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Summary

Metal-organic frameworks (MOFs) are hybrid materials composed of inorganic metal ions
coordinated with organic linkers, which are interesting carriers for anticancer drug delivery
applications. Due to the considerable flexibility in choosing their structural building units, MOFs with
large tunable porosity, high drug loading capacity and biocompatibility could be synthesized. However,
they commonly suffer from off-target uncontrolled drug release and accumulation. In order to
overcome these challenges, this study aimed to use MOF-based magnetic nanocomposites composed
of magnetic nanoparticles (MNPs) core and MOF shell. So that, the cargo release from the
nanocomposites could be induced thermally or mechanically in response to the applied magnetic fields
(MF). In addition, the MNPs embedded into the MOF platform could enable their targeting to the

tumor tissues through magnetic forces.

The two major aims of this study were: 1) to provide a proof—of—concept for the ability to
control the cargo release from the nanocomposites by MF, and 2) to investigate the design of a setup

that could enable targeting MNP-based nanocarriers to deep-seated tumors.

The first aim was investigated using nanocomposites consisted of iron oxide nanoparticles
cores and zeolitic imidazolate frameworks-8 MOF shells, which were loaded with cresyl violet (CV)
fluorescent probe. The synthesized nanocomposites had a core-shell structure with a hydrodynamic
diameter of 229.5 + 1.9 nm. The nanocomposites were biocompatible on MiaPaCa2 cancer cells and
cancer-associated fibroblasts (CAF) used model cells, up to 1 pM and 72 h of incubation with main
accumulation inside the lysosomes. Both the alternating high-frequency MF (AMF) or rotating low-
frequency MF (RMF) exposures significantly increased the CV release from the nanocomposite in
MiaPaCa2 and CAF cells. In addition, an enhanced CV release in both cells was observed after a second
AMF exposure. The CV release was associated with a decrease in cell viability in MiaPaCa2 exposed to
AMF or RMF, and in CAF exposed to AMF, due to the CV cytotoxicity. Moreover, the CV release from
the nanocomposites in MiaPaCa2/CAF spheroids was also induced via AMF or RMF, and decreased the

spheroid size.

For the second aim, we presented a design of a novel setup that could enable the accumulation
of MNP-based carriers into deep-seated tumors and not only superficial ones. The proposed setup
relies on using two permanent magnet blocks in order to generate a strong and low-gradient MF in the
gap between them. Ordinary coils were added in the gap to generate a weaker but high-gradient MF
in the opposite direction to the MF generated by the permanent magnets. Therefore, the net MF

distribution in the gap would have the highest intensity in a middle area away from the MF sources



where the magnetic-based nanocarriers could preferentially accumulate. In addition, tuning the MF
generated by the coils with different currents could enable changing the MNP focusing area. COMSOL
Multiphysics® simulations were used to optimize the setup parameters and to provide a proof-of-
concept for the setup design. Afterwards, the ordinary coils were fabricated in the lab and allowed to
generate MF intensity up to 158 mT at the center of their surface, thanks to developed water-cooling
coil supports. At this MF intensity, the coils would be able to reverse the MF distribution of the

permanent magnets on the lab-designed setup support.

In conclusion, this work allowed the development of biocompatible MOF-based magnetic
nanocomposites of high porosity that could allow pulsatile on-demand MF-cargo release inside cells.
Also, we presented a strategy for targeting MNP-based delivery systems specifically to deep-seated
tumors. Both could allow spatiotemporal control over the accumulation and drug release from the

magnetic nanocomposites to enhance their efficiency as targeted cancer nanomedicine formulations.
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Introduction

Nanomedicine formulations revolutionized the field of chemotherapeutic drug delivery thanks
to their ability to enhance the physicochemical properties as well as the pharmacokinetic behavior of
their drug load. There are dozens of marketed nanomedicine products and hundreds others in clinical
trials; almost half of them are for cancer treatment, indicating their promise to fight against cancer.
Metal-organic frameworks (MOFs) are a new class of nano-drug delivery systems that have porous
hybrid (inorganic-organic) structures. They are composed through coordination bonds between
inorganic metal ions or metal ions clusters and organic ligands. They have the advantages of
exceptionally high porosity as well as functional and structural flexibility. The tunable MOF properties,
offered through the rational choice of the metal ion and the organic linker, could enable the synthesis
of MOFs with suitable optimal properties for the intended applications. For instance, biocompatible
and biodegradable MOFs with optimal size, high drug loading capacity and easy functionalization could
be synthesized. Due to these interesting properties, MOFs are attracting more attention in antitumor
drug delivery applications. However, they usually suffer from off-target uncontrolled drug release and

accumulation.

This thesis project, as a part of the HeatNMof European Innovative Training Network, was
concerned with addressing these MOF delivery systems challenges. The HeatNMof project subject is
“Heating triggered drug release from nanometric inorganic — metal-organic framework composites,”
and it aims to develop smart responsive multifunctional nanocarriers based on MOFs for cancer
treatment. The HeatNMof project aimed to endow the responsive properties to the MOF nanocarriers
through heating either by light or magnetic fields (MF) stimuli, after incorporating gold or magnetic
nanoparticles, respectively, inside the MOFs. The project involved the collaborative specialized
expertise of 10 EU laboratories and two industrial partners for the preparation, physicochemical,

magnetic, light and biological characterization of the heat-responsive MOF-based nanocarriers.

MOFs as porous materials were used for applications such as gas storage, water purification
and catalysis. Their application in drug delivery was first reported in 2006 by Dr. Patricia Horcajada,
the HeatNMof coordinator. Due to their recent employment as drug delivery systems compared to
traditional ones as liposomes, the MOF full potential for therapeutic purposes, especially through the
stimuli-responsive properties, has not been fully explored yet. Moreover, most studies in this field
investigated MOF responsiveness to endogenous stimuli such as pH, redox or ions, and only a few

investigated light- or MF-responsiveness.



This thesis project is concerned with utilizing the MF-responsive properties to enable
controlled drug delivery from MOF-based magnetic nanocomposites. The nanocomposites used in this
study consisted of magnetic nanoparticles (MNPs) core and MOF shells. The MNP embedded into the
MOF drug delivery platform could allow controlled on-demand drug release in response to MF. Thanks
to the MF versatility, this induced release could be triggered in a thermal or non-thermal mechanical
way, depending on the type of applied MF. The high-frequency alternating MF (AMF) induces the MNP
heating while the low-frequency rotating MF (RMF) induces MNP movement; both could trigger MF-
responsive release from the nanocomposites. In addition, the MNP responsiveness could enable the
targeting of the nanocomposites toward tumor tissues using the magnetic attracting forces generated

by static MFs.

The magnetic nanocomposites used in this study were synthesized and physicochemical
characterized by the project partners in Bionanotools lab, the University of Santiago de Compostela,

Spain, thanks to their expertise in the synthesis of the MOF-based plasmonic nanocomposites.

Then, the nanocomposite magnetic characterizations were performed in the Nanomagnetism
group, laboratory of physics and chemistry of nano-objects, INSA-Toulouse, thanks to their experience
in the MNP characterization for various medical and non-medical applications. The group also
developed setups that can fit under the confocal microscope and generate MF on cells, allowing real-
time observation of MF-induced intracellular events in MNP-loaded cells. In addition, the magnetic
nanocomposite interactions with cells were studied on model pancreatic cancer/cancer
microenvironment cells in the MICROPANC team, INSERM CRCT, Toulouse, thanks to their expertise in
pancreatic cancer biology. The team also has experience in exploiting the setups developed by the
Nanomagnetism group for studying intracellular MF-induced events from MNP in real time under the

confocal microscope.

During the project, three secondments were done, respectively in Center for Hybrid
Nanostructures (CHyN), Hamburg University, Germany; Nanomaterials for Biomedical Applications at
Italian Institute of Technology Genoa, Italy; and Pharmidex Pharmaceutical Services LTD, London,
United Kingdom. The secondments allowed other studies on the nanocomposites, such as their
hemocompatibility as well as synthesizing other MOF-based nanocomposites. This work will also be

highlighted in the thesis.

In the thesis general introduction chapter, we develop a state-of-the-art background about
four subjects. The first is about targeting nanomedicines to cancer tissues through passive or active
targeting, or using stimuli-responsive nanomedicines. In the second part, we discuss the MF stimuli

and their application to target MNP-based nanomedicines to the tumor tissues and to trigger cell death



and/or responsive drug release. Then, a third part is developed about using MOFs as promising drug
delivery systems for anticancer applications. In addition, state-of-the-art about the research work done
using MNP-based MOFs for anticancer treatment is discussed. Finally, in the fourth part, we present
the pancreatic tumors as a case study where nanomedicines — especially MNP-based ones — could
enable higher therapeutic outcomes in their treatment. The thesis objectives are then presented after

the introduction.

The section presenting our results is divided into three parts. The first one presents a study of
MPF-responsive cargo release from MOF-based magnetic nanocomposites inside cancer cells as well as
cancer associated fibroblasts. Herein, we used nanocomposites composed of iron oxide nanoparticles
(IONPs) cores and nanometric zeolitic imidazolate framework (ZIF-8) as MOF shells. The
nanocomposites were loaded with the cresyl violet (CV) fluorescent cargo and stabilized in aqueous
media with an amphiphilic polymer coat. The synthesis and physicochemical characterization of the
nanocomposites were done by the HeatNMof EU project partners in the Bionanotools lab at the
University Of Santiago De Compostela (Spain). Afterwards, we investigated the magnetic properties of
the synthesized nanocomposites as well as their cellular biocompatibility and uptake kinetics.
Moreover, the MF-induced CV release from the nanocomposites inside cells was investigated in 2D cell
culture and 3D multicellular spheroid models. Two types of MF stimuli were investigated; the AMF and
the RMF inducing the IONP cores heating or mechanical movement, respectively. In addition, the
effects of the MF-induced CV release on cell viability were investigated, thanks to the CV cytotoxic
effects at higher concentrations. This first part gave us a proof-of-concept for the potential of having
MPF-responsive cargo release from MOF-based magnetic nanocomposites induced by MNP cores

heating or movement.

Afterwards, a second part investigated the possibility of preparing anticancer drug-loaded
MOF magnetic nanocomposites with different MNP cores. The magnetic properties of the MOF
delivery systems could be affected by their MNP cores. Therefore, MNP of different shapes,
dimensions and compositions were investigated to grow the ZIF-8 MOF shell on their surface.
Afterwards, we investigated the possibility of loading two chemotherapeutic drugs, doxorubicin and
5-fluorouracil, into the developed magnetic nanocomposites. Two loading approaches were studied in
order to allow drug loading either inside the pores of the ZIF-8 shell or on their surface. This part was
done in the nanomaterials for biomedical application group at the Italian Institute of Technology (IIT

Genova, ltaly).

To further exploit the magnetic responsive properties of the magnetic nanocomposites, we

considered investigating the development of a setup that could allow magnetic focusing of MNPs or



MNP composites towards targeted tissues. Hence, in a third part, we present a novel setup design that
could enable the accumulation of MNP into deep-seated tumors and not only superficial ones. The
latter is usually done by applying a magnet on the skin surface near the tumor, but it did not show
promising results in clinics; that could be due to the rapid decay of the MF gradients going away from
the magnet surface. Our proposed setup principle and its potential advantages were described.
Afterwards, COMSOL Multiphysics® simulations were used to optimize the setup parameters and to
have a simulation-based proof-of-concept for the setup design. In addition, the experimental work
done for building the setup components is described. As the final steps of building the setup are still

in progress, the experiments done are discussed up to the actual point of the progress.

Finally, the conclusions and perspectives of the thesis project are discussed.



State of the art

Part |. Targeted nanomedicines for cancer treatment

[.1. Cancer

Cancer is a worldwide leading cause of death and a major health concern as it is an important
cause of morbidity and mortality [1]. The GLOBOCAN 2020 statistics estimated =19.3 new cancer cases
and = 10 million cancer deaths in 2020 [1, 2]. The cancer burden is expected to increase in 2040 to =
28.4 million cases (= 47% increase from 2020). The main reason is the world population aging and
growth, increased pollution and increasingly unhealthy lifestyle such as obesity and lack of exercise [1-
3]. In Europe, cancer was estimated to be the second leading cause of deaths in 2020 (26%), after the
circulatory diseases (34%) [4]. There was an estimate of 4.0 million new cancer cases and 1.9 million
cancer deaths in Europe in 2020. Though representing almost 10% only of the global population,

Europe has = 22% of the cancer new cases and = 19% of cancer deaths [5].

Cancer is the name given to a collection of related diseases with a common characteristic of
uncontrolled cell growth and proliferation [6]. At cellular level, cancer development is a multistep
process involving mutation and selection of cells with a progressive increase in their proliferation
capacity, survival, invasion and metastasis. It can be divided into two major steps: tumor initiation
followed by tumor progression. Due to cellular stress, carcinogen or abnormal hormonal level, genetic
alteration could happen to the exposed cells leading to its abnormal proliferation and tumor initiation.
Afterwards, this tumor cells proliferation leads to an overgrowth of a clonally derived tumor cell
population. Additional mutations occur within the tumor population cells participating in the tumor
progression. Some mutations endow selective advantage to the tumor cells conferring tumorigenic

properties such as more rapid growth rate, better survival, invasion and metastasis [7].

Cancer is a very complicated and heterogeneous disease that holds different characteristics
between different patients and at different stages of its development. Even a cancer emanating from
the same cell in the body could have different characteristics depending on the underlying mutation

and cellular microenvironment factors [8].

There are many studied known or suspected cancer risk factors including aging, hereditary
reasons, alcohol, smoking, obesity, physical inactivity, carcinogenic substances exposure, infection
with oncogenic microorganisms, etc. Some of these factors could be avoided, for example through
lifestyle changes; others, such as aging and hereditary reasons, could not. So, developing effective

therapies against cancer treatment is as important as preventing it [9].



[.2. Traditional treatments

The traditional tumor treatment strategies are surgical resection, Radiotherapy and
chemotherapy [10]. The surgical resection is only effective in the first stages of cancer therapy before
its metastasis, which is a common challenge in cancer treatment. For instance, studies indicated that
80-85 % of pancreatic ductal adenocarcinoma patients are not eligible for surgery because of the
disease insidious onset, late diagnosis and metastasis [11]. Radiation therapy has wide and prominent
applications in cancer treatment. However, it has intrinsic limitations of tumor radioresistance and
severe side effects due to damaging healthy cells, tissues and organs [12]. Although chemotherapy
reduced tumor morbidity and mortality, it suffers from non-specificity problems, i.e., killing healthy
cells, especially rapidly growing ones. Other chemotherapy limitations include the development of
drug resistance as well as poor physicochemical and pharmacokinetic properties such as low solubility

and rapid metabolism [10].

|.3. Cells, targeted and ablation therapies
More recently, other cancer treatment approaches, such as cells, targeted and ablation

therapies, have evolved.

Cell therapies for cancer treatment can be categorized into chimeric antigen receptor (CAR) T
cells and stem cell therapies [13]. CAR T cells are clinical-grade immune cells, usually harvested from
the same patient, activated, genetically transduced with CAR constructs, expanded, and then reinfused
to the patient [14]. However, controlling their quality and quantities is still challenging, and they usually

have limited anti-tumor activity due to their rapid differentiation into short-lived effector cells [15, 16].

