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Chapter 1
Introduction

Cancer is a leading cause of death worldwide, accounting for nearly 10 million
deaths in 2020. The most common cases of cancer in 2020 were: breast, lung, colon and
rectum, prostate, skin, and stomach, while lung, colon and rectum, liver, stomach, and
breast are the most common causes of cancer death. Moreover, as reported by WHO, in
high-income countries the group of the lung, bronchus, and trachea cancers is in the first
four top causes of overall deaths in 2020, followed by colon and rectum cancers as the 7th
[1]. Despite dynamic development in the fields of cancer diagnosis and therapy, there are
still significant challenges to overcome. Currently available anticancer treatment options,
including radiotherapy, chemotherapy, and surgery, are invasive, painful, and sometimes
imprecise, and therefore ineffective. As a result, significant acute and chronic adverse
effects negatively impacting the patient's overall outcome are observed, especially in the
case of chemotherapy and radiotherapy which target non-specifically fast-dividing cells
whether they are cancerous or not [2]. The development of effective drug therapy based
on targeted platforms that can distinguish between cancer and healthy cells, and deliver
a therapeutic dose to cancer cells is a major goal of drug discovery [3].
To enable effective action, therapeutic agents have to be delivered to their specific
destinations, which are usually the cytoplasm or nucleus of cancer cells. However, as
many chemotherapeutics suffer from low aqueous solubility and poor pharmacokinetics,
their therapeutic effect is limited and the therapeutic doses are in general high. Moreover,
due to the small size and molecular weight of particles, the clearance of these agents from
the circulation is very rapid, resulting in a short half-life that limits clinical use [3]. The
integration of nanotechnology and drug design can address those problems by offering
nanosystems with high surface-to-volume ratios and with unique physiochemical
properties. Specifically, the use of nanocarriers for drug delivery offers the following
advantages; it prevents the drug from rapid degradation, resulting in an increased halflife of the drug in the systemic circulation; appropriate design of nanocarrier improves
the solubility and stability of anticancer drugs;
13

it advances drug distribution and

targeting of the cancer sites, ensures a sustained release of the drug; and it can reduce
drug resistance by the delivery of multiple therapeutic agents [2]. In general, the delivery
of anticancer drugs in nanoparticle systems to tumor sites can be accomplished by either
passive or active targeting. In active targeting, the NPs are conjugated with a ligand
moiety, such as peptides, aptamers, antibodies, and small molecules that can be
selectively recognized by specific receptors, whereas passive targeting is based on the
enhanced permeation and retention effect. In addition, the enhancement of NPs
accumulation in the desired location can be achieved by the use of external forces. For
example, it is possible to direct nanocarriers containing magnetic NPs with the magnetic
field.
Moreover, nanotechnology offers the opportunity to combine chemotherapeutics
with biomedical imaging agents and other treatment modalities to overcome the
challenges of cancer diagnosis and therapy. The combination of diagnosis and therapy in
a single nanocarrier is referred to as theranostics. Such an approach presents synergistic
advantages in comparison to separately conducted imaging and treatment procedures
[4]. In particular, the use of well-designed theranostic agents allows the simultaneous
delivery of therapeutic and imaging agents in a single dose, with the potential to overcome
the undesirable differences in biodistribution and selectivity, that occur when using the
standard two-step procedure. The main expected effect of the use of theranostics is to
enable the imaging and monitoring of diseased tissue anatomy, as well as studying the
kinetics of drug delivery and its efficacy, with the long-term hope of achieving treatment
dose adjustments with much greater control and precision. The most commonly used
imaging modalities for nanoparticle tracking in vivo, as well as for structural, functional,
and molecular imaging of the tumor region, include fluorescence imaging, positron
emission tomography (PET), magnetic resonance imaging (MRI), and computed
tomography (CT), which are characterized by different sensitivity, resolution, and
penetration depths [5]. In the case of MRI, the observation of NCs distribution is
accomplished by the attachment of contrast agents that either modify the relaxation rates
of the surrounding (positive or negative contrast agents) or can be directly detected (hotspot agents). The most extensively studied therapeutic applications combined with MRI
diagnosis include chemotherapy, gene therapy, thermal therapy (magnetic hyperthermia,
photothermal therapy, and ultrasound and radiofrequency-induced thermal therapy),
14

reactive oxygen species based cancer therapy (photodynamic therapy, sonodynamic
therapy, and ferroptosis), and combination therapies, mostly combining thermal therapy
with chemo or radiotherapy.
The aim of the thesis was to evaluate the theranostic potential of various
nanocarriers in terms of their contrasting efficiency for magnetic resonance imaging.
Regarding the similarity of the composition and the application of nanocarriers, two main
groups of investigated formulations can be distinguished, namely polyelectrolyte
nanocapsules with multilayer shells for anticancer (paclitaxel, or 5-FU) drug delivery, and
core-shell nanoparticles for photothermal therapy. In the group of polyelectrolyte
nanocapsules following nanosystem with contrast agents of standard, relaxation type
(positive and negative), as well as direct detection agents based on 19F compounds were
investigated, specifically:
-

Gadolinium-labelled polyelectrolyte nanocarriers with encapsulated Paclitaxel,
where formulations with nanoemulsion and polymeric cores were compared;

-

Magnetically responsive polycaprolactone nanocarriers with Fe3O4 nanoparticles
as MRI contrast agents with encapsulated Paclitaxel, where two types of multilayer
shell were investigated;

-

Nafion™-Based Theranostic Nanocapsules with Paclitaxel for x-nuclei MRI
detection;

-

and polyelectrolyte nanocapsules with 5-fluorouracil, where 5-FU is used as both
therapeutic and imaging agent for 19F MRI.
In the case of core-shell nanoparticles, different variations of core shape and shell

thickness were tested, namely:
-

NPs with a spherical-shaped Fe3O4 core, coated by a 10 nm thick SiO2 shell;

-

NPs with a cubic-shaped Fe3O4 core, coated by a 10 nm thick SiO2 shell;

-

and NPs with a cubic-shaped Fe3O4 core, coated by a 2 nm thick SiO2 shell.
The synthesis of nanocarriers for MR investigations as well as their

physicochemical characterization and therapeutic efficiency tests were performed in
cooperation with two groups, one from the Institute of Nuclear Physics PAS and one from
the Jerzy Haber Institute of Catalysis and Surface Chemistry PAS.
15

The main hypothesis is that it is possible to use MR imaging to detect theranostic
nanocarriers at a therapeutic dose. To test that, the contrasting efficiency of synthesized
nanocarriers was investigated in order to find the most optimal composition of each NP
type. For nanoparticles with relaxation contrast agents based on Gadolinium and F3O4
particles, the contrasting properties were evaluated by means of MR relaxometry,
specifically relaxivity measurements. Following that, an imaging study of gel- or waterbased phantoms with nanoparticles was conducted with the goal of visualizing their MRI
contrasting properties and establishing optimal sequence parameters. The Mössbauer
spectroscopy and SQUID magnetometry data were taken into account to better
understand and explain the obtained results. In the case of nanocapsules based on directdetection agents, a contrasting effect was achieved by imaging on 19F nuclei and imposing
the MR image of their spatial distribution over the standard anatomical image on protons.
For that reason, the contrasting efficiency of those so-called hot-spot agents was
evaluated based on values of the signal-to-noise ratio in
main objective in

19F

19F

MR images. Therefore, the

imaging experiments was to optimize the imaging conditions in

order to reliably determine the location of 19F-containing agents.
The thesis consists of 6 chapters. In the first introductory chapter, the research
problem is outlined. Chapter two, fundamentals and state of the art, presents the
theoretical background of conducted experiments. It starts with a description of the
current knowledge about the studied matter, providing a comprehensive overview of
what has been done in the field. Next, the physical principles of magnetic resonance
imaging are described, followed by an overview of available contrast agents classified by
the mechanism of their action.

In the third chapter, materials, and methods, the

description of the investigated theranostic nanosystem is provided, including a short
description of the chemical composition and the synthesis process. Subsequently, the
experimental equipment and applied measurement and analysis methods are described.
Chapter four shows the experimental results obtained for all the investigated materials.
This chapter is divided into three parts. The first section is devoted to the nanosystem
containing relaxation contrast agents of the superparamagnetic (negative) type. The
second part displays results obtained for nanocapsules containing gadolinium ions, which
are positive relaxation contrast agents. Finally, in the third part, results of imaging of
nanocarriers containing direct detection contrast agents based on
16

19F

atoms are

presented. Chapter six, discussion, provides the interpretation of the obtained
experimental results. It consists of two subsections, one concerning nanocarriers based
on relaxation contrast agents, and the other about

19F

MR imaging of direct detection

contrast agents. Considerations are supplemented with results of Mössbauer
spectroscopy and SQUID magnetometry, as well as information on the therapeutic
potential of investigated materials based on cell viability tests. The last chapter,
conclusions, points out the most important outcomes of the thesis and is followed by a
list of relevant references.
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Chapter 2
Fundamentals and state of the art

2.1. Theranostics for MR-guided therapy
The ‘theranostics’ is a relatively new term, that was originally introduced by
Funkhouser in 2002 [6]. It’s a concept of combining two modalities, therapy, and
diagnostic imaging. Initially, the term was closely related to personalized medicine, a
strategy of closely linking disease diagnosis with the application of appropriate therapy.
Later, ‘theranostic’ gained a new meaning and nowadays is used to describe a single agent
in which the diagnostic and therapeutic properties are combined. Theranostics aims to
offer a more patient-specific approach, through the adjustment of the therapeutic dose
individually for each patient, based on the observation of the distribution of contrast
agents that are linked to therapeutics. By combining both the diagnostic and therapeutic
aspects, it is possible to reduce the number of agents administered to patients, their dose,
and the number of invasive treatments they must undergo [7]. For theranostic purposes,
the most commonly used imaging modalities are positron emission tomography (PET),
single-photon emission computed tomography (SPECT), ultrasound imaging, magnetic
resonance imaging (MRI), and computed tomography (CT). For each of those methods,
different imaging agents that can be incorporated into the theranostic device are
available. Moreover, each of these modalities has some unique advantages and limitations
that have to be taken into account when selecting appropriate imaging techniques for
desired information.
For PET imaging, probes based on 18F, 64Cu, 11C, and 15O-labelled compounds are
used, while SPECT utilizes 99mTc, and 111In chelates [8]. Both methods are based on the
detection of γ radiation emitted by the radionuclide administered in the form of a
radiopharmaceutical and are referred to as nuclear imaging modalities. Nuclear imaging
is characterized by very high sensitivity and provides quantitative results. However, those
methods are associated with risks related to high radiation doses, and they suffer from
low spatial resolution [9]. Also, they don’t provide anatomical information therefore,
19

additional imaging modalities are required to localize the radiotracer in the anatomical
context. In the standard approach, SPECT or PET imaging is combined with CT (Computed
Tomography), or less frequently, with MRI. The CT scan is based on the measurement of
the ionizing radiation (x-ray) attenuations in body tissues. To increase the contrast
between tissues, CT uses mainly probes that are based on iodine. However, lanthanide–
chelate contrast agents that were initially developed for MRI, gold nanoparticles, and
other metallic contrast agents, including Bi-based probes and Fe/Pt alloys, are also used
[10] [11]. CT provides tomographic imaging, but again, its main disadvantage is the use
of ionizing radiation. Ultrasound imaging is one of the most commonly used diagnostic
techniques in the clinic because of its ease of operation and real-time results. It offers high
resolution and relatively low costs. However, the depth of imaging is limited.
Microbubbles and nanobubbles are contrast agents available in ultrasound imaging for
theranostic purposes [12] [13]. Finally, MRI is a technique that, similarly to CT, has
tomographic capabilities, but does not utilize ionizing radiation to create the image. It
allows for imaging at any depth within the object and has submillimetre resolution invivo. Its main disadvantage is low sensitivity, which can be solved by the use of contrast
agents. There is a very wide range of contrast agents used in MR imaging, which are
usually based on gadolinium, iron oxide, manganese oxide, or

19F-labelled

compounds

[14] [4]. A more detailed description of the types and mechanisms of action of contrast
agents for MR imaging is provided in chapter 2.3.
For theranostic purposes, MRI contrast agents are combined with therapeutic
components for the implementation of targeted anti-cancer therapy such as MR-guided
drug delivery, thermal therapies including photothermal therapy, magnetic hyperthermia
treatment, ultrasound, and radiofrequency-induced thermal therapy, reactive oxygen
species–based therapy, gene therapy, and combination therapies. Targeting of
nanoparticles to tumor sites can be achieved either passively, actively, or through
externally applied forces. Passive targeting is accomplished by enhanced permeability
and retention (EPR) effect where nanoparticles accumulation is increased due to leaky
vasculature with pores of 100 nm to 2 µm in diameter and impaired lymphatic drainage
in the tumor. In active targeting, specific interactions between a ligand attached to the
theranostic nanoparticle surface and a receptor on the target cells are used. Those ligands
include peptides, aptamers, antibodies, and small molecules. The targeting based on
20

external forces is accomplished by the use of magnetically-responsive carriers and an
external magnetic field. Moreover, those approaches are often applied simultaneously in
one theranostic nanodevice that allows for more efficient drug delivery to the tumor site.
In this thesis, nanocarriers for drug delivery and thermal therapy were investigated.
Therefore, a short overview of similar nanocarriers is provided.
Regarding drug delivery, the application of nanocarriers provides prolonged
circulation time of drugs, improves their efficacy, overcomes complex delivery barriers,
and reduces side effects compared to free drug formulations. For instance, in [15],
Ganipineni et al. reported the application of paclitaxel (PTX) and superparamagnetic iron
oxide (SPIO)-loaded PEGylated PLGA-based nanoparticles to treat glioblastoma via
magnetic targeting. Based on MRI images, the blood-brain barrier at the glioblastoma site
was seen to be disrupted, and PLGA nanoparticles could be accumulated in the mouse
brain via magnetic treatment. NPs did not induce any systemic toxicity compared with
free PTX, while the treatment significantly prolonged the median survival time compared
with the passive targeting and control treatments. In [16] a complex of SPIO-Doxorubicinconjugated microbubbles for drug delivery to the brain was developed by Fan et al.
Magnetic labelling enabled visualization via MRI and magnetic targeting for enhanced
deposition of the drug in the tumor. It was shown, that focused ultrasound sonication can
be used with synthesized NCs to enable blood-brain barrier opening, and allowed dual
ultrasound/magnetic targeting of Doxorubicin (DOX) delivery in a rat glioma model. The
accumulation of the complex within brain tumors was evaluated by the change in
relaxation rate R2 which was confirmed also by liquid chromatography and inductively
coupled plasma-atomic emission spectroscopy. Shakeri-Zadeh et al. [17] synthesized 5FU/magnetite/PLGA nanocapsules for the targeted delivery of 5-fluorouracil to colorectal
cancer. Magnetic drug targeting was used to selectively focus chemotherapeutics in tumor
tissue. In vivo release investigations showed that fabricated nanocapsules have a
prolonged lifetime in the rabbit plasma compared with free 5-FU. Magnetic resonance
imaging confirmed that the magnetic nanocapsules were successfully targeted to the
tumor. Additionally, the magnetic nanocapsules demonstrated excellent anti-tumor
activity against colon cancer (CT26 cells allograft model). In [18], Feng et al. encapsulated
PTX and hydrophilic SPIONs inside the core of the copolymer (PEG-P(Asp-DIP)-P(LysCa)) micelles to be used for potential cancer therapy. It was demonstrated that PTX
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release from micelles can be controlled by pH change and that as-prepared NCs were
effectively internalized by human colon carcinoma cells (LoVo cells). The NCs delivery
effect was also positively verified in vivo in a model of colorectal carcinoma xenografts by
MRI and histology analysis.
All nanocarriers mentioned so far utilize T2-contrast MRI based on SPIONs.
However, in some situations, darkening in NCs accumulation sites can be difficult to
distinguish from artifacts induced by various pathological conditions or air cavities.
Therefore, theranostic nanocarriers are also designed as positive MRI CAs. For example,
in [19], pH-responsive Gd-based nanoparticle–organic frameworks loaded with
chemotherapeutic agents DOX and 5-fluorouracil (5-FU) were designed by Ling et al. The
proposed nanosystem showed effective dual-drug release by the cleavage of chemical
bonds and the disruption of the framework structure induced by acidic pH. Moreover,
much higher cytotoxicity was observed for dual-drug NCs in comparison to frameworks
loaded with only a single drug (DOX or 5-FU), indicating the synergic effect of Dox and 5FU released from the NCs. Liu et al. [20] fabricated polymeric, pH-sensitive nanocarriers
by the self-assembly of the multi-block polymer (PLA-PEG-PLL-DTPA) and the pHsensitive material (PLH-PEG-biotin). The anti-hepatocellular carcinoma (HCC) drug
sorafenib was encapsulated inside the nanoparticles and Gd ions were attached to the
surface of the nanoparticle. In cell cytotoxicity studies, NCs showed a similar antitumor
effect against HepG2 cells compared to free drug solution, while in in-vivo anti-tumor
studies, a significantly higher antitumor effect in H22 tumor-bearing mice was observed.
Regarding MRI tests, the T1 relaxivity value was 17.3 mM−1 s−1, which was much higher
than clinically approved Magnevist® (r1 = 4.8 mM−1 s−1).
MRI-detectable theranostic nanocarriers have also been designed to include

19F

atoms, which provides the hot-spot contrast that is preferred for quantitative studies. For
instance, in [21], Boissenot et al. presented optimization of the encapsulation of paclitaxel
(PTX) into core-shell nanocapsules made of a PLGA-PEG shell and PFOB (perfluorooctyl
bromide) core to serve as theranostic agents. In in-vitro tests, fabricated nanocapsules
induced similar mortality of CT-26 colon cancer cells as free PTX. Additionally, in-vivo 19FMRI showed that the encapsulation of PTX does not limit its ability to accumulate
passively in CT-26 tumors in mice by the EPR effect. Moreover, a twofold reduction in
tumor growth as compared with the negative control and with the free PTX group was
22

observed. Shaowei et al. [22] proposed a fluorinated amphiphile-based 19F MRI-traceable
liposomal drug delivery system for in vivo tracking of DOX at therapeutic dose. The
fluorinated amphiphile was designed as a dendrimer with highly fluorinated moieties that
served as hydrophobic tails and as a 19F MRI detectable agent, and monodisperse PEG as
hydrophilic heads that enhance solubility, biocompatibility, and stability. Subsequently,
this amphiphile was used for the formulation of
encapsulated DOX. In the in-vivo

