triggered Co-Release Beads for MRI-guided Embolization, in: Eur. Mol. Imaging
Meet. EMIM, 2014.
Multimodal Molecular Imaging for Image Guided, Ultrasound Triggered & Drug
Delivery, talk of C. Moonen in: World Mol. Imaging Congr.ISMRM 2015.
C. Lorenzato, C. Oerlemans, A. Barten-Van Rijbroek, JM. Escoffre, N. Sasaki, B. Denis de
Senneville, C. Moonen, C. Bos.Thermosensitive Magnetoliposomes as a Drug Delivery System:
In Vivo Near Real-Time Relaxometry Monitoring of Accumulation and Release. , in: World Mol.
Imaging Congr. WMIC, 2016.

Patents
A. Pottier, L. Levy, M.-E. Meyre, M. Germain, C. Lorenzato, C. Moonen, P. Smirnov. Method of
Monitoring the Release from Liposomes of a Product of Interest Using Superparamagnetic
Nanoparticles, Patent WO2012EP51510, US2016038616 (A1), 2016.

130