On the other hand, stem cells can be exploited as antitumor therapies using different strategies
due to their capacity for proliferation, migration and differentiation [13]. For example, induced
pluripotent stem cells (iPSCs) were used to produce effector immune cells, which are then CAR-
constructed for adoptive cell transfer technology. Using iPSCs for CAR anticancer application could be
more advantageous than using the CAR T cells approach as iPSCs can be used for a larger number of
patients, not only the same patient. Also, the iPSCs take more time to differentiate than the CAR T cells
[16]. Another approach is using iPSCs as potential sources for the production of anticancer vaccines
[13]. Also, the mesenchymal or neural stem cells' tumor tropism properties can be utilized to deliver

genes, nanoparticles and oncolytic viruses to the targeted tumors [13]. Moreover, hematopoietic stem



cells could be used to treat multiple myeloma, leukemia, and lymphomas for reconstituting blood-

forming cells and leukocytes after high doses of chemotherapy or radiotherapy [17].

However, there are still potential risks and side effects of the cell therapies, most importantly
tumorigenesis, increased immune responses, and autoimmunity [13]. Despite several success stories
due to their good benefits vs. risk ratio [18], efforts are still being made to further enhance their
efficacy and safety, especially regarding their therapeutic dose control, low cell targeting, and

retention in tumor sites [10].

The development of targeted therapies (such as small molecule inhibitors, monoclonal
antibodies, immunomodulators, immune checkpoint inhibitors, antibody-drug conjugates and
hormones) has revolutionized cancer treatment [19]. They target specific oncogenic (such as kinases
and steroid hormones) or non-oncogenic (such as proteasomes) targets in the tumor tissues. Despite
their initial efficacy and the improvement achieved in the overall survival of patients, drug resistance
remains a major challenge. This resistance could be intrinsic due to pre-existing mutations or acquired
ones during the treatment course. The pre-existing or acquired mutations are usually limited to a
tumor sub-population. However, the targeted therapies could offer selective growth, proliferation and
survival for this resistant clone. Efforts are being devoted to developing combinatorial-targeted

therapies to overcome the resistance challenge [19-22].

Cancer ablation therapies (e.g., thermal, cryo or radiofrequency ablation) rely on destroying
the tumor without surgical removal [10]. This destruction is induced by extreme heat (for thermal and
radiofrequency ablations) or extreme cold (for cryoablation) [23-25]. For instance, NanoTherm?®,
aminosilane-coated superparamagnetic iron oxide nanoparticles (SPIONs), is used for focal ablation of
cancer lesions to treat glioblastoma and prostate cancer [26, 27]. After the SPION intra-tumoral
injection, alternating magnetic field (AMF) is applied to induce local hyperthermia for killing tumor
cells. Combined with radiotherapy, Nanotherm® showed better overall survival compared to
conventional treatment options against glioblastoma multiform with few side effects [28]. Ablation
therapy is limited to small-localized tumor lesions when the surgical option is contraindicated. It
usually leads to destruction of nearby healthy tissues, so it is not indicated for tumors near sensitive

tissues such as major blood vessels [10].

Consequently, developing novel treatment options for more effective and safe cancer

treatment is imperative.



[.4. Nanomedicine

1.4.1 Introduction and nanomedicine definition

Nanomedicine has emerged as an application of nanotechnology for treating diseases,
including cancer. Since Richard Feynman's talk in 1959 entitled “There’s Plenty of Room at the
Bottom”, ideas and concepts of nanotechnology started to emerge [29]. Afterwards, Norio Taniguchi

coined the term “Nanotechnology” in 1974 [30].

The European medical agency (EMA) defines nanomedicines as “purposely-designed systems
for clinical applications that have at least one component at nano-scale size, resulting in definable
specific properties and characteristics, related to the specific nanotechnology application and
characteristics for the intended use (route of admin, dose) and associated with the expected clinical
advantages of the nano-engineering (e.g. preferential organ/tissue distribution). Also, it needs to meet
the definition of a medicinal product” [31]. The European commission (EC) recommendation [32] refers
to nanomaterial as “a natural, incidental, or manufactured material comprising particles, either in an
unbound state or as an aggregate wherein one or more external dimensions are in size range of 1-100
nm for 250% of the particles, according to the number size distribution”. It also acknowledged that an

upper limit of 100 nm is not scientifically justified across the whole range of nanomaterials [32].

The Food and Drug Administration (FDA) has not established regulatory definitions of

n u

“nanotechnology,” “nanomaterial,” “nanoscale,” or other related terms. Instead, it refers to these
terms as they are commonly used in engineering (i.e., deliberate manipulation, manufacture or
selection) of materials that have at least one dimension in the size range of approximately 1 to 100 nm

[33].

Both EMA and FDA refer to small nano—sized range particles. The ability to manipulate particles
on the nanometer scale caused great progress in disease treatment. The importance of being small is
getting more objects, more particles, for the same volume or weight. They thus display more surface
area at which all the activities can occur, such as dissolution, solubilization, absorption, bioavailability,
heat dissipation, interaction with biological membranes, cell internalization and attaching targeting

ligands [34].

Nevertheless, the great win at nano-sizes is that the materials do not only get smaller but also
they could get different. There is unique behavior of nanoparticles in vitro and in vivo resulting from
their unusual chemical, physical and biological features compared to their bulk materials [35]. This
unique behavior can be exploited in novel applications to make nanoscale devices and to produce
materials with new properties [34]. In most cases, this nanoscale unique behavior is due to

transformative changes. There may be a change in materials' optical, magnetic, mechanical, electrical,



catalytic and/or sorptive properties. Because of the size-dependent properties of nanoparticles, they

offer a vast impetus for developing new therapeutic products [34].

In the context of cancer treatment, nanomedicines were exploited for therapy and diagnosis.
Nanoparticles can act as a carrier for the active pharmaceutical ingredients as drugs, genes or contrast
agents to enhance their pharmacokinetic properties and enable preferential accumulation and/or
controlled release in the targeted tumor tissue. In other cases, the nanoparticles, as such, can be an
active entity, e.g., using nanocrystals of a chemotherapeutic drug or using magnetic nanoparticles for
imaging and/or hyperthermia. Other nanomedicine platforms can combine both functionalities: they
are composed of active nanoparticle entities and carry active pharmaceutical ingredients to be
delivered to the targeted tissues. As of June 2021, 53 % of the nanomedicine formulations, either
marketed or in clinical trials, were used for cancer treatment indicating their promise to fight against

cancer [36].

As delivery carriers, nanomedicine formulations could solve challenges related to
physicochemical properties (such as poor solubility or instability) and pharmacokinetic behavior (poor
distribution or rapid elimination and metabolism) of their cargo. The majority, and hitherto an
increasing percentage, of drug molecule candidates, have either solubility only or both solubility and
permeability problems [37], making it difficult to have sufficient bioavailability at the targeted tissues.
Consequently, developing an appropriate formulation for their delivery to the targeted tissues is
needed towards their clinical translation. Nanomedicine formulations can enhance the solubility,
bioavailability and stability of their cargo [38]. In addition, nanomedicines can help to overcome the
multidrug resistance that is a major obstacle in cancer chemotherapy [39, 40]. It could occur due to
the higher availability of efflux transporters in cancer cells, such as P-glycoprotein. Nanocarriers can
also be tailored to bypass efflux transporters. Being loaded on nanosized carriers, the anticancer drug
could be internalized into the targeted cancer cells by endocytosis, making it less susceptible to the
action of efflux transporters [41]. Nevertheless, the ability of the drug-loaded nanocarrier or the drug
alone to escape the endosomes, to reach their cellular targeting sites, should be taken into

consideration [42, 43].

Nanomedicine formulations also have advantages for genetic material (RNAs and DNAs)
delivery for cancer treatment applications. Genetic materials can suppress the expression of target
oncogenes, upregulate the expression of tumor suppressor genes, or induce the production of
immunomodulatory proteins in the targeted cells [44, 45]. Though minimally toxic, genetic materials
are rapidly degraded in the blood and tissues due to the abundance of nucleases. Consequently,

genetic material complexation with or loading into nanocarriers would enhance their chemical stability



and improve their pharmacokinetic properties. A proper design of nanocarriers should allow efficient
intracellular uptake and help achieve endosomal escape of genetic material for optimal efficacy and

enhanced therapeutic outcomes [44].

In addition to drug and gene delivery, nanocarriers can be used in other applications for cancer
treatment, such as magnetic hyperthermia and photothermal, photodynamic, chemodynamic,

sonodynamic, radio and starvation therapies [46].

Moreover, nanoparticles can be used for imaging either if they have inherent imaging
detectability, such as magnetic nanoparticles (MNPs), or to deliver imaging contrast agents to the

targeted tumor tissues [47].

Finally, theranostic applications of nanomedicines have emerged for the simultaneous use of

nanomedicine formulations for both therapy and diagnosis [47].

The benefits above fostered a revolution in nanomedicine for cancer treatment, resulting in
the development of a myriad of nanomedicine formulations that can be divided according to their

nature into inorganic, organic or hybrid nanomedicines [48].

Inorganic nanomedicines

Gold, silver, MNPs, carbon nanotubes, porous silica and quantum dots are examples of
inorganic nanomedicines. For example, gold nanoparticles (GNPs) are well-studied nanomedicines that
are used as photothermal agents for tumor ablation in animal models and have even entered clinical
trials [49, 50]. Upon laser irradiation of GNP accumulated in the cancer tissue, it would absorb the
applied laser light and convert it into heat [51]. The produced heat could result in intracellular events
such as protein denaturation and DNA damage [52]. Also, it can increase the permeability of tumor
blood vessels as well as cancer cell membranes, resulting in higher tumor and cellular uptake of more
nanoparticles and/or chemotherapeutic drugs [52]. The major advantages of the GNPs are their
chemical inertness, simple gold-thiol bioconjugation chemistry as well as plasmon resonance
tunability. Consequently, GNPs can be easily modified with surface coaters such as polyethylene glycol
(PEG) to increase their systemic circulation time and biocompatibility. In addition, they can be
functionalized with targeting or therapeutic agents to enhance their accumulation in the targeted
tissues or their treatment outcomes. Moreover, GNPs shape and dimensions can be easily modified to
have large near infrared absorption in the bio-transparent window (750-950 nm) with large

photothermal conversion efficiency [49, 50].
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Organic nanomedicines

Examples of organic nanomedicines are liposomes, solid lipid nanoparticles, nanostructured
lipid carriers, micelles, polymeric nanoparticles, exosomes, cyclodextrins, dendrimers, nanocrystals,
polymerosomes, hydrogels, upconversion nanoparticles, lipoplexes, polyplexes, viral-like
nanoparticles and protein or polysaccharides based nanoparticles. For instance, liposomes are lipid
carriers that consist of single or multiple concentric bilayers of amphiphilic phospholipids surrounding
aqueous core (for single unilamellar liposomes) or with additional aqueous spaces between lipid
bilayers (for multilamellar liposomes) [53]. They can be loaded with both hydrophilic and hydrophobic
drugs either in their aqueous core or in lipid membrane, respectively [53, 54]. Liposomes exhibit
outstanding characteristics as nano-drug delivery systems such as protecting the loaded cargo from
physiological degradation, extending their half-life, controlling the release of loaded cargo and
biocompatibility upon being formulated from biocompatible lipid components [53]. Liposomes are the
first class of lipid-based nanomedicine formulation translated to clinical applications [55]. Currently,
more than a dozen marketed liposomal formulations are approved by EMA and the FDA; around half

of these products are used for cancer treatment applications [55].

Hybrid nanomedicines

Some nanomedicines have hybrid (inorganic-organic) nature such as metal-organic
frameworks, or a composite of organic and inorganic nanomedicines, such as MNPs and liposomes

nanocomposites.

To exert their antitumor effect or be a contrast agent for imaging, the nanomedicine
formulation should accumulate at the targeted tumor tissues. It could be achieved through passive or

active targeting or using stimuli-responsive nanomedicines (Figure 1).
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Figure 1: Schematic illustration of tumor targeting through passive and active targeting or using stimuli-responsive
nanomedicines.

1.4.2. Passive and active targeting

Passive targeting

In passive targeting, the accumulation in the targeted tissue depends on the tumor site's and

the nanoparticles' properties.

In all cancer types, some cells in the body start to multiply in a non-controlled way. The rapidly
growing cells could form a new tissue that suffers from hypoxia due to insufficient oxygen and nutrient
supply [56]. The hypoxia could induce angiogenesis, a rapid uncontrolled and defective process, that
results in the formation of highly permeable and leaky blood vessels in tumors. Besides, solid tumors
tend to have inefficient lymphatic drainage. These tumor-specific anatomical characteristics, when
happen, could result in preferential accumulation of nanocarriers in cancer tissues upon systemic
administration (intravenous (i.v.) administration). This phenomenon is known as the enhanced
permeability and retention (EPR) effect [57, 58]. Such effect is characterized by both higher permeation
of the nanocarriers to the targeted cancer tissue due to wider fenestration in their blood vessels (100-
780 nm [59-61] vs. an average of 107 nm in the normal liver “widest normal blood vessels
fenestrations”[62]). In addition, there could be longer retention time in the cancer tissues due to
inefficient lymphatic drainage [56]. Hence, higher nanomedicine levels at the targeted tissue and
longer intervals for cellular uptake, cargo release and accumulation at the diseased tissue could be

expected. Consequently, it could result in better therapeutic outcomes [56].
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On the other hand, the nanoparticles should have sufficient blood circulation time for enough
permeation through the leaky tumor vasculature. Once injected into the blood, nanoparticles are
prone to interactions and coating by plasma proteins, opsonization and uptake by the mononuclear
phagocyte system (MPS) available in the blood, bone marrow, spleen, liver and lung. Coating the
nanoparticles with hydrophilic moieties can decrease their interaction with plasma proteins and lead
to less MPS uptake [63]. This stealth property could be endowed using polymers such as PEG and
poly(2-oxazoline) [63]. Factors such as the coating moiety molecular weight, surface chain densities,
and surface conformation should be considered for successful camouflaging [63]. Also, biologically
inspired cell membranes or CD47- ligand coating have been developed [63]. Tang et al. coated the
nanoparticles (liposomes) with CD47-derived “don’t-eat-me” ligand to inhibit phagocytic uptake and
accumulation in the MPS. The nanoparticles had prolonged circulation time and better accumulation
in the targeted brain tumors [64]. Currently, the recruiting phase | clinical trial (NCT03608631) is
undergoing using exosomes (derived from mesenchymal stromal cells, loaded with KrasG12D siRNA
and functionalized with CD47 ligand) for treatment of pancreatic ductal adenocarcinoma. CD47-
mediated protection was employed to protect them from phagocytosis by macrophages and

monocytes [65].

Other factors such as size, surface charge and shape could affect their blood circulation time.
For instance, nanoparticles having a hydrodynamic diameter of 5 nm or less were found to be rapidly
cleared by the kidney [66]. In addition, positively charged nanoparticles were more uptaken by the
MPS compared to the negatively charged ones [67]. Moreover, the shape of the nanoparticles affects

their surface area, consequently affecting the amount of adsorbed plasma proteins [68].