19F

19F

MRI traceable liposomes with

MRI-monitored DOX delivery studies on tumor-

carrying nude mice, the distribution of the synthesized liposomes in the tumor was
observed. Moreover, the amounts of DOX and amphiphile in tumors and kidneys were
quantitatively measured. The co-localization of DOX and amphiphile in vivo was observed,
proving the efficiency of liposomes to monitor DOX in vivo at the therapeutic dose level.
Another formulation for 19F traceable nanocarriers was proposed in [23], where peptidic
monodisperse-PEG was modified with fluorinated L-lysine side chains and a fluorescent
N-terminal for a 19F MRI and fluorescence dual-imaging traceable and thermo-responsive
DOX-loaded liposome fabrication. The efficiency of NCs was investigated in a rodent
xenograft model of human liver cancer HepG2 cells. Mice injected with theranostics had
higher plasma DOX concentrations than mice injected with free DOX. Additionally, the
half-life time of DOX and theranostics in plasma were < 5 and around 15 min, respectively.
The therapeutic efficacy in-vivo test showed considerable tumor growth inhibition in the
groups treated with free DOX and theranostics. Moreover, tumors sizes in the theranostics
treated group were much smaller than that of the free DOX treated group, which showed
the improved therapeutic efficacy of theranostics.
MR-guided thermal therapy can be carried out with the use of several different
heating sources/mechanisms. These include photothermal therapy (PTT), magnetic
hyperthermia treatment (MHT), and ultrasound (US) and radiofrequency (RF)-induced
thermal therapy. In this thesis nanoparticles for PTT and MHT were investigated, the
overview focuses on those mechanisms. In magnetic hyperthermia treatment, magnetic
nanoparticles (MNPs) are subjected to an alternating magnetic field, which results in heat
generation and selective tumor cells death. With large, multidomain MNPs, heat is
generated via hysteresis losses, while for smaller, single domain NPs, Neel and Brownian
relaxation are involved. As a result, the temperature is raised locally in the tumor within
the range of 43 - 46 °C, leading to physiological changes in the cancer cells followed by
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their apoptosis or necrosis [24]. Theranostics is accomplished mainly by the use of
SPIONs like Fe3O4 or Fe2O3, as they demonstrate preferable magnetic properties for
magnetic heating, low toxicity, magnetic targeting, and MRI contrasting. To further
enhance this potential, SPIONs are conjugated with different compounds to form efficient
nanodevices for MHT. For instance, Hayashi [25] prepared clustered SPIONs for the
effective enhancement of MRI contrast in tumors and inhibition of tumor growth by
magnetic hyperthermia (MHT). Obtained clusters were modified with folic acid and PEG
to promote their accumulation and prolong the retention in tumors. After 24 hours post
i.v. injection of FA-PEG-SPION nanoclusters, their local accumulation in cancer tissues
within the tumor, and enhanced MRI contrast were observed. Subsequently, mice were
placed in an AC magnetic field with H = 8 kA/m and f = 230 kHz for 20 min. Due to the
accumulation of nanoclusters, tumors underwent local heating, with the temperature
raise higher than the surrounding tissues by ≈6°C, 20 min after treatment (the average
SAR was 104 W/gFe). The tumor volume of treated mice was one-tenth that of the control
group 35 days after treatment. Furthermore, mice treated with MHT were alive after 12
weeks, while the control group died up to 8 weeks post-treatment. Similar folic acidmodified nanoparticles were proposed by Soleymani et al. [26], where dextran-coated
biocompatible magnetite nanoparticles with high heating efficacy were synthesized. The
folic acid was conjugated to the surface of the prepared nanoparticles to enhance their
accumulation in tumors with overly expressed folate receptors, such as breast, colon,
lung, and brain tumors. The heat generation efficiency of the synthesized nanoparticles
was evaluated by SAR value measurement that was 37.6 and 52.3 W g−1 (for the magnetic
field of H = 12.5 or 15.0 mT and f = 150 kHz). The NPs were relatively nontoxic even at
high concentrations of up to 1000 µg mL−1 in vitro, and 100 mg kg−1 in vivo. In-vivo MRI
experiments proved enhanced accumulation and retention of the FA@Fe3O4 NPs within
the tumor tissue. Moreover, hyperthermia treatment performed on an animal model of
breast tumor showed a significant difference in tumor growth between the treated mice
in the MHT with NPs group and the untreated mice in the control group.
Magnetic hyperthermia can also be utilized to improve drug delivery efficiency in
difficult environments by offering controlled on-demand drug release in the desired
location. In [27], the effect of MHT in combination with local chemotherapy to inhibit
patient-derived colorectal cancer stem cells (qCR-CSCs) was investigated by Fernandes et
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al. Iron oxide nanocubes were coated with a thermoresponsive polymer (TR-Cubes) and
loaded with DOXO (TR-DOXO) as a chemotherapeutic agent that was released from the
polymer only at a temperature above 44 °C. In cell viability tests, qCR-CSCs exposed to
TR-nanocubes and treated with MHT struggled to survive the heat damage and exhibited
delayed restart division of dormant cells. However, the complete stop of the colony
formation was achieved only after incubation with TR-DOXO NPs and MHT treatment. The
in vivo study confirmed this synergic effect of MHT and heat-induced drug release. Only
the group of animals that received the CR-CSCs pre-treated with TR-DOXONPs and MHT
did not form the tumour, even after several months. A similar approach was employed by
Hayashi et al. [28], where magnetic field responsive NPs were created by combining the
DOX and clustered Fe3O4 NPs within a polymer (carboxylic polypyrrole) with a glasstransition temperature (Tg) of 44 °C. To improve the NP retention in the tumour, NPs were
modified with PEG and folic acid. During exposure to the alternating current magnetic
field, the NPs core consisting of the Fe3O4 cluster produces heat, leading to the softening
of the polymer phase and, as a result, the release of DOX. The combination of MHT and
chemotherapy using the Fe3O4/DOX/PPy-PEG-FA NPs destroyed cancer cells in the entire
tumor and achieved a complete cure in one treatment. Furthermore, Fe3O4/DOX/PPyPEG-FA NPs exhibited no significant toxicity, demonstrating that the combination of MHT
and chemotherapy could destroy the tumor without damaging normal tissues. In [29], Liu
et al. proposed Mn–Zn ferrite MNCs - paclitaxel (PTX) nanocores that were coated with a
biocompatible PEG-phospholipid layer, with a surface modified by tripeptide of arginineglycine-aspartic acid (RGD) for improved targeting. The MR contrasting properties were
assessed by MR relaxometry and revealed a very high r2 relaxivity value of 490 mM-1s-1,
while heat generation efficiency was confirmed by a SAR value of 512 of W g−1 Fe. In-vivo
MRI experiments showed that in a mouse model bearing a subcutaneous 4T1 breast
tumour, MNCs-PTX@RGD could be effectively located in the tumor. Furthermore, when
exposed to an AC magnetic field, MNCs-PTX@RGD could easily penetrate the tumour
tissue from the tumour-fenestrated vascular networks and induce significant heating
(around 43 °C). The achieved temperature elevation accelerated the PTX release from the
inner lipid layer, promoting the synergetic thermo-chemotherapy in vivo. Overall antitumour efficacy of MNCs-PTX@RGD was improved, resulting in an increased survival time
of the mice to more than 46 days. Very recently, Fe3O4 nanoparticles for hyperthermia,
magnetic resonance imaging, and 5‑fluorouracil delivery in colorectal cancer treatment
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were fabricated by Yusefi et al. [30] using Punica granatum fruit peel extract (green
extract) as a green stabilizer. Thermoresponsive performance of the Fe3O4 nanofluids
with the green extract was assessed by SAR measurements, with obtained values in a
range of 243.12 - 310.97 W g−1 depending on the applied field (23.6 - 39.37 kA m−1).
Contrasting properties of synthesized NPs were evaluated by MR imaging and
relaxometry, with r2 values in the range of 1.00 - 0.39 ml μg−1s−1 depending on stabilizer
concentration (1 – 4 wt%). Furthermore, 5-FU was successfully loaded onto the Fe3O4 NPs
with 62 ± 0.3% efficiency, which was followed by 79% drug release within 24 h at pH 7.4.
According to in-vitro cytotoxicity tests on CCD112 normal and HCT116 colorectal cancer
cell lines, the 5-FU loaded in the Fe3O4 NPs showed 29% cancer cell mortality, and only
11% elimination on healthy cells, indicating potential theranostic application in colorectal
cancer therapy.
Another type of thermal therapy, photothermal therapy (PTT), utilizes nearinfrared (NIR) laser photoabsorbers to generate heat for the thermal ablation of cancer
cells. PT therapy is characterized by high specificity, minimal invasiveness, and precise
spatial-temporal selectivity compared with conventional therapeutic modalities. For
effective PTT, two main factors have to be considered: the incident excitation energy and
the dosage; and the photothermal conversion efficiency of the PTT agents. A number of
PTT agents, including noble metal nanostructures, nanocarbons, transition metal
sulfide/oxide nanomaterials, and organic nanomagnets, have been extensively explored.
The optimal PTT agent should exhibit high PTCE (photothermal conversion efficiency),
strong absorption of NIR light, efficient targeting capability, and high biocompatibility.
Moreover, some of the PTT agents have been designed in combination with imaging
moieties, including MRI contract agents, to enable image-guided therapy. For instance,
Abed et al. [31] presented the theranostic nanoplatform of Fe2O3@Au core-shell
nanoparticles, where the Au shell exhibits surface plasmon resonance used in PTT and the
magnetic core Fe2O3 can be employed as an MRI contrast agent. Furthermore, the
magnetic properties of Fe2O3 allowed fabricated nanoparticles to be directed to the tumor
site by the external magnetic field. The theranostic potential of Fe2O3@Au NPs was
demonstrated on Balb/c mice bearing the CT26 colorectal tumor model. MR imaging
revealed the accumulation of NPs within the tumor, while in-vivo thermometry results
demonstrated a significantly higher temperature elevation rate in the tumor after NIR
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irradiation than in the non-targeted group (~ 12 °C vs. 8.5 °C). Histological investigations
of tumor tissue confirmed the antitumor activity of Fe2O3@Au. Tumors treated with only
NIR or with an I.V injection of Fe2O3@Au show normal cell morphology and similar cell
density to the control group. In contrast, a significant reduction in cell density and
necrosis areas were observed in the tumor sections after treatment with an I.V injection
of Fe2O3@Au followed by magnetic targeting and NIR treatment. Similarly, in [32] coreshell gold-coated IONPs (iron-oxide nanoparticles) were synthesized by Eyvazzadeh et al.
MR relaxometry investigations of Au@IONPs spherical NPs demonstrated their MR
contrasting properties with r2 relaxivity equal to 95 mM−1s−1. MTT results showed no
significant cytotoxicity in human nasopharyngeal carcinoma KB cells after incubation
with Au@IONPs or by laser irradiation without NPs. In contrast, the photothermal
treatment using Au@IONPs, resulted in approximately 70% cell death, depending on an
incubation period and the Au@IONP concentration. Tsai et al. [33] demonstrated a rattleshaped IONP@shell-in-shell nanostructure, created by the deposition of a double layer of
Au/Ag alloy on the surface of truncated octahedral iron IONPs with a controlled distance
between the layers for broad and strong NIR absorption. Through the exposure of
fabricated nanoparticles in an aqueous solution to a 1064 nm diode laser, ~28.3 % heat
conversion efficiency was accomplished. The in vitro cell viability at a gold concentration
of 100 ppm decreased to ~16 % (from ~85 %) after the NIR irradiation and magnetic
attraction. Moreover, a clear accumulation of nanoparticles was visualized by T2-weighted
MR imaging, followed by luminescence imaging that showed that the magnetically
targeted nanoparticles treated with NIR laser reduced the U87MG-luc2 cancer cell
proliferation in mice. In [34], Hou et al. developed a method to synthesize monodispersed
and uniform theranostic Fe3O4@SiO2@GNSs–PEG nanoparticles. The synthesized NPs
were composed of a superparamagnetic Fe3O4 inner core, silica as the mid-layer, and gold
nanoshells on the outside, with a uniform size distribution of less than 100 nm. It was
demonstrated that synthesized NPs can serve as both MR and CT imaging contrast agents
at different concentrations. Furthermore, a high photothermal effect with a temperature
increase of 40 °C was observed (808 nm laser irradiation at 2 W cm−2 for 10 min at the
concentration of 160 μg ml−1). NPs exhibited low toxicity with viability of more than 90%
at the concentration of 200 μg ml−1, which was reduced to 40% under 808 nm laser
irradiation at 2 W cm−2 for 3 min. Feng et al. [35] proposed a programmed NIR-responsive
drug delivery system for combined magnetic tumor targeting, MR imaging, and chemo27

phototherapy. Hollow mesoporous CuS nanoparticles (HMCuS NPs) were used to
encapsulate the DOX and then were capped with IONPs to facilitate enhanced PTT effect,
controlled drug release, magnetic targeting, and MR imaging. Further surface
modification with PEG resulted in increased biocompatibility and prolonged circulation
of NPs. The photothermal effect under NIR irradiation was evaluated, and the
photothermal conversion efficiency of HMCuS/DOX@IONP-PEG NPs was calculated to be
42.12%. The magnetic resonance contrasting capability of HMCuS/DOX@IONP-PEG was
assessed by T2-weighted MR images, revealing transverse relaxivity r2 equal to 29.5 mM1 s-1.

The anti-tumor efficacy of NPs was evaluated in tumor-bearing mice. The changes of

relative tumor volumes after various treatments were recorded as a function of time. The
treatment with empty NPs exhibited no tumor regression with tumor volumes increasing
rapidly. Moderate growth inhibition was observed in the group treated with free DOX.
Finally, the HMCuS/DOX@IONP-PEG NPs under NIR irradiation reduced the tumor
growth, and tumors were almost completely suppressed after the magnetic targeting of
injected NPs.

2.2. Magnetic Resonance Imaging principles

2.2.1. Nuclear Magnetic Resonance
The nuclear magnetic resonance (NMR) phenomenon arises from the quantum
mechanical property of the intrinsic form of angular momentum carried by elementary
particles, called spin. Individual unpaired electrons, protons, and neutrons each possess
a spin of I = ½, while the spin value of the whole nucleus lies in the range of I = 0 to I = 8
in ½-unit increments.
Due to the Heisenberg Uncertainty Principle, the exact orientation of a particle’s
angular momentum at any point in time is unknown. However, some limited properties,
such as the component of its angular momentum along an arbitrary direction, can be
measured with certainty:
𝐼𝑧 = ħ𝑚,
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(1)

where m is the quantum number, in the case of hydrogen m = -½ or ½, which means that
two spin eigen states are observed for 1H nucleus. Nuclei that have a non-zero spin
possess a magnetic moment, that is proportional to their angular momentum :
(2)

𝜇𝑧 = 𝛾 𝐼𝑧

In the absence of an external magnetic field, the two separate spin states are
degenerated. Only when a magnetic field is applied does the energy of the individual spins
depend on the magnetic moment and two spin eigenstates are revealed (nuclear Zeeman
effect). These states are commonly denoted as ∣ +½ 〉 and ∣ -½ 〉 and are referred to as spinup and spin-down, respectively (Figure 1).

Figure 1 Zeeman splitting for 1H nucleus

Although the lower-energy state is preferred, due to thermal motions at room
temperature resultant equilibrium distribution is a compromise predicted by the
Boltzmann distribution resulting in only small excess in spin-up sate [36]:

N↑
N↓

=𝑒

− ∆E
𝑘𝑏 𝑇

,

(3)

where N↑ and N↓ are the number of spins in the spin-up and spin-down configurations,
ΔE is the difference in energy between the two states, 𝑘𝑏 is the Boltzmann constant, and
T is the absolute temperature.
The energy of an individual proton is given by the dot product of the magnetic moment
vector and the static field, i.e.
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𝐸 = −𝜇𝑧 ∙ 𝐵0

(4)

Therefore, the energy difference between two eigenstates is described by the equation:

∆𝐸 = 𝛾 ħ 𝐵0

(5)

The particle can undergo a transition between the two energy states by the
absorption of a photon. The energy of this photon must exactly match the energy
difference between the two states. The relationship between the change in energy (ΔE)
of an atomic system by emission or absorption of a photon of frequency (𝜈0 ) is described
by the equation:
(6)

∆𝐸 = 𝜈0 ℎ.

The combination of equations 5 and 6 gives the frequency 𝜈0 that can also be expressed
as an angular velocity 𝜔0 = 2𝜋𝜈0 :
𝜔0 = 𝛾𝐵0 ,

(7)

which is referred to as Larmor frequency [37].
It should be highlighted that the fact that a hydrogen nucleus has two eigen spin
states does not mean that all individual spins reside exclusively in one of those states. All
possible states are weighted sums of the two eigenstates, and only if the spin of an
individual proton is measured along the direction of the magnetic field, it will be found to
be one of the eigenstates. In actual MR experiments, in order to get a measurable MR
signal, the total magnetization of many nuclei is taken into account. In the absence of a
magnetic field, the angular distribution of spins is spherical as shown in Figure 2. For the
individual spins, the energies associated with the orientation are much smaller than the
thermal energies, so there is only a slight tendency for them to point exactly in the
direction of the field. Therefore, when the magnetic field B0 is applied, the distribution of
spins orientation is skewed slightly toward the field direction, forming non-zero net
magnetization M (Figure 2, right) [38].
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Figure 2 Distribution of spins orientation in the absence (left) and presence (right) of magnetic field B0

When the sample is placed in the magnetic field, the precession of the individual
nuclei starts. Therefore, individual nuclei emit and absorb waves at the Larmor frequency
as soon as they are placed in the external magnetic field. Since the distribution of spin
directions is even in the transversal plane, the net transversal magnetization at equilibrium
is zero.
Nuclear magnetic resonance occurs when the pulse of an alternating magnetic field
B1 at the Larmor frequency is applied to a nuclear spin system. As this frequency lays in
the radio wave range, the pulse of the B1 field is also referred to as the RF pulse. The
absorption of energy by the spin system results in tilting the magnetization M out of its
equilibrium condition and the beginning of its precession around the B0 field direction,
also at the Larmor frequency (Figure 3) [38].

Figure 3 Nuclear Magnetic Resonance
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The net magnetization does not precess indefinitely around B after the RF pulse.
When the B1 field is turned off, M gradually returns to equilibrium M0 through magnetic
relaxation, as shown in Figure 4.

Figure 4 Evolution of net magnetization M in the magnetic field

This evolution of net magnetization in the magnetic field, taking into account spin
relaxation, is described by the Bloch equation [39]:
𝑑𝑴
𝑑𝑡

= 𝑴 × 𝛾𝑩 +

𝑀𝟎 − 𝑴𝒛
𝑻𝟏

−

𝑴𝒙𝒚
𝑻𝟐

,

(8)

where M0 is the equilibrium magnetization, Mz and Mxy are longitudinal and transverse
magnetization components, and T1 and T2 are two relaxation time constants, that reflect
the return of M to thermal equilibrium after the generation of the NMR signal. T1 describes
the regrowth of longitudinal magnetization, whereas T2 characterizes the decay of the
transverse components.
Bloch equation can be rewritten in the form of explicit expressions for all
components:
𝑑𝑀𝑥
𝑀𝑥
= 𝛾(𝑴 × 𝑩)𝑥 −
𝑑𝑡
𝑇2
𝑑𝑀𝑦
𝑑𝑡

= 𝛾(𝑴 × 𝑩)𝑦 −

𝑀𝑦
𝑇2

𝑑𝑀𝑧
𝑀𝑧 − 𝑀0
= 𝛾(𝑴 × 𝑩)𝑧 −
𝑑𝑡
𝑇1
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(9)

The solution of the above equations in the case of static field B = B0 can be simplified to:
𝑀𝑥 (𝑡) = 𝑒 −𝑡/𝑇2 [𝑀𝑥 (0)𝑐𝑜𝑠𝜔0 𝑡 + 𝑀𝑦 (0)𝑠𝑖𝑛𝜔0 𝑡]
𝑀𝑦 (𝑡) = 𝑒 −𝑡/𝑇2 [𝑀𝑦 (0)𝑐𝑜𝑠𝜔0 𝑡 + 𝑀𝑥 (0)𝑠𝑖𝑛𝜔0 𝑡]

(10)

𝑀𝑧 (𝑡) = 𝑀𝑧 (0)𝑒 −𝑡/𝑇1 + 𝑀0 (1 − 𝑒 −𝑡/𝑇1 ).
T1 relaxation, which is also called spin-lattice relaxation or longitudinal relaxation,
is the process by which the net magnetization M returns to its equilibrium value M0. It is
characterized by a T1 time constant reflecting the time it takes for the longitudinal
magnetization component Mz to recover approximately to 63% of its initial value after
being flipped into the transverse plane by a 90° RF pulse, as shown in Figure 5 (left). For
T1 relaxation to occur, the energy must be dissipated from the spin system. As the
spontaneous emission of energy is extremely unlikely in the NMR range of frequencies,
the energy transfer is stimulated by locally fluctuating field Blocal. The source of this field
is usually another proton or electron of the same or nearby molecule (so-called ‘lattice’)
that produces the magnetic field fluctuating near the Larmor frequency, allowing
transitions between energy levels and the return of the system to the equilibrium state
[40]. The z-component of the locally fluctuating field Blocal adds to the B0 field, which
results in the local variations of Larmor frequency. As individual spins experience a
slightly different magnetic field, the dephasing and, as a result, loss of transverse
magnetization is observed. This process is called transverse or spin-spin relaxation and is
characterized by a T2 relaxation time constant, which describes the time it takes for the
transverse component of magnetization Mxy to decay to 37% of its initial value after its
generation by flipping the magnetization towards the transverse plane by a 90° RF pulse
(Figure 5 right).

Figure 5 T1 (left) and T2 (right) relaxation
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The net magnetization after RF pulse excitation is flipped to the transverse plane
and precesses at the Larmor frequency. This precession induces changing magnetic flux
which according to Faraday’s induction law generates changing voltage in the receiver
coil. As all protons in the sample precess at the same frequency, the received MR signal is
a complex harmonic with only a single frequency peak centered at this frequency.

2.2.2. Magnetic Resonance Imaging
To spatially locate nuclear spins, which allows creating MR images from NMR
signals, magnetic field gradients are used.

The gradient system consists of three

orthogonal coils which produce time-varying gradients G of the main B0 field in the three
directions, which can be described as [41]:

𝐵 = 𝐵0 + 𝑮 𝒓

(11)

As a result, the resonance frequency of the magnetization will vary depending on the
location according to:
(12)

𝜔0 (𝑥, 𝑦, 𝑧) = 𝛾(𝐵0 + 𝐺𝑥 𝑥 + 𝐺𝑦 𝑦 + 𝐺𝑧 𝑧),

The time-domain signal generated in the receiver coil by the transverse magnetization
with applied field gradients can be described as [42]:
𝑆(𝑡) = ∫ 𝑀𝑥𝑦 (𝒓)𝐵(𝒓)𝑒 −𝑖𝜑(𝒓,𝑡) 𝑑 3 𝑟,

(13)

where 𝑀𝑥𝑦 (𝒓) is transverse magnetization, 𝐵(𝒓) is the component of the receive coil 𝐵1field that lies in the transverse plane (𝑀𝑥𝑦 (𝒓) and, 𝐵(𝒓) are complex quantities), 𝒓 is a
spatial variable, and the accumulated phase 𝜑(𝒓, 𝑡) is defined by:
𝑡

𝜑(𝒓, 𝑡) = 𝛾 ∫0 𝒓 ∙ 𝑮(𝑡′)𝑑𝑡′.
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(14)

Defining:
𝒌(𝑡) =

𝛾

𝑡

∫ 𝑮(𝑡′) 𝑑𝑡′,
2𝜋 0

(15)

with the space in which 𝒌(𝑡) resides known as k-space, equation 13 becomes:
𝑆(𝑡) = ∫ 𝑀𝑥𝑦 (𝒓)𝐵(𝒓)𝑒 −𝑖2𝜋𝒌(𝑡)𝒓 𝑑 3 𝑟,

(16)

The signal 𝑆(𝑡) is the Fourier transform of the weighted transverse magnetization
𝑀𝑥𝑦 (𝒓)𝐵(𝒓), with 𝒌(𝑡) the Fourier conjugate variable to the spatial variable. The elements
of the k-space are discrete values of the signal 𝑆 (𝑡) obtained from the sample in the
presence of field gradients. The motion of the vector 𝒌(𝑡) determines the k-space
trajectory, i.e. the manner of writing the elements in the matrix. From the data collected
in the k-space, an MR image is obtained by the inverse Fourier transform.

2.3. Contrast Agents for Magnetic Resonance Imaging

To fully appreciate the potential of theranostics, the application of a non-invasive
imaging method is essential. The most frequently used imaging methods in medicine
include computed tomography CT, ultrasound, PET, SPECT, and magnetic resonance
imaging. Each of these methods has its own unique advantages and limitations. In the case
of magnetic resonance imaging, the biggest advantage is that it does not use ionizing
radiation. In addition, it provides tomographic images with very high spatial resolution
and allows for imaging at any depth within the object. However, the greatest constraint of
magnetic resonance imaging is its limited sensitivity, which results in insufficient
contrast. This problem can be addressed by the use of contrast agents (MRI CAs) [43].
Currently available MR CAs can be classified in different ways according to their
various features, such as the presence or absence of metal atoms, magnetic properties,
effects on the magnetic resonance image, chemical structure and ligands, or
biodistribution and applications [44]. In this section, an overview of MRI CAs with
classification based on their biophysical mechanism of action and their effect on MR
images is provided.
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2.3.1. Relaxation agents I - Paramagnetic CAs
The relaxation in water molecules surrounding the paramagnetic complex is
induced by a fluctuating magnetic field generated by the Brownian motion of this complex
and is described by the Solomon-Bloembergen-Morgan (SBM) Theory [45], [46].
According to this theory, the observed relaxation rate of the solvent: 𝑇

1
𝑖𝑂𝑏𝑠

, is the sum of a

1

diamagnetic term: 𝑇 , that corresponds to the relaxation rate of the solvent nuclei without
𝑖𝑆

the contrast agent, and a paramagnetic term:

1
𝑇𝑖𝑃

, which express the relaxation rate

enhancement caused by the paramagnetic substance:
1
𝑇𝑖𝑂𝑏𝑠

=

1

1

𝑇𝑖𝑆

+𝑇

𝑖𝑃

𝑖 = (1, 2).

(17)

The paramagnetic contribution is proportional to the concentration 𝐶 of the
contrast agent and is described by the specific proton relaxivity, 𝑟𝑖 , that directly refers to
how efficiently the paramagnetic centre enhances the relaxation rate of surrounding
water protons, and thus to contrasting efficiency:
1
𝑇𝑖𝑂𝑏𝑠

=

1
𝑇𝑖𝑆

𝑖 = (1, 2).

+ 𝑟𝑖 ∙ 𝐶

(18)

The concentration of contrast agent is given in mmol/l (denoted as mM) rather than
mmol/g, thus the commonly used unit for proton relaxivity is mM-1s-1.
The relaxation of water protons originates from the dipole-dipole interactions
between the proton nuclear spins and the fluctuating local magnetic field caused by
paramagnetic centre unpaired electron spins. Three contributions to the relaxation can
be distinguished [47] [48] [49]:
1

𝐼𝑆

1. Inner-sphere relaxation, (𝑇 ) , where a water ligand directly bound to the metal
𝑖𝑃

(water protons in the inner coordination sphere) is relaxed and transmits the
relaxation effect through exchange with bulk water.
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1

2𝑛𝑑 𝑆

2. Second-sphere relaxation, (𝑇 )
𝑖𝑃

, where hydrogen-bonded water molecules in

the second coordination sphere, or exchangeable hydrogen atoms (such as O−H,
N−H) undergo relaxation and exchange.
1

𝑂𝑆

3. Outer-sphere relaxation, (𝑇 ) , where water molecules diffusing near the
𝑖𝑃

complex compound can also undergo relaxation:

(

1
𝑇𝑖𝑃

1

)= (

𝑇𝑖𝑃

𝐼𝑆

1

) +(

𝑇𝑖𝑃

2𝑛𝑑 𝑆

)

1

+(

𝑇𝑖𝑃

𝑂𝑆

) .

(19)

As it is difficult to experimentally differentiate between second-sphere and outersphere water, those groups are usually considered together as the outer-sphere water
molecules. Additionally, in aqueous solutions, in most cases, the exchange of protons
between the bulk water and the coordination sphere is so rapid that the observed proton
relaxation rate is the weighted average of the relaxation rates in the inner and outer
spheres.
Inner sphere contribution
The inner sphere contribution to proton relaxivity arises from the chemical
exchange of the coordinated water protons with the bulk. According to the SolomonBloembergen-Morgan (SBM) theory, the main factors influencing proton inner sphere
relaxivity are:
1. The number of water molecules in the inner sphere, q;
2. The kinetics of water exchange between the inner sphere and the bulk, expressed
by exchange rate kex = 1/τm, where τm is the mean residency time of the water ligand;
3. The rotational dynamics of the molecule, described by a rotational correlation time
τR ;
4. The electron spin S of the complex;
5. The electronic relaxation times 𝑇1𝑒 and 𝑇2𝑒
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The longitudinal and transverse inner sphere relaxivities, 𝑟1𝐼𝑆 , and 𝑟2𝐼𝑆 , of the bulk
solvent nuclei are given by equations 20 and 21 [50]:

𝑟1𝐼𝑆 = 𝑇

𝑃𝑚

1𝑚 +𝜏𝑚

𝑃

𝑟2𝐼𝑆 = 𝜏𝑚 (
𝑚

𝑞

where: 𝑃𝑚 = [𝐻

2 𝑂]

,

(20)

−1 (𝜏 −1 +𝑇 −1 )+∆𝜔2
𝑇2𝑚
𝑚
𝑚
2𝑚
2

−1 +𝜏 −1 ) +∆𝜔2
(𝑇2𝑚
𝑚
𝑚

(21)

),

, is the mole fraction of bounded water molecules where [H2O] is the

water mM concentration, and ∆𝜔𝑚 is the chemical shift difference between bound and
bulk water.
1

The relaxation of bound water protons, (𝑇

𝐢𝑚

) , (𝑖 = (1,2)), is governed by the

magnetic field-dependent dipole-dipole and scalar or contact interactions. The scalar
interaction is influenced by electron spin relaxation and water exchange, and generally,
its contribution is negligible for longitudinal relaxation. Thus, the 𝑇1 - effect arises mostly
from dipolar contribution, while the 𝑇2 -effect from both dipolar and scalar interactions.
Relaxation rates,

1
𝑇𝐢𝑚

, (𝑖 = (1,2)) are described by the SBM equations of

paramagnetic relaxation theory (equations 22 and 23). Here, 𝑟𝑀𝐻 is the distance between
metal ion and hydrogen, 𝛾𝐼 is a nuclear gyromagnetic ratio, 𝑔𝑒 is the electron g factor, 𝜇B
is the Bohr magneton, 𝜇0 is the vacuum permeability, and 𝜔s and 𝜔𝐻 are the Larmor
𝐴

frequencies of the electron and proton. ( ℏ ) is the hyperfine or scalar coupling constant
between the electron of the paramagnetic center and the proton of the coordinated water.