All the marketed targeted nanomedicine formulations for cancer treatment rely on passive

targeting [69, 70]. They are lipid (liposomal) or protein nanoparticle-based formulations.

Doxil® is an example of the lipid-based formulations, and it is pegylated stealth liposomal
formulation of doxorubicin (DOX) used to treat Kaposi sarcoma, ovarian cancers and multiple
myeloma. The nanoliposomal formulation of DOX enhanced its blood circulation time, increased the
tumor accumulation and decreased its cardiotoxicity side effects, resulting in better therapeutic
outcomes compared to the free DOX [71]. Abraxane® is an example of the protein-based formulations,
and it is paclitaxel albumin-bound nanoparticles for treatment of breast, non-small lung and pancreatic
cancers. This protein-based formulation of paclitaxel enabled its better solubility, increased circulation
time, enhanced tumor uptake, and less toxicity. This resulted in better response rates and survival in

metastatic breast cancer patients compared to Taxol® (single-agent paclitaxel)[72].
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Although passive targeting and exploiting the EPR effect caused an increase in the efficacy of
passive drug delivery into tumor cells, there are still limitations related to the passive targeting strategy
[73]. The EPR effect is very heterogeneous and affected by patient biology, tumor type, and the
difference in cancer circulation and blood supply even within the same tumor tissue [74, 75]. For
example, a small area in the tumor blood vessels can allow particles of size 200 nm to pass; however,
other areas of the same tissue could possess blood vessels that do not permit small molecules of size
3-4 nm to pass. Besides, although the clinical trials of passively targeted nanomedicines in rats showed
promising results, it is not always the case in humans. This was due to the relation between the tumor
growth rate and the leakiness of cancer tissue supplying blood vessels. It usually takes about 2-4 weeks
to induce tumor in rats; however, it may take years in humans to develop [76]. Hence, induced tumors
in rats would have more leaky blood vessels due to faster growth rate and consequently higher passive

targeting to tumor tissues by EPR effect [73].

Passive targeting alone could be inefficient in achieving high level of chemotherapeutic agents
in the targeted cancer tissue, and most of the nanocarriers still accumulate in the MPS, which may
result in less optimal therapeutic outcomes of chemotherapy [77, 78]. Approximately 0.6 % (median)
of the intravenously administered passively targeted nanomedicine dose accumulated in their

targeted tumors [79].

However, it is worth mentioning that passive targeting can be very valuable for cancer
treatment in cases of targeting the MPS itself; herein, the nanocarrier formulation could have a major
role in decreasing the toxicity of the anticancer agent as well as increasing its accumulation in the
targeted MPS. For example, Mepact®, nanoliposomal formulation of mifamurtide was developed
against osteosarcoma [80, 81]. The formulation is composed of lipid membrane-enclosed muramyl
tripeptide phosphatidylethanolamine (MTP-PE), a synthetic analog of a component of bacterial cell
walls, in 100 nm multilamellar vesicles [82]. MTP-PE has an immunomodulatory effect, and
mifamurtide has a stimulatory effect on macrophages and monocytes [82]. Therefore, Mepact®
formulation did not only enhance the uptake, extended retention time and minimalized side effects of
mifamurtide in the lung, liver, and spleen, but it also boosted the tumor-killing ability of

macrophages/monocytes, achieving better survival in osteosarcoma treated patients [80, 81, 83].

Other biologically inspired passive targeting approaches were developed either using the
protein corona or extracellular vehicles (such as exosomes). For instance, coating nanoparticles with
poloxamer 188 or polysorbate 80 lead to surface adsorption of apolipoproteins (ApoE). The adsorbed
ApoE facilitated receptor-mediated transcytosis of the nanoparticles to cross the blood-brain barrier,

leading to enhanced brain accumulation for efficient glioblastoma treatment [84, 85]. Extracellular
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vesicles have the advantages of tropism to their parenteral cells and the ability to practically carry any
cargo. So that, they were used as Trojan horse approach for developing nanomedicines-targeted

therapeutics [86, 87].

Active targeting

Active targeting was exploited as an alternative approach for developing targeted
nanomedicine formulations instead of the passive one. Active targeting depends on using targeting
moiety or ligand such as antibody or peptide, which can specifically bind to a certain receptor,
presented or overexpressed at the cancer cells, or to a specific overexpressed protein in the tumor
microenvironment. The targeting moiety could be adsorbed or covalently linked to the surface of the
nanoparticles, and it should have sufficient strong affinity to the targeted receptor [88]. Although
active targeting could result in increased nanocarrier tumor cell uptake and accumulation, it depends
in the first place on the passive one [89]. It is required for the nanoparticles first to reach and be in
contact with the cancer cells to be able for subsequent binding to cancer cell receptors and
internalization into cells. Even if the nanoparticles passed through the pores between the leaky
vascular endothelial layer of blood vessels supplying the tumor, anatomical barriers could impede their
access to the cancer cell receptors. Examples of those barriers are the layers of pericyte, smooth
muscle and fibroblast-based cells present between the endothelial and tumor cells. In addition, there
are the challenges of high cellular densities and high interstitial pressure in solid tumors. Another
challenge is the interaction tendency between the plasma proteins and the nanoparticles surface that
could lead to the protein corona formation. The formed corona could shield the ligands on the

nanoparticles surface, hindering their interaction with the targeted receptors [90].

Approximately 0.9 % (median) of the intravenously administered actively targeted
nanomedicine dose accumulated in their targeted tumors, with no significant difference to the 0.6
(median) of passively targeted ones [79]. Though there are some anticancer actively targeted

nanomedicines in clinical trials, there is not, yet, any marketed one [73, 89, 91].

Active targeting to tumor endothelium was also developed to avoid the need for the tumor
tissue penetration to access the targeted receptors. In active targeting to tumor endothelium, the
nanoparticles would specifically adhere to tumor endothelium and release the anticancer drug in the
tumor blood vessels achieving high drug concentration at the tumor. Consequently, there are neither
anatomical barriers for the nanoparticles nor the high cellular densities and interstitial pressure
challenges. Moreover, similarity between endothelial cells’ phenotypes of different tumors is
advantageous. Therefore, the same vascular targeting can often be used to target various tumors [92].

However, this approach would be limited to delivering either small molecular drugs, that would have
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the ability to penetrate the vascular endothelium once being released at tumor circulation and
subsequently reach the cancer cells, or the vascular disrupting agents, that destroy the vascular

endothelium itself and consequently disrupting the blood supply to the tumor tissue [73, 92].

BIND-014 was developed as the first actively targeted tumor nanomedicine formulation for
cancer treatment to enter into clinical trials. It is composed of polymeric nanoparticles loaded with
docetaxel and functionalized with a small molecule ligand targeting tumor prostate-specific membrane
antigen (PSMA). PSMA is overexpressed on prostate cancer cells and tumor-associated neovasculature
of non-prostate solid tumors. In phase | clinical trials on patients with advanced solid tumors, the
formulation was well tolerated with improved pharmacokinetic behavior compared to conventional
docetaxel and noticed antitumor activity [93, 94]. However, on April 2016, the company halted the
clinical trial of BIND-014 due to the poor objective response rate and not meeting the endpoints [95].
Herein, the tumor heterogeneity could have been a major challenge. The targeted tumor receptors
density could differ between tumor types, stages and volumes. Patient stratification and only enrolling
the right targeted patients (with clinically significant PSMA-overexpressing tumors) could have
improved the therapeutic outcomes of BIND-014 clinical trials [96]. The same actively targeted
nanocarrier formulation loaded with a diagnostic agent, instead of the antitumor drug, can be used for

patient screening before administering the nanomedicine chemotherapy-loaded one [96].

1.4.3. Stimuli-responsive nanomedicines

Stimuli-responsive targeting relies on enhancing nanoparticles accumulation, their activation
or cargo release upon exposure to internal or external stimuli specifically located at the targeted
tissues [97]. This could happen following physical or chemical modification in the nanoparticle, such as
protonation, degradation, or a molecular or supramolecular conformational change, in response to
change or stimuli in their microenvironment. There are several types of stimuli that can be divided into
internal such as pH, redox, reactive oxygen species (ROS), hypoxia and enzyme, and external such as

ultrasound, light, magnetic fields (MF) and heat (thermal stimulus) (Figure 2) [97].
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Figure 2: Schematic illustration of internal and external stimuli used to trigger drug release from nanocarriers.

[.4.3.1. Internal stimuli-responsive nanomedicines
Internal stimuli, such as low pH, redox potential, ROS, hypoxia and enzymes, are triggers that

could intrinsically exist in tumor microenvironment or cancer cells.

1.4.3.1.1. pH-responsive nanomedicines

pH-responsive nanomedicines utilize the different lower pH in the tumor microenvironment
(around 6.5 to 6.8) or in subcellular compartments, as endosomes or lysosomes inside the cancer cells
(around 4 to 6), compared to the pH of blood, normal tissues and cytoplasm (around 7 to 7.4) [98].
Transfer to a more acidic microenvironment could induce changes in the nanomedicine formulations
such as protonation, dissolution, dissociation and/or coating detachment [99]. This could allow specific
nanomedicine formulation activation or cargo release in the targeted location, resulting in fewer side
effects in other non-targeted locations and achieving better therapeutic outcomes. Several pH-
responsive nanomedicine formulations were developed, such as calcium carbonate (CaCOs;)
nanoparticles, calcium phosphate (CaP) nanoparticles, nanocrystals, inorganic nanoparticles, micelles,

liposomes, polymerosomes, dendrimers and metal organic frameworks [97, 100].
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For instance, Mi et al. developed pH-responsive copolymer hybrid CaP nanoparticles, loaded
with Gadolinium (Gd) chelate, for magnetic resonance imaging (MRI)-guided Gd neutron capture
therapy (GANCT) of tumors [101]. After 72 h at lower pH (6.7) in DMEM/10%FBS (Dulbecco's Modified
Eagle Medium containing 10% fetal bovine serum), the CaP was dissolved, allowing enhanced pH-
responsive release of the gadolinium chelate contrast agent, a release percent of 47% compared to 5%
only at pH = 7.4. This property offered preferential release and accumulation of the Gd chelate cargo
at the tumor tissue enabling both precise tumor location due to the selective MRI local contrast
enhancement, as well as selective killing of cancer cells by thermal neutron irradiation. The developed
pH-responsive Gd-chelate loaded CaP nanoparticles showed effective suppression of tumor growth in

subcutaneous C26 tumor-bearing mice following MRI-guided GANCT therapy [101].

1.4.3.1.2. Redox responsive nanomedicines

The significant glutathione (GSH) higher levels inside cancer cells (1-10 mM) compared to
normal ones (2-10 uM) resulted in different redox potentials between them and made it possible to
develop redox-responsive nanomedicine formulations [102]. Other studies reported that tumor tissues
had at least 4-fold higher intracellular GSH concentrations than normal ones [103, 104]. Disulfide (S-
S), diselenide (Se-Se) and carbon-selenide (C-Se) are examples of bonds used for GSH-induced bond

cleavage in redox-responsive nanomedicines [105]. This redox-responsive strategy can be exploited to:

A) Cleave redox-responsive bond between the nanocarrier building blocks, the drug and the
nanocarrier, or seal surface molecules of the nanoparticles,
B) Reduce the Fe3* to Fe?*, resulting in disruption of the drug-loaded cationic vesicles formed by

chelating Fe** and pillararenes [106].

For instance, Zhou et al. developed DOX-loaded redox-responsive cerasomes (RRC/DOX)
nanocarrier formulation [107]. Cerasome consists of a bilayer membrane of lipids that contains two
fatty acid chains, but with a silicate head group instead of phosphate. It has a higher morphological
stability than conventional liposomes. The RRC included a redox-cleavable disulfide bond between the
silicate head group and the hydrophobic tail chains. In vitro, after 48 hours at 10 mM GSH
concentration and pH of 7.4, the RRC/DOX showed better cumulative DOX release (= 60%) than the
DOX- loaded redox-irresponsive cerasomes (RIC/DOX) (=30%). Both RRC/DOX and RIC/DOX were
nontoxic to non-cancer human embryonic kidney 293 cells up to cerasome concentration of 0.5 mg/ml
and 48 hours of incubation. Moreover, RRC/DOX showed a lower ICso than RIC/DOX on human
hepatoma cells (0.58 uM for RRC/DOX and 2.24 uM for RIC/DOX) and breast cancer cells (1.70 uM for
RRC/DOX and 3.84 uM for RIC/DOX) [107].

18



1.4.3.1.3. Reactive oxygen species-responsive nanomedicines

ROS, such as superoxide anion (0,""), singlet oxygen (*0,), hydroxyl radical (*OH) and hydrogen
peroxide (H203), are a class of chemical compounds that have a common feature of incomplete
reduction of oxygen [108, 109]. At normal concentrations, ROS play a crucial role as signaling molecules
in many biological processes, such as transcription, protein translation, and metabolic pathways [110-
112]. Excessive aerobic glycolysis, followed by mitochondrial pyruvate oxidation (the Warburg effect),
could generate abnormally high ROS, resulting in enhanced oncogene activity and activated oxidizing
enzymes that induce genetic instability [113]. Hence, higher levels of ROS, exceeding the antioxidant
ROS scavenging defense, lead to oxidative stress in tissues. This stress could be implicated in many
pathological conditions, such as proliferation of tumor cells and tumor progression [112].
Consequently, oxidative stress, when exists, looks appealing to be exploited for the design and
development of ROS-responsive nanomedicines. Most ROS-responsive nanomedicines are based on
redox-responsive functional segments that could undergo oxidative cleavage of specific covalent
bonds in the presence of ROS, enabling responsive nanomedicines activation and/or cargo release

[114].

For instance, Xu et al. developed ROS-responsive polyprodrug nanoparticles (RPN) for cancer
therapy. The RPN were prepared by self-assembly of lipid PEG as an outer shell with a ROS-responsive
copolymer core (composted of mitoxantrone (MTO) and ROS-susceptible thioketal-containing linker)
[115]. They were further functionalized with internalizing arginyl-glycyl-aspartic acid (iRGD) peptide to
target av integrins receptors on tumor endothelial cells (Figure 3A). On LNCaP (lymph node carcinoma
of the prostate) cells, the RPN had 1Cso= 4.35 mg L™* compared to 80% survival at concentrations as
high as 20 mg L™ of the control nanoparticles without the thioketal-responsive functional group. The
i.v. injection of targeted RPN showed efficient tumor targeting and tumor parenchyma penetration
with enhanced ROS-responsive intracellular MTO release in the subcutaneously induced LNCaP
xenograft tumor-bearing mice. This resulted in better tumor growth inhibition (less than 2-fold tumor
volume increase) compared to the control groups of free MTO drug (3.3-fold tumor volume increase),
non-targeted formulation (2.5-fold tumor volume increase) (Figure 3B) with no hematologically or

histologically detected acute side effects [115].
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Figure 3: Schematic illustration of the targeted ROS responsive RPN platform composition, cellular targeting and uptake as
well as the prodrug responsiveness to ROS through breaking the thioketal linker to release the free MTO B) Tumor growth
curves dfter i.v. injection of PBS, free MTO, non-targeted RPN formulation or the targeted RPN formulation in LNCaP xenograft
tumor-bearing mice. Adapted from [115].

1.4.3.1.4. Hypoxia-responsive nanomedicines

Tumor hypoxic conditions result from poor tumor vasculature, which participates in tumor
growth and progression through angiogenesis, invasion and metastasis. Moreover, hypoxic tumors
generally have a bad prognosis due to their resistance to standard therapy (such as chemotherapy or
radiotherapy). Though posing a challenge for tumor treatment, hypoxia conditions can be utilized for
controlled targeted stimuli-responsive nanomedicine formulations [116]. Hypoxia-responsive
nanocarriers are designed through introducing hypoxia-responsive groups or linker that can undergo
bioreduction, such as hydrophobic nitroimidazole conversion into hydrophilic aminoimidazole, or

cleavage of an AZO linker or nitrobenzyl alcohol derivative [116].

Hypoxia-responsive polymerosomes were prepared by aqueous self-assembly of a diblock
copolymer (composed of hydrophilic PEG conjugated with hydrophobic polylactic acid through an
azobenzene linker). In iso-osmolar HEPES buffer (pH 7.4), the prepared polymerosomes showed 90%
release of its encapsulated dye cargo under hypoxia conditions (achieved by bubbling nitrogen gas)
after 50 min compared to zero release under normoxic conditions. On 3D hypoxic spheroids of
pancreatic cancer cells (BxPC-3), the drug (gemcitabine and erlotinib) loaded polymerosomes showed
a significant decrease in cell viability (24 £ 4%) compared to the nonleaded polymerosomes (48 + 2%)

[117].

20



1.4.3.1.5. Enzyme-responsive nanomedicine

Upregulated levels of certain enzymes at tumor sites were employed to locally release the
anticancer drug from enzyme-responsive nanomedicines. Hydrolases, such as phospholipase A2
(sPLA2) and matrix metalloproteinases (MMPs), transferases (e.g., creatine kinase) and
oxidoreductases (e.g., peroxidases) are examples of main enzymes that could be upregulated in tumor
microenvironment and cancer cells [97]. Having enzyme-responsive components, nanocarriers could
specifically respond to release their cargo through degradation, dissociation or physical disruption. For
successful rational design of the enzyme-responsive nanomedicine, the following points should be
considered: 1) the accessibility of the enzyme to the enzymatic responsive group or substrate in the
nanomedicine platform, 2) the presence of sufficient substrate concentration threshold at the targeted
tissues to ensure the enzyme triggered reaction, and 3) the suitability of the physicochemical

properties and physiological conditions to the enzymatic activity [97].

For instance, the level of sPLA2 is increased in inflammatory as well as breast, pancreatic and
prostate cancer tissues. It has the ability to hydrolyze the phospholipids in the liposomal lipid bilayers
into lysolipid and free fatty acid, resulting in less stable and leaky liposomal membrane and increased
drug release selectively in the cancer tissues [118]. This hydrolysis occurred through cleavage of
phospholipase responsive sn-2 ester bond, the ester bond of the middle hydroxyl group in the glycerol
backbone of the phospholipid. Cummings et al. prepared phospholipase-responsive liposomal
formulation (PRL) (composed of 1,2-Distearoyl-sn-glycero-3-phosphocholine, 1,2-Distearoyl-sn-
glycero-3-phosphoethanolanmine and distearoylphosphatidylethanolamine) loaded with 6-
carboxyfluorescein dye or DOX. The fluorescent dye-loaded PRL showed increased cargo release
(=12%) upon exposure to phospholipases (after 108 h in F-12K medium containing 10% FBS at 37 °C),
and the release was diminished in presence of phospholipase inhibitor (=3%). The DOX loaded PRL
resulted in decreased tumor growth (= 3-fold tumor volume increase) in mouse xenograft model of
human prostate cancer (subcutaneously implanted) compared to non-enzyme responsive liposomal
formulation (= 7-fold tumor volume increase), after 4 weeks of initiating the weekly tail vein injection

dosage regimen [119].

1.4.3.1.6. Conclusion on internal stimuli-responsive nanomedicines

Relying on the internal, already existing, triggers for targeted nanomedicines looks appealing,
as there is no need for extra technical and regulatory complications of using an external setup to
produce external stimuli. However, several challenges could emerge during their clinical translation.

First, cancer is a very complex and heterogeneous disease. For instance, increased GSH levels in tumors
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for applying redox-responsive nanomedicines does not happen in all tumors. It depends on tumor type
[120], cancer-associated fibroblasts involvement and infiltrating immune cells activation [121]. Also,
regarding the pH-responsive nanomedicines, it was reported that tumor cells do not only acidify but

also it could alkalize [122, 123].

In addition, being internal “built-in” stimuli, it is difficult to manipulate their intensity to be
strong enough for rapid and effective triggered activation of (or cargo release from) the nanomedicine
formulations. For instance, it was found that thiolated polymers take several hours for reduction under
physiological conditions [124, 125]. In addition, pH responsiveness was found to have a slow response
speed [125]. Considering also the tumor heterogeneity, it sounds complicated to have similar
responses in the patient cohort due to different internal stimuli intensities in their tumors. Even the
patient response could differ during the course of treatment due to changes in the tumor size and its
microenvironment. Herein, a theranostic platform could be valuable for monitoring patient
responsiveness and for subsequent dosage adjustment in individual patients or during the course of

treatment.

Multi-stimuli responsive nanomedicine formulations have been developed for safer and
efficiently targeted anticancer therapies trying to overcome the heterogenicity and the lack of stimulus
threshold adjustment challenges. For instance, Duan et al. developed PEGylated DOX-loaded multi-
stimuli-responsive dendritic copolymer nanoparticles. The dendritic copolymer had enzyme (cathepsin
B) responsive properties as it was composed of poly[N-(2-hydroxypropyl)methacrylamide] segments
with enzyme-responsive GFLG (Gly-Phe-Leu-Gly tetrapeptide) linkers. The DOX was loaded to the
dendrimer through a pH-responsive hydrazone bond, and PEG coating was done through GSH-
responsive disulfide linker. This multi-stimuli responsive nanoparticles platform showed pH, redox and
enzyme-responsive drug release. It also achieved superior antitumor efficacy and great biosafety in
the tumor mice model of the subcutaneously injected 4T1 breast cancer cells. After 21 days and from
an initial tumor volume of 100 mm3, the measured tumor volume in nanoparticles injected mice group
(at 4 mg DOX/kg) was 450.32 + 132.16 mm? versus 830.06 + 148.70 mm?3 for the free DOX injected
mice group at the same dose and 1212.21 + 218.49 for the saline control injected group; all were

intravenously injected [126].

Mylotrag®, a dual pH and redox-responsive antibody-drug conjugate containing disulfide and
N-acyl hydrazine linkage, was approved by FDA for the treatment of relapsed or refractory acute
myeloid leukemia (AML) [127]. This could indicate the promise of the multi-responsive strategies for
targeting tumor tissues and decreasing side effects on healthy tissues. However, it should be stated

that the clinical translation process is very complex. Even Mylotrag® was retracted from the market in
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2010 due to a higher rate of fatal toxicities compared to standard chemotherapy, before its re-approval

in 2017 after modifying the dosing regimen [127].

A final challenge for the development of internal-stimuli sensitive nanomedicines is the
technical need for developing suitable in vitro and in vivo models simulating the internal stimuli
conditions in patients with the same intensities. Most in vitro cellular experiments are done at normal
pH and oxygen levels, making their in vivo correlation and the nanomedicines clinical translation less

straightforward.

1.4.3.2. External stimuli-responsive nanomedicines
External stimuli are induced or signaled triggered applied from outside the body locally into
the tumors to enable localized stimuli responsiveness. These triggers include ultrasound, light, MF and

heat (thermal stimulus).

1.4.3.2.1. Ultrasound (US)-responsive nanomedicines

Ultrasound is a noninvasive external stimulus that is safe, inexpensive, generally available in
clinics and can penetrate deeply with high spatial resolution. It can be divided into two types. The first
is the low-frequency ultrasound (LF-US) (< 20 kHz), which has a non-thermal mechanical cavitation
effect and is also used for imaging. The second is the high-frequency ultrasound (HF-US) (> 20 kHz) that
has a thermal heating effect. This part will discuss the targeted nanomedicines relying on the LF-US
non-thermal stimulus. The triggered response of the HF-US stimulus is more due to the hyperthermia
rather than the ultrasound waves themselves, so that it will be addressed with the thermal-responsive
nanomedicines. LF-US responsive nanocarriers generally incorporate gas (such as air, nitrogen or
perfluorocarbons) or a substance generating gas in biological environment (as CaCOs) [128, 129]. Due
to its cavitation mechanical effect, US could widen the fenestration in tumor vasculature allowing
better nanomedicine accumulation in the targeted tissues. It also could enhance nanomedicines
uptake by tumor cells [130-132]. As the US-responsive component in nanomedicine formulation could

commonly act as US contrast agents, this strategy is widely applied for theranostic use [133-135].

For instance, Meng et al. developed DOX-loaded US and pH-responsive nanodroplet for
theranostic application against prostate tumors [136]. The nanodroplet was composed of O-
carboxymethyl chitosan (pH-responsive component) and perfluorohexane (PFH) (US-responsive and
contrast agent component). It was also loaded with DOX as chemotherapeutic agent. In vitro, the

nanodroplets showed improved DOX release upon exposure to US (up to 82.3% DOX release after 10
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min compared to 0% without US exposure) or upon exposure to acidic medium (54.5% DOX release at
pH = 6.3 after 72 h compared to 16.7% at pH=7.4). The rapid efficacy and response of the external US
stimulus compared to the internal pH one was evident in this study. The nanodroplets had a good US
contrast ability in vivo after tail injection in PC-3 tumor-bearing mice (in which human prostate cancer
(PC-3) cells were subcutaneously injected into their left or right forelimb). It also showed enhanced
tumor growth inhibition compared to the control PC-3 tumor-bearing mice groups of free DOX, free

DOX+US, nanodroplets- (without)US, and nanodroplets without PFH (non US-responsive)+US [136].

1.4.3.2.2. Light-responsive nanomedicines

Several light-responsive nanomedicines have been investigated for cancer treatment. It is an
attractive stimulus as it is possible to adjust its power, irradiation wavelength, and area of application
[137, 138]. In cancer phototherapy, the commonly applied light sources are ultraviolet (UV) light (100-
400 nm), visible light (400-760 nm) and near-infrared (NIR) light (760-1350 nm) [137]. Traditional
phototherapy using UV and visible light are limited to superficial tumors due to their biological
absorbance and limited tissues penetration abilities (3 cm max for visible light and even less for UV
light) [139]. Utilizing NIR light, instead of UV and visible ones, could enable achieving better light
penetration of up to 10 cm [140] thanks to its minimal skin and tissue absorbance. However, there is
an emerged challenge of the low sensitivity of most light-responsive elements at higher wavelengths
that could require the use of higher laser power affecting the healthy tissues [141]. Thus, it is important
to carefully design the light-responsive nanomedicine treatment approach by selecting the light-
responsive component and the irradiation characteristics suitable for the disease site and its depth.
The designed light-responsive nanomedicines should incorporate a light-responsive component such
as plasmatic nanoparticles (as GNPs), photosensitizers, organic molecules, or light-responsive chemical

bonds [137]. The applied light stimulus could induce [97]:

A) Conformational changes in some molecules, such as azobenzene,

B) Cleavage of light-responsive chemical bonds leading to drug release from the nanoparticles
due to its dissociation or from the prodrug precursor,

C) Thermally-triggered release of the cargo from the nanocarrier,

D) Local temperature increase for photothermal therapy,

E) ROS production for photodynamic therapy,

F) Light-assisted imaging (photoacoustic imaging) for theranostic applications.
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For instance, Yuan et al. developed light-responsive nanoplatforms composed of upconversion
nanoparticles (UCNPs) dispersed in a PEG-conjugated polyelectrolyte (CPE)-DOX polymeric matrix. The
nanoplatform consisted of three light-responsive components, UCNPs and CPE (photosensitizer) and
UV-cleavable ortho-nitrobenzyl linker (between the DOX and the PEG-CPE copolymer). Upon laser
irradiation at 980 nm, the UCNPs emitted both UV and visible light. The up-converted UV light-induced
photo-cleavage of the ortho-nitrobenzyl linker leading to light-responsive DOX release. While, the up-
converted visible light-activated the CPE photosensitizer to generate ROS for photodynamic therapy
(Figure 4). This combination therapy nanoplatform efficiently inhibited the U87-MG cell viability (36.4
+7.1%) after laser irradiation (45 min, 1.5 W cm™2, with 2 min break for each 5 min exposure) compared
to the sole treatments (60.7 + 5.2% cell viability for the drug free nanoparticles+ laser irradiation and

more than 90 % cell viability for the laser irradiation alone) [142].
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Figure 4: Schematic illustration of the light-responsive nanoplatforms composed of UCNPs dispersed in a PEG-conjugated CPE—
DOX polymeric matrix where upon laser irradiation at 980 nm, the UCNPs emitted both UV and visible light. The up-converted
UV light-induced photo-cleavage of the ortho-nitrobenzyl linker leading to light-responsive DOX release. While, the up-
converted visible light-activated the CPE photosensitizer to generate ROS for photodynamic therapy. Adapted from [142].

1.4.3.2.3. Magnetic fields (MF)-responsive nanomedicines

Magnetic nanomaterials properties were harnessed for developing targeted nanomedicines
for cancer treatment. Not having penetration depth limitation, the magnetic stimulus could be more
advantageous than light. Under static MF, MNPs can be directed to preferentially accumulate in
tumors [143]. In addition, under AMF, MNPs could release heat, which can be used for heat-triggered
cargo release or thermal ablation. Moreover, the low-frequency rotating MF (RMF) was used to induce
magneto-mechanical actuation of MNPs [144]. These actuations could achieve MF-responsive cargo
release, magnetically enhanced nanomedicine penetration, cellular uptake and killing of tumor cells
[145-148]. The low-frequency MF stimulus offers fewer side effects such as eddy currents induced
tissues heating, compared to the high-frequency one [149]. Though it is difficult to strictly apply the

low or high-frequency MF to the targeted tissues, beforehand MNP focusing or targeting to the tumor
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tissues using static MF could mitigate this issue [150]. In addition, magnetic nanomedicines can be
used as contrast agents for MRI and magnetic particle imaging (MPI), opening an avenue for their

theranostic applications [151]. MF-responsive nanomedicines applications are detailed in part II.

Cheng et al. investigated the efficiency of the magneto-mechanical destruction effect of disc-
shaped MNPs against glioblastoma under RMF (20 Hz, 1 T). Inside tumor cells, the MNPs were aligned
within the RMF plane, which enabled them to create a strong mechanical force to damage the tumor
cell. In vivo on mice bearing brain glioblastoma xenografts (previously incubated with MNPs), 1 h MF
exposure per day for 1 week reduced the size of brain tumors and enhanced the mice's survival rate

without adverse side effects [152].