1
𝑇1𝑚

2

2 𝛾2 𝑔2 𝜇 2 𝑆(𝑆+1)

𝜇
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Dipolar coupling
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Scalar coupling

13𝜏

3𝜏

[4𝜏𝑐1 + 1+𝜔2𝑐2𝜏2 + 1+𝜔2𝑐1𝜏2 ] +
𝑠 𝑐2

𝐻 𝑐1

Dipolar coupling
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𝜏
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s
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2

Scalar coupling
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+ 𝜏𝑒1 ), (23)

Moreover, the correlation times that are characteristic of the relaxation processes are
expressed as:
1
𝜏𝑐𝑖
1
𝜏𝑒𝑖

=
=

1
𝜏𝑅
1
𝜏𝑚

1

1

𝑚

𝑖𝑒

𝑖 = (1, 2), (24)

+𝜏 +𝑇 ;
1

+𝑇 ;

(25)

𝑖 = (1, 2),

𝑖𝑒

where 𝜏𝑅 is the rotational correlation time, 𝜏𝑚 is the water residency time, and
𝑇𝑖𝑒 (𝑖 = (1, 2)) is the electronic relaxation time.
The electronic relaxation rates depend on the applied magnetic field. For the most
commonly used Gd(III) and Mn(II) complexes, electronic relaxation times are interpreted
in terms of zero-field splitting interactions (ZFS) and can be described (with the low field
limiting value of the electronic relaxation rate) by the equations 26 and 27 [51]:
1

12

1𝑒

5

1

12

(𝑇 ) =

1

1

∆2 𝜏𝑣 (1+𝜔2 𝜏 2 + 1+4𝜔2𝜏 2 )
𝑠 𝑣

𝑠 𝑣

5

(26)

2

(𝑇 ) = 10 ∆2 𝜏𝑣 (3 + 1+𝜔2𝜏 2 + 1+4𝜔2 𝜏 2 ), (27)
2𝑒

𝑠 𝑣

𝑠 𝑣

where 𝜏𝑣 is the correlation time for the modulation of the zero-field splitting interaction
and ∆2 is the mean square zero-field splitting energy. Therefore, electronic relaxation
rates decrease with the square of the applied field and eventually

1
𝑇1𝑒

becomes much

1

smaller than 𝜏 , and rotation contribution dominates the overall correlation time.
𝑅

The combination of equations 22 and 23 with the equations for electron spin relaxation
(equations 26 and 27) constitutes a complete microscopic scale theory of the observed
paramagnetic relaxation rate enhancement.

Second and Outer sphere contribution

Second-sphere relaxivity refers to complexes that have water molecules or
exchangeable protons that have a residency time longer than the diffusion lifetime in the
39

second coordination sphere. Therefore, its contribution to relaxation enhancement can be
described by the dipolar term of equations for inner sphere relaxivity [52].
Outer sphere relaxivity is mainly described by translational diffusion due to the
Brownian motion of free water molecules that interact with the electronic spins of the
metal ions through dipolar intermolecular interactions. This process is described by
equation 28 [53] [54]:

1
𝑇1

=

32𝜋 𝜇0 2 𝑁𝐴 [𝑀]

( )

405 4𝜋

𝑑𝐷

𝛾𝐼2 𝛾𝑆2 ℏ2 𝑆(𝑆 + 1)[𝑗2 (𝜔𝐼 − 𝜔𝑆 ) + 3𝑗1 (𝜔𝐼 ) + 6𝑗2 (𝜔𝐼 + 𝜔𝑆 )], (28)

where 𝑑 is the distance of the closest approach of spins I and S (solvent protons and
paramagnetic complex), 𝑁𝐴 is Avogadro’s number, [𝑀] is the molar concentration of the
paramagnetic contrast agent, and 𝐷 is the diffusion constant for relative diffusion. The
spectral densities 𝑗(𝜔) are obtained from the Fourier transform of the correlation
function g(t) [50].
T1 relaxation enhancement produced by paramagnetic complex depends directly
on the quantum spin number as 𝑆(𝑆 + 1) function, and inversely on the distance between
the metal ion and the proton of the water. Gadolinium (III) with 𝑆 = 7/2 and manganese
(II) or iron (III) with S = 5/2 have been the most widely investigated as contrast agents
[52]. Due to their high toxicity and undesirable biodistribution with accumulation in the
spleen, liver, and bones, Mn and Gd cannot be used in their ionic forms. For that reason
complexes with high thermodynamic and kinetic stability, chelates, are clinically
available. Nonspecific contrast agents based on Gd(II) or Mn(II) chelates usually present
similar transverse and longitudinal relaxivities, however, they are mostly used as T1
𝑟

contrast agents [43]. The 𝑟2 ratio for those CAs is low, below 5, which indicates that they
1

can be successfully applied for signal amplification in T1 weighted images.
Relaxivity values for the most frequently clinically used paramagnetic contrast
agents are presented in Table 1. It’s worth noting that all clinically available paramagnetic
CAs are based on gadolinium. To date, only one manganese-based agent, TeslascanTM, has
been clinically approved. However, due to toxicity concerns and lack of sales, it has been
withdrawn from sale [55].
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Table 1 Clinically available paramagnetic contrast agents

Mean r1 [mM-1s-1] at

Mean r1 [mM-1s-1] at

7T* [56] [57]

3T * [56] [57] [58]

MagnevistTM

3.30

3.3 - 3.7

Gd-DOTA

TM

Dotarem

3.20

3.3 - 3.5

Gd-DO3A-butrol

GadovistTM

4.70

4.9 - 5.0

Gd-EOB-DTPA

Primovist

4.8

5.4 - 6.2

Gd-DTPA-BMA

Omniscan

3.50

3.6 - 4.0

Gd-HP-DO3A

ProHanceTM

3.30

3.5 - 3.7

Gd-BOPTA

MultiHence

4.30

5.1 – 6.3

Chemical name

Trade name

Gd-DTPA

TM
TM

TM

* relaxivities measured in human plasma

2.3.2. Relaxation agents II – Superparamagnetic CAs
The shortening of T2 relaxation time induced by superparamagnetic nanoparticles
is determined by the translational diffusion of water molecules near the unpaired
electrons. Therefore, the relaxation enhancement caused by the presence of
superparamagnetic nanoparticles is subjected to the outer-sphere SBM theory combined
with the Curie relaxation theory and can be described by equation 29:

1
𝑇2

=

256𝜋 2 𝛾3 𝑉 ∗ 𝑀𝑠2 𝑎2
405

𝐿
𝑎

𝐷(1+ )

, (29)

where 𝛾 is the proton gyromagnetic ratio, 𝑉 ∗ , 𝑀𝑠 and 𝑎 are the volume fraction, saturation
magnetization, and the radius of iron oxide core, respectively; L is the thickness of a
surface coating and 𝐷 is the diffusion contrast of water molecules [59] [60] [61].
Superparamagnetic Iron Oxides (SPIOs) are often categorized according to size as
ultrasmall superparamagnetic iron oxide particles (USPIOs), with a diameter smaller than
20 nm, and superparamagnetic iron oxide (SPIOs), with a diameter usually below 100 nm.
SPIOs consist of a single magnetic domain, which is characteristic for nanoparticles of
volume below the superparamagnetic limit, in which it is more energetically favorable to
support the external magnetostatic energy of the single domain state than to create a
domain structure [62]. The implications of the superparamagnetic state are as follows: in
the absence of the external magnetic field, the net magnetic moment is zero; in applied
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external field superparamagnetic nanoparticles behave like paramagnets, but with much
larger susceptibility and therefore larger saturation magnetization, which makes them
efficient T2 CAs [63] [64]. Clinically approved superparamagnetic contrast agents are
based on iron oxides. Table 2 summarizes the most frequently used superparamagnetic
CAs in clinical practice.
Table 2 Clinically available superparamagnetic contrast agents

Mean r2 [mM-1s-1] at

Generic name

Trade name

Core size [nm]

Ferumoxide

Feridex

4.96 – 5.0

33 - 129

Ferucarbotran

ResovistTM

4.0 - 4.2

95- 189

Ferumoxtran

Sinerem

5.85 - 5.90

65

Ferumoxytol

FarahemeTM

n.a.

89

TM

TM

1.5 T [65] [66] [67]

Taking into consideration the effect the contrast agent has on the MR image,
relaxation CAs can be classified either as positive or negative contrast agents. Positive
contrast agents shorten the T1, resulting in the appearance of brighter, signal-enhanced
areas on T1-weighted images. Opposingly, negative contrast agents shorten T2 relaxation
time. As an effect, darker spots on T2-weighted images are observed [44]. Positive contrast
agents include mostly the paramagnetic CAs mentioned above, as they effectively shorten
T1. Superparamagnetic nanoparticles (mostly iron oxide NPs) are considered to be
negative contrast agents. However, the r2/r1 ratio increases with the size of
superparamagnetic nanoparticles, thus ultra-small SPIONs with sizes below 10 nm can
also effectively modify T1 relaxation and produce positive contrast with appropriate
imaging sequence parameters [43].

2.3.3. Chemical exchange saturation transfer CAs
The principle of CEST imaging is very well described by its name: chemical
exchange saturation transfer. Exchangeable solute protons from different molecules that
resonate at a frequency different than the bulk water protons are selectively saturated
using an RF pulse. This magnetic saturation is subsequently spontaneously transferred to
bulk water via chemical exchange of the excited protons with water protons. This leads to
a slight attenuation of the water MR signal arising from bulk water. Because of the very
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low concentration of solute protons, which is in the range of single µM to mM, a single
transfer of saturation would be insufficient to produce any noticeable change in the signal
intensity of bulk water [68] [69]. Therefore, the observable change in MR signal from
water is created by the continuous transfer of excited 1H protons, which causes the buildup of saturation in water. This means that each saturated proton undergoes the exchange
with water and is replaced with another unsaturated 1H proton, that can be subsequently
saturated and further exchanged. This implicates that the substantial enhancement of the
saturation effect, that is detectable on the water signal, is induced if the solute protons
have a sufficient exchange rate, and the saturation time is long enough, in the range of
seconds [69] [70].
The CEST mechanism enhances the sensitivity of MRI, allowing the detection of low
concentration molecules indirectly, through the water signal, which makes this technique
applicable for molecular and cellular imaging. The simplest classification of CEST agents
includes two groups: DiaCEST and ParaCEST, and is mostly related to the chemical shift
difference between the solute and bulk water. For DiaCEST, this difference usually lies in
the range of 0 - 5 ppm [68]. DiaCEST proton exchange groups are mostly limited to amide,
amine, or hydroxyl groups [71] [72] [73] that can be endogenous, present in the body, or
exogenous, administered as a contrast agent. The biggest advantage of DiaCEST agents of
the endogenous type is that the CEST imaging can be performed using modifications of
the existing pulse sequences, without introducing any exogenous substance that could
cause adverse effects [70]. The small chemical shift difference of DiaCEST agents is,
however, their biggest limitation, as it leads to partial saturation of the signal arising from
a bulk water pool and also implies that very slow exchange rates are required. This can
be addressed by increasing chemical shift separation between the two exchanging pools
by using exogenous ParaCEST agents. The most explored ParaCEST agents include
complexes of paramagnetic lanthanide ions, such as Eu3+ Tm3+ and Yb3+, and paramagnetic
transition metal ions: Fe, Co, Ni. Depending on the complex, ParaCEST agents' chemical
shift values are in the range of +500 to −720 ppm with respect to the MR frequency of
water [74] [75].
In the case of ParaCEST agents, the translation to human studies may be difficult
because of the technical obstacles resulting in high specific absorption rates and also due
to concerns related to the toxicity of these agents. On the other hand, the application of
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endogenous DiaCEST [76] [77] and some exogenous DiaCEST agents like nutrients,
including glucose and its derivatives [78] [79], to human subjects is already possible.
Furthermore, some of the clinically approved CT contrast agents including iopamidol,
iopromide, iodixanol, ioversol, iobitridol, and iohexol, have been investigated as CEST
agents on animal models. Those agents are routinely used in CT imaging at relatively high
doses, so the translation to clinical CEST imaging may be possible, especially since it
brings additional information about extracellular pH changes in the accumulation site,
which is an important indicator in many diseases (for example Warburg effect in
tumours) [80]. Another very interesting potential application of exogenous diaCEST, that
is possible in human subjects, is the imaging of drugs distribution. In particular, many
anticancer

drugs,

including

Gemcitabine,

Cytarabine,

Decitabine,

Azacitidine,

Fludarabine, Methotrexate [81], Pemetrexed [82], and Olsalazine [83], but also some antiinflammatory, neuroprotective, and cardiovascular drugs, were investigated in the
context of off-label image-guided drug delivery. With the technological advances, most
importantly shifting to higher field strengths, CEST efficiency is expected to be improved,
and therefore its clinical applicability will expand.
The CEST contrast agents are used to visualize the distribution of molecules other
than water, such as chemical compounds and metabolites related to physiological
function and pathological conditions, in body tissues, rather than to increase the contrast
between anatomical structures [69]. Because CEST contrast agents can be turned on ondemand with the saturation pulse, the effect on MR image could be visualized by the
subtraction of an image acquired after and before CEST activation. However, in order to
eliminate the effects of the magnetization transfer contrast and direct water saturation,
the CEST effect is visualized by comparison of the signal reduction caused by the
saturation pulse applied at the desired spectral location (+τ ppm with respect to water
signal) with the water signal reduction obtained with the saturation pulse applied to the
opposite spectral location (-τ ppm). This way, a spatial distribution map of the
investigated compound is created and overlaid on an anatomical image.
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2.3.4. Direct detection CAs
Relaxation and CEST contrast agents described above induce the change in local
MR signal at the site of their accumulation either by shortening the relaxation rates of bulk
water or by saturation transfer. Another group of contrast agents for MRI are CAs that can
be detected directly by the detection of a signal arising from nuclei other than hydrogen.
In theory, any nuclei with a nonzero spin produce an MR signal, however, due to factors
such as the natural abundance of the isotope, relative sensitivity, and quadrupolar
relaxation, only a few of them are available for magnetic resonance spectroscopy and
imaging. Those nuclei are 13C, 23Na, 31P, 19F, and hyperpolarized 3He, 129Xe, 13C, 15N, and 6Li
[52]. As the two fluorinated compounds were investigated in this thesis, only fluorine MRI
will be described with more details.
Among the mentioned nuclei, fluorine-19 is perfect for in-vivo imaging
applications. Interestingly, the first

19F

imaging-related study, using NaF and

perfluorotributylamine, was published in 1977 [84], so already at the beginning stage of
human MRI method development. However, only the later advancements in both MR
hardware and the chemistry of fluorinated probes made the in-vivo application of 19F-MRI
possible [85]. As mentioned above, there are several properties of

19F

that make it a

perfect tracer for in-vivo imaging. Fluorine-19 has an I = ½ spin, which implies that it does
not undergo quadrupolar relaxation. Also, its gyromagnetic ratio γ has a value very similar
to that of 1H (40.06 MHz/T for 19F vs. 42.58 MHz/T for 1H), which means that it resonates
at a frequency very close to that of 1H (𝜔 = 𝛾 ∙ 𝐵0 ), and that the standard 1H instruments
can be used, with only minor modifications. As the MR signal is proportional to 𝛾 3 (𝐼)(𝐼 +
1), and 19F isotope has 100% natural abundance, its relative sensitivity is very high, equal
to 0.83 ( the relative sensitivity of 1H is 1), which is significantly higher than the relative
sensitivities of other MR active nuclei, such as 31P (0.066), 13C (0.016) and 23Na (0.083).
Last but not least,19F almost does not appear physiologically in the human body. It is
present at higher concentrations mostly in the bone matrix and in teeth, where it is
strongly immobilized, and therefore is characterized by very short spin-spin relaxation
time and is not detectable by conventional MRI. This lack of background signal provides
an excellent contrast-to-noise ratio and specificity for the exogenous 19F probes that can
be introduced as contrast agents. However, even for
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19F

nuclei, the factor that strongly

limits its application is the low signal-to-noise ratio due to the much smaller number of
nuclei available for imaging than for standard 1H anatomical imaging, where nearly 2/3
of the nuclei present in the body contribute to the MR signal. Therefore, to increase SNR
and allow detection in-vivo, agents with very high 19F content per molecule are required
to ensure sufficient tissue concentration [86] [87].
The group of chemical compounds that are the most successfully used in 19F MRI
are perfluorocarbons (PFCs). Perfluorocarbons have a chemical structure similar to
biologically present compounds, such as alkanes, with all hydrogen atoms substituted by
fluorine [85]. Most frequently used PFCs are PFCE (perfluoro-15-crown-5-ether), that
contains

20

fluorine

atoms

per

one

molecule,

PERFECTA

(1,3bis[[1,1,1,3,3,3hexafluoro2(trifluoromethyl)propan2yl]oxy]2,2bis[[1,1,1,3,3,3hexafl
uoro2(trifluoromethyl)propan2yl]oxymethyl]propane), with 36 chemically equivalent
fluorine atoms [88], and PFOB (perfluorooctyl bromide), bearing 17 19F atoms. All PFCs
are hydrophobic and lipophobic, therefore, for biological applications, PFCs emulsions
must be stabilized with surfactants or encapsulated in polymer nanoparticles to achieve
the required biocompatibility and stability. In general, PFC probes are proven to be nontoxic and biologically and chemically inert. Furthermore, they can be internalized into
different cells such as macrophages, stem cells, and immune cells [89] [90]. Preclinical
applications of

19F

contrast agents include mostly cell tracking [91] [92] [93] [94],

inflammation imaging in cardiac [95] [96] [97] and neural [98] [99] [100] disease models,
inflammation associated with tumors [101] [102] and drug delivery observations [103]
[104] [22].
The major issue with the translation of PFCs applications to clinical practice is
their prolonged retention. The majority of available perfluorocarbons have very long
biological half-lives, even over 100 days [105]. Therefore, the slow biological clearance of
PFCs leads to complications with regulatory approvals that are now being observed
regarding gadolinium deposition [106].
Regarding the effect that direct detection or X-nuclei contrast agents exert on MR
images, those CAs are referred to as hot-spot agents. In this case, standard 1H MR images
as well as images of another nucleus with a different resonance frequency, for example,
19F, are acquired in one

imaging session. Subsequently, the X-nucleus image is overlaid on
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the 1H image, where the standard MR image serves as the reference for the spatial
localization of the signal arising from the x-nucleus.
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Chapter 3
Materials and methods

In this chapter, the materials and experimental apparatus relevant to the studies
presented in this thesis are described. First, a description of the investigated nanocarriers
and standard substances is provided. Next, the experimental apparatus, i.e. high-field MRI
scanner and used coils, is briefly presented, which is followed by the description of
imaging sequences used in the study. Finally, the methods for specific relaxivity and
signal-to-nose ratio calculations are outlined.

3.1. Materials
3.1.1. Nanocapsules for drug delivery
a) Gadolinium labelled polyelectrolyte nanocarriers
In this group, two types of nanocarriers were investigated: with nanoemulsion and
polymeric cores formed with the ionic surfactant AOT (Docusate sodium salt), or with
AOT and PCL (polycaprolactone), respectively. The nanocarrier shells were formed via a
layer-by-layer technique with biodegradable polyelectrolytes: PLL (Poly lysine), PLL-Gd
(Gadolinium-labelled Poly-L-lysine), and PGA (Poly-L-glutamic acid). Moreover, an
anticancer drug (Paclitaxel) was encapsulated in the formed nanocarriers of both types.
The schematic representation of the nanocarriers' composition is illustrated in Figure 6.
The average sizes of nanocarriers were: 161 nm for polymeric, and 142 nm for
nanoemulsion type, respectively [107]. The presence of Gd ions in the structure of the
shell allows the observation of the distribution of nanocarriers by the contrast changes in
the site of accumulation by MRI, while the therapeutic effect is achieved by the release of
the drug.
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Figure 6 Gadolinium labelled polyelectrolyte nanocarriers composition

For magnetic resonance experiments, two sets of samples containing nanocarriers
of each type were prepared for T1 and T2 relaxation analysis. Samples containing
nanocapsules with a nanoemulsion core were denoted as AOT/PLL-Gd, while those with
nanocarriers with a polymeric core as PCL/AOT/PLL-Gd. Also, for each type of
nanocarrier, samples without Gd were prepared for reference. The samples’ description
is presented in Table 3.
Table 3 Samples with nanocarriers containing Gd as MRI contrast agent

Sample

Type of core

Gd concentration [mM]

AOT/PLL

nanoemulsion

0

AOT/PLL-GD 1

nanoemulsion

0.0036

AOT/PLL-GD 2

nanoemulsion

0.0073

AOT/PLL-GD 3

nanoemulsion

0.018

PCL/AOT/ PLL

polymeric

0

PCL/AOT/ PLL-GD 1

polymeric

0.0036

PCL/AOT/ PLL-GD 2

polymeric

0.0073

PCL/AOT/ PLL-GD 3

polymeric

0.018

b) Magnetically responsive polycaprolactone nanocarriers
The magnetically responsive nanocarriers were composed of drug-loaded polymer
nanoparticles (Paclitaxel-PCL) coated with a multilayer of poly-L-glutamic acid (PGA) and
superparamagnetic iron oxide nanoparticles (SPIONs). The PCL nanocarriers with a
model anticancer drug were formed by the spontaneous emulsification solvent
evaporation (SESE) method. Further functionalization was achieved by magnetically
responsive multilayer shell formation via the layer-by-layer (LbL) method [108] [109]
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[110]. In this group, two types of NCs were formed with (samples MR NC) or without AOT
(samples MR NCx) surfactant in one of the shell layers. This addition of AOT results in the
creation of the AOT/PLL interfacial complex instead of the PLL layer. The resulting
compositions of nanocarriers are illustrated in Figure 7, with an average size of about 120
nm. Due to the presence of SPIONs, these hybrid nanodevices can be used as MRI-guided
drug-delivery systems based on enhanced permeability and retention (EPR) [111] effect
but can also be directed to the site of action by the external magnetic field. The therapeutic
effect can also be achieved in two ways: by the release of the drug to the site of action and
by magnetic hyperthermia [112].

Figure 7 SPIONs labelled polyelectrolyte nanocarriers composition

For analysis of MRI contrasting properties and T1 and T2 relaxation measurements,
two sets of agarose gel phantoms with varying concentrations of nanocarriers were
prepared. Also, a reference sample containing SPIONs–free nanoparticles was measured
for comparison. In total, eight samples with different Fe3O4 concentrations (Table 4) were
investigated for each set.
Table 4 Samples with nanocapsules containing Fe3O4 as MRI contrast agent

Sample

Fe3O4

concentration

[mM]

Sample

Fe3O4 concentration
[mM]

reference

0

reference

0

MR NC 128

0.015

MR NCx 128

0.016

MR NC 64

0.029

MR NCx 64

0.031

MR NC 32

0.058

MR NCx 32

0.062

MR NC 16

0.116

MR NCx 16

0.124

MR NC 8 A/B

0.232

MR NCx 8 A/B

0.248

MR NC 4

0.464

MR NCx 4

0.497

MR NC 2

0.929

MR NCx 2

0.993

MR NC 0

1.857

MR NCx 0

1.986
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c) Nafion™-Based Theranostic Nanocapsules
Nafion™

(N-(3-acetylphenyl)-4-(2-phenylethyl)thieno[3,2-b]pyrrole-5-

carboxamide) - based nanoemulsion core – polyelectrolyte shell nanocarriers were
prepared by the encapsulation of nanoemulsion droplets in a polyelectrolyte multilayer
shell. The liquid core of capsules (nanoemulsion droplets) was formed with AOT
(docusate sodium salt) as a surfactant. The multilayer shell was formed by the layer-bylayer method from polyelectrolytes: PLL as cationic and Nafion™ as anionic. The surface
of positively charged nanocarriers (with PLL as an outer layer) was coated with the
pegylated polyelectrolyte, PGA-g-PEG. Figure 8 illustrates the nanocapsule’s composition
with an average size of ∼170 nm. The utilization of Nafion™ polymer as the component of
the shell enables the observation of nanocapsule’s distribution via Fluorine Magnetic
Resonance Imaging (19F-MRI) due to its high fluorine content [113].