1.4.3.2.4. Heat (thermal)-responsive nanomedicines

Thermo-responsive nanomedicines are designed to be activated or release their cargo only at
a temperature above 37 °C at the hyper-thermic locally heated tumor tissue (~¥39-42 °C) due to
changes in the properties of the nanoparticles components [153]. Thermal responsiveness could be

achieved in nanomedicine formulation through [97]:

A) Phase transition or melting of lipid components in the nanoparticle,

B) Polymer shrinkage at temperatures higher than its lower critical solution temperature,
followed by nanoparticles opening or dissociation,

C) Gas production from a thermo-responsive component resulting in the nanoparticle
collapse,

D) Cleavage of thermo-responsive chemical bonds leading to cargo release, or

E) Thermally-triggered diffusion of the cargo from the nanoparticle.

Due to its additional benefits, hyperthermia is the most widely used and clinically advanced
trigger for developing targeted nanomedicine anticancer applications. First, it could increase the
delivery of the nanocarriers to the heated tissue due to the increased blood supply and perfusion,
especially in case of an inefficiently vascularized tumor core [154, 155]. It also could increase the
internalization of nanocarriers into the targeted cells as it enhances the cell membranes permeability
[155]. Moreover, hyperthermia itself is beneficial for cancer treatment in several ways, including the
increase in the responsiveness of the cancer cells towards chemotherapy [156, 157]. Cancerous cells,
by themselves, are not naturally more responsive to hyperthermia than normal cells. Still, the tumor
surrounding microenvironment has many stresses, such as poor blood and oxygen supply vessels
within tumor tissue. This acidic and nutrient-deficient environment decreases the cancerous cells

ability to withstand the added stress of heat [156, 158]. In general, the cytotoxicity of many
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chemotherapeutic drugs was enhanced upon tumor heating to 40—43°C [159]. Hyperthermia could
also initiate subcellular events mediated through heat shock proteins that could increase the cell's
susceptibility to damage, such as apoptosis and cell death [160, 161]. Additionally, hyperthermia could
interfere with temperature-dependent vital cellular processes such as DNA repair, macromolecular
synthesis and cell cycle leading to cell death [162]. It also could enhance humoral and cellular immunity

[163].

Thermodox®, a thermo-responsive lysoliposome containing DOX, reached phase Il clinical
trials for treating hepatocellular carcinoma (HCC) in combination with radiofrequency ablation[164].
Thanks to its lysolipids contents (= 10%), thermodox® liposomes showed more rapid and complete
intravascular drug release upon heating, compared to the lysolipid-free conventional
thermoresponsive liposomes that rely only on the lipid membrane phase transition [165, 166].
Lysolipids have only one hydrocarbon tail (compared to two hydrocarbon tails of phospholipids), so it
has a relatively larger hydrophilic head-to-lipophilic tail ratio and tends to form micelles because of
their intrinsic positive curvature. Near the melting-phase transition temperature (Tn), the grain
boundaries in the liposome membrane start to melt, resulting in increased lipid mobility. Due to its
intrinsic positive curvature, the lysolipids accumulate on the curved walls of solid/liquid interfaces,
leading to nanopores formation within the lipid bilayers and subsequent facilitated drug escape (Figure

5) [165].
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Figure 5: Lipid membrane permeation in membrane bilayer of thermo-responsive conventional (A) and lysolipid-containing (B)
liposomes.
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In early “HEAT” phase | clinical trials included 24 patients, Thermodox® combination with
radiofrequency ablation (RFA) showed promising results for treatment of inoperable HCC, which lead
to direct accelerated route to phase lll clinical trials. In the phase | study, the combination treatment
achieved a significant dose-response relationship regarding the time to treatment failure and a good
safety profile. Longer median time to treatment failure of 374 days was demonstrated for patients
received ThermoDox® dose of at least 50 mg/m? compared to 80 days upon receiving a dose of < 50
mg/m? (p = 0.038) [167]. However, the “HEAT” phase Ill clinical trials included Thermodox® with RFA
had failed [164]. In this trial, Thermodox® was employed to kill the remaining cancer cells outside the
radiofrequency ablation zone. Several limitations might had contributed to the trials’ failure [168].
Most importantly is the non-uniform heat distribution, during the RFA in the tumor tissues, which looks
not to be resolved even after standardization of the heating protocol in another phase Il trial named
“OPTIMA” [164]. This non-uniform heat distribution might not only had contributed to non-optimal
tumor ablation but also it could have impeded achieving effective and homogenous thermoresponsive
triggered DOX release from Thermodox®. Studies suggested that significantly improved release rates
from the thermoresponsive liposomes occur only around the T.,, when grain boundaries and
nanopores could form [169]. So that, during the development of external stimuli-responsive targeted
nanomedicines, it is equally important to focus on the stimulus application technique beside the
formulation development. RFA might not have been the ideal approach to be used for thermo-

responsive targeted nanomedicines.

Instead of the poorly spatially controlled and invasive strategies to apply local deep tissues
hyperthermia (as laser fibers, microwaves antennas, and radiofrequency electrodes), high intensity
focused ultrasound (HIFU) has emerged as an alternative noninvasive better spatially controlled
technique. Despite being noninvasive, it was still necessary to couple it with invasive optical probes or
thermocouples to measure local temperatures. Recently, magnetic resonance-guided coupling to the
HIFU made it a fully noninvasive technique. It also provided better spatiotemporal control of the
applied hyperthermia due to the real-time noninvasive temperature feedback thanks to the MRI.
Recent two phase | clinical trials were launched investigating Thermodox® combination with HIFU. One
study is for the treatment of pancreatic cancer (NCT04852367), and the other one that adds
cyclophosphamide for treating primary breast tumors in metastatic breast cancer patients

(NCT03749850) [164].

Alternatively, nanomaterials, such as GNPs, SPIONs and carbon nanotubes, can be employed
to achieve an “inside-out” hyperthermia through its activation by a suitable external energy source,

such as laser light or AMF [170]. The chemotherapeutic agents could be:
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A) Covalently attached to the heat-generating nanomaterial surface through thermo-responsive
linker[171]

B) Physically adsorbed on a thermo-responsive polymer shell around the nanoparticle [172].

C) Loaded into thermo-responsive nanocarrier that either simultaneously administered with or
injected after the heat-responsive nanomaterial [173].

D) Co-loaded with the heat-generating nanomaterials into another thermo-responsive

nanocarrier, such as liposomes [174].

Heating through nanoparticles allows inside-out hyperthermia, resulting in a more localized

heating effect with minimal or no hyperthermia side effects on the surrounding healthy tissues.

Mai et al. developed theranostic thermo-responsive nanoplatform composed of iron oxide
nanocubes coated with thermo-responsive polymer that physically adsorbed DOX. The thermo-
responsive polymer undergoes shrinkage at temperatures higher than its LCST (lower critical solution
temperature) = 40°C, at the mild hyperthermia range (= 39°C -42°C) and above the body temperature
37°C. Upon MF (11 kA/m, 110 kHz) exposure, the heat produced by the magnetic nanocube core
triggered DOX release 70% after 4h vs. 25% after 7 days at 25 °C. In vivo on xenograft tumor mouse
model, efficient tumor suppression without any remaining tumor mass was observed up to 3 months
after intratumoral injection of the nanoparticles and magnetic hyperthermia treatment (11 kA/m, 110
kHz, 30 min over 3 subsequent days), compared to the control conditions (Figure 6). The nanoplatform

was also beneficial for MRl imaging and monitoring of the response to treatment [172].
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[.4.3.1.5. Conclusion on external stimuli-responsive nanomedicines

Externally triggered stimuli for targeted nanomedicines need an extra setup to generate the
external trigger; however, they have many other advantages, making them very promising approaches
for targeted therapies. The external application of the stimulus can be added or removed depending
on the treatment requirement, enabling continuous or pulsatile therapy. There is also a possibility to
manipulate the level of the trigger to have the same stimulus intensity between patients, thus
mitigating the heterogeneity challenge. In addition, they show a rapid response of the nanomedicines
compared to the internal triggers. To boost their clinical translation to patients, readily available
moderately expensive setups of some strategies need to be developed. In addition, more optimization
is needed regarding the coupling between the external triggers and the nanomedicines, especially the
nanomedicine administration moment, time of applying the trigger, dosing and stimulus exposure

duration.
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[.4.3.3. Conclusion on stimuli-responsive nanomedicines

Stimuli-responsive nanomedicines are promising targeted nanomedicine formulations for
cancer treatment due to the ability to switch (ON/OFF) the nanomedicine activation or cargo release
upon exposure to the applied stimulus. This could enable a more potent anticancer effect at the
targeted site where it is needed with minimum side effects at other healthy tissues. Nanomedicine
formulations responding to pH, magnetic, thermal and phospholipase A2 (sPLA2) stimuli have entered

clinical trials [97].

For clinical translation to the patient side, there could be a need to optimize the nanomedicine

formulation to achieve the following:

A) Stability in blood and keeping the responsive properties

B) Scaled-up manufacturing ability of such commonly complex systems

C) During formulation development and preclinical trials, it is essential to include all control
conditions to have solid conclusions and get a successful clinical translation.

D) Clarification of factors could affect the in vivo stimuli-responsive properties.
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Part Il. The magnetic stimulus for targeting the nanomedicines to the tumor tissue and

triggering cell death and/or cargo release

In the past decade, a plethora of research work has been dedicated to exploiting magnetic
stimulus and MNPs-based nanomedicines for anticancer applications. The appeal of MNPs is their
inherent responsiveness to the external MF. Depending on the applied MF, the MNPs can be directed
to preferentially accumulate in targeted tissues, generate heat energy or rotate and exert torques.
They can also serve as contrast agents for MRl and MPI, making them suitable for theranostic

applications [175, 176].

[I.1. Magnetic nanoparticle properties (physicochemical properties and biological interactions)

I.1.1. Magnetic nanoparticle physical properties

There are different magnetic responses of materials to the applied external MF (Figure 7)
depending on their chemical composition, their constituent elements' electronic configuration and
temperature. They can be classified according to their magnetic responses into diamagnetic,
paramagnetic, ferromagnetic, antiferromagnetic, ferromagnetic and superparamagnetic materials

[176, 177].
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Figure 7: Responses of different materials to applied magnetic fields (A) and their representative magnetization curves (B),
where diamagnets align in an opposite direction to the MF, para and ferro and ferri magnets align in the same direction to
MF (less susceptibility for the paramagnets), anti-ferromagnets do not respond to moderate MF. Adapted from [178].
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Diamagnetic materials:

Diamagnetic materials are characterized by the absence of unpaired electron spins and by
having a null magnetic moment in the absence of external MF. The magnetic response of a diamagnetic
material acts to oppose the applied MF, so it displays a very small negative magnetic susceptibility.
Organic compounds, most nonmetallic materials and inert gases are examples of diamagnetic

materials [176].

Paramagnetic materials:

Paramagnetic materials are characterized by having randomly oriented magnetic moments. An
externally applied MF results in aligning these magnetic moments in its direction so that paramagnets
display a small positive magnetic susceptibility. Nevertheless, they do not retain their magnetization
after removal of the external field due to the randomization of their magnetic moment by thermal
fluctuations. The degree of magnetic moment alignment originating from the external MF depends on
its strength and inversely depends on temperature. Magnesium, aluminum, lithium and oxygen are

examples of paramagnetic materials [176, 177].

Ferro-, antiferro,- and ferri-, magnetic materials:

Individual atoms in ferromagnetic, antiferromagnetic and ferrimagnetic materials also carry
magnetic moments. The particularity of these materials is that these moments interact with each other
so that neighboring moments tend to be either parallelly (in ferromagnets) or anti-parallelly (in
antiferromagnets and ferrimagnets) aligned (Figure 7). In the case of anti-ferromagnets, neighboring
moments compensate so that the ideal materials carry a null global magnetic moment. However,
antiferromagnets might have a net magnetization due to lattice defects or spin canting, but much
lower than ferromagnets [177, 179]. On the other hand, ferro- and ferri-magnetic materials are formed
of several magnetic domains carrying global magnetic moments. To maintain the lowest energy state,
domain walls are formed between the different magnetic domains. When external MF is applied to a
ferro- or ferri-magnet, the domains in the direction of the field grow in size, and so does the total
magnetic moment of the materials. The magnetic response to AMF is a hysteresis loop with a typical
shape schematized in Figure 7. lron, cobalt, nickel and manganese are examples of ferromagnetic
materials [179]. The most used magnetic materials in biomedical applications, magnetite (Fes0,) and

maghemite (Fe,0s), are ferrimagnets (see below). Typical antiferromagnets are NiO, CoO and FeMn.
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Superparamagnetic materials:

Superparamagnetism occurs in small ferro- and ferri-magnets where domain walls are
energetically unfavorable, resulting in single-domain MNPs. The threshold size below which
superparamagnetism occurs depends on the system thermal energy and the magneto-crystalline
anisotropy energy [178, 180]. For iron oxide MNPs, the threshold size for superparamagnetic

nanoparticles in 25 nm at room temperature [181].

The magnetic response of superparamagnetic nanoparticles strongly depends on temperature.
At temperatures lower than their blocking temperature, there is not enough thermal energy to allow
the spontaneous switching of magnetization; MNPs behave as ferromagnets. At temperatures higher
than their blocking temperature, the thermal energy is enough to allow the thermal fluctuation-driven
switching of magnetic moments; MNPs behave as paramagnets with a giant magnetic moment and
susceptibility (where comes the name superparamagnetism) [177, 180]. The typical hysteresis loop of
superparamagnets is given by the Langevin function [182]: the magnetic response saturates as the
applied MF get stronger; upon removal of this external MF, the superparamagnetic nanoparticles lose
their magnetization without hysteresis. Superparamagnetic nanoparticles have thus both advantages
of a) having a strong and rapid response to the external applied MF with large magnetic moment, and

2) losing the magnetization following MF removal, which helps towards their colloidal stability [178].

In response to AMF, MNPs (single or multidomain) respond through two main mechanisms for

heat generation [183]:

i- Brownian relaxation, where physical rotation of the particles occurs. It is thought to
happen due to the locking of the particles' dipoles in a given crystal structure. So that
an external AMF would exert a torque on the particles magnetic dipole resulting in
their rotation and friction with surrounding solvent molecules.

ii- Néel relaxation, where the particles are fixed, but their magnetic moment responds to
the external AMF by rotating or switching. This friction between the magnetization
and the atomic lattice leads to loss of electromagnetic energy in the form of thermal

energy.

Both Brownian and Néel relaxation happen simultaneously; however, one of them, the faster,
would predominate [176]. In any case, whatever the microscopic mechanisms, the amount of energy

released in the environment equals the hysteresis area [184].
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I1.1.2. Magnetic nanoparticle chemical composition for biomedical applications

Most MNPs used for biomedical applications are ferrite-based (MFes.« O4), where M could be
Fe, Co, Mn or Zn. Due to the concerns related to the used MNP biocompatibility, toxicity and long-term
in vivo fate and clearance, iron-based MNPs are the most commonly used ones [185]. The healthy
human body has an average iron pool of 4 g and much lower levels of the other mentioned metals
[186, 187]. The body also has mechanisms for handling, use and storage of iron. The body's two most
important iron-containing proteins are ferritin and hemoglobin [188]. Ferritin is an intracellular protein
that captures and stores iron in a soluble nontoxic form to avoid the free iron catalysis of cytotoxic ROS
production via Fenton reactions [188, 189]. Hemoglobin is an important blood oxygen transporter with

other roles as an antioxidant and regulator of iron [190, 191].

Magnetite (Fes04) and maghemite (y-Fe,0s3) are naturally occurring iron minerals and the most
common interesting phases of iron for biomedical applications [176]. Both are ferrimagnetic materials
that also exhibit superparamagnetic properties at the nanoscale. They also have similar cubic face-
centered inverse spinel crystal geometry with very similar unit cell dimensions (a = 0.8396 nm for
magnetite and a = 0.8374 nm for maghemite) [176]. Therefore, it is difficult to differentiate between
them using conventional crystal phase characterization techniques such as X-ray diffraction, high-
resolution transmission electron microscopy or Raman spectroscopy. A major difference between
them is their iron content, where magnetite has both ferrous and ferric ions, while maghemite has
only ferric ions. In an oxygen-rich environment, magnetite can be easily oxidized to maghemite. Hence,
itis not easy to get pure magnetite nanoparticles and there are always concerns about the nanoparticle
properties changes over time [176]. Magnetite could be intentionally fully oxidized into maghemite
before use [192]. However, the mass saturation magnetization (Ms) of magnetite (92 Am?/kg at 293 K)
is higher than that of maghemite (76 Am?/kg at 293 K), which makes magnetite slightly more desirable

for biomedical applications [193].

Other undesirable weak antiferromagnetic iron phases (such as hematite, wustite and
goethite) could form as side products of magnetite or maghemite synthesis process; synthesis

conditions should be controlled to avoid or minimize them [176, 194].

Substituted ferrite MNPs were also developed for biomedical applications. In them, one
divalent iron atom is substituted by another divalent metal such as Co, Mn or Zn. This substitution
introduces tunable changes in the physicochemical properties of the substituted ferrites, such as
chemical stability, M, magnetic anisotropy (Kesr) and heating power [185, 195]. Nevertheless, the
inherent toxicity and ease of synthesis should also be considered when developing these systems for

biomedical applications [196].
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I1.1.3. Biological interaction of magnetic nanoparticles

Similar to all nanomedicines, introducing MNPs into the blood exposes them to plasma
proteins, opsonization and MPS uptake unless they are coated with suitable materials to minimize
these interactions. In addition, they can be designed to rely on passive or active targeting or stimuli-
responsiveness to preferentially accumulate at the tumor tissues. However, as inorganic metallic
nanoparticles, there could be concerns related to the MNP long-term in vivo fate, especially their

biodegradability and excretion [197-199].

Ferumoxytol® (SPIONs) are already approved by the FDA for the treatment of iron deficiency
anemia. Ferumoxytol® i.v. injection dose as high as 510 mg was tolerated in patients and increased

their hemoglobin levels without serious side effects [200].

Acute iron overload could result in free radical formation and cellular damage at high doses,
as observed for ingested iron doses of more than 60 mg/kg [201]. However, an optimized
biocompatible coating of the iron oxide nanoparticles (IONPs) could mitigate this issue. For instance,
it was reported that uncoated IONPs have LD 50 (median lethal dose) of 300-600 mgrekg* body weight
in rodents compared to an LD 50 of 2000-6000 mg.kg™ for the dextran-coated ones [202, 203]. Many
studies showed intracellular lysosomal biodegradation of IONPs [204-207]. The resulting iron could be
handled and stored by the ferritin protein, then transferred to other organs through the transferrin
protein or incorporated into other proteins such as hemoglobin. The size and crystallinity of the
nanoparticle, type of coating (organic as polymer, or inorganic as metal shell), and the availability and
access of chelating agents to the metallic nanoparticle surface were among the factors that affected

the IONP degradation kinetics [204, 206].

For instance, Gu et al. investigated the in vivo degradation rate of different IONPs, namely
monodisperse PEG-phospholipids |0 nanocrystals (IO core sized of 5, 15, 30 nm) and the dextran-
coated Feridex® IONPs (IO core size of 2-4 nm). Using the dynamic light scattering, the measured
nanoparticles hydrodynamic diameters were 13.3+1.8,28.7 £3.2,52.1+ 2.5, and 153.0 £ 11.9 nm for
5, 15, and 30 nm IO nanocrystals and Feridex respectively. One month after i.v. injection (5 mgee/kg)
into wild-type BALB/c mice, the Feridex nanoparticles showed the fastest degradation rate and
clearance from the liver and spleen. The remaining detected nanoparticles percent after one month,
relative to the initially detected amount on day 1, were =20 % in the liver and =40 % in the spleen. In
addition, relatively faster degradation kinetics was observed for the 5 nm 10 nanocrystals compared
to the 15 and 30 nm ones [208]. It was reported that IONPs can be retained in the tumor and stromal

cells after their intratumoral delivery for 2-12 weeks, depending on their core size [209, 210].
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It should be noted that the total body iron level is controlled only by absorption; however, a
basal level of iron excretion is present in the body through hair or skin cell shedding, enterocyte
turnover and excretion, loss in sweat and menstruation [211]. Hence, intermittent IONP treatment is
rarely considered a risk for chronic iron overload. The ability to degrade the IONPs, with subsequent
iron sequestration, storage, incorporation to the body or removal, makes their clinical use for

biomedical application a promising avenue.

Substituted ferrites MNP containing Co, Mn or Zn have inherent toxicity challenges, and they

aren’t yet approved for clinical human use [196].

I.2. Magnetic nanoparticle biomedical applications

MNPs have been an interesting option for biomedical applications. They are approved for
clinical use as iron supplements to treat iron deficiency anemia [212]. They were also investigated as
targeted carriers to accumulate in tumor tissues under magnetic guidance [143], as magnetic contrast
agents for imaging [213] or as antitumor nanomedicines [175]. For antitumor applications, MNPs can
be utilized to induce magnetic hyperthermia, magneto-destruction effect or for photothermal
applications [152, 214, 215]. In addition, the MNPs can be used for chemotherapy drug delivery
applications [216].

11.2.1. Magnetic nanoparticle focusing/targeting to tumor tissues under magnetic field gradient guidance

The principles

Among all nanomedicine formulations, MNPs offer the possibility to be directed toward their
targeted tissues in response to MF that can be applied remotely from outside of the body. There were
many developed magnet setups for focusing the MNPs, which could be based on permanent magnets

or electromagnets [143].

In the blood, MNPs could be subjected to many forces, such as blood flow, viscosity, buoyancy,
van de Waals, thermodynamics, magnetic dipole-dipole interactions, etc. For directing the MNPs to
the targeted tissues under MF gradients, a maximal magnetic force should be applied to them in order
to be the predominant one governing their movement [143]. The magnetic force applied to MNPs can

be expressed using the following formula [217],
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where

F,, is the magnetic force,

Vis the magnetic particle volume,

x is the particle magnetic susceptibility,

U, is the magnetic permeability of the vacuum, and

B and VB are the applied MF and the MF gradient, respectively.

To get a large magnetic force, MNPs with a large size and a high magnetic susceptibility are
preferred. Also, a magnetic focusing setup generating a strong MF with a high gradient should be used.
It was reported that the MF gradient inside the human body is technically limited 1-10 T/m. Under this
gradient, if all other factors (such as particles shape and colloidal stability) are optimized, it is required

to have particles of sizes 100 nm to 1 um to get a displacement speed of 1 mm/s [218].

Magnetic guidance with permanent magnets

The simplest way is to apply an external magnet on the surface of the skin to focus the MNPs
towards a superficial targeted site. The applied magnet enhances the accumulation of the
nanoparticles to the targeted tissues; however, this technique did not show promising results in clinical
trials [219]. It could be because of the limited focusing efficacy of this technique, as the MF strength
and MF gradient generated from the magnet decay rapidly in proportion to the distance away from
the magnet's surface. It is also worth noting that this technique could be applied only to superficial

tumors, not deep-seated ones.

Alternatively, assemblies of permanent magnets were utilized to allow 3D MNP targeting that
can be applied to deep-seated tumor targets [220]. For instance, Liu et al. investigated the use of two
oppositely polarized external magnets for enhanced tumor penetration and accumulation of MNPs
polymer assemblies of ~100 nm (10 nm SPIONs embedded in polyethylene glycol-polycaprolactone
diblock copolymer micelles). This magnets configuration allows the generation of a sharp zero MF point
at the center surrounded by a strong and constant field gradient along the gap between the two
magnets, which solved the challenge of sharp MF gradient drop going away from the single magnet
surface [221]. This magnets configuration was compared to two control conditions (single magnet or
no magnets used) after retro-orbital injection of the magnetic assemblies in female Balb/c mice

bearing orthotopic 4T1 mammary gland tumors. The animals were positioned so that the center
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between the two magnets corresponds to the tumor center or the single magnet is 10 mm away from
the tumor. There was a noticed >3x increase in the tumor accumulation and >2x MRI signal for the
magnetic assemblies using the two opposite magnets configuration compared to the controls. In
addition, the accumulated magnetic assemblies traveled >5x more distance compared to the control
conditions, indicating better tumor penetration [220]. However, the principle of driving out the MNPs
out of the tumor center could have some limitations. Primarily, the MNPs could continue diffusing out
until going outside the tumor tissues themselves to the nearby healthy ones. Also, it is needed to
attract the MNPs to the blood vessels of the tumor tissues in the first place, before affecting their

distribution within the tumors.

Another configuration named Halbach arrays are one of the best ways to strengthen the MF
generated from assemblies of magnets (Figure 8). Thanks to their spatially rotating magnetization
patterns, Halbach arrays squeeze the MF, resulting in its increase in one direction and decrease in the

other one.
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Figure 8: Halbach arrays magnets main types: a) Straight and b) Circular. The arrows represent the direction of magnetization
of its magnetic block.
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Many studies simulated the magnetic targeting effect of different Halbach arrays
configurations and predicted a larger efficiency compared to single permanent magnets [218, 222].
Using finite elements simulations, Riegler et al. reported that an optimized circular Halbach array could
exert magnetic forces on magnetically labeled cells in three major human arteries up to 3.5x more than
magnetic rod, equilateral magnetic rod or straight Halbach arrays [222]. It is worth noting that both
homogenous or high gradient MF could be obtained using the circular Halbach arrays depending on
the number of poles. The dipole configuration achieves homogenous MF in the core versus the
qguadrupole one that has high gradient MF in the core (Figure 9). Consequently, if the application aim
is to retain the MNPs in the tissues located in the gap of the Halbach array, the dipole configuration
could be more suitable. On the other hand, if the aim was also to achieve a preferential accumulation
in periphery of the area inside the gap of the Halbach cylinder, the quadrupole configuration could be

the more suitable option.

Figure 9: Circular Halbach array in a) dipole (homogenous MF) vs. b) quadrupole (gradient MF) configurations. The hollow
cylinders consist of permanent magnet material with continuously changing magnetization direction (arrows). The poles are
encircled. In (a,b), the magnetic field is represented by field lines, while in (c,d), the arrows are field vectors (the differences in
their colors are only for better contrast). Adapted from [218].

Assembling such strong magnets is still challenging due to the magneto-mechanical forces
between the magnets. These forces impose difficulties on the magnet safe assembly, handling and
operation. However, starting with smaller model systems could allow developing experiences in
dealing with them [218]. Finally, it should be noted that, in permanent magnet-based setups the MF

cannot be switched on and off [143].

Alternative magnetic focusing set-ups

Setups relying on electromagnets were also developed for MNP targeting to tumor tissues.
Compared to permanent magnets, the advantage of electromagnets is the possibility of varying the
generated MF strength and gradient in a simple way by manipulating the passing current [223].
Electromagnets traditional coils, such as ordinary, Helmholtz, Maxwell coils or a combination of them,
are the most commonly applied ones for MNP targeting due to their ability to generate relatively high
MF gradients. However, they generally heat and are highly energy-consuming, which poses a challenge

for generating sufficiently high MF strengths. Consequently, their generated MF strength could not be
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sufficient to saturate the MNPs to subsequently follow the MF gradients and accumulate in the

targeted tissues [223, 224].

Therefore, there is still a need for a rational development of magnetic targeting setups that
could have a compromise between the permanent as well as the electromagnets. The ideal 3D
magnetic focusing setup should have a simple design, strong generated MF with high gradient, precise

targeting ability, large gap, reasonable cost, and feasible manipulation and upgrading.

I1.2.2. Magnetic imaging using magnetic resonance imaging (MRI) and magnetic particle imaging (MPI)
MNPs can be used as contrast agents for magnetic field-based imaging techniques such as MRI
and MPI. Both imaging techniques are noninvasive, but each one has its specific characteristics and

applications [213].

MRI is commonly used to get a tomographic anatomical 3D imaging of the tissues to be
examined [213]. It relies on the magnetic relaxation of proton dipoles, most commonly water ones,
which are randomly orientated in the imaged tissues. First, a strong and uniform static MF is applied
to align all the magnetic moments of the protons in the tissues. Afterward, a resonant radio frequency
(RF) pulse is applied perpendicularly to the previously applied MF, resulting in the rotation of the
proton magnetic moments out of their alignment direction. Finally, after removing the RF pulse, the
proton’s magnetic moment tends to return to their alignment positions, resulting in the proton’s
relaxation and emission of RF waves (Figure 10). The waves emitted from each location are recorded
and transformed into a greyscale image according to their intensity levels. Each body tissue has a
different water percent so that different relaxation rates and emitted energy intensity. Hence, MRI has

the ability for anatomical distinguishment of different tissues [225, 226].
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Figure 10: Schematic illustration of the signal source in MRI. Adapted from [227].

The proton relaxation times are denoted as T1 (spin-lattice) due to returning the magnetic
vector to its resting state or T2 (spin-spin) due to axial spin return to its resting state. The proton
relaxation is progressive, and the difference between both times is small, which could make it difficult

to distinguish between some tissues without contrast agents [228].

Two types of contrast agents were used with the MRI, T1 (positive) or T2 (negative) contrast
agents. T1 contrast agents are based on paramagnetic metal (gadolinium (Gd**), iron (Fe*) or
manganese (Mn?*)) complexes. As they consist of high spin paramagnetic ions, they can enable
producing hyperintense signal from the water protons present in their close proximities. Hence, lighter
(more emitted signal) images of their accumulation zone would be obtained. This concept of enhancing
the signal is advantageous, and several Gd chelates complexes have been approved as T1 contrast
agents. However, Gd chelates still cannot be used in patients with renal diseases due to their toxicity.

In addition, T1 contrast agents suffer from decreased efficiency at high MF intensities [228].