Figure 8 Nafion™ - Based Theranostic Nanocapsules composition

For experiments concerning visualization of the theranostic nanocapsules, the first
four samples containing different concentrations of NafionTM were prepared in order to
estimate the minimum concentration of NafionTM that would be possible to be visualized
in reasonable acquisition time in our setup. Next gel phantom with theranostic
nanocapsules was prepared. The summary of samples with different NafionTM content
can be found in Table 5.
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Table 5 Samples with different NafionTM concentration

Sample

Relative Concentration of 20% Nafion®
Solution in H2O (mL)

N0

1.000

N1

0.100

N2

0.010

N3

0.005

d) Polyelectrolyte nanocapsules with 5-FU
5-Fluorouracil loaded nanocarriers were synthesized by the adoption of the
method applied in the synthesis of nanocapsules with relaxation contrast agents and
NafionTM, i.e. encapsulation of liquid cores in a polyelectrolyte multilayer shell. Liquid
cores of nanocarriers were prepared by the addition of a solution of 5-fluorouracil (45
mg/ml) and AOT (330mg/ml) in DMSO to the poly-L-lysine solution during stirring by a
magnetic stirrer. Subsequently, such nanocores were encapsulated with polyaminoacids
multilayer shells via the layer-by-layer method with saturation technique. A fixed volume
of 5-FU loaded nanocores was added to the oppositely charged polyaminoacids solution
and the formation of each consecutive layer was confirmed by the zeta potential
measurements. For the shell assembly, the following polyaminoacids were used: PLL as a
polycation and PGA as a polyanion. Additionally, PGA-g-PEG pegylated polyanion was
used to form a pegylated external layer. The resulting composition of nanocores and the
whole nanocapsules is presented in Figure 9, with the average nanocore size of 80 nm and
a pegylated nanocapsule of 205 nm. To confirm the efficiency of encapsulation and to
assess the possibility of obtaining a sufficient signal-to-noise ratio for imaging of the
spatial distribution of 5-fluorouracil loaded nanocapsules,

19F

MR spectroscopy and

imaging were performed on liquid 5-fluorouracil cargo enclosed in an AOT/PLL
interfacial layer forming the nanocore [114].
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Figure 9 The composition of 5-fluorouracil loaded theranostic nanocapsules

3.1.2. Core-shell nanoparticles for MRI-guided chemo/NIR
photothermal therapy
Core-shell nanoparticles for MRI-guided chemo/NIR photothermal therapy
consisted of monodisperse Fe3O4 nanoparticles encapsulated in a SiO2 shell. This shell was
decorated with small Au nanoparticles (average size of 4 nm) and functionalized by
cisplatin (cPt) using a 16-mercaptohexadecanoic acid (16-MHDA) linker [115].
In order to evaluate the theranostic potential of studied nanoparticles, we
investigated only the magnetically active element of the nanoparticle: Fe3O4@SiO2 as it
was the only component exhibiting strong magnetic properties and therefore causing
local perturbations of the magnetic field. In addition, Au nanoparticles didn’t form a
continuous shell around the Fe3O4@SiO2 NPs, which could limit the access of water
molecules to the surface of the active element.
In this group of materials several variations on NPs were investigated:
-

NPs with spherical-shaped Fe3O4 core of an 11 nm average size, coated by a 10 nm
SiO2 shell

-

NPs with cubic-shaped Fe3O4 core of an 18.5 nm average size, coated by a 10 nm
SiO2 shell

-

NPs with cubic-shaped Fe3O4 core of an 18.5 nm average size, coated by a 2 nm
SiO2 shell
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Figure 10 Core-shell nanoparticles for MRI-guided chemo-photothermal therapy

The MRI contrasting efficiency of those three variations was tested using sets of
samples with varying concentrations of nanocarriers. The summary of measured coreshell nanoparticles is presented in Table 6.
Table 6 Samples with core-shell NPs with Fe3O4 as MRI contrast agent

Spherical Fe3O4 11 nm core

Cubic Fe3O4 18.5 nm core +

Cubic Fe3O4 18.5 nm core +

+ 10 nm SiO2 shell

10 nm SiO2 shell

2 nm SiO2 shell

Fe3O4
Sample

concentration

Fe3O4
Sample

concentration

[mM]

Fe3O4
Sample

[mM]

concentration
[mM]

2B1

0.7311

4B1

1.3352

TD4Y1

4.8897

2B2

0.3655

4B2

0.6676

TD4Y2

2.4449

2B3

0.1828

4B3

0.3338

TD4Y3

1.2224

2B4

0.0914

4B4

0.1669

TD4Y4

0.6112

2B5

0.0457

4B5

0.0835

TD4Y5

0.3056

2B6

0.0228

4B6

0.0413

TD4Y6

0.1528

2B7

0.0114

4B7

0.0209

TD4Y7

0.0764

2B8

0.0057

4B8

0.0104

TD4Y8

0.0382

TD4Y9

0.0192

TD4Y10

0.0097

3.1.3. Other materials
Fluorine Magnetic Resonance requires the use of standards with known fluorine
content for the estimation of nanocarriers' absolute concentration. For that purpose, pure
sodium fluoride (pure NaF, Chempur PL) and hexafluorobezene (99% C6F6 Sigma Aldrich
PL) were purchased. Sodium fluoride powder was used for the preparation of solutions
of different NaF concentrations in distilled water, and C6F6 was used without any further
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processing. Additionally for experiments concerning Nafion™ based theranostic
Nanocapsules detection, the Nafion™ perfluorinated resin solution (20 wt. % in mixture
of lower aliphatic alcohols and water, 34% water) was purchased from Sigma Aldrich.

3.2. Experimental equipment and software

For all magnetic resonance spectroscopic/relaxation measurements as well as for
imaging, the 9.4 T Bruker Biospec 94/20 research MRI scanner with 210mm bore
diameter and the high-performance actively shielded gradient system with integrated
shims was used. The strength of the gradient system was: 660 mT/m and 1T/m,
depending on the gradient coil diameter.
For the experiments on nanocarriers containing standard (Fe3O4- and Gd-based)
contrast agents, the birdcage coil, 35 mm in diameter, was used. Experiments with
nanocapsules containing 19F nuclei (NafionTM and 5-fluorouracil) were carried out using
a home-built small (ID of 14 mm) transmit-receive ribbon solenoid RF coil, which can be
tuned either to 1H or 19F resonant frequency (i.e. 400.130 vs. 376.498 MHz). The geometry
of that coil was adjusted to the analysed samples' size and shape to maximize the filling
factor and thus SNR values. Also for comparison, the commercial Bruker 1H/19F volume
coil with an inner diameter of 40 mm, designed as two geometrically decoupled linear
resonators for 1H and 19F -nucleus frequencies, was used.
Paravision 5.1 and Topspin 2.0 software were used to accomplish MR imaging and
spectroscopy. For processing and analysis of acquired spectra, relaxometry results, and
images, OriginLab, ImageJ, ParaVision, and Matlab software were used.

3.3. Imaging sequences
3.3.1. MSME and RARE VTR
In the MSME (Multi-Slice-Multi-Echo) method, multiple spin echoes are generated
using the CPMG sequence with slice-selective RF pulses. Each echo of the sequences
generates a separate image with a different echo time. As a result, a series of images is
56

obtained which allows calculating T2 time [116] [117] [118]. The timing diagram of the
MSME sequence is presented in Figure 11 with:
A. Duration of read dephase that determines min. slice thickness and min. FOV in read
direction;
B. Slice spoiler duration that removes residual FID signals of the refocusing pulses;
C. Phase encoding duration that determines minimum TE, minimum FOV in phase
direction, and the amplitude of phase encoding;
D. Repetition spoiler duration that removes echoes of previous repetitions in
experiments with short TR.

Figure 11 MESME sequence time diagram

For RARE VTR sequence principle and time diagram is the same but there’s a
possibility of multiple acquisitions with the repetition time (TR) varied for a saturation
recovery series.

3.3.2. FLASH
FLASH (Fast Low Angle Shot) sequence uses a short repetition time (TR) and low
flip angle (<< 90°) RF excitation pulses with subsequent reading gradient reversal to
generate a gradient echo signal. The small flip angle pulses create an equilibrium of
57

longitudinal magnetization [119] [120]. The timing diagram of the FLASH sequence is
presented in Figure 12 with:
A. Slice spoiler that removes incoherent components of the steady-state signal which
could generate interference artifacts;
B. Duration of slice rephase that determines minimum TE, minimum slice thickness,
and the amplitude of slice rephrasing;
C. Duration of read dephase that determines min. slice thickness and min. FOV in
read direction;
D. Duration of read spoiler gradient that adds to the effect of the slice spoiler.

Figure 12 FLASH sequence time diagram

3.3.3. UTE 3D
The UTE 3D pulse sequence is the 3D implementation of the UTE (Ultrashort Echo
Time) method with non-selective RF excitation that allows imaging with very short echo
times. Here the sampling is performed already on a rising ramp of the gradient, so the data
collection starts from the centre of the k-space and continues to the surface of a sphere
(radial sampling trajectory). For the reconstruction of signals collected with such a
trajectory, a data interpolation onto a cartesian grid is performed before the Fourier
transformation. The only factors limiting minimum eco times are the duration of the RF
pulse, and the time required to switch between excitation and acquisition mode (see time
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diagram illustrated in Figure 13). Therefore, UTE 3D can be used for imaging samples with
very short transverse relaxation times, even in the range of tens of microseconds.

Figure 13 UTE 3D sequence time diagram

For the reconstruction based on regridding to Cartesian space, it is necessary to
know the k-space trajectory. In a UTE 3D experiment, the trajectory can be measured per
scan or on-demand. The latter option is especially useful when the trajectory cannot be
measured due to a very low NMR signal (because of a very short T2 relaxation time or low
nuclei density). In such a situation, the trajectory should be measured using a
homogenous phantom before investigations. As a measured trajectory is available only
for given acquisition parameters such as FOV, slice thickness, size of acquisition matrix,
and bandwidth, it has to be measured for each combination of those parameters that are
planned to be used in the experiment.
The UTE 3D sequence was used for
Nafion™ polymer. For

19F

19F

and 1H imaging of samples containing

imaging, the NMR signal was too low to directly measure the

trajectory per scan, therefore a spherical phantom filled with CuSO4 solution (Figure 14)
was used. The trajectory was measured with acquisition parameters planned to be used
in the experiment. The images of the phantom with measured trajectories are presented
in Figure 15 (each image was acquired with a different resolution described below the
image).
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Figure 14 Spherical CuSO4 phantom for trajectory measurement

Figure 15 Trajectory measurement. UTE 3D 1H Imaging of CuSO4 phantom. Imaging parameters: TE:
160 µs, TR: 8 ms, NA: 1, flip angle: 5°, FOV: 40 mm isotropic, MTX: a) 32 x 32 x 32, b)64 x 64 x 64,
c)128 x 128 x 128

If the trajectory measurement per scan is unavailable, another option is to use the
theoretical trajectory. However, as the matrix size gets smaller, differences between ideal
theoretical values and measured trajectory begin to be significant (Figure 16), therefore,
images acquired with a theoretical trajectory suffer from severe reconstruction
deviations.

Figure 16 Measured vs. ideal (theoretical) trajectory for 3D UTE, where traj_r, traj_p, traj_s, are the
measured k-space trajectory for the three orthogonal projection gradients
,
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To test the influence of applied trajectory on the reconstruction of images with
lower resolution (MTX = 32 isotropic), the images of the sample were acquired with the
same parameters but with a theoretical or measured (using a spherical phantom)
trajectory. Results presented in Figure 17 show clearly that imaging with a theoretical
trajectory leads to incorrect image reconstruction with an altered size of the object and
loss of some details.

Figure 17 Comparison between images acquired with theoretical (a) and measured (b) trajectory. UTE
3D sequence, TE: 160 µs, TR: 8 ms, NA: 1, flip angle: 5°, FOV: 40 mm isotropic

Accurate image reconstruction is of utmost importance when there is a necessity
for merging images obtained for different nuclei to determine the distribution of them in
an anatomical (1H-based) contest. As shown in Figure 18, imaging with a UTE 3D sequence
with high resolution and trajectory measured per scan leads to the shape and size of the
object being correctly reproduced in the 1H image. Also, lower resolution 19F imaging with
a trajectory measured previously on the phantom allows locating 19F nuclei in the correct
position.

Figure 18 UTE 3D imging with measured trajectroy; a) Sample container with 20% Nafion

TM

solution, b)

high resolution 1H UTE 3D image (resolution: 0.31 mm isotropic, NA: 1, total acq. Time: 6 min, 50s), c)
lower resolution 19F UTE 3D image (resolution: 1.25 mm isotropic, NA: 64, total acq. Time: 27 min 6 s)
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3.4. The evaluation of contrasting properties of nanocarriers
3.4.1. Relaxation times and specific relaxivities measurement for
nanocarriers with standard contrast agents
Contrasting properties of nanocarriers containing standard (Fe3O4 and Gd-based)
contrast agents (CAs) were evaluated by analysis of image contrast alterations induced by
T1 or T2 relaxation time changes in sites of their accumulation. The transverse (T2) and
longitudinal (T1) relaxation times were determined from signal intensity changes in ROIs
(regions of interest) in images acquired with different echo (TE) and repetition (TR)
times. Values of TE and TR were chosen for each set of analysed samples to cover
relaxation curves.
For T1 measurements, RARE VTR images were used. In ParaVision 5.1 software,
regions of interest were placed in the centre of each sample, and the average signal
intensities for each repetition time were recovered. These values were later used for
functions fitting of SI (signal Intensity) vs TR (Repetition Time). As the RARE VTR
sequence generates saturation recovery series of images, the signal intensity evolution
can be described by function 30:
𝐼(𝑡) = 𝐼𝑚𝑎𝑥 (1 − 𝑒 −𝑇𝑅/𝑇1 ). (30)
Signal intensity values obtained from images were plotted as TR dependence and function
30 was fitted (in OriginLab or Matlab software) to find the value of the T1 parameter.
A similar procedure was applied to T2 measurements. In this case, MSME images
were used to obtain the average signal intensities in ROIs for each echo time, and the
signal intensity vs TE dependence can be described by the function:
𝐼(𝑡) = 𝐼0 𝑒 −𝑇𝐸/𝑇2 ,
which was used to find T2 values.
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(31)

1

For acquired T1 and T2 values, linear regression of relaxation rates (𝑅1,2 = 𝑇 ) vs contract
1,2

agent (Gd or Fe3O4) concentration in samples was performed according to the equation:
𝑅1/2 = 𝑅𝑆1,𝑆2 + 𝑟1,2 ∙ 𝑐,

(32)

where: 𝑐 - concentration of contrast agent (in mM), 𝑅1,2 - the relaxation rate of a whole
sample [s-1], 𝑅𝑆1,𝑆2- the relaxation rate of a solvent with nanocapsules without contrast
agent [s-1], 𝑟1,2- the specific relaxivity of nanocarriers with contrast agents [s-1mM-1].

3.4.2. Relaxation times measurement and Signal to Noise Ration
estimation for 19F MRI
As there is no background signal in 19F MRI, for fluorine-based contrast agents, the
contrasting efficiency was evaluated by Signal to Noise Ratio (SNR) calculation. To achieve
maximum SNR, it is crucial to set the sequence parameters to optimal values. For that
reason, values of T1 and T2 have to be estimated.
The T1 measurements for nanocarriers containing

19F

nuclei were performed in

TopSpin 2.0 software using the Inversion Recovery (IR) method. T2 relaxation times were
estimated using the line width of peaks (under the assumption of a homogenous field).
Full-Width Half Maximum (FWHM) values were measured directly on spectra.
Considering the Lorentzian line shapes of spectral peaks and using:
𝐹𝑊𝐻𝑀 =

1
𝜋T2

(33)

dependence, T2 values were recovered.
Signal to noise ratio in MR images is defined as the ratio of the mean value of the
signal intensity in the region of interest and the standard deviation of the noise:
𝑆

𝑆𝑁𝑅 = 𝜎(𝑁).

(34)

The SNR was calculated as a quotient of the mean signal intensity in the area of
interest and the standard deviation of signal intensity of the selected region surrounding
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the object being investigated, or mean signal intensity measured with an entirely
attenuated (150.00 dB) RF pulse.
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Chapter 4
Experimental results

In this chapter, the results of experiments concentrating on magnetic resonance
imaging, relaxometry, and spectroscopy are presented. The chapter is divided into 3
sections corresponding to each type of contrast agent used in synthesized nanocarriers.
First results for nanocarriers containing Fe3O4 nanoparticles are presented, followed by
results for nanocarriers with Gd, and finally results of imaging on fluorine nuclei.

4.1. Nanocarriers containing Fe3O4 nanoparticles
In this group, two types of nanocarriers were investigated: core-shell
nanoparticles for MRI-guided chemo/NIR photothermal therapy (3.1.2, page 54) and
magnetically responsive polycaprolactone nanocarriers (3.1.1.b, page 50). For each type
of NCs first, the changes in T1 and T2 relaxation time values of a sample in the presence of
different concentrations of nanocarriers were investigated. Next, contrast efficiency was
assessed on MR images by contrast analysis.

4.1.1. Fe3O4@SiO2 Core-shell nanoparticles
The first type of investigated core-shell nanocarriers were NPs with a spherical
Fe3O4 core of 11 nm average size, coated by a 10 nm thick SiO2 shell. For T1 measurements,
a RAREVTR sequence with the following parameters was used: slice thickness: 4 mm,
FOV: 40 x 40 mm, MTX size: 128 x 128. The echo and repetition time values were adjusted
to the analysed samples to fully sample relaxation curves. For higher NPs concentrations
(samples 2B1 - 2B4) fifteen repetition (300, 350, 400, 450, 500, 750, 100, 1250, 1500,
2000, 3000, 4000, 6000, 8000, 10000 ms), and four echo (7.5, 22.5, 37.5, 52.5 ms) time
values were used. For samples of lower NPs concentration (2B5 – 2B8) nineteen
repetition (250, 500, 1000, 1250, 1500, 1750, 2000, 2250, 2500, 2750, 3000, 3500, 4000,
5000, 6000, 8000, 10000, 12500, 15000 ms), and four echo (30, 75, 120, 165 ms) time
values were chosen.
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For T2 measurements, an MSME sequence with the following parameters was
applied: slice thickness: 2.0 mm, FOV: 40 x 40 mm, MTX: 256 x 256, TR: 6000 ms. Again,
TE values were adjusted to cover relaxation curves. For samples 2B1 – 2B4 sixteen (8, 16,
24, 32, …, 128 ms), while for samples 2B5-2B8 fifty (15, 30, 45, …, 750 ms) echo values
were used.
The results of mean signal intensity measurements in regions of interest corresponding
to each sample vs. TR and TE are presented in Figure 19.

Figure 19 Mean signal intensities in regions of interest corresponding to 2B1 – 2B8 samples as the
function of TR (left column) and TE (right column).

The obtained values of mean signal intensities were fitted with equations 30 and
31 in OriginLab software. All functions were fitted using the Levenberg–Marquardt
iteration algorithm without weighting, with 1e-15 tolerance (reduced chi-square between
two successive iterations). The adjusted R2 for all functions was > 0.97, apart from the
value obtained for T2 relaxation curve fitting for sample 2B1, where due to very low signal,
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the adj. R2 was ~0.8. In Table 7 results of T1 and T2 measurements as well as calculated
relaxation rates (R1 and R2) for 2B1 – 2B8 samples are presented.

Table 7 Magnetic resonance relaxometry results for 2B1 - 2B8 samples

Fe3O4
Sample

concentration

T1 [ms]

R1 [s-1]

T2 [ms]

R2 [s-1]

[mM]
2B1

0.7311

1418.6 ± 10.9

0.7049 ± 0.0054

4.13

± 0.94

242

± 55.138

2B2

0.3655

1904.9 ± 6.8

0.5250 ± 0.0019

5.74

± 0.42

174

± 12.578

2B3

0.1828

2436.5 ± 13.9

0.4104 ± 0.0023

10.39 ± 0.33

96.2 ± 3.001

2B4

0.0914

2764.7 ± 13.9

0.3617 ± 0.0018

19.76 ± 0.28

50.60 ± 0.709

2B5

0.0457

2813.7 ± 20.8

0.3554 ± 0.0026

34.57 ± 0.78

28.93 ± 0.652

2B6

0.0228

2844.8 ± 16.8

0.3515 ± 0.0021

69.50 ± 0.66

14.39 ± 0.136

2B7

0.0114

2852.4 ± 14.2

0.3506 ± 0.0017

111.67 ± 0.51

8.955 ± 0.041

2B8

0.0057

2822.1 ± 10.0

0.3543 ± 0.0012

194.62 ± 0.61

5.138 ± 0.017

The dependences of relaxation rates R1 and R2 on nanocarriers concentration are
presented in Figure 20 (NCs concentration is expressed by Fe3O4 concentration). Due to
the superparamagnetic properties of Fe3O4, the effect of NPs on the relaxation rate is
significantly higher for R2 than for R1. In a concentration range up to 0.1828 mM, a very
good linear dependence of nanoparticles concentration on the R2 relaxation rate (R2
above 0.99) was observed. For higher concentrations, the effect of T2 shortening was less
pronounced, and measurement uncertainty was much higher due to very rapid signal
decay (short relaxation time). Additionally, the clustering of NPs is expected to become
more severe as their concentration in the solution increases. This effect of NPs clustering
was observed in samples with the highest concentrations (Fe3O4 concentrations: 0.7311
and 0.3655 mM). For those reasons, the specific relaxivity r2 was determined only for
samples with lower concentrations (≤ 0.1828 mM), as they are also more interesting for
potential clinical application of the theranostic agents. The specific relaxivity r2 obtained by
linear regression (the slope of the linear function) was r2 = 511.7 ± 8.9 mM-1s-1.
Conversely, the effect of T1 shortening was practically not observed for low NPs
concentrations up to 0.0457 mM, with T1 values characteristic for distilled water, and in
the higher concentration range, it was much weaker than observed for T2. The linear
regression result for R1 relaxation rates was: r1=0.50 ± 0.02 mM-1 s-1, illustrating three
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orders in magnitude differences between r2 and r1 relaxivities. To evaluate the behaviour
of a contrast agent, two parameters are used: relaxivity (r1 or r2) and relaxivity ratio, i.e.
transversal relaxivity (r2)/longitudinal relaxivity (r1). The value of r1 or r2 indicates the
contrast enhancement potential of a contrast agent, while the r2/r1 ratio allows qualifying
a contrast agent as positive (T1) or negative (T2). In general, positive contrast agents are
characterized by lower r2/r1 ratio values (<5) while negative contrast agents have a larger
r2/r1 ratio (>10). For investigated NCs the r2/r1 ratio was: 1023 ± 45.

Figure 20 Dependence of relaxation rates on nanocarriers concentration for 2B1 - 2B8 samples

As investigated NCs strongly affect T2 relaxation times, their contrasting properties
were evaluated on T2-weighted MR images. Figure 21 presents a series of axial MSME
images (TR = 6000 ms, TE = 8 ms or 105 ms, FA: 180°, FOV: 40 × 40 mm, slice thickness:
2 mm) of aqueous solutions of Fe3O4@SiO2 NPs of different concentrations (as marked in
the figure). The MR images for high and low NPs concentration ranges are compared
separately to illustrate the possibility of effective contrast in both cases. High
concentrations, however, are much less probable to be achieved in vivo and require
applying much shorter echo time to distinguish areas of different NCs concentrations.
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Figure 21 Axial images of samples 2B1 – 2B8 containing different concentrations of Fe3O4@SiO2
nanoparticles. A) samples 2B1 - 2B8, B) samples 2B5 - 2B8. MSME sequence: TR: 6000 ms, FA: 180°,
FOV: 40 × 40 mm, slice thickness: 2 mm; TE = 8 ms (A) and 105 ms (B). Concentrations of Fe3O4 as
marked in images

To further visualize the “negative” contrasting properties of investigated NCs,
images collected with different echo times are presented below (Figure 22). As the lower
concentrations of NCs are more interesting from the point of view of potential
applications, here only images of samples 2B5 – 2B8 are analysed. By increasing TE,
stronger darkening of areas of higher NCs concentration and higher contrast between
samples can be obtained.