On the other hand, SPIONs were used as T2 contrast agents thanks to their ability to decrease
the magnetic resonance signal from their surrounding areas. SPIONs have a high magnetic moment
that perturbs and delays the relaxation of the water protons in their surroundings [228]. Hence, their
accumulation areas appear darker (less emitted signal) than the other tissues. SPIONs have the

advantage of their in vivo degradation and incorporation into the iron pool of the body. Two SPIONs
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products were approved as MRI contrast agents, Resovist® in Europe and Japan and Feridex® in
Europe, Japan and the United States. However, Feridex® was withdrawn later from all markets, and
Resovist® is currently approved only in Japan. Their first limitation is the need for selective SPIONs
accumulation in the targeted lesion and for a reduced uptake by the mononuclear phagocytic system.
Their coating with PEG or other hydrophilic moieties can decrease their uptake by MPS; however, it
simultaneously results in decreased interactions with their surrounding water protons. Moreover,
relying on generating darker spots (being T2 contrast agents) makes it difficult to distinguish them from

other dark anatomical features or image artifacts [176, 228, 229].

Recently, the MPI technique was developed, and it attracted a lot of attention due to its ability
to generate high-contrast images with high sensitivity. MPI imaging equipment relies on three main
parts; selection static field, drive alternating field and receiving coil. A selection strong static MF is
applied with a Maxwell configuration, which enables having a region of zero net magnetization (field
free region (FFR)). When a small alternating drive excitation MF is applied, MNPs in the FFR are free to
respond. However, other MNPs outside the FFR will not be able to respond as they are already
saturated with the strong selection field. The response of the MNPs tracers at the FFR are recorded
with the receiving coil, and the signal is transformed after to MPI images (Figure 11). The location of

the FFR can be moved either mechanically or electronically [230].
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Figure 11: Schematic illustration of the signal source in MPI. MNPs in the field free region can respond to the drive field
(orange) and their magnetization response can be recorded using a receiving coil. However, MINPs in the surrounding
saturation area can’t respond to the drive field due to their saturation with the strong selection field (blue). Adapted from
[176].

Thanks to their Langevin nonlinear magnetization behavior, SPIONs are considered the most
suitable MNP tracers for MPI. Indeed, in the FFR, SPIONs are at thermal equilibrium with a net zero
magnetization and no recorded signal in the receiving coil. Once a drive MF is applied, SPIONs show a
rapid strong “superparamagnetic” response to the applied field that can be recorded with the receiving
coil [182]. If ferrimagnetic or ferromagnetic nanoparticles are used, the signal is the difference
between their magnetization before and after applying the drive MF [213, 230]. Higher MNP
concentration in the FFR results in a linearly higher MPI signal, allowing quantitative estimation of the
MPI tracer [176]. Until now, MPI has been applied in preclinical trials; however, multiple groups are
working on developing human clinical systems that could have high performance and cost-effective

properties.
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MRI and MPI rely on MF imaging, a noninvasive imaging technique with fewer safety concerns
vis-a-vis some other techniques, such as X-ray imaging. However, there is a major difference between
MRI and MPI: the signal source (Figure 12) [231]. MRl is an anatomical imaging technique where the
signal source is the tissues themselves. On the other hand, MPl is a molecular imaging technique where
the signal source is the MNP tracers. This leaves less background noise in the MPI technique, allowing
higher sensitivity than MRI. However, it leads to a need for coupling an anatomical imaging technique,
such as computed tomography (CT) or MRI, with the MPI in order to locate the MNP tracers in the
body [231].

Liver Darker liver
A) M Rl before image
SPOINs after SPIONs
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Figure 12: Sample images showing the differences between MRI and MPI. A) MRl where an anatomical image is obtained and
the tissues themselves are the signal source which could be affected upon accumulation of the contrast agents as SPIONs. B)
MPI where the MINP tracers emit the signal which needs an anatomical imaging technique as CT in order to locate their
accumulation sites (e.g., liver and spleen as shown in the image). Adapted from [232, 233].

MNPs are used as MPI tracers for many biomedical applications, such as quantifying the MNPs
accumulation in tumors and their intra-tumoral distribution and penetration, which can help in tumor
diagnosis or monitoring the response to treatment [234]. It can also be coupled with magnetic
hyperthermia for localizing the MNPs and guiding the hyperthermia treatment [233]. Also, MPI can be
used for sentinel lymph node mapping and stem cell tracking [235, 236]. It was also used for blood

pool imaging to detect traumatic injuries or bleeding and record treatment responses [237].
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I1.2.3. Magnetic nanoparticles as antitumor nanomedicines
MNPs were utilized as antitumor nanomedicines in order to kill the targeted tumor cells in

various ways, such as hyperthermia, magneto-mechanical destruction or photothermal therapy.

[1.2.3.1. Hyperthermia
High-frequency MF (>100 kHz) with moderate amplitude can result in heating the MNPs
through Néel or Brownian relaxation or both of them. The resulting heat can be used for antitumor

applications through global or nanoscale intracellular hyperthermia.

Global hyperthermia

The MNP heating was exploited for magnetic fluid hyperthermia and tumor ablation by heating
the targeted tissues at temperatures in the range of 40-47° C [238]. Nanotherm®, aminosilane-coated
SPIONs, is the only nanomedicine formulation with EMA approval for the treatment of brain tumors
based on hyperthermia. Nanotherm® was evaluated in clinical trials through intracranial injection in
tumors of patients with recurrent glioblastoma, followed by AMF application using a human-scale
applicator to induce tumor hyperthermia to 50° C. Patients treated with Nanotherm® plus radiation
therapy showed an enhanced overall survival of 23.2 months compared to only 14.6 months obtained
with conventional therapy (temozolomide and radiotherapy) [28, 239]. Nanotherm® also received the
FDA, investigational device exemption, approval to be used in clinical trials for the treatment of

intermediate-risk pancreatic cancers [240, 241].

Hyperthermia-based tumor therapy can be valuable to avoid surgical options, especially with
tumors in sensitive tissues such as the brain [241]. It is worth noting that many studies reported an
increase in intracellular ROS production due to magnetic hyperthermia [242, 243]. The enhanced ROS
production could be due to hyperthermia-induced mitochondrial dysfunction [243]. The generated
extra ROS are potent damaging agents to biological molecules such as DNA, and to lipid membranes
resulting in induced cell death through ferroptosis or oxytosis [244, 245]. However, the global
hyperthermia approach requires significantly high local concentrations of the MNPs in the targeted
tissues, which is very challenging to be achieved after systemic administration, resulting in the use of
the more invasive intratumoral injection [246]. In addition, the generated global heating could affect

the nearby healthy tissues, leading to their destruction.
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Nanoscale intracellular hyperthermia

In this strategy, the AMF exposure on the lysosomally accumulated MNPs results in a local
temperature increase in the MNP vicinity, enhancing ROS production. The resulting oxidative stress
could induce cell death through lipid peroxidation, lysosomal membrane permeabilization and leakage
of lysosomal contents into the cytosol. Using active targeting could enhance the accumulation of the
MNPs inside the lysosomes of the targeted tumor cells and reduce the side effects on the other non-

targeted healthy ones [247-249].

For instance, Clerc et al. obtained lysosomal accumulation of gastrin peptide-functionalized
MNPs (magnetic core size 8.7 + 1.6 nm) after their incubation on INR1G9 cells expressing
cholecystokinin-2 (CCK2) as a targeted receptor [247]. AMF exposure (275 kHz, 40 mT, 2h) of the cells
internalized the nanoparticles resulted in 19.9 + 1.5% or 32.3 £ 2.7% inhibition of cell survival 4h or 24
h, respectively (Figure 13). There was also an observed 5.7 + 1.5-fold increase in the intracellular ROS
level upon AMF exposure in the cells that had internalized the MNPs compared to ~2.5-fold increase
upon AMF exposure without MNPs. After AMF exposure by ~7 min, there was ~ 14.1 + 1.4 °C
temperature increase in the intra-lysosomal MNPs vicinity detected using a molecular thermometer
fluorescent probe linked to the MNP surface via 7 nm PEG moiety. This temperature increase was not
noticed at the lysosomal membrane using another molecular thermometer fluorescent probe that
bound to the lysosomal membrane. AMF exposure also resulted in enhanced lipid peroxidation in the
cells treated with MNPs. It was detected through an increased relative fluorescence of 74.4 + 2.7% for
lipid peroxidation reagent compared to only 41.5 £ 5.6% fluorescence increase upon MNP treatment
without AMF exposure. Finally, there was an observed decrease in the Cathepsin-B lysosomal contents
by 25.4 + 4.7% and 43.9 £ 6.3% after 30 and 60-min of magnetic intra-lysosomal hyperthermia
experiment [247]. These results highlight the potential of using intracellular hyperthermia for cancer

treatment as an alternative technique to the global hyperthermia.
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locally heat upon exposure to AMF, leading to lysosomal membrane permeabilization and induced cell death. Adapted from

[247].

For a highly effective hyperthermia treatment, nanoparticles with a large heating power are

preferred. The MNP heating efficiency could be quantified as specific absorption rate (SAR) [183, 250,

251];
dT (t)
Car
Specific Absorption Rate (SAR) = ———
Myp
where

C is the specific heat capacity of the MNPs,

dr(t) . . . .
% is the heating rate (temperature increase per unit time), and

myp is the mass of the MNPs used.

The used frequency (f) and MF amplitude (H) affect SAR values. There is a maximum clinically
allowed threshold for the used f and H (Hxfmax = 5 x 10° kAm™ s7) to avoid patients side effects such
as eddy currents induced tissue heating [149, 252]. So, nanoparticles with high SAR could be preferred
to have significant hyperthermia under the maximum allowed threshold without the need of having

very high amount of MNPs accumulated or injected in the targeted tissues.
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Hence, plenty of research has been done in order to enhance the SAR of the MNPs by
manipulating their magnetic material composition, size, shape and coating [214]. These parameters
affect the MNP heating by affecting their Ms, Keg, magnetic susceptibility and relaxation time [253,
254].

Decreasing MNP size could result in less Keg and spin disordering, leading to reduced magnetic
susceptibility/Ms and modified SAR values. It has been reported that SAR values could be directly
proportional to the particle size until a maximum size value and are inversely proportional to the
particle size distribution [214, 255, 256]. The optimum MNP volume for magnetic hyperthermia is
dependent on the material and experimental parameters [184]. Moreover, composition and shape
anisotropy can enhance the Ke resulting in MNPs, which thus modifies SAR values. The optimum
anisotropy is dependent on the used MF parameters during the hyperthermia experiment as well as

the MNP magnetization [184].

Changing the anisotropy could be obtained either through 1) doping the MNP crystalline
structure with divalent transition metal cation (as Fe?*, Co?*, Zn%, Mn?* or Ni?*) or 2) exchange coupling
between a magnetically hard core and a magnetically soft shell [214, 257, 258]. For instance, Lee et al.
utilized the exchange coupling property to get SAR values of 3,886 W g* for CoFe;0,@Zno.4Fe, .60 core-
shell NPs compared to 100 to 450 W g™* of the single component MNPs [258]. However, having other
metals as Co?*, Zn*, Mn?* or Ni** could change the MNP toxicity, raising safety concerns. Shape
anisotropy is obtained using MNPs in disc, ring, flower shapes, or chain arrangements [183]. For
instance, Gavilan et al. observed higher SAR values for the more anisotropic star-shaped iron oxide
MNPs than cubic-shaped ones [214]. It is worth noting that getting nanoparticles with high
Kes/remanence/coercivity (non-superparamagnetic properties) could lead to less stable MNP
formulation due to agglomeration. Hence, optimum coating of such MNP formulations is needed to

mitigate their agglomeration potential.

MNP coating can also dramatically affect their heating properties. For example, Liu et al.
observed 2.5-fold increase in the SAR of the magnetite NPs upon using poly(ethylene glycol)methyl
ether 2000 (mMPEG2000) coating agent instead of mPEG5000. The coating agent could affect the
Brownian relaxation of the MNPs, their magnetic interaction and could also hinder the heat transfer

into the surrounding medium [259].

Hence, several factors should be controlled in the design of the MNPs to get an optimally

heating MNP platform with biocompatible and stable properties.
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[1.2.3.2. Magneto-mechanical destruction

Low-frequency MF (<20 kHz) were used to induce magneto-mechanical destruction of cellular
membranes or organelles in the targeted tumor cells [260, 261]. The low-frequency MF stimulus offers
fewer side effects, such as eddy currents induced tissues heating, compared to the high-frequency one
[149]. MNPs that can form high-order structures such as chains would be well suited for efficient

magneto-mechanical destruction applications of tumor cells [262].

Cheng et al. investigated the efficiency of the magneto-mechanical destruction effect of disc-
shaped MNPs against glioblastoma under RMF (20 Hz, 1 T). Inside tumor cells, the MNPs were aligned
to the plane of the RMF, which enabled them to create a strong mechanical force to damage the tumor
cells through damaging their cellular membrane integrity. In vivo experiments were performed on mice
bearing brain glioblastoma xenografts previously incubated with MNPs. AMF exposure 1h per day for
1 week reduced the size of brain tumors and enhanced the mice's survival rate without adverse side

effects [152].

In addition, the magneto-mechanical effect of MNPs was also exploited to affect tumor
microenvironment cells such as the cancer-associated fibroblasts (CAF). These microenvironment cells
could have a significant role in tumor progression and therapeutic resistance so that their targeting
along with the cancer cells could help in enhancing the treatment platform efficacy [263]. In an
application of this strategy, Lopez et al. used 6 nm core MNPs functionalized with gastrin to induce
targeted magneto-mechanical destruction in the CCK2 receptor expressing cancer-associated
fibroblasts [147]. Higher MNP intracellular concentration was observed on CAF cells expressing CKK2
compared to CAF not expressing the targeted receptor at MNP concentration in the range from 2-32
ug ml~t after 72 h of incubation. RMF (1 Hz, 40 mT, 2h) exposure resulted in enhanced cell death up to
33.8 + 2.8% in CAF-CCK2 cells after their treatment with MNPs (16 ug ml™) that represented 3.0 + 0.9
and 5.6 = 1.7-fold increase in cell death compared to cells exposed only to RMF or treated only with
the MNPs, respectively [147]. This enhanced cell death was related to the MNP mechanical effect on
disrupting the lysosomes' integrity and causing leakage of their contents. It was also associated with
increased MNP pressure on the lysosomes attached to microtubules filaments, causing their disruption
and cell shrinkage [264]. Further studies could investigate if this induced CAF cell death could be
associated with favorable stroma modulatory effects and/or immune system activation for enhanced

antitumor activity.
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[1.2.3.3. Photothermal applications

As metallic plasmonic nanoparticles, MNPs have local plasmon surface resonance (LPSR) that
can be exploited for photothermal treatment applications [265, 266]. MNPs could be considered as an
alternative to the most commonly used photothermal agents, GNPs. Unlike GNPs, MNPs could be
biodegradable (as iron oxide MNPs), can be magnetically directed to the tumor tissues and can act as
contrast agents for magnetic-based imaging techniques [267]. However, MNPs have a low absorption
coefficient in the near infra-red region where there is minimal body and tissue absorbance [267]. Using
self-assembled nanoclusters of MNPs can mitigate this low absorption coefficient challenge, enabling
the use of biologically safe laser powers [215, 268]. For instance, Chen et al. observed a ca. 3.6-fold
increase in the 808 nm laser absorption for magnetite nanoclusters compared to the individual
magnetite nanoparticles. Laser irradiation (808 nm, 5 W/cm?, 180 s) induced in vitro an increase of the
magnetite nanocluster solution temperature from room temperature to 51.4 + 1.2 °C compared to
42.0 £ 1.5 °C for the individual nanoparticles. The same laser irradiation dose on A459 cells induced
72.8% cell death due to the magnetite nanoclusters vs. only 14.5% cell death upon using the individual
nanoparticles. Also, the magnetite nanoclusters showed superior reduction of the tumor volume in
A549 tumor xenograft-bearing mice upon laser irradiation (808 nm, 5 W/cm?, 180 s) compared to the

individual nanoparticles or the PBS control, without affecting the mice body weight [215].