Figure 22 MR images of samples 2B5 – 2B8 collected with different echo times. Concentrations of Fe3O4
as in Figure 21 B. MSME sequence: TR: 6000 ms, FA: 180°, FOV: 40 × 40 mm, slice thickness: 2 mm, TE
as marked above each image
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To find the optimal imaging sequence parameters for contrast enhancement, the
contrast was plotted as a function of the echo time. Contrast, or the signal difference
between two regions of interest, can be determined as 𝐶 = ∆𝑆 = 𝑆𝑟𝑒𝑓 − 𝑆2 , where, 𝑆𝑟𝑒𝑓,2
is the signal intensity in the region of the reference and the other region of interest. The
contrast was evaluated for samples of the lower concentration range of contrast agent, so
for samples: 2B5 – 2B8, as they are more probable to be achieved in vivo (Figure 23).
Sample 2B8 (c = 0.0057 mM) was treated as a reference. Repetition time was 6000 ms and
flip angle 180°. For each concentration, the optimal echo time can be found as the
maximum

(2𝐵8/2𝐵7)

Normalized contrast [a.u.]

𝑇𝐸𝑜𝑝𝑡

of

the

curve:

𝑇𝐸𝑜𝑝𝑡

(2𝐵8/2𝐵5)

= 60 𝑚𝑠,

𝑇𝐸𝑜𝑝𝑡

(2𝐵8/2𝐵6)

= 120 𝑚𝑠,

= 135 𝑚𝑠.
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Figure 23 Contrast dependence on Echo Time for samples 2B5 - 2B8

The second type of investigated core-shell nanocarriers was NPs with a cubic Fe3O4
core of 18.5 nm average size, coated by a 10 nm thick SiO2 shell.
To enable reliable comparison of contrasting properties for both types of coreshell nanocarriers with a 10 nm SiO2 shell, the same parameters were used for 4B1 - 4B8
samples as for 2B1 - 2B8, i.e. T1 was measured using RARE VTR sequence (slice: 4 mm,
FOV: 40 x 40 mm, MTX: 128 x 128, fifteen TRs (300 – 10000 ms) and four TEs (7.5 – 52.5)
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for 4B1 – 4B2 samples and nineteen TRs (250 - 15000 ms) and four TEs (30 - 165) for
4B5 – 4B8 samples) , and for T2 measurements MSME sequence was applied (slice: 2.0
mm, FOV: 40 x 40 mm, MTX: 256 x 256, TR: 6000 ms, sixteen TEs (8 - 128 ms) for 4B1 –
4B4 samples and fifty TEs (15 - 750 ms) for 4B5 – 4B8 samples).
The results of mean signal intensity measurements in regions of interest corresponding
to each sample vs. TR and TE are presented in Figure 24.

Figure 24 Mean signal intensities in regions of interest corresponding to 4B1 – 4B8 samples in the
function of TR (left column) and TE (right column)

The obtained mean signal intensities for different TE and TR values were again
fitted with functions 30 and 31 in OriginLab software. The adjusted R2 for all functions
was > 0.93. However, for the sample of the highest NCs concentration (4B1) due to raid
transverse relaxation, the T2 was not calculated, as the signal was at noise level for all TEs.
Table 8 presents the results of T1 and T2 measurements as well as calculated relaxation
rates (R1 and R2) for samples 4B1 – 4B8.
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Table 8 Magnetic resonance relaxometry results for 4B1 - 4B8 samples

Fe3O4
Sample

concentration

T1 [ms]

R1 [s-1]

T2 [ms]

R2 [s-1]

-

-

[mM]
4B1

1.3352

1604 ± 19

0.6236 ± 0.0074

4B2

0.6676

2122 ± 11

0.4711 ± 0.0024

4.40

± 0.54

227.028 ± 27.570

4B3

0.3338

2549 ± 16

0.3923 ± 0.0022

7.21

± 0.34

138.708 ± 6.363

4B4

0.1669

2809 ± 16

0.3560 ± 0.0020

13.53 ± 0.32

73.912 ± 1.718

4B5

0.0835

3202 ± 26

0.3123 ± 0.0025

24.40 ± 0.85

40.985 ± 1.426

4B6

0.0413

3090 ± 33

0.3236 ± 0.0034

44.19 ± 0.65

22.630 ± 0.330

4B7

0.0209

2996 ± 25

0.3338 ± 0.0028

81.68 ± 0.56

12.243 ± 0.083

4B8

0.0104

2985 ± 19

0.3350 ± 0.0020

184.31 ± 0.49

5.426

± 0.015

The dependences of relaxation rates R1 and R2 on nanocarriers concentration for
samples 4B1 – 4B8 are presented in Figure 25. As expected, the effect of NPs on the
relaxation rate is significantly higher for R2 than for R1. In the low concentration range
(up to 0.1669 mM Fe3O4) the T1 contrasting effect was not observed. Only for higher
concentrations, very weak T1 shortening can be achieved with relaxivity r1 = 0.228 ± 0,010
mM-1s-1.
Similarly to 2B1 – 2B8 samples, the effect of T2 shortening was much more obvious.
This was manifested in a very high relaxivity r2 value. In a concentration range of up to
0.3338

mM Fe3O4, very good linearity of nanoparticles concentration on the R2

dependence was preserved (R2 above 0.99) with relaxivity: r2 = 406.4 ± 9.0 mM-1s-1. For
higher concentrations, the effect of T2 shortening starts to weaken and is subjected to high
measurement uncertainty. Additionally, as only low concentrations of contracting agents
are clinically applicable, the specific relaxivity r2 was determined using results obtained
for samples with concentrations ≤ 0.3338 mM Fe3O4. For investigated 4B1 – 4B8 NCs, the
r2/r1 ratio was: 1782 ± 88, therefore they can be classified as strong negative contrast
agents.
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Figure 25 Dependence of relaxation rates on nanocarriers concentration for 4B1 - 4B8 samples

Similarly to previously described results, contrasting properties of 4B1 – 4B8
samples were evaluated on T2-weighted MR images. In Figure 26, a series of axial MSME
images (TR = 6000 ms, TE = 8 ms or 105 ms, FA: 180°, FOV: 40 × 40 mm, slice thickness:
2 mm) of aqueous solutions of different NCs concentrations (as marked in the figure) is
presented.

Figure 26 Axial images of samples 4B1 – 4B8 containing different concentrations of Fe3O4@SiO2
nanoparticles. MSME sequence: TR: 6000 ms, FA: 180°, FOV: 40 × 40 mm, slice thickness: 2 mm; TE = 8
ms (A) and 45 ms (B). Concentrations of Fe3O4 as marked in images

The negative contrasting properties of investigated NCs were visualized by a
collection of images with different echo times (Figure 27). For long repetition and echo
times (T2-weighting), very strong suppression of MR signal in samples with a higher
concentration of NCs was observed, confirming their negative contrasting effect.
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Figure 27 MR images of samples 4B5 – 4B8 collected with different echo times. Concentrations of Fe 3O4
as in Figure 26 B. MSME sequence: TR: 6000 ms, FA: 180°, FOV: 40 × 40 mm, slice thickness: 2 mm, TE
as marked above each image

To find the optimal imaging sequence parameters for contrast enhancement, the
contrast was evaluated for samples of the lower concentration range of contrast agent, so
for samples: 4B5 – 4B8 (Figure 28). Sample 4B8 (c = 0.0104 mM) was treated as reference.
Repetition time was 6000 ms, and the flip angle was 180°. For each concentration, the
optimal echo time can be found as the maximum of the curve: 𝑇𝐸𝑜𝑝𝑡
(4𝐵8/4𝐵6)

= 90 𝑚𝑠, 𝑇𝐸𝑜𝑝𝑡

(4𝐵8/4𝐵7)

= 120 𝑚𝑠.

60; 1,00

1,00
Normalized CNR [a.u.]

𝑇𝐸𝑜𝑝𝑡

(4𝐵8/4𝐵5)

90; 0,75

0,80

120; 0,45

0,60
0,40
0,20
0,00
30

130

230

330
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530
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Echo time [ms]
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4B8/4B6

4B8/4B5

Figure 28 Contrast dependence on Echo Time for samples 4B5 - 4B8
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730

= 60 𝑚𝑠,

The last type of investigated core-shell nanocarriers was NPs with a cubic Fe3O4
core of 18.5 nm average size, coated by a 2 nm thick SiO2 shell. Here, ten investigated
samples were divided into three groups to adjust echo and repetition time values to
sample T1 and T2 relaxation curves. T1 was measured using RARE VTR sequence (slice: 4
mm, FOV: 40 x 40 mm, MTX: 128 x 128) with twelve TRs (250, 500, 750, 1000, 1500, 2000,
2500, 5000, 7500, 10000, 15000, 20000 ms) and eight TEs (16, 40, 64, 88, 112, 136, 160,
184 ms) for samples of the highest NCs concentrations (TD4Y1 – TD4Y2), and with twelve
TRs (250, 500, 750, 1000, 1500, 2000, 2500, 5000, 7500, 10000, 15000, 20000 ms) and
eight TEs (20, 50, 80, 110, 140, 170, 200, 230 ms) for TD4Y3- TD4Y6 and TD4Y7- TD4Y10
samples.
For T2 measurements, a MSME sequence was applied (slice: 2.0 mm, FOV: 40 x 40
mm, MTX: 256 x 256, TR: 6000 ms) with fifty TEs (8, 16, 24, … , 400 ms) for TD4Y1 –
TD4Y2 samples, fifty TEs (10, 20, 30, … , 500 ms) for TD4Y3- TD4Y6 and fifty TEs (50, 100,
150, … , 2500 ms) for TD4Y7- TD4Y10 samples. The results of mean signal intensity
measurements in regions of interest corresponding to each sample vs. repetition and echo
time values are presented in Figure 29. As before, equations 30 and 31 were fitted to mean
signal intensities vs TE and TR values in OriginLab software. The adjusted R2 for all fitted
functions was > 0.98. The results of T1 and T2 measurements as well as calculated
relaxation rates (R1 and R2) for samples TD4Y1 – TD4Y10 are presented below (Table 9).

Table 9 Magnetic resonance relaxametry results for TD4Y1 – TD4Y10 samples

Fe3O4
Sample

concentration

T1 [ms]

R1 [s-1]

T2 [ms]

R2 [s-1]

[mM]
TD4Y1

4.8897

2446.8 ± 9.0

0.4087 ± 0.0015

5.14

± 0.53

194.4803 ± 19.8606

TD4Y2

2.4449

2681.2 ± 10.0

0,3730 ± 0.0014

9.12

± 0.34

109.6293 ± 4.0237

TD4Y3

1.2224

2822.0 ± 24.4

0.3544 ± 0.0031

17.26 ± 0.71

57.9497 ± 2.3775

TD4Y4

0.6112

2833,6 ± 34.1

0.3529 ± 0.0043

31.42 ± 0.45

31.8259 ± 0.4528

TD4Y5

0.3056

2841.9 ± 35.4

0.3519 ± 0.0044

54.53 ± 0.33

18.3394 ± 0.1108

TD4Y6

0.1528

2828,7 ± 26.9

0.3535 ± 0.0034

100.07 ± 0.23

9,9935 ± 0.0229

TD4Y7

0.0764

2759,3 ± 20.4

0.3624 ± 0.0027

148.97 ± 3.54

6.7128 ± 0.1594

TD4Y8

0.0382

2727.3 ± 10.8

0.3667 ± 0.0015

205.77 ± 2.47

4.8599 ± 0.0582

TD4Y9

0.0192

2760.3 ± 14.8

0.3623 ± 0.0020

246.50 ± 2.33

4.0568 ± 0.0383

TD4Y10

0.0097

2764.1 ± 16.5

0.3618 ± 0.0022

409.75 ± 1.44

2.4405 ± 0.0086
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Figure 29 Mean signal intensities in regions of interest corresponding to TD4Y1 – TD4Y10 samples in
the function of TR (left column) and TE (right column)
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Calculated R1 and R2 relaxation rates values for samples TD4Y1 – TD4Y10 are
presented in the function of NCs concentration (expressed as the concentration of Fe3O4)
in Figure 30. The T1 contrasting effect was not observed in the low concentration range
(up to approximately 0.3056 mM Fe3O4) and for higher concentrations, the T1 shortening
induced by investigated NCs was very weak, with a specific relaxivity r1 = 0.0131 ± 0.0010
mM-1s-1.
As expected, the effect of T2 shortening is significantly higher. Similarly to previous
results, the influence of increasing NCs concentration on R2 changes was much more
pronounced. In the entire concentration range, very good linearity of nanoparticles
concentration on the R2 dependence was observed (adj. R2 above 0.99) with however
much lower (at least one order of magnitude) relaxivity: r2 = 39.72 ± 0.83 mM-1s-1 than for
previously described samples. For investigated TD4Y1 – TD4 Y10 NCs, the r2/r1 ratio was:
3030 ± 240.

Figure 30 Dependence of relaxation rates on nanocarriers concentration for TD4Y1 – TD4Y10 samples

Signal intensity changes in MR images induced by investigated NCs in regions of
their accumulation were assessed. In Figure 31, a series of axial MSME images (TR = 6000
ms, TE = 8 ms, 30 ms, or 300 ms, FA: 180°, FOV: 40 × 40 mm, slice thickness: 2 mm) of
aqueous solutions of different NCs concentrations is presented. For each concentration
range (A: 4.8897 – 2.449 mM, B: 1.2224 – 0.1528 mM, C:0.0764 – 0.0097 mM ) it is possible
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to distinguish regions of different NCs accumulation. Therefore, effective contrasting can
be achieved even for smaller concentrations of analysed NCs. This was also confirmed by
a collection of images for samples TDY7 – TDY10 with different echo times (Figure 32),
where for long repetition and echo time (T2-weighted image), very strong darkening in
areas corresponding to higher NCs concentrations was observed.

Figure 31 Axial images of samples TD4Y1 – TD4Y10 containing different concentrations of Fe3O4@SiO2
nanoparticles. MSME sequence: TR: 6000 ms, FA: 180°, FOV: 40 × 40 mm, slice thickness: 2 mm; TE = 8
ms (A), 30 ms (B) and 300 ms (C). Concentrations of Fe3O4 as marked

Figure 32 MR images of samples TD4Y7 – TD4Y10 collected with different echo times. Concentrations
of Fe3O4 as in Figure 31 C. MSME sequence: TR: 6000 ms, FA: 180°, FOV: 40 × 40 mm, slice thickness: 2
mm, TE as marked above each image

The contrast was evaluated for samples of the lower concentration range of
contrast agent, so for samples: TD4Y7 – TD4Y10. Sample TD4Y10 (c = 0.0104 mM) was
treated as a reference. Repetition time was 6000 ms and a flip angle 180°. For each
concentration, the optimal echo time can be found as the maximum of the curve:
𝑇𝐸𝑜𝑝𝑡

(𝑇𝐷4𝑌10/𝑇𝐷4𝑌7)

= 200 𝑚𝑠, 𝑇𝐸𝑜𝑝𝑡

(𝑇𝐷4𝑌10/𝑇𝐷4𝑌8)

300 𝑚𝑠 (Figure 33).
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= 250 𝑚𝑠, 𝑇𝐸𝑜𝑝𝑡

(𝑇𝐷4𝑌10/𝑇𝐷4𝑌9)

=

Normalized contrast [a.u.]
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1,00
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Figure 33 Contrast dependence on Echo Time for samples TD4Y7 - TD4Y10

4.1.2. Magnetically responsive polycaprolactone nanocarriers
In this group, two types of NCs with different shell compositions were investigated.
For both types, four sets of agarose gel phantoms with varied NCs concentrations were
prepared: two sets with higher concentrations (0.232 - 1.857 mM for NCs of the first type
or 0.248 - 1.986 mM Fe3O4 for NCs of the second type) and two sets with lower
concentrations of NCs. (0.015 - 0.232 mM for NCs of first type or 0.016 - 0.248mM Fe3O4
for NCs of second type) .
Both types of NCs were investigated using the same parameters to reliably
compare the obtained results. Mean signal intensity values for different echo and
repetition times were acquired simultaneously using the RARE VTR sequence with the
following parameters: slice thickness: 4 mm, FOV: 40 x 40 mm, MTX size: 64 x 64. six TR
values (5472, 2972, 1472, 772, 372, 172 ms) and eight TE values (3.7, 7.4, 11.1, 14.8, 18.5,
22.2, 25.9, 29.6 ms).
For samples with the highest concentration of NCs of both types (1.856 mM - MR
NC 0 or 1.986 mM Fe3O4 - MR NCx 0), very rapid transverse relaxation was observed,
resulting in signal intensity at the level of background noise even for the shortest (3.7 ms)
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applied echo time. For that reason, T2 relaxation time was not calculated for those
samples. For all other samples, the initial calculation of the mean signal intensities in the
regions of interest for all repetition or echo times was performed in Paravision 5.1, while
further analysis (T1 and T2 fitting) was carried out in OriginLab.
The results of mean signal intensity measurements in regions of interest
corresponding to each sample vs. TR and TE are presented in Figure 34 and Figure 35
(mean signal intensity vs. TR) and Figure 36 and Figure 37 (mean signal intensity vs. TE).
T1 and T2 values were determined via single exponential curve fitting (equations
30 and 31) in OriginLab software. The adjusted R2 for all fitted functions was > 0.97. The
final T1 and T2 relaxation times were calculated as an average of results obtained for
samples with the same concentration from both series. Results of relaxation times T1 and
T2, as well as calculated relaxation rates (R1 and R2) for samples MR NC 2 – MR NC 128,
are presented in Table 10, while corresponding results for MR NCx 2 – MR NCx 128 can
be found in Table 11.

Figure 34 Mean signal intensities in regions of interest corresponding to MR NC 2 – MR NC 128
samples in the function of TR for series 1 (first row), and series 2 (second row)
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Figure 35 Mean signal intensities in regions of interest corresponding to MR NCx 2 – MR NCx 128
samples in the function of TR for series 1 (first row), and series 2 (second row)

Figure 36 Mean signal intensities in regions of interest corresponding to MR NC 2 – MR NC 128
samples in the function of TE for series 1 (first row), and series 2 (second row)
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Figure 37 Mean signal intensities in regions of interest corresponding to MR NCx 2 – MR NCx 128
samples in the function of TE for series 1 (first row), and series 2 (second row).

Table 10 Magnetic resonance relaxametry results for MR NC 2 – MR NC 128 samples

Fe3O4
Sample

concentration

T1 [ms]

R1 [s-1]

T2 [ms]

R2 [s-1]

[mM]
MR NC 128

0.015

2606.7 ± 43.4

0.3837 ± 0.0064

41.66 ± 1.34

24.06 ± 0.77

MR NC 64

0.029

2489.0 ± 32.6

0.4018 ± 0.0053

27.95 ± 0.69

35.89 ± 0.88

MR NC 32

0.058

2246.7 ± 31.0

0.4451 ± 0.0062

16.17 ± 0.42

61.84 ± 1.59

MR NC 16

0.116

1975.6 ± 30.6

0.5065 ± 0.0079

8.91 ± 0.35

112.36 ± 4.34

MR NC 8 B

0.232

1603.5 ± 30.4

0.6248 ± 0.0118

5.27 ± 0.46

192.24 ± 17.23

MR NC 8 A

0.232

1316.8 ± 9.2

0.7622 ± 0.0051

5.06 ± 0.45

197.69 ± 17.68

MR NC 4

0.464

927.2 ± 7.6

1.0786 ± 0.0090

3.31 ± 0.35

305.53 ± 34.67

MR NC 2

0.929

515.9 ± 12.5

1.9407 ± 0.0486

2.30 ± 0.17

435.83 ± 31.50

MR NC 0

1.857

-

-

-

-
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Table 11 Magnetic resonance relaxametry results for MR NCx 2 – MR NCx 128 samples

Fe3O4
Sample

concentration

T1 [ms]

R1 [s-1]

T2 [ms]

R2 [s-1]

[mM]
MR NCx 128

0.016

2523.8± 25.0

0.3962 ± 0.0040

41.66 ± 1.34

32.77 ± 2.06

MR NCx 64

0.031

2354.4 ± 15.8

0.4247 ± 0.0029

27.95 ± 0.69

46.71 ± 2.63

MR NCx 32

0.062

2066.3 ± 26.2

0.4840 ± 0.0062

16.17 ± 0.42

73.80 ± 3.79

MR NCx 16

0.124

1716.6 ± 24.7

0.5825 ± 0.0084

8.91 ± 0.35

117.72 ± 5.69

MR NCx 8 B

0.248

1260.1 ± 17.2

0.7936 ± 0.0108

5.27 ± 0.46

214.82 ± 12.93

MR NCx 8 A

0.248

1354.5 ± 10.3

0.7383 ± 0.0057

5.06 ± 0.45

186.39 ± 13.55

MR NCx 4

0.497

909.3 ± 6.9

1.0997 ± 0.0083

3.31 ± 0.35

295.42 ± 28.81

MR NCx 2

0.993

547.8 ± 17.0

1.8254 ± 0.0567

2.30 ± 0.17

392.93 ± 33.20

MR NCx 0

1.986

-

-

-

-

The dependences of relaxation rates R1 and R2 on nanocarriers concentration for
samples MR NC 2 – MR NC 128 are presented below (Figure 38), while corresponding
results for samples MR NCx 2 – MR NCx 128 can be found in Figure 39 (NCs concentration
is expressed by Fe3O4 concentration). Despite the incorporation of Fe3O4 in the layered
structure of polyelectrolytes, strong superparamagnetic properties were preserved,
resulting in a very effective shortening of T2 relaxation time. In a concentration range up
to 0.232 mM for MR NC samples and up to 0.248 mM for MR NCx samples, a very good
linear dependence of nanoparticles concentration on the R2 relaxation rate (adj. R2 above
0.99) was observed. As mentioned before, due to very rapid signal decay for high NCs
concentrations, the uncertainty of T2 results is much higher. The specific relaxivity r2
obtained by linear regression for obtained T2 values (in the range where the linear
relationship was observed) was r2 = 788 ± 25 mM-1s-1 for MR NC samples and r2 = 710 ±
23 mM-1s-1 for MR NCx samples.
The relationship between NCs concentration and relaxation rate R1 was linear in
the whole analysed range. Linear regression results for R1 relaxation rates were: r1 =
1.702 ± 0.042 mM-1 s-1 for MR NC samples, and 1.447 ± 0.016 mM-1 s-1 for MR NCx samples.
The specific relaxivity r2/r1 ratio was: 463 ± 19 for MR NC and 491 ± 17 for MR NCx.
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Figure 38 Dependence of relaxation rates on nanocarriers concentration for MR NC 2 – MR NC 128
samples

Figure 39 Dependence of relaxation rates on nanocarriers concentration for MR NCx 2 – MR NCx 128
samples

Due to the presence of Fe3O4 in the shell of both types of nanocapsules, they cause
a much stronger shortening of T2 than for T1. The very high value of r2 specific relaxivity
(and r2/r1 ratio) makes them excellent negative contrast agents. The MR contrasting
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properties of both types of magnetically responsive polyelectrolyte nanocapsules were
evaluated on MR images.
Figure 40 and Figure 43 present axial MSME images (TR = 6000 ms, TE = 8 ms or
105 ms, FA: 180°, FOV: 40 × 40 mm, slice thickness: 2 mm) of agarose phantoms of MR NC
and MR NCx nanocapsules, respectively. Areas of different signal intensities correspond
to NCs concentrations as marked in the figures. The MR images for high and low NPs
concentration ranges are compared separately to adjust imaging parameters that allow
for detection of all samples. As mentioned above, for both types of NCs for samples of the
highest concentrations (1.857 mM Fe3O4 for MR NC and 1.968 mM for MR NCx) very rapid
signal decay (to the level of the background) was observed, resulting in extremely high
contrast between those samples and references (samples without contrast agents), even
for a very short 3.7 ms echo time.
However, as such high concentrations are very unlikely to be achieved in vivo,
contrasting properties of NCs were further analysed for samples in a lower concentration
range (0.015 - 0.232 mM Fe3O4 for MR NC and 0.016 - 0.248 mM Fe3O4 for MR NCx
samples). Figure 41 and Figure 44 present a series of images obtained with different echo
times for MR NC and MR NCx samples, respectively. In images with long repetition and
echo times (T2-weighted images), very effective darkening in areas of higher NCs
accumulation was observed, confirming strong negative contrast.

Figure 40 Axial images of samples containing different concentrations of polyelectrolyte nanocapsules
(MR NC). RARE VTR sequence: TR: 772 ms, FA: 180°, FOV: 40 × 40 mm, slice thickness: 2 mm; TE = 3.7
ms (A) and 14.8 ms (B). Concentrations of Fe3O4 as marked in pictures.
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Figure 41 MR images of samples MR NC 8B – MR NC 128 collected with different echo times.
Concentrations of Fe3O4 as in Figure 40 B. RARE VTR sequence: TR: 772 ms, FA: 180°, FOV: 40 × 40
mm, slice thickness: 2 mm; TE as marked above each image

The contrast was evaluated for samples of the lower concentration range of
contrast agent, so for samples: MR NC 8B – MR NC 128. The sample MR NC 128 (c = 0.015
mM) was treated as a reference, as the sample referred to as a reference in Figure 40 A
contains nanocapsules without Fe3O4 NPs in the shell at a high concentration equal to the
sample of the highest concentration, which also alters the relaxation time but due to a
different mechanism. Repetition time was 5472 ms and a flip angle 180°. For each
concentration, the optimal echo time can be found as the maximum of the curve:
𝑇𝐸𝑜𝑝𝑡

(𝑀𝑅 𝑁𝐶 128/ 64 )

18.5, 𝑇𝐸𝑜𝑝𝑡

= 29.6 𝑚𝑠, 𝑇𝐸𝑜𝑝𝑡

(𝑀𝑅 𝑁𝐶 128/ 8𝐵)

(𝑀𝑅 𝑁𝐶 128/ 32)

= 11.1 𝑚𝑠.
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= 25.9 𝑚𝑠, 𝑇𝐸𝑜𝑝𝑡

(𝑀𝑅 𝑁𝐶 128/ 16)

=

Normalized contrast [a.u.]

1,2
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1,0
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Figure 42 Contrast dependence on Echo Time for samples MR NC 8B - MR NC 128

Figure 43 Axial images of samples containing different concentrations of polyelectrolyte nanocapsules
(MR NCx). RARE VTR sequence: TR: 772 ms, FA: 180°, FOV: 40 × 40 mm, slice thickness: 2 mm; TE =
3.7 ms (A) and 14.8 ms (B). Concentrations of Fe3O4 as marked in the image
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Figure 44 MR images of samples MR NCx 8B – MR NC 128x collected with different echo times.
Concentrations of Fe3O4 as in Figure 43 B. RARE VTR sequence: TR: 772 ms, FA: 180°, FOV: 40 × 40
mm, slice thickness: 2 mm; TE as marked above each image

Contrast evaluation for samples: MR NCx 8B – MR NCx 128 was performed in the
same way as for samples MR NC 08 – MR NC 128, i.e. the sample with the lowest
nanocarriers concentration, MR NCx 128 (c = 0.016 mM), was treated as a reference.
Repetition time was 5472 ms, and a flip angle 180°. For each concentration, the optimal
echo time can be found as the maximum of the curve: 𝑇𝐸𝑜𝑝𝑡
25.9 𝑚𝑠,

(𝑀𝑅 𝑁𝐶𝑥 128/ 𝑀𝑅 𝑁𝐶𝑥 32)

(𝑀𝑅 𝑁𝐶 128/ 𝑀𝑅 𝑁𝐶𝑥 8𝐵)

Normalized contrast [a.u.]

𝑇𝐸𝑜𝑝𝑡

𝑇𝐸𝑜𝑝𝑡

= 25.9 𝑚𝑠,

𝑇𝐸𝑜𝑝𝑡

(𝑀𝑅 𝑁𝐶𝑥 128/ 𝑀𝑅 𝑁𝐶𝑥 64 )

(𝑀𝑅 𝑁𝐶𝑥 128/ 𝑀𝑅 𝑁𝐶𝑥 16)

= 11.1 𝑚𝑠.
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Figure 45 Contrast dependence on Echo Time for samples MR NCx 8B - MR NCx 128
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=

= 18.5,

4.2. Nanocarriers containing Gd complexes

In this group, two types of nanocarriers were investigated: with nanoemulsion
(samples AOT/PLL-Gd) and polymeric (samples PCL/AOT/PLL-Gd) cores. For
investigation of T1 and T2 relaxation times changes induced by nanocarriers, agarose gel
phantoms with varied NCs concentrations were prepared.
All samples were measured with the same sequences and the same parameters.
For measurements of T2 values, a MSME sequence with the following parameters was
applied: FOV: 30 × 30 mm, slice thickness: 2.0 mm, MTX: 256 × 256, TR: 6000 ms. Sixteen
echo time values were used to fully sample the T2 decay curve: TE = (11, 22, 33, …,
176 ms).
Next, the RAREVTR sequence was used for the measurement of the T1 relaxation
times of samples of both types. Six TR values (5500, 3000, 1500, 800, 400 and 200 ms)
and five TE values (10, 30, 50, 70 and 90 ms) were used. Other imaging parameters were
as follows: RARE factor: 2, FOV: 30 × 30 mm, slice thickness: 2.0 mm, MTX: 256 × 256.
Mean signal intensities in regions of interest for varied echo and repetition times
were fitted directly in ParaVision software using the Image Sequence Analysis (ISA)
module. Results of T1 and T2 relaxation times and corresponding relaxation rates are
presented in Table 12.

Table 12 Magnetic resonance relaxametry results for AOT/PLL-Gd and PCL/AOT/PLL-Gd samples

Gd
Sample

concentration

T1 [ms]

R1 [s-1]

T2 [ms]

R2 [s-1]

0

2615 ± 42

0.38 ± 0.0061

80.12 ± 0.82

12.48 ± 0.13

AOT/PLL-Gd 1

0.0036

2388 ± 28

0.42 ± 0.0048

66.83 ± 2.75

14.96 ± 0.62

AOT/PLL-Gd 2

0.0073

2205 ± 30

0.45 ± 0.0062

67.71 ± 1.86

14.77 ± 0.41

AOT/PLL-Gd 3

0.0182

1777 ± 31

0.56 ± 0.0097

66.83 ± 2.75

12.32 ± 0.89

PCL/AOT/ PLL

0

2635 ± 11

0.38 ± 0.0016

56.36 ± 0.33

17.74 ± 0.11

PCL/AOT/ PLL-Gd 1

0.0036

2405 ± 15

0.42 ± 0.0026

55.34 + 0.80

18.07 ± 0.27

PCL/AOT/ PLL-Gd 2

0.0073

2221 ± 17

0.45 ± 0.0034

56.01 ± 1.16

17.85 ± 0.37

PCL/AOT/ PLL-Gd 3

0.0182

1909 ± 11

0.52 ± 0.0030

59.22 ± 1.23

16.89 ± 0.35

[mM]
AOT/PLL
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The obtained values of R1 and R2 relaxivities for both types of nanocarriers were
plotted as a function of NCs concentration (expressed by the concentration of Gd). For R1,
a good linear dependence of concentration on R1 relaxation rates was observed (adj. R2 >
0.98 for PCL/AOT/PLL-Gd samples and > 0.99 for samples AOT/PLL-Gd), whereas R2
values didn’t demonstrate any significant tendency, at least in the investigated
concentration range (Figure 47). The relationship between relaxation rates R1 vs.
gadolinium concentration for both NCs types is presented in Figure 46. The linear
regression results for r1 specific relaxivities were as follows: 8.11 ± 0.51 mM-1s-1 for
PCL/AOT/PLL-Gd and 9.97 ± 0.13 mM-1s-1 for AOT/PLL-Gd samples. Obtained results
showed that examined nanocapsules exhibit beneficial T1 relaxation properties, while
enhancement of T2 relaxivity was not observed. Therefore, the specific relaxivity r2 was
not taken into consideration.

Figure 46 Dependence of R1 relaxation rates on nanocarriers concentration for PCL/AOT/PLL-Gd and
AOT/PLL-Gd samples
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Figure 47 Dependence of R2 relaxation rates on nanocarriers concentration for PCL/AOT/PLL-Gd and
AOT/PLL-Gd samples

High r1 specific relaxivity values obtained for both types of nanocapsules indicate
that they exhibit positive MR contrasting properties, causing the appearance of brighter
areas in regions of their higher accumulation. To confirm that, MR images were acquired
with short echo and relaxation times. Examples of T1-weighted images (Figure 48) show
that a very good positive contrast between samples with the highest concentration of NCs
and reference samples with nanocapsules without Gd complexes can be achieved.

Figure 48 Comparison of MR image intensities for agar gel phantoms with different Gd concentrations
as displayed in the figure. T1-weighted images of A) PCL/AOT/PLL-Gd nanocapsules, B) AOT/PLL-Gd
nanocapsules; MSME sequence (with single), TR = 200 ms, TE = 10.5 ms
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4.3. Nanocarriers containing

F nuclei

19

In this group, two types of nanocarriers were investigated. The first type was
polyelectrolyte multilayer nanocapsules loaded with an anticancer drug (paclitaxel),
where Nafion™ polymer used as a direct detection contrast agent was built into a
nanocapsules’ shell. The other type was also polyelectrolyte nanocapsules, however, this
time 19F-containing anticancer drug (5-fluorouracil) was encapsulated inside the NCs that
serve as both therapeutic, and a 19F MRI-detectable agent [121].
Opposingly to standard contrast substances, 19F-containing agents do not induce
significant changes in T1 and T2 relaxation times of the medium in the accumulation area.
In this case, a contrasting effect is achieved by imaging on 19F nuclei and imposing the MR
image of their spatial distribution over the standard anatomical image on protons. For
that reason, the contrasting efficiency of those so-called hot-spot agents is evaluated
based on values of the signal-to-noise ratio achieved in 19F MR images. As the signal from
19F

compounds in-vivo is usually only a little above detection limits, the low SNR is the

biggest challenge in

19F

imaging. Therefore, the main objective in

19F

optimize the imaging conditions to reliably determine the location of

imaging is to
19F-containing

agents.

4.3.1. Nafion™-Based Theranostic Nanocapsules
The first type of investigated 19F-containing contrast agents were polyelectrolyte
nanocapsules

with

NafionTM

(ethanesulfonyl

fluoride,

2-[1-[difluoro-

[(trifluoroethenyl)oxy]methyl]-1,2,2,2-tetrafluoroethoxy]-1,1,2,2,-tetrafluoro-,

with

tetrafluoroethylene) built into two layers of the NCs shell. The chemical structure of
NafionTM is presented in Figure 49, which illustrates the variability of the material i.e.
unreported by a vendor co-monomer distribution of molecular groups x and y, which
results in differences in

19F

signal strength arising from specified fluorine groups from

one synthesis to another [122].
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Figure 49 NafionTM chemical structure

The initial material used in experiments was NafionTM 20 wt. % solution in lower
aliphatic alcohols and water (663492 Sigma-Aldrich). This solution was used first to
acquire the

19F

NMR spectrum of NafionTM to prepare imaging experiments, i.e. to set

imaging sequence parameters to values enabling optimal visualization of NCs
distribution. Figure 50b presents a full acquired spectrum of NafionTM solution with five
visible resonances, which have been assigned to chemical groups of MR equivalent
fluorine nuclei as marked with adequate colours on chemical structure (Figure 50a).
Hexafluorobenzene (10 µl C6F6) was used as the reference.

Figure 50. (b) 19F MR spectrum of initial NafionTM with C6F6 used as a reference. Different colors
correspond to individual chemical groups, as marked on chemical structure in (a)

Next, T1 relaxation times of each resonance were measured in TopSpin 2.0 using
the Inversion Recovery method, while T2 values were estimated by calculating the
reciprocal of their full width at half maximum (FWHM). Obtained relaxation times were
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in the range from 691 to 910 ms for T1, and of single milliseconds for T2. The T1 and T2
relaxation times, as well as half-widths of spectral lines and chemical groups assignment
are presented in the table below.
Table 13 T1 and T2 relaxation times and FWHM values of the observed resonances with chemical groups
assignment

Chemical Shift

Corresponding

T1

T2

(ppm)

Chemical Groups

(ms)

(ms)

+42

OCF2, OCF2, CF3

483

909

2.1

+5

CF2, CF2, SCF2

739

691

1.4

0

(CF2)a

789

733

1.3

−16

CF (II)

640

775

1.6

−23

CF (I)

329

864

3.0

FWHM (Hz)

In the next step, three dilutions in the water of the initial NafionTM solution were
prepared to investigate the detection limit. For the estimation of the minimal number of
19F

nuclei in a sample that can be visualized in reasonable scan time, hexafluorobenzene

(C6F6) was used as a reference substance.
In MR imaging, it is preferable to use the signal arising from a single peak;
otherwise, ghost artifacts, being a superposition of two (or more) images obtained for
signals with different frequencies, are observed. For that reason, to obtain good quality
images with the least apparent artifacts, a peak at +42 ppm was chosen, as it exhibits a
relatively high MR signal and is well separated from the other resonances. Based on a
difference in the area under this peak for subsequent dilutions with respect to signal
intensity from the standard, an estimation of the number of 19F nuclei in 1 ml of the sample
that contributed to the image was made (Figure 51). Using equivalent weight formula EW
= 100x + 446 [122], and an EW value of 1100 g/mole (reported by the vendor), the
average x length in the NafionTM molecule (Figure 49) was calculated. Next, using this
value, and therefore assuming the average length of x chain was 6.6, the molar
concentration of NafionTM was estimated (Table 14).
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Figure 51 Acquired 19F MR spectra of solutions with different NafionTM concentrations

Table 14 Estimated number of 19F nuclei in 1 ml of the sample

Number of 19F nuclei in
Total number
Content of initial
Estimated NafionTM
19
1ml
of
the
sample
of
F nuclei in
TM
Sample Nafion solution in
concentration in the
contributing to + 42 ppm
1ml of the
H20 dilution [ml]
sample [mM]
peak
sample
N0

1.000

6.4 × 1020

2.1 × 1021

N1

0.100

N2
N3

88.50

4.5 s 10

20

1.5 × 10

6.32

0.010

6.0 × 1018

2.0 × 1019

0.84

0.005

2.8 × 1018

9.2 × 1018

0.39

19

Next, MR imaging was performed for the initial solution of NafionTM and N1-N3
dilutions. There are only a few commercially available sequences that allow the imaging
of very rapidly-relaxing components. These include the ultrashort echo time (UTE) or its
3D implementation (UTE 3D), and the zero-echo time (ZTE) imaging sequences. The UTE
3D sequence was applied and the imaging parameters were optimised based on results
from MR relaxometry and spectroscopy to values as follows: TR: 8 ms, TE: 0.16 ms, RF
pulse BW: 4.27 kHz, FOV: 4.0 x 4.0 x 4.0 cm. For 1H images, MTX: 128 x 128 x 128 and NA:
1 were used, resulting in a total acquisition time of ∼6m 51s, while for 19F images: MTX:
32 x 32 x 32, NA: 64, and acquisition time: ∼27m 6s were applied. The FA was set at 6.4°
taking into account the modified Ernst angle formula [123].
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Results of MR imaging of initial 20% NafionTM solution and N1 - N3 dilutions are
presented in Table 15, where the first second column contains 1H MR images of NafionTM
solutions of a different concentration; the third column - corresponding 19F MR images,
and fourth column - an overlay of 1H and 19F images. The SNR value in the last column was
calculated as a quotient of the mean signal intensity in the area of the sample and the mean
signal intensity measured with an entirely attenuated (150.00 dB) RF pulse. In the
selected time frame below 30 minutes, that would be reasonable for preclinical in-vivo
imaging, for N0 sample SNR value was higher than 600. Therefore, imaging with only one
average would still produce an image with a very high SNR in order of 75. For sample N3
with the lowest 19F content, SNR was equal to around five. However, due to close to zero
19F

background signal in the organism, this value would still be sufficient to reliably

determine the spatial distribution of 19F nuclei.
Table 15 MR Imaging results for samples N0 – N3. Series of 1H and 19F axial images with absolute
intensities as displayed on bars.

Sample

1

H image

F image

19

Overlay

SNR
(19F)

N0

674

N1

69

N2

7

96

N3

5

The next part of the investigation covered the imaging of the sample with
polyelectrolyte nanocapsules containing NafionTM in two layers of the shell. First, the MR
spectroscopy was performed to examine if the incorporation of the NafionTM in the
nanocapsules’ shell results in significant changes in the 19F spectrum. The comparison of
MR spectroscopy results for NCs and NafionTM solution (sample N1) is presented in Figure
52. No significant changes in frequencies for corresponding peaks that would result in
alteration of basic frequency for imaging were observed. However, the peak broadening
in the range of between 1.5 to 2 times for the main peaks at 42 ppm and 0 ppm was
observed. This result corresponds to even shorter T2 relaxation times in the range of 1 –
1.5 ms, and therefore, a rapidly decaying FID signal available for imaging.

Figure 52 Comparison of acquired 19F MR spectra of Nafion® loaded nanocapsules (NA = 5800) and
solution (sample N1, NA = 256).
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Subsequently, UTE3D imaging of a phantom containing theranostic nanocarriers
with NafionTM was performed (Figure 53). The imaging parameters were as follows: TR:
8 ms, TE: 0.16 ms, FA: 6.4°, RF pulse BW: 4.27 kHz, FOV: 4.0x4.0x4.0cm. For 1H images:
MTX: 128x128x128 and NA: 1 were applied, which resulted in an acquisition time ∼6m
51s, while for 19F images, MTX: 32x32x32, and NA: 256 or 500 were applied, resulting in
a total acquisition time of ∼1h 48min 24s and ∼3h 31m 44s, respectively.

Figure 53 MR Imaging of NafionTM -containing nanocapsules. (A) 1H MR Image of a phantom containing
nanocapsules (UTE3D, FOV: 4.0 cm, MTX: 128, NA:1), (B, C) corresponding 19F MR images (UTE 3D, NA:
256 and 500 respectively) and (D) an overlay of 1H and 19F (C) images.

The UTE 3D imaging of theranostic nanocapsules with 256 averages gave SNR =
12. Increasing the number of averages to 500 (acq. time: ∼3h 32 min) caused an
improvement in SNR to around 20. As the SNR is proportional to √𝑁𝐴, we can estimate
that for 64 averages that have been used for imaging of NafionTM dilutions in water, its
value would be around 3, which would still be enough to localize 19F nuclei in the space.
By comparing this value with values obtained for dilutions, it can be predicted that the
NafionTM concentration in the sample with NCs was similar to the concentration of the N3
sample (9.2 x 1018 19F nuclei/ml).
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4.3.2. Polyelectrolyte nanocapsules with 5-FU
The last type of investigated theranostic nanocarriers was polyelectrolyte
nanocapsules

with

5-fluorouracil

(5-Fluor-1,2,3,4-tetrahydropyrimidin-2,4-dion).

Contrary to NafionTM, all fluorine atoms in the 5-FU molecule are MR equivalent, therefore
a simple NMR spectrum with one sharp peak is expected.
The

19F

NMR spectrum of theranostic nanocapsules with 5-fluorouracil was

measured with an added 55 µl of 10 g/l solution of NaF in distilled water using a small
transmit-receive ribbon solenoid RF coil (ID of 14 mm), which can be tuned either to 1H
or

19F

resonant frequency (i.e. 400.130 vs. 376.498 MHz). The results of

19F

MR

spectroscopy for 5-FU NCs are presented in Figure 54. Based on the difference in peak
integrals, the content of 19F nuclei in nanocapsules and the 5-fluorouracil concentration
in the sample was calculated. The peak observed for 5-FU corresponds to 4.55 x 1018 19F
nuclei, which is equivalent to 983 mg/l fluorouracil concentration.

4,9E+07

NaF

376.498 MHz

3,9E+07

2,9E+07

5-FU

1,9E+07

9,0E+06

-1,0E+06
60

45

30

15

0

-15

-29

-44

-59
[ppm]

Figure 54 19F MR spectrum of 5-FU NCs with NaF used as a reference for concentration measurement.

To assess if the formation of a 5-fluorouracil/AOT/PLL nanocore affects the
structure and properties of 5-FU, the

19F

MR spectrum obtained for nanocores was
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compared with the spectrum of a 5-fluorouracil solution for injections (50 mg/ml). Both
spectra are presented in Figure 52. No significant changes in frequencies or broadening
of corresponding peaks were observed, which suggests no or very weak interaction
between liquid 5-fluorouracil cargo and the AOT/PLL interfacial layer.

Figure 55 Comparison of acquired 19F MR spectra of 5-fluorouracil nanocores and Fluorouracil 50
mg/ml Solution for Injection

To calculate the optimal flip angle for the imaging part of experiments, the T1 value
was measured. For that, the Inversion recovery method was used (Figure 56).
Experimental points were measured for: 30000, 20000, 15000, 10000, 5000, 4500, 4000,
3750, 3500, 3250, 3000, 2000, 1000, 500, 100 ms inversion recovery times. For measured
points function: 𝐼(𝑡) = 𝐼0 (1 − 2𝑒 (−𝑡/𝑇1) ) was fitted resulting in T1 = 3.23 ± 0.12s.
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Figure 56 T1 relaxation time of 5-FU nanocapsules

For the acquisition of axial 1H and 19F images, the FLASH sequence was used. For
1H

images, sequence parameters were as follows: TE: 6 ms, FA: 30°, TR: 100 ms, NA: 4,

total acquisition time: 51 s. 19F imaging was performed at high and low spatial resolution.
High-resolution images were acquired with an in-plane resolution of 0.63 mm in both the
y and x-direction and with a 4 mm slice. Echo time was 4.7 ms, flip angle 10.1°, and
repetition time 50 ms. For low-resolution images, the in-plane resolution was 1.25 mm
while slice thickness was kept the same,4 mm. In this case, echo time was 3.1 ms, while
flip angle and repetition time remained the same.
19F

images were acquired with three different numbers of averages NA = (144,

256, 512) to find the value that would give an acceptable compromise between SNR
(Signal-to-noise) value and total acquisition time. SNR was measured as the quotient of
the mean value of the signal intensity in the region of interest placed within the sample
and the standard deviation of the signal intensity in the region next to it. SNR results
obtained for different spatial resolutions are presented in Table 16, and are further
visualized in Figure 57, where SNR dependence on the number of acquisitions is
presented.
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Table 16 Signal to noise values of 19F images obtained for 5-FU nanocapsules

High Resolution

Low Resolution

NEX

SNR

Total acquisition time

SNR

Total acquisition time

144

4.9 ± 1.4

7 min 41 s

12.5 ± 1.8

3 min 50 s

256

6.4 ± 1.5

13 min 39 s

17.3 ± 3.3

6 min 50 s

512

8.8 ± 1.3

27 min 18 s

25.5 ± 2.3

13 min 39 s

NA

High
Resolution

Low
Resolution

SNR

144

460.8 s

230.4 s

819.2 s

409.6 s

1638.4 s

818.8 s

256

512

Figure 57 SNR/resolution dependence for 5-FU nanocapsules. Left: NA - number of averages, High
resolution - MR images with an in-plane resolution of 0.63 mm, Low resolution – MR images with an inplane resolution of 1.25 mm, total acquisition time as marked in each image, gaussian filtered σ=5;
Right: Signal-to-noise (SNR) dependence on Number of Averages (NA) for 5-FU nanocapsules.

To visualize the distribution of 19F nuclei in the sample, 19F images were overlaid
over a standard 1H image. In Figure 58, two extreme cases are presented, with the shortest
and the longest acquisition times. Within a total acquisition time of 3 minutes and 50
seconds, the SNR value was equal to approximately 15.5, which is already enough to
reliably determine nanocapsules' location. Increasing the number of acquisitions to 1024
(and total acquisition time to 27 min and 18 s) resulted in a very high SNR of 32.5.
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Figure 58 19F and 1H MR imaging results for 5-FU nanocapsules. A,B – 19F Images (total acquisition time
for A: tA =3 min 50 s, for B: tB =27 min 18 s); C, D – 1H image; E, F -overlay of 19F and 1H images
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Chapter 5
Discussion

5.1. Theranostic nanocarriers with relaxation contrast
agents
In this work, theranostic nanocarriers with relaxation contrast agents of both
paramagnetic and superparamagnetic types were investigated. Regarding the similarity
of the composition and the application of nanocarriers, two groups can be distinguished,
namely polyelectrolyte nanocapsules with a multilayer shell for anticancer (paclitaxel)
drug delivery and core-shell nanoparticles for photothermal therapy. In the case of
polyelectrolyte nanocapsules, variations with paramagnetic (based on gadolinium) and
superparamagnetic CAs (based on iron oxides) were investigated. For gadolinium-labeled
NCs, two types of nanocarriers were investigated: those with nanoemulsion and those
with polymeric cores. For nanocapsules with IONPs, also two types of NCs were formed:
one with and one without the AOT surfactant in the shell. The second main group was
core-shell nanoparticles for MRI-guided chemo-photothermal therapy. In this case, two
different shapes of magnetic Fe3O4 core and two SiO2 shell thickness dimensions were
investigated.

5.1.1.

Polyelectrolyte nanocapsules for drug delivery

The results of specific relaxivities for nanocapsules for drug delivery labelled with
superparamagnetic IONPs are shown in Figure 38 for nanocapsules with the following
composition: PCL-PTX/AOT/PLL/PGA/Fe3O4/PGA and in Figure

39 for PCL-

PTX/PLL/PGA/Fe3O4/PGA NCs. To compare those values with commercially available
contrast agents, and other nanocarriers present in literature, it is convenient to
recalculate relaxivities for Fe concentration instead of Fe3O4 (Figure 59). It was
hypothesized that there would be no significant difference in the relaxivities of those
nanocarriers as the addition of AOT creates an interfacial complex in the vicinity of the
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NCs cargo. Therefore, this additional layer is not in direct contact with Fe3O4 nanoparticles
and also does not limit water diffusion near superparamagnetic centers. Indeed, the
difference is less than 10 percent and can be explained by the statistical differences of T2
values between the measured series of the same types of nanoparticles. For samples with
the same Fe3O4 concentration, but from different series, the difference in measured T2
times was in the range of around 8% for samples in the lower concentration range and up
to 20% for higher concentrations (see Figure 36 and Figure 37).

Figure 59 Relaxivities (r2) comparison for nanocapsules for drug delivery

The average size of the obtained hybrids was ∼120 nm (PDI < 0.4) with the mean
size of individual Fe3O4 nanoparticles used for shell synthesis of 8 ± 3 nm. While the effect
on T1 relaxation times was negligible (r1 = 0. 57 and 0.48 s-1mM-1 (Fe) for MR NC and MR
NCx NCs respectively), both nanocarrier types displayed very high values of r2, which
were higher than values reported for contrast agents used in clinical practice [14]. This
can be attributed to the appropriate surface chemistry that leads to the controlled
aggregation of magnetic nanoparticles to form nanoclusters in nanocarriers shells. As a
result, higher local saturation magnetization is produced and the effective radius of
magnetic field inhomogeneity is extended, resulting in an improved relaxation effect
[124].
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This phenomenon has been observed before and has been utilized to produce
particles having high r2 values. In [125], a series of nanoclusters of iron oxide NPs of
different sizes and shapes (cubes, spheres, plates) were investigated. It was shown that
those controlled nanoclusters produce artificially enhanced field inhomogeneity, which
results in a 3-8 fold boost in the r2 value compared to individual NPs. In [126], authors
investigated nanoparticles consisting of a biocompatible amphiphilic polymer (Pluronic
F127), magnetic nanoparticles (Fe3O4) clusters, PTX (paclitaxel), and a hydrophilic
polymeric shell derived from stearoyl-polyethyleneimine-2,3-dimethylmalefic anhydride.
They reported an r2 value of 142.68 mM−1s−1, which was much higher than the r2
relaxation rate of contrast agents based on single SPIONs such as the Endorem® and
Resovist® (30-50 mM-1s-1). Finally, in [127], the impact of nanoparticle arrangement and
the overall morphology on the magnetic relaxivity was evaluated. Various morphologies
of nanoparticle-encapsulating block-copolymer assemblies were formed with iron oxide
NPs of an average diameter of 5.6 nm. The obtained relaxivities were: 154, 64, and 167
s−1 mM−1 for magneto-core shell assemblies, magneto-micelles, and the mixture of
magneto-micelles and magneto-polymersomes samples, respectively. The magneto-core
shell structure showed a significantly higher relaxivity rate than the simple micelles, while
the sizes of the two assemblies and IONPs contents were similar. Very high relaxivity was
also observed for magneto-polymersomes (167 – 228 s−1 mM−1 depending on the mass
percent of IONPs) that have iron oxide nanoparticles packed in vesicle walls and therefore
have a structure similar to the investigated nanocarriers in this thesis.
The obtained high values of r2 relaxivity result in very strong contrasting effects in
T2-weighted MR images (Figure 40 and Figure 43). To visualize the possibility of achieving
high contrast in a wide range of nanocarrier concentrations, images of low and high
concentration phantoms were presented. However, to achieve maximum contrast, not
only should the accumulation of contrast agents be enhanced, but also the choice of
optimal imaging conditions has to be considered. In images with long repetition and echo
times, very effective darkening in areas of higher NCs accumulations was observed,
confirming the strong negative contrasting properties of nanocarriers.
With Figure 41 and Figure 44, the importance of adjustment of imaging sequence
parameters is shown. Only for appropriate echo time values can large contrast be
achieved between areas of different accumulations of contrast agent. Therefore, the
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evaluation of optimal echo time for the expected concentration of contrast agent is crucial.
For that reason, in Figure 42 and Figure 45, the contrast between selected regions of
interest corresponding to different concentrations is plotted as a function of echo time.
For regions with the largest difference in T2 relaxation time, the highest contrast is
achieved for a relatively short echo time of 11.1 ms for both types of nanocarriers. As the
concentration of nanocarriers and the T2 relaxation time difference between samples get
smaller, longer echo times (up to 29.6 ms) are required to achieve sufficient contrast.
Theoretically, to further increase the relaxation properties, it would be
advantageous to directly expose nanoparticles to the surrounding. However, for
biomedical applications, specific modification of nanocarriers is required to reduce the
macrophage cellular uptake and to avoid fast clearance. For that reason, the multilayer
shell of the analysed nanocarriers ended with poly-l-glutamic acid (PGA) [128].
Embedding the F3O4 NPs in a polymeric multilayer shell preserves their magnetic
properties, especially the possibility of being accumulated at the desired site by an
external magnetic field. Such an approach results in the increase of the nanocarriers
concentration in the region of interest, and the enhancement of both contrasting and
therapeutic effects compared to passive targeting. The possibility of magnetic targeting
was proven by a simple experiment with a permanent magnet, where nanocarriers
suspended in water were attracted to the container wall near the magnet. Naturally, such
a test can be treated only as a proof of concept, and for biomedical applications, this has
to be further evaluated as the biodistribution of nanocarriers depends not only on factors
related to nanocarriers design (size, shape, charge, biocompatibility, and stability), but
also on factors related to the environment, like the morphology and vasculature of the
tumor. The therapeutic potential of nanocarriers in magnetic hyperthermia was evaluated
by the Specific Absorption Rate (SAR) measurement. The 1 mL of MN-PCL NCs suspension,
with 1 × 1011 nanocarriers per mL, was treated with a 25 mT magnetic field oscillating at
429 kHz. In such conditions, SAR = 55 ± 1 Wg−1 was obtained [112].
Most of the theranostics based on relaxivity contrast agents studied in this thesis
and present in literature, use SPIONs as negative contrast agents for T2-weighted MRI.
However, in some pathological events, such as internal bleeding or calcifications, or at the
boundaries between air and the tissue, the negative-contrast MRI does not allow the CA
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signal to be differentiated from artifacts [129]. In such cases, T1-weighted MRI-guided
theranostics can be used.
Results regarding MR relaxometry and imaging of Gd-labelled nanocapsules are
presented in Figure 46 (R1/concentration dependence), Figure 47 (R2/concentration
dependence), and Figure 48 (imaging). For nanocarriers with nanoemulsion and
polymeric core, values of longitudinal relaxivity r1 were slightly different: 9.97 and 8.11
m-1Ms-1, respectively. However, for concentrations up to 0.0073 mM Gd, values of
relaxation rates were almost identical. At the same time, for both types of NCs, the
contribution of nanocarriers to T2 relaxation wasn’t observed, which means that
investigated nanoparticles are perfect positive MRI contrast agents.
The obtained results are comparable with other polymeric assemblies present in
the literature. In general, the range of r1 relaxivity values achievable for polymeric devices
is very wide and depends on the structure of the designed nanocarrier. It was mentioned
already in the introductory chapter that the r1 relaxivity is governed by several factors
including the number of coordinated fast-exchanging inner-sphere water molecules on
the Gd(III) surface, the rotational correlation time of Gd(III), and water exchange from
Gd(III) to the bulk phase. Therefore, an appropriate nanocarrier design that leads to
prolonged correlation time and allows the effective exchange of water molecules with a
bulk pool can result in a significant boost in r1 relaxivity. For instance, in [130], authors
synthesized polymersome molecules from polycaprolactone-poly(ethylene oxide) (PCLPEO) block copolymers. The surface of as-fabricated nanocapsules was subsequently
functionalized with either small molecule or dendritic alkyne derivatives of a DTPAGd(III) complex, resulting in ionic relaxivities of 10.6 mM-1s-1 and 26.1 mM-1s-1,
respectively. In the case of small DTPA-Gd molecules, the relaxivity value was very close
to the one obtained in this work. A higher r1 value that was obtained for a dendritic
complex of DTPA-Gd(III) is characteristic for dendrimer systems. In [131], authors
obtained polymeric nanocapsules from the self-assembly of a lipid-containing copolymer,
poly(acrylic acid-co-distearin acrylate) in an aqueous solution, that were loaded with
near-infrared detectable fluorophore Cy5.5 and Gd(III) molecules (GdCl3). It was
demonstrated the longitudinal relaxivity of as-prepared NCs was are at least 15-fold
higher than of the commercially available Magnevist: 65.0 mM-1s-1 in pH 7.4 buffer and
58.0 mM-1s-1 in PBS. This pronounced enhancement of r1 was attributed to the entrapment
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of Gd(III) species within a highly hydrated vesicle membrane, which prolongs the
rotational correlation time of Gd(III) cations and retains high-level water exchange from
Gd(III) cations to the bulk solution. A different approach to drug delivery than its
encapsulation was proposed in [132], where a polymeric prodrug-based nanotheranostic
system with imaging agents (Cy5.5 and Gd(II)) and anticancer (paclitaxel) drug was
prepared via polymerization and conjugating chemistry. Those nanoparticles
demonstrated high enhancement of r1 compared to Gd-DTPA (8.6 vs. 3.6 mM-1s-1)
allowing accurate mapping of the temporal change profile of the tumor volume after
injection of NPs.
The sizes of investigated Gd-labelled nanocarriers were in the range of 140–
160 nm, which is considered as an optimum dimension suggested for passive tumor
targeting based on enhanced permeability and retention (EPR) effect [133]. The toxicity
and therapeutic effect of Gd-labelled theranostic nanocarriers were tested on four mouse
cancer cell lines: CT26- CEA, B16-F10, and 4 T1 that were incubated with empty polymeric
nanocapsules, nanocapsules labelled with Gd, and with Gd-labelled nanocapsules loaded
with paclitaxel at a concentration 1010 NCs/ml. The exposition of cells to Gd(III) ions
released from paramagnetic Gd(III) chelates resulted in observable toxicity, leading to
the increase of 5-15 % mortality in cells incubated with either with AOT/PLL-Gd or
PCL/AOT/PLL-Gd NCs. Significantly higher cytotoxicity was observed only after
incubation of cells with AOT/PLL-Gd-PX NC. Incubation with paclitaxel (0.45 μg/ml)
encapsulated in NCs decreased the viability of cells to 55–65%, which was comparable
with the effect of incubation with free paclitaxel at the same dose. At the same time,
PCL/AOT/PLL-Gd-PX induced very weak toxicity on cancer cells (apart from the B16F10
line, where viability was around 55%), which can be attributed to a much lower paclitaxel
concentration of 0.12 μg/ml [107] [112].

5.1.2.

Core-shell nanoparticles for photothermal therapy

The second group of investigated theranostic contrast agents with relaxation
contrast agents was core-shell nanoparticles for MRI-guided chemo- and photothermal
therapy. Those nanoparticles consisted of a magnetic Fe3O4 core and a continuous shell of
SiO2 that can be further functionalized with Au and cis-Pt nanoparticles for therapeutic
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applications. Here, two geometries of Fe3O4 core (cubic and spherical) and two sizes of
SiO2 shell (10 nm and 2 nm) were tested. The table below presents a summary of the
dimensions of the investigated nanoparticles.
Table 17 Summary of dimensions of investigated Fe 3O4@SiO2 nanoparticles

Fe3O4 core mean
size

Fe3O4 core
calculated
volume

SiO2 shell
thickness

m(Fe3O4)/m(NP)
ratio

Spherical Fe3O4@SiO2
(10 nm) NPs

11 nm

660 nm3

10 nm

0.091

Cubic Fe3O4@SiO2
(10 nm) NPS

19 nm

2460 nm3

10 nm

0.167

Cubic Fe3O4@SiO2
(2 nm) NPs

19 nm

2460 nm3

2 nm

0.610

For the comparison of obtained results with similar studies, relaxivity was
recalculated for Fe concentration instead of Fe3O4 (Figure 60). Regardless of the shape of
the core, nanocarriers with a 10 nm layer of SiO2 shell exhibited very strong relaxivities
equal to 170.6 and 135.5 s-1mM-1, while a 2 nm shell layer resulted in a much lower value
of 13.2 s-1mM-1.

Figure 60 Relaxivities (r2) comparison for nanoparticles for photothermal therapy
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The relaxivity of superparamagnetic contrast agents can be described by equation
29 (𝑟2 =

256𝜋 2 𝛾3 𝑉 ∗ 𝑀𝑠2 𝑎2
405

𝐿
𝑎

𝐷(1+ )

). Therefore it is expected that it will increase with nanoparticle

radius (𝑎) if the volume fraction (𝑉 ∗ ) remains the same. It also states that the decrease in
the thickness of a shell (𝐿) and the increase in saturation magnetization (𝑀𝑠 ) will result
in higher relaxivity. Even though the size of investigated cubic nanoparticles is almost
twice as big as that of spherical NPs (19 nm diagonally vs. 11 nm diameter, respectively),
for the same shell thickness of 10 nm, the value of 𝑟2 for spherical nanoparticles is higher.
In addition, a reduced shape/surface anisotropy, which is related to the surface spin
disorder, enhances the magnetization and produces larger perturbations of the magnetic
field that are necessary for T2 relaxation. In particular, it was shown that non-spherical
NPs i.e. cubes, rods, or octapods, demonstrate higher saturation magnetization than
spherical NPs of similar volume [134], [135], [136], [137]. For nanoparticles investigated
in this thesis, despite the larger volume of Fe3O4 in cubic nanoparticles, they
demonstrated the opposite effect, i.e. a lower relaxivity value, 𝑟2 . Moreover, surprisingly
cubic nanoparticles with a thin 2nm shell exhibited significantly lower relaxivity than
nanoparticles with a 10 nm shell.
To understand this unusual behaviour of investigated nanoparticles, the magnetic
properties of nanoparticles have been taken into consideration. In Figure 61 and Figure
62 magnetometry results for spherical and cubic nanoparticles, respectively, are
presented. For uncoated nanoparticles, saturation magnetization at 300 K was 46 emu/g
for spherical and 47 emu/g for cubic NPs. The 10 nm SiO2 shell reduced the magnetization
to 15 emu/g for spherical and 9 emu/g for cubic NPs while reducing the shell thickness to
2 nm resulted in an 𝑀𝑠 value of 15 emu/g. However, it must be taken into consideration
that the net magnetic moment for each sample arises from a different amount of the
magnetic component. In other words, the contribution of the magnetic core to the total
mass of NPs is different (see Table 17). To reliably compare the effect of the shell on
saturation magnetization for each sample, 𝑀𝑠 values were recalculated to unit mas of
Fe3O4 resulting in 𝑀𝑠 values: 164.5, 54.0 and 24.6 emu/g for spherical Fe3O4@SiO2(10nm),
cubic Fe3O4@SiO2(10nm) and cubic Fe3O4@SiO2(2nm) NPs, respectively. This leads to the
following observations. The effect of the 10 nm coating on spherical nanoparticles is less
pronounced than what would be explained by the mass difference of Fe3O4 in uncoated
NPs and coated NPs (obtained 15 emu/g, expected 4.2 emu/g). This effect of the mass
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difference of Fe3O4 is present in many papers but seems to be unnoticed [138], [139],
[140]. For 10 nm coated cubic nanoparticles, 𝑀𝑠 is almost the same as described by the
mass difference (obtained 9 emu/g vs. calculated 7.8 emu/g). Finally, for 2 nm coating on
cubic nanoparticles, the lowering of saturation magnetization is much more pronounced
to be explained simply by the Fe3O4 mass difference (obtained 15 emu/g, expected 28.7
emu/g).

Figure 61 Magnetometry results for spherical NPs, a) spherical Fe3O4 NPs, b) spherical Fe3O4 NPs with 10
nm SiO2 shell [115]

Figure 62 Magnetometry results for cubic Nanoparticles, a) cubic Fe3O4 NPs, b) cubic Fe3O4 NPs with 10
nm SiO2 shell, c) cubic Fe3O4 NPs with 2 nm SiO2 shell [115]

Apart from the mass difference, other factors and mechanisms are influencing the
magnetization of coated nanoparticles. As part of silica bonds to the surface of magnetite
particles through the chemical Fe-O-Si bonds, the magnetic moment of Fe on the surface
of magnetite decreases [140]. The SiO2 coating can also affect the arrangement of surface
atoms which results in either increased or decreased spin canting on NPs surface, thus
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increasing or reducing magnetization [141]. Finally, Mössbauer spectroscopy revealed
that in reality, the magnetic core of investigated NPs doesn’t consist only of magnetite, but
also, due to partial oxidation of Fe3O4 NPs, some amounts of maghemite or wüstite are
present, especially in cubic NPs (appendix A) [115]. The quantification of the magnitude
of each effect is, in general, a very complex subject and was not in the scope of this work.
Nonetheless, the magnetometry and Mössbauer results helped to understand surprising
r2 dependencies.
Regarding the shell thickness, one more effect should be taken into account.
Equation 29 states that decreasing the shell layer should result in enhanced r2 relaxivity.
However, increasing the thickness of the SiO2 shell prevents uncontrolled agglomeration
and aggregation of nanoparticles, which has an impact on the diffusion of water molecules
near the superparamagnetic cores that is necessary for sufficient enhancement of T2
relaxation. In the introductory chapter, it was explained that T2-relaxation is primarily
governed by the outer-sphere relaxation theory, i.e. local magnetic flux generated by
magnetic nanoparticles influences the dephasing of hydrogen protons diffusing in the
vicinity of CAs. Depending on the size of the NPs cluster, r2 is described by three
behavioural regimes based on protons’ diffusion, namely the motional averaging regime
(MAR), static dephasing regime (SDR), and echo-limited region (ELR) or slow-motion
regime (SMR). For individual NPs or small NP clusters with small hydrodynamic sizes,
water residency in the secondary sphere is short. This means that molecules rapidly
diffusing around NPs experience fast-changing magnetic fields and the relaxation rate is
governed by the water molecular motions. As the hydrodynamic size increases, the area
influenced by the magnetic inhomogeneity is increased, which results in prolonged water
residency and r2 enhancement. However, by increasing the cluster size beyond a critical
value in SDR, the fluctuating magnetic field will no longer be enhanced, and the overall r2
becomes independent of the hydrodynamic size. Further increasing the dimensions of the
clusters or further uncontrolled NPs agglomeration will lead to ELR, where the increase
in size affects negatively the r2 for particles occupying space in the secondary sphere
[124], [142], [143]. This effect might further explain the difference in relaxivity values
obtained for cubic nanoparticles and can justify choosing a thicker coating layer.
Regarding magnetic resonance contrasting properties, it can be concluded that
observed significant differences in saturation magnetization seem to have a predominant
114

effect as they correlate with the obtained r2 relaxivity results. Although the size of the
spherical Fe3O4@SiO2 was the smallest and the ratio between shell thickness and NPs size
was the largest, they demonstrated the highest relaxivity.
In Figure 21, Figure 26, and Figure 31, it is shown that despite the significant
differences in r2 relaxivities, effective contrast can be achieved for all nanoparticles. This
is due to the different content of Fe3O4 as presented in Figure 63. As the cubic
nanoparticles are characterized by higher Fe3O4 content, it partially compensates for their
lower relaxivities, and for the same concentration of the whole nanocarriers, cubic
nanoparticles with a 10 nm shell may produce a slightly higher contrast than spherical
NPs. Therefore, from the point of view of MRI, it can be considered that sphericalFe3O4@SiO2(10nm) and cubic-Fe3O4@SiO4(10nm) nanoparticles will exert a very similar
effect on images.

Figure 63 Relaxation rates dependence on the concentration of the whole Fe3O4@SiO2 NPs

For all nanoparticles, the optimal imaging parameters were found by the
investigation of contrast dependence on applied echo time for samples in the lower
concentration range that is more likely to be achieved in-vivo (Figure 23, Figure 28, Figure
33). To ensure that the contrast arises from T2 differences, a long TR of 6000 ms was
applied. For regions with the largest difference in Fe3O4 concentration, the maximum
contrast is achieved for a relatively short echo time of 60 ms for NPs with a 10 nm shell,
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while a much longer TE of 200 ms is required for NPs with a 2 nm SiO2 layer. As the
difference in concentration of nanocarriers and, consequently,

T2 relaxation times

difference between samples gets smaller, higher echo times of up to 135 ms for sphericalFe3O4@SiO2(10nm), 120 ms for cubic-Fe3O4@SiO2(10nm), and 300 ms for cubicFe3O4@SiO2(2nm) are required to achieve sufficient contrast.
The therapeutic effects and toxicity of cubic and spherical nanoparticles
with 10 nm SiO2 shell were investigated after further functionalization of their surface
with small gold nanoparticles that serve as photosensitizers. Additionally, the concept of
combined chemo-photothermal therapy was tested for spherical nanoparticles by the
attachment of cisplatin, a cytostatic chemotherapy medication used to treat a number of
cancers. The effect was studied in terms of cell viability (MTT assay) on two colon cell
lines: SW480 and SW620. Regarding the toxicity of Fe3O4@SiO2-Au NPs, the viability test
showed that they cause 13% to 18% mortality depending on particle shape and cell line.
Consequently, the investigated nanoparticles are characterized by a low cytotoxic effect.
Cells cultured with non-functionalized Fe3O4@SiO2@Au NPs and irradiated by laser
demonstrated very high mortality compared with non-irradiated NPs. For cubic
nanoparticles, an increase in the cells mortality to around 50-55% for SW480 cells and
35% - 40% for SW620 cells was observed. For spherical NPs irradiated with a laser this
mortality was slightly lower, 40 -45% and 30 – 35% for SW480 and SW610 cell lines,
respectively. However, for those NPs the combination of photothermal therapy and
chemotherapy was investigated causing ~50 % and ~43 % mortality of the SW480 and
SW620 cells in the case of laser irradiation of Fe3O4@SiO2-Au-cPt NPs [115].

5.2. Theranostic nanocarriers with direct-detection agents
based on 19F nuclei

Both investigated nanocarriers with fluorine atoms were in the form of
polyelectrolyte nanocapsules where the liquid core consisting of the anticancer drug is
surrounded by a multilayer shell of opposingly charged polymer layers. In one
composition, fluorine is embedded in the polymeric shell in the form of NafionTM polymer
as a 19F detectable agent and a drug (paclitaxel) is encapsulated in the core, while in the
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other composition, the drug itself (5-fluorouracil) contains 19F atoms, which allows for its
detection via 19F MRI.
There are several properties that a polymer probe should possess for the
application in 19F MRI. Most importantly, the content of equivalent fluorine atoms in the
particle has to be high to ensure sufficient SNR for

19F

imaging. It should also have

adequate solubility in water and mobility, as well as an easily modifiable surface for
effective accumulation at the desired site. Regarding safety and therapeutic efficiency,
requirements for reliable biodegradability and elimination from the system have to be
fulfilled [144]. The surface of both the analysed nanocarriers was covered with a PGA-gPED layer that limits their toxicity. It was shown before that empty pegylated
polyelectrolyte nanocapsules do not show any deleterious effects on mammalian cells in
culture, while the cytotoxic effect of the encapsulated drug was preserved [145].
Regarding MR properties, both probes introduce some challenges. Nafion™
(N-(3-acetylphenyl)-4-(2-phenylethyl)thieno[3,2-b]pyrrole-5-carboxamide) is a polymer
with relatively high fluorine content per molecule (C7HF13O5S · C2F4). However, those
nuclei are not MR equivalent and 5 peaks are observed in the 19F MR spectrum, resulting
in limited signal available for

19F

imaging. In all experiments with NafionTM, only the

resonance that was well separated from others was used, which corresponds to only
about 30% of the entire signal. Additionally, peaks observed in the NafionTM spectrum are
significantly broadened, which indicates that the T2 relaxation time is very short. This
severely restricts the range of available imaging sequences to Ultrashort Echo Time
(UTE), its 3D implementation (UTE3D), and Zero Echo Time (ZTE). The 19F spectrum of 5FU (5-fluoro-1H-pyrimidine-2,4-dione) is characterized by a single sharp peak, which is
preferable for imaging. On the other hand, the 5-FU molecule (C4H3FN2O2) consists of only
one 19F atom, which affects the maximum achievable SNR for acceptable concentrations.
Consequently, for both 19F compounds, the number of 19F nuclei contributing to the image
was much lower than for the most frequently used tracers based on perfluorocarbons. To
visualize

19F

tracers with less preferable characteristics, the choice of an adequate

sequence and the optimization of its parameters is are utmost importance.
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Both the applied imaging sequences (FLASH for 5-FU imaging and UTE 3D for
NafionTM) belong to a family of spoiled gradient echo (SPGR) methods. Signal intensity for
SPGRs is described by the steady-state equation [146]:
(−

𝑆 = 𝐴 sin(𝛼) ∙

1−e

𝑇𝑅
)
𝑇1

𝑇𝑅
(− )
1−cos(𝛼)∙e 𝑇1

𝑇𝐸

∙ 𝑒 (−𝑇2∗) , (35)

with 𝛼 – flip angle and A -global sensitivity factor. The dependence of flip angle on
normalized signal intensity (S/A) is plotted in Figure 64.

Figure 64 S/A vs flip angle (α) dependence

As it’s shown in the figure above, for each value of TR/T1, there is an optimal angle
(Ernst angle) that maximizes the achievable signal intensity, while angles that are either
smaller or larger can significantly reduce it. Ernst angle can be calculated from the
𝑇𝑅

formula 𝛼𝐸 = 𝑎𝑟𝑐𝑜𝑠 (− 𝑇1 )

𝑇

2

𝑟𝑓
or 𝛼𝐸𝑇2 = √𝛼𝐸 2 − (2∙𝑇2
) , which takes into account

relaxation during RF pulse excitation [147]. For imaging of 5-fluorouracil nanocarriers,
the theoretically calculated 10.1° angle was applied, whereas for NafionTM NCs, a 6.4°
angle instead of theoretical 7.5° was used as it gave a higher signal. This can be caused by
the more rapid relaxation of the NafionTM when embeamed in NCs shell, or by the
uncertainty of calibration of the flip angle for the x-nucleus with a very low signal from
NafionTM.
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Additionally, as there is no background

19F

signal within the body, contrasting

efficiency for 19F MRI contrast agents is assessed in terms of the ratio between the signal
produced by the probe and the noise. Therefore, the SNR enhancement is the main
objective in

19F

imaging of

19F

labelled nanocarriers. The signal-to-noise ratio in MR

imaging depends on a number of factors [148] [149]:
𝑆𝑁𝑅 ∝ 𝐼 ∙ 𝑓(𝐵0 ) ∙ 𝑓(𝑄𝐹) ∙ 𝑉𝑣𝑜𝑥𝑒𝑙 ∙

√𝑁𝑦
√𝐵𝑊

∙ √ 𝑁𝐴,

(36)

where:
𝐼 – intrinsic signal intensity for applied sequence, that is based on T1, T2, and spin density.
𝑉𝑣𝑜𝑥𝑒𝑙 = 𝑠𝑙𝑖𝑐𝑒 𝑡ℎ𝑖𝑐𝑘𝑛𝑒𝑠𝑠 ∙

𝐹𝑂𝑉𝑥
𝑁𝑥

∙

𝐹𝑂𝑉𝑦
𝑁𝑦

– voxel size; SNR is linearly proportional to the

volume of the voxel ;
𝑁𝐴 – number of acquisitions; Signal averaging is achieved by averaging sets of data that
were acquired with the same sequence parameters. SNR is proportional to the square root
of NA, while acquisition time scales linearly with SNR. Therefore, in order to increase the
SNR two times, total acquisition time has to be doubled [150];
𝐵𝑊 – RF bandwidth; narrow spread of frequencies around basic frequency result in
higher 𝑆𝑁𝑅 ∝

√𝑁𝑦
√ 𝐵𝑊

, but at the same it requires a longer time for sampling, resulting in

longer minimum TE possible for imaging [151]. Therefore for most

19F

compounds

excitation with rather wide BW is necessary;
𝑓(𝐵0 ) – function of 𝐵0 field induction; Higher fields incuse larger spins polarization,
resulting in larger SNR by a factor 𝐵01.0 − 𝐵01.75 [152];
𝑓(𝑄𝐹) – function of the coil quality factor, which is the indicator of RF coil sensitivity to
signals arising from the object. SNR is reduced by the ‘loading’ effect and eddy currents.
Eddy currents are produced by the changing magnetic field in the direction perpendicular
to this field, and they cause artifacts and SNR decrease, especially in fast imaging
sequences [153] [154]. The loading effect relates to SNR losses caused by the electric
impedance of the object, which causes the variation of the magnetic field due to
susceptibility effects. This effect is different for each object. Therefore, to minimize it,
tuning of the RF coil is performed before image acquisition.
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Several strategies for increasing the SNR were applied to ensure optimal detection
of 19F probes via 19F MRI. All measurements were performed using a high-field 9.4 T MRI
scanner, which provides 3 to around 6 times higher than most clinical scanners (3 T).
Regarding the coil quality, the small in-house built ribbon coil that can be tuned either to
1H

or 19F resonance frequency, with a size optimised for imaging of small samples, was

used. The performance in terms of signal-to-noise enhancement for this simple solenoid
coil was compared with the commercially available Bruker 1H/19F volume coil with an
inner diameter of 40 mm, designed as two geometrically decoupled linear resonators for
1H and 19F-nucleus. In Figure 65, the comparison of two images of the same phantom with

5-fluorouracil. The image on the left was acquired with a commercial Bruker coil, and the
image on the right with the coil was optimised for small samples. Both images were
acquired with FLASH sequence with the same geometry, i.e. slice thickness = 4 mm, FOV
= 40 x 40 x 40 mm, MTX = 32 x 32 x 32, and with the same TR = 100 ms, TE = 3.1 ms and
FA = 15°. For an image on the right, 1024 averages were used, resulting in a total
acquisition time of almost 55 min, while for an image on the left, the number of averages
was extended o 2048 (acquisition time = 1h 49 min) for more accurate SNR measurement.
SNR was calculated as the mean signal intensity in the region of interest placed within the
sample and the average noise from three regions selected outside the sample was 5, and
14 for the image on the left and the right, respectively. SNR on the image recalculated for
the same number of averages (2048) was 20, demonstrating a fourfold increase in
achievable SNR by the coil selection.

Figure 65 SNR comparison for images obtained with Bruker 1H/19F volume (left) and small ribbon coil
for small samples (right)
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MR image quality is an interplay between three parameters: scan time, spatial
resolution, and SNR. To increase the SNR, a compromise between two other parameters
has to be made. In most cases, scan time has to be limited to be tolerable for the animal
under anesthesia and reasonable in terms of resources used for the experiment. To
achieve that, the spatial resolution has to be lowered to a range that allows resolving
important features but doesn’t compromise the SNR. For fluorine imaging, even with
lower resolution, a reliable assessment of the tracer distribution can be achieved due to
zero background signal. For both types of nanocarriers, 1H images were recorded with a
high resolution of 0.3 mm isotropic for NafionTM nanocapsules and 0.3 mm in-plane with
1 mm slice thickness for 5-FU nanocarriers, while 19F imaging was performed with larger
voxels. For NafionTM NCs, 1.25 mm isotropic voxel was used, while for 5-FU NCs two
different in-plane resolutions were tested: 0.63 x 0.63 mm and 1.25 x 1.25 mm (slice
thickness of 4 nm). For the SNR dependence on the number of acquisitions, the 𝑆𝑁𝑅 ~ 𝑎 ∙
√𝑁𝑦

√𝑁𝐴 function was fitted, which accounts for 𝑆𝑁𝑅 ~ 𝑉𝑣𝑜𝑥𝑒𝑙 ∙ √𝐵𝑊 ∙ √ 𝑁𝐴 contribution,
according to equation 36. The ratio of fitted ‘a’ coefficients was 2.79, which is very close
to the theoretical 2.82 (BW = 10 kHz, Ny = 32 or 64). Therefore, by lowering the spatial
resolution, almost three times higher SNR was achieved.
Another strategy for SNR enhancement is increasing the number of averages (NA).
In MR imaging, higher SNR values are obtained by averaging the signal, i.e. by repeating
acquisition with the same parameters multiple times and summing the results pixel-wise.
Due to the statistical fluctuation nature of the noise, its resultant value gets suppressed
while the signal arising from the object is increased, which results in a net SNR
enhancement proportional to √𝑁𝐴. As the total scan time scales linearly with NA, the
number used in the experiments was selected as a compromise between achievable SNR
and an acquisition time that should be kept in a reasonable range.
For both types of nanocarriers, it was shown that within 30 minutes of total scan
time it is possible to visualize their distribution. For 5-FU samples, the highest applied NA
of 1024 resulted in an acquisition time of 27 min and 18 s and a high SNR of 32.5 for
imaging of a single 4 nm slice and 1.25 x 1.25 mm in-plane resolution. For NafionTM
samples, imaging with 64 averages and a total acquisition time of 27 min was assessed to
produce SNR = 3. Furthermore, due to radial k-space sampling, the whole volume of 4.0
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x 4.0 x 4.0 cm is covered with 1.25 mm isotropic voxels. This result can be treated as a
proof of concept of utilizing

19F

MRI for NafionTM and 5-FU nanocarriers detection and

constitutes the first step of investigations for biomedical application which is mandatory
for the planning of any in vitro and in vivo studies. Additionally, for 5-FU nanocapsules,
the toxicity was tested in terms of the viability of murine cancer cells (4T1 and CT26-CEA
lines) that were incubated with either empty capsules, or with free or encapsulated 5fluorouracil. Results showed that empty AOT/PLL nanocores demonstrate significant
toxicity (around 40% viability for both cell lines), which is greatly reduced (90% viability)
for the pegylated multi-layered structure. At the same time, 5-FU loaded nanocarriers
demonstrated similar toxicity to free fluorouracil, causing 25% (vs. 30% for free 5-FU)
viability for the 4T1 line, and around 40% for both encapsulated and free 5-FU for CT26CEA cells [114]. Nanocarriers for 5-fluorouracil delivery have been extensively studied
resulting in many different formulations including solid lipid nanoparticles [155],
polymeric nanocarriers [156] [157], nanoliposomes [158], core-shell NPs [159] [160],
quantum dot-based nanocarriers [161] and dendrimers [162] [163], however only in few
papers application of 19F MRS for NCs detection can be found [164] [165], while 19F MRI
has not been considered in any of them. Nevertheless, results obtained for 5-FU solution
for injections indicate that it is possible to obtain quantitative results of 5-FU distribution
in vivo. Successful in-vivo detection of localized 19F signal has been reported not only for
5-FU but also for its metabolites. After the injection of 5 FU at a dose of 455 - 550 mg/kg
at 3.0 T field [166], 250 mg/kg at 7.0 T field [167], and 130–260 mg/kg at 9.4 T field [168],
the 19F signal was successfully spatially resolved. As the SNR scales linearly with the 19F
dose, we expect that imaging with the dose in a range of 100 – 300 mg/kg, that was
previously used in animal studies on small rodents would still produce sufficient SNR
(SNR of 3 - 10) to evaluate the 5-FU nanocarriers distribution within a 30 minutes time
frame.
For NafionTM nanocarriers, cytotoxicity has not been tested yet. However,
biocompatibility studies of NafionTM have shown no acute or chronic foreign body
response. Moreover, it is characterized by thermal stability up to 200 °C, and chemical and
biological inertness [169]. NafionTM was originally created as an electrolyte material for
proton exchange membrane fuel cells, so only a few papers describe its biomedical
applications. These include insulin pH-controlled delivery LbL films [170], hybrid
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biosensors for dopamine [171] and glucose [172], films with antibiotic-loaded
mesoporous silica nanoparticles where NafionTM was used as a protective layer [173] and
multilayer UV triggered microcapsules [174]. To my best knowledge, it is the first attempt
to visualize NafionTM- containing nanoparticular systems via 19F MRI.
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Chapter 6
Conclusions

This thesis aimed to evaluate the theranostic potential of various nanocarriers in
terms of their contrasting efficiency for magnetic resonance imaging. The nanocarriers
that contained standard and relaxation contrast agents, as well as direct-detection CAs
based on 19F nuclei, were investigated.
Relaxation contrast agents were embedded in nanocapsules for drug delivery and
the core-shell nanoparticles for photothermal therapy. For nanocapsules with multilayer
shells with F3O4 nanoparticles, very high relaxivities (r2 > 235 mM-1s-1) were obtained for
both proposed formulations. The hypothesis that the additional AOT polymer layer which
stabilizes the cargo does not influence the contrasting properties of the whole NCs was
confirmed. Because the additional layer did not have direct contact with Fe3O4
nanoparticles and did not limit water diffusion near superparamagnetic centers, which is
required for efficient T2 shortening of the environment, the difference in r2 relaxivities,
which was less than 10 percent, can be explained by statistical differences in T2 values
between the measured series. For the core-shell nanocarriers, where Fe3O4 constituted
the core of NCs, which was covered with a SiO2 shell and decorated with small Au NPs,
surprising results were obtained. In this case, three different compositions of NCs were
tested: with a spherical core and a 10 nm shell, with a cubic core and a 10 nm shell, and
with a cubic core and a 2 nm shell. It was expected that nanocarriers with a cubic core
would cause more effective relaxation due to their shape and larger volume compared to
spherical NPs. Moreover, it was assumed that the relaxivity of nanocarriers would
decrease with increased SiO2 shell thickness. However, the opposite results were
obtained. To understand the relationship between the obtained relaxivities and the
composition of NCs, the Mössbauer spectroscopy, and SQUID magnetometry results were
used. Regarding magnetic resonance contrasting properties, it appears that observed
considerable changes in saturation magnetization have a predominant influence since
they coincide with r2 relaxivity results. Even though the spherical NPs had the smallest
dimensions and the ratio between shell thickness and NPs size was the largest, they
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induced the highest relaxation. Nevertheless, it was demonstrated that despite the
significant differences in r2 relaxivities, effective contrasting can be achieved for all
nanoparticle geometries. As the cubic nanoparticles are characterized by higher Fe3O4
content, it compensates to some extent for their lower relaxivities, and for the same
concentration of the whole nanocarriers, cubic nanoparticles with a 10 nm shell induce
slightly higher contrast than their spherical equivalents. Moreover, for both types of
nanocarriers (nanocapsules and core-shell nanocarriers) the analysis of contrast allowed
the determination of optimal echo time values for the effective visualization of samples.
Additionally, results of relaxivities were compared with similar compositions of
nanocarriers and with clinically approved contrast agents. For all proposed NPs, except
for core-shell NPs with a 2 nm shell, relaxivities were at least as high as those of ResovistTM
or FeridexTM. With the anticipated more preferable distribution of theranostic
nanocarriers compared to the standard contrast agents, namely high accumulation in
tumour sites, it is expected that in-vivo MR imaging would enable the therapeutics
tracking due to very high contrast enhancement. Because the negative-contrast MRI does
not allow the detection of the Fe3O4-labelled nanocarriers when artifacts induced by
pathological events (like bleeding or calcifications) are present, the positive contrast
agents were also investigated. Results regarding MR relaxometry and imaging of Gdlabelled nanocapsules revealed slightly different values of longitudinal relaxivity r1: 9.97
and 8.11 m-1Ms-1 for nanoemulsion and polymeric cores, respectively. Nevertheless, for
very low concentrations of Gd, which are generally more probable to be achieved in-vivo,
the values of relaxation rates were almost identical. Notably, the r1 values obtained for
both types of NCs were around two times higher than those of clinically approved CAs:
MagnevistTM, DotaremTM, and GadovistTM,

which indicates that Gd-labelled NCs would

produce high contrast in T1-weighted images. This was confirmed by acquiring the images
with short repetition and echo times, where regions with different concentrations of Gd
could be distinguished.
Unlike typical relaxation contrast agents, 19F-containing compounds do not cause
substantial changes in the medium's T1 and T2 relaxation times in the accumulation area.
For those hot-spot agents, which are based on nuclei other than 1H that also undergo
nuclear magnetic resonance (so-called x-nuclei), the contrasting effect is accomplished by
imposing the MR image of the spatial distribution of x-nuclei over the proton image. The
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biggest challenge in the detection of

19F-containing

theranostic nanocarriers was,

therefore, a low signal-to-noise ratio. This was due to the fact that the signal from

19F

compounds is usually only a little above detection limits. Thus, the main objective of 19F
imaging experiments was to optimise the imaging conditions to reliably determine the
spatial distribution of

19F-containing

agents. Several strategies for increasing the SNR

were implemented to ensure optimal detection of

19F

probes via

19F

MRI. Firstly, all

measurements were performed using a high-field 9.4 T MRI scanner, which provides 3 to
around 6 times higher signal than most clinical scanners. Regarding the coil quality, the
small in-house built ribbon coil that can be tuned either to 1H or 19F resonance frequency,
with a size optimised for imaging of small samples, was used, resulting in a fourfold
increase of achievable SNR only by the coil selection. As the image quality is an interplay
between the total scan time, spatial resolution, and SNR, to maximise the SNR, at least
one of the two other factors has to be limited. Because the total scan time has to be kept
within a reasonable range, the spatial resolution has to be lowered to a value that ensures
sufficient SNR but at the same time allows resolving important features. In the case of 19F
imaging, a reliable assessment of the tracer distribution can be achieved even with lower
resolution due to the close to zero endogenous

19F

MR signal. Another strategy for

increasing the SNR is repeating the acquisition with the same parameters multiple times
and summing the results pixel-wise. Such a procedure leads to signal amplification and
noise suppression due to its statistical distribution. The net SNR enhancement is
proportional to √𝑁𝐴. However, as the total scan time scales linearly with NA, the number
of averages used in the experiments was selected as a compromise between achievable
SNR and acquisition time. For both types of investigated

19F

nanocarriers, namely

nanocapsules with NafionTM polymer embedded in the multilayer shell, and
polyelectrolyte nanocapsules with 5-fluorouracil, it was shown that undertaken steps for
19F

MRI optimisation led to their successful detection within 30 minutes of the total scan

time. For 5-FU nanocarriers, a single-slice image with a high SNR of 32.5 was achieved
within the acquisition time of about 27 min, while for NafionTM nanocapsules, applying
the same acquisition time resulted in an SNR of 3. However, here the whole volume of the
sample was covered. As there are only a few similar works present in the literature, and
those that exist focus on MR spectroscopy (or localized spectroscopy), rather than on MR
imaging, the comparison of obtained results was difficult. Nevertheless, taking into
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consideration obtained values of SNR it can be presumed that in-vivo observations of NCs
distribution will also be possible.
To further conclude, it was shown that all investigated theranostic nanocarriers
produce sufficient contrast for their detection via MR imaging. In the case of relaxation
contrast agents, contrasting properties were evaluated by the measurements of the
specific relaxivities, r1 and r2, and the contrast assessment in MR images. The obtained
results are very promising, as the r1 or r2 values for almost all proposed compositions
were higher than those of clinically approved CAs. For fluorine-containing probes, the
contrast was assessed by the SNR analysis, and the obtained results suggest, especially for
5-FU NCs, the potential for in-vivo detection at the therapeutic dose. Therefore, the aim
of the thesis was accomplished.
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Appendix A
Mössbauer spectroscopy results for Fe3O4@SiO2 NPs
Above the Verwey transition temperature, which is 125 K, magnetite has a cubic
Fd-3m symmetry with an inverse spinel cubic structure. O2− ions form an FCC lattice and
iron cations occupy interstitial sites. Half of the Fe3+ cations occupy tetrahedral sites (Asite), while the other half, and Fe2+ cations, occupy octahedral sites (B-site). This means
that at tetrahedral sites, Fe atoms are in a +3 state, while in B positions the mean valence
is +2.5 [1-3]. Room temperature (290 K) 57Fe Mössbauer spectra are shown in Figure 66,
while hyperfine parameters are summarized in Table 18. Low temperature (16K) results
are presented in Figure 67 and Table 19.

Figure 66 Room temperture (290K) Fe3O4 Mössbauer spectra for (a,b) spherical NPs and (c, d) cubic NPs;
Top row – Fe3O4 nanoparticles; bottom row – nanoparticles with SiO2 shell
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Table 18 Room temperature (290 K) Mössbauer spectroscopy results for Fe3O4 and Fe3O4@SiO2 NPs

Sample
sphere-Fe3O4
NPs

Sub-

IS,

spectrum

[mm/s]

Fe3+/Fe2.5+

0.32

-

-

-

26

Fe3+/Fe2.5+

0.32

-

-

-

26

0.42

-

-

-

3

0.41

41.5

5.7

0.01

12

0.32

-

-

-

13

0.35

43.8

3.4

0.01

15

Hhf, [T]

Hhf Sigma, [T]

E, [mm/s]

Area
ratio, %

sphereFe3O4@SiO2
(10 nm) NPs
cubic-Fe3O4

Fe3+/Fe2.5+

NPs
cubic-Fe3O4 @
SiO2
(10 nm) NPs

Fe /Fe
3+

2.5+

Figure 67 Low temperature (16K) Fe3O4 Mössbauer spectra for (a,b) spherical NPs and (c, d) cubic NPs;
Top row – Fe3O4 nanoparticles; bottom row – nanoparticles with SiO2 shell
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Table 19 Low temperature (16 K) Mössbauer spectroscopy results for Fe 3O4 and Fe3O4@SiO2 NPs

Sample

IS,

Hhf,

Hhf -Sigma,

E,

Area

[mm/s]

[T]

[T]

[mm/s]

ratio, %

Fe3+ at A site

0.21

51.1

0.14

0.04

36

Fe3+ at B site

0.58

51.7

0.12

-0.02

47

Fe2+ at B site

0.96

48.8

5.5

-0.24

17

Fe3+ at A site

0.20

49.4

0.11

0.04

35

Fe3+ at B site

0.38

50.8

0.07

-0.04

53

Fe2+ at B site

0.90

47.2

6.1

-0.47

12

Fe3+ at A site

0.28

49.6

1.3

0.00

28

Fe3+ at B site

0.42

51.4

0.7

-0.02

58

Fe2+ at B site

0.75

45.5

3.8

-0.11

14

cubic-Fe3O4@SiO2

Fe3+ at A site

0.15

50.0

0.9

-0.03

39

(10 nm) NPs

Fe3+ at B site

0.48

50.2

0.9

0.01

43

Fe2+ at B site

0.81

45.0

5.7

-0.20

18

sphere-Fe3O4 NPs

sphere-Fe3O4@SiO2
(10 nm) NPs

cubic-Fe3O4NPs

Sub-spectrum

The Mössbauer spectra of spherical Fe3O4 core samples and Fe3O4@SiO2 core-shell
NPs are characterized with singlet IS = 0.32 mm/s without resolved quadrupole splitting
corresponding to Fe3+ ions. For cubic core Fe3O4 NPs, the Mössbauer spectra are
approximated with a singlet IS = 0.42 mm/s without resolved quadrupole splitting and a
sextet IS = 0.41 mm/s corresponding to Fe3+ ions. Similarly, for core-shell cubic
Fe3O4@SiO2 NPs, singlet IS = 0.32 mm/s without resolved quadrupole splitting and sextet
IS = 0.35 mm/s corresponding to Fe3+ ions were observed. For both shapes of NPs, the
observed broadened baseline in the spectra of NPs is most probably caused by the
presence of an unresolved magnetic sextet corresponding to Fe2.5+ ions, which indicates a
superparamagnetic state.
Low temperature (16 K) spectra of Fe3O4 and Fe3O4@SiO2 for both cubic and
spherical geometries are deconvoluted into three sextets corresponding to Fe3+ ions at A
site, Fe3+ ions at B site, and Fe2+ ions at B site. For spherical nanoparticles, the ratio of the
contribution of a sextet of Fe3+ ions at A site to the contribution of sextets of Fe ions at B site is
0.56 for Fe3O4 and 0.54 for Fe3O4@SiO2 NPs, which is very close to the value of stoichiometric
magnetite (0.50). However, the relative contribution of subspectrum attributed to Fe2+ ions at B
site is less than expected (only 17 % for Fe3O4 and 12 % Fe3O4SiO2 against ~ 30 % expected).
For cubic nanoparticles, the ratio of the contribution of a sextet of Fe3+ ions at A site to the
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contribution of sextets of Fe ions at B site is 0.39 and 0.64 for Fe3O4 and Fe3O4@SiO2 NPs
respectively. Also, the contribution of subspectrum of Fe2+ ions at the B site is again less than
theoretical, 14 % for Fe3O4 and 18 % for Fe3O4SiO2 NPs. A similar ratio of contribution of ions
in A and B sites for spherical geometry Fe3O4 NPs and encapsulated in SiO2 shell NPs suggests
that they possess a very similar crystal structure, while results obtained for cubic nanoparticles
may indicate the influence of the encapsulation on the crystal structure of NPs. Moreover, the
lower contribution of Fe2+ ions in the Mössbauer spectrum for both geometries of NPs can be
attributed to the partial oxidation of Fe3O4 NPs, leading to the formation of some amount of
maghemite or wüstite at the surface of NPs [3].
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