The applications of MNP for hyperthermia, magneto-mechanical destruction and

photothermal tumor therapy, indicate their versatility as anticancer tumor nanomedicines.

I1.2.4. Magnetic nanoparticles based nanomedicines for drug delivery
MNP response to an external MF was also used to induce drug release from nanocarriers. The

cargo release could be initiated in response to hyperthermia or mechanical effect.

Drug release in response to hyperthermia

High-frequency MF were used to enable magnetic hyperthermia-induced cargo release.
Herein, the cargo release depends on thermally induced events such as A) thermo-responsive bond
cleavage, B) thermo-responsive polymer or lipid structural rearrangement or transition, C) opening of
porous nanomedicines having thermo-sensitive pore gates, D) thermo-responsive matrix degradation

or deformation, or E) thermodiffusion induced by local temperature gradients [216, 269].
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A) Thermo-responsive bond cleavage

Nanomedicine formulations loaded with drugs through non-covalent or covalent bonds can be

magnetically activated by hyperthermia to release their cargo.

Drug loading through non-covalent interactions, such as hydrogen bonds or m-m interactions,
have the advantage of not modifying the drug chemical structure and keeping its integrity and
efficiency [270, 271]. For instance, Griffete et al. developed maghemite MNPs coated with a surface-
grown molecularly imprinted polymer using DOX as a template (Fe,0s@DOX-MIP). Under AMF (335
kHz, 9 mT, five pulses of 2 minutes separated by 30s), enhanced DOX release of 60% after 8h was
observed without global temperature rise (37°C), compared to only 15% release after 8h of incubation
in water at 37°C. MNP hyperthermia-induced the DOX release due to a local temperature increase,
leading to hydrogen bond cleavage between the drug and the polymer [272]. PC-3 cells internalization
of Fe,0;@DOX-MIP after incubation for 2 hours at [Fe] =2 mM did not affect the cells viability,
indicating the inactivity of DOX as it is still kept inside the nanoparticles platform. After AMF exposure
(at 700 kHz, 25 mT, 1.5h), the cell viability was reduced to 60% without detected global hyperthermia
(the temperature of cells medium was kept at 37°C). PC-3 tumor cells incubation for 2h with DOX at
concentrations of 0.5-2 uM (that could correspond to the released DOX from Fe;O;@DOX-MIP)
reduced cell viability also to ~70-60% [272].

Thermo-responsive covalent bonds, such as Diel-Alder reversible thermo-reversible
cycloaddition and thermo-labile azo-linkers, were utilized to allow magnetic hyperthermia-responsive
controlled drug release from nanomedicine formulations. Riedinger et al. developed iron oxide
magnetic nanoparticles (IONPs) coated with PEG-azo linker covalently bound to DOX. In this study, two
PEG spacers of different molecular weights were used, a shorter one of 500 Da and a longer one of
8000 Da. Under AMF (334.5 kHz, 17 kA/m), 36% DOX load was released after one hour in the case of
the shorter 500 Da PEG compared to only 15% for the longer 8000 Da PEG spacer. The major reason
was the rapid decay of the local temperature increase with increasing distance from the nanoparticles'
surface. Moreover, there was an observed 3-fold higher cytotoxicity on KB tumor cells after AMF
exposure (1h, 334.5 kHz, 17 kA/m) upon using the IONPs of the shorter spacer compared to the ones

with longer spacer [273].

Covalent bonds offer more stable linkage for better drug retention than non-covalent ones
that could suffer from premature drug release risk. In addition, using spacers of different types and
lengths could allow independent controlled release of different drugs from the same nanomedicine

platform. However, smart design of such systems is needed to enable the release of the native drug
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entity or at least an active drug conformation without significant encumbrance of the chemical

modification on its antitumor efficacy [216].
B) Thermo-responsive polymer or lipid structural rearrangement or transition

Polymer and lipid-based nanomedicines are widely used for anticancer applications and can
be adapted for thermo-responsive triggered magnetic hyperthermia cargo release. Thermosensitive
polymers with LCST slightly above body temperature are well suited for magnetic hyperthermia-
induced cargo release [274]. Above their LCST, the thermosensitive polymers undergo conformational
changes that could increase their hydrophobicity, resulting in polymer shrinkage and cargo release.
Polyn-isopropylacrylamide (PNIPAM), poly(methylmethacrylate) (PMMA) and Pluronic® F-127 (F127)
are among the most commonly used thermosensitive polymers [274]. MNPs-polymer hybrid
nanomedicines can be designed in two ways: either each single MNP is coated with a polymeric layer,

or several MNPs are collectively embedded in the polymer matrix.

In their study, Ding et al. developed 30 nm magnetic nanocubes coated with folic acid
decorated amphiphilic F127 polymer. The polymer coating enhanced the magnetic nanocubes
biocompatibility and allowed paclitaxel cargo loading through hydrophobic interactions. The reversible
sol—gel thermo-sensitivity of F127 allowed on/off pulsatile cargo release from the nanomedicine
platform. Upon AMF (200 kHz) exposure for 10 min, rapid paclitaxel release is observed, which is
paused after switching off the field due to gelation of the F127. The paclitaxel release was resumed
after re-applying the AMF due to the phase transition of the F127 from solid gel to solution state. In
vitro on Hela cells, the AMF (50 min, 200 kHz) exposure induced 90% cell death upon using the

paclitaxel-loaded nanocubes compared to 70% cell death for the nonleaded ones [275].

Liposomes were also used with MNPs for magnetic hyperthermia-controlled cargo release.
Liposomes were composed of one or more phospholipid bilayers surrounding an aqueous core, and
were the first type of nanomedicine formulations to be approved for patient use [276, 277]. Liposomes
are commonly composed of biocompatible lipid components that can ultimately be metabolized or
excreted by the body [277]. In addition, it is currently feasible to be produced on a large scale using
microfluidics technology [278]. Also, hydrophilic or hydrophobic cargos can be loaded inside the
liposomes either in their aqueous core or lipid membrane bilayer, respectively. The MNPs-liposomes
hybrids (Magneto-liposomes) were first described by Cuyper et al. in 1988 when they developed a lipid
bilayer encapsulating 14 nm SPIONs [279]. The major advantage of the magneto-liposome is that both
liposomes and MNPs could be synthesized from biocompatible components, making it appealing to
harness the benefits of both. MNP heating, thanks to the AMF application, can induce the phase

transition of the liposomal lipid bilayer membrane, creating defects/pores that can lead to cargo
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release. The MNPs can be loaded inside the liposomes aqueous core, embedded in the lipid bilayer or

attached to the surface [216].

MNPs with a hydrophilic coating and a particle size less than the liposome core size can be
utilized to develop MNP core-loaded magneto-liposomes. This design needs a high amount of MNPs
inside the liposomes, MNPs with a strong heating power, or both, for an efficient heat transfer from
the MNP surface to the lipid membrane bilayer. This heat transfer process is usually hampered by fast

heat dissipation inside the liposomes' aqueous core [280].

Small MNPs (< 6.5 nm) with hydrophobic coating can be embedded in the liposomal lipid
bilayer membrane [281, 282]. Also, MNP surface-decorated liposomes can be developed using
hydrophilic MNPs of particle size not exceeding 20 nm, mainly via electrostatic interactions. Larger-
size MNPs can disrupt the lipid membrane bilayer and form lipid bilayer-coated MNPs [283, 284].
Magneto-liposomes with embedded MNPs or surface-decorated ones have the advantage of a direct
heat transfer to the lipid bilayer, allowing an efficient phase transition and induced cargo release [216,

285, 286].

Amstad et al. observed an enhanced (1.8x) MF-induced calcein fluorescent cargo release from
liposome embedded palmityl-nitro-DOPA coated IONPs compared to using core-loaded hydrophilic
PEG(1.5 kDa)-nitroDOPA NPs. Local heat generation for inducing the cargo release without
macroscopic heating have the advantage of avoiding hyperthermia side effects on nearby healthy

tissues. Also, it should not be essential to use high nanoparticles concentrations [285].

In their work, Guo et al. developed multifunctional thermosensitive magneto-liposomes for
anticancer theranostic applications. It consisted of oleic acid-coated MNPs embedded in a liposomal
membrane bilayer. The liposomal membrane was composed of dipalmitoylphosphatidylcholine
(DPPC), cholesterol (Chol), N-stearylamine (SA), 1,2-diacyl-SN-glycero-3-phosphoethanolamine-N-
[methoxy(poly(ethyleneglycol))-2000] (DSPE-MPEG2000) and DSPE-PEG2000 functionalized with
methotrexate (DSPE-PEG200-MTX). At their appropriate ratio (DPPC:Chol:SA:DSPE-MPEG:DSPE-
PEG2000-MTX = 67:17:13:1:2), the liposomal membrane had a melting temperature around 45°C, well
above the body temperature. MTX was not only utilized as an anticancer drug, but also as folate
receptors targeting moiety due to its structure similar to folate. The liposomes were also loaded with
the lipophilic fluorescent dye Cy5.5 in their membrane (as a fluorescence imaging agent) and DOX in
their aqueous lumen (as an anticancer drug). The delivery system combined the possibility of multi-
functionalities of dual-chemotherapy (MTX and DOX), dual-imaging modes (fluorescence and
magnetic), dual targeting (active and magnetic) and dual cargo release modes (magnetic and laser)

(Figure 14) [287].
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Figure 14: Schematic illustration showing the multifunctional potential of the developed MTX-functionalized magneto-
thermosensitive-liposomes (MTX-MagTSLs), where it could enable dual-chemotherapy (MTX and DOX), dual-imaging modes
(fluorescence and magnetic), dual targeting (active and magnetic) and dual cargo release modes (magnetic and
laser).Adapted from [287].

The developed MTX-functionalized magneto-thermosensitive-liposomes (MTX-MagTSLs)
showed an enhanced DOX release of 83% at 45°C compared to only 44% at 37°C, after 24h in PBS
(pH=7.4) (Figure 15A). They also had higher cellular uptake in the folate receptor-positive Hela cells
compared to the folate receptor-negative A549 cells. Also, there was an observed enhanced Hela cell
uptake of the MTX-MagTSLs compared to the non-functionalized one. A static MF (using a circular
magnet applied on the skin surface of the tumor) resulted in better tumor accumulation of MTX-
MagTSLs in Hela cell xenograft tumor-bearing nude mice that were characterized through both

fluorescence and MR imaging. Using both AMF (500 kHz, 20 kA-m™?1) and NIR laser irradiation (808 nm,
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0.8 W/cm?), the MTX-MagTSLs heating properties enabled reaching the membrane melting
temperature (~45°C) in 5 min, and it was higher than using AMF alone. This synergistic effect resulted
in higher MTX-MagTSLs cytotoxicity on Hela cells upon exposure to both AMF and laser irradiation
compared to AMF only, laser irradiation only or no stimulus. Better in vivo antitumor inhibition effect
with better survival was obtained on Hela cell xenograft tumor-bearing nude mice using MTX-
MagTSLs/constant static MF-targeting (CMF)/Dual AMF and laser irradiation, compared to PBS, Free-
DOX, MagTSLs, MTX-MagTSLs, MTX-MagTSLs/CMF-targeting and MTX-MagTSLs/CMF-targeting/AMF
(Figures 15B and C) [287].

6
2 = PBS @~ Free-Dox “ 100
s
4 S MagTSLs ¥  MTX-MagTSLs l
?‘ Yy’ MTX-MagTSLYCMF s d
: E MTN-Mag TSLSCME/AMF e\e 80
S 2 49 o= MIX-MagISLYCMF/DUAL <
a 3 £ 604 L
v = * ] PBS l
z S ¢
= £ 4 % = 404 —e—FreeDox —
2 Z, | + o4 4—MagTSLs
E ° % i E —¥— MTX-MagTSLs
e —=— MTX-MagTSLs-37¢ 2 ./:"’”\g_.__,_, H] 201 MTX-MagTSLs/CMF
3 = r v = w = MTX-MagTSLs/CMF/AMF 1
2 = M N 04 ——MTX-MagTSLS/CMF/DUAL
0 r + T T T T T T T
0 2 4 6 8 10 12 14 16 0 2 4 6 8 10 12 14
Time (h) Time (d) Time (d)

Figure 15: A) Graph showing comparison between the Dox released profiles from MTX-MagTSLs at 37 °C and 45 °C
in PBS (pH 7.4), compared to the burst release of the free DOX control, B) Graph showing tumor growth curves and C) survival
in Hela cell xenograft tumor-bearing nude mice in response to MTX-MagTSLs/CMF/DUAL AMF and laser irradiation, compared
to PBS, Free-DOX, MagTSLs, MTX-MagTSLs, MTX-MagTSLs/CMF-targeting and MTX-MagTSLs/CMF-targeting/AMF. Adapted
from [287].

Despite the work achieved for the development of the polymer or lipid-MNP composites, the
developed polymers or lipid bilayers usually have a broad melting or phase transition peak, which
makes drug escape without MF exposure a common issue [275, 287]. Hence, there is still a need for
developing polymers or lipid bilayer components with a sharp melting temperature to help towards
their clinical translation. In such nanocomposite formulations, relying on the mechanical destruction
effect for cargo release could be more promising for developing stable formulations with a more

controlled cargo release.
C) Opening of porous nanomedicines having thermos-sensitive pore gates

Porous nanomedicines can be designed to have thermo-sensitive switchable pores.
Consequently, the drug delivery reservoir could have gates that can open to release their cargo locally
in the targeted tumor tissues in response to magnetic hyperthermia. The gatekeeper component can
be a thermo-sensitive polymer such as N-isopropylacrylamide (NIPAM) or a polymer covalently to the
pore linked through thermo-sensitive bonds such as azo-linkers and Diel-Alder cycloaddition-based
linkers [216]. Mesoporous materials such as silica or IONPs are the most commonly used

nanomedicines for this application. For instance, MF-induced cargo release was obtained from core-
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shell Fes0,@SiO, mesoporous silica nanoparticles that were loaded with rhodamine 6G fluorescent
dye inside their porosity. The pores were closed through PEG polymer functionalization using the
thermo-labile azo-linker. AMF exposure (375 kHz, 20 kA m™) resulted in azo-linker degradation, pores
opening and rhodamine 6G dye release in the in vitro test tube. It was interesting that there was no
observed macroscopic temperature elevation. The nanoparticles also did not induce cytotoxicity after
AMF exposure on fibroblast cells, indicating that the cargo release without hyperthermia effect

possibly prevents damage to nearby healthy tissues [288].
D) Thermo-responsive matrix degradation or deformation

Hyperthermia could induce the degradation or deformation of the matrix surrounding the
MNPs upon MF application. In their proof of concept study, Fan et al. observed nile red (florescent
cargo) release from MNPs embedded poly(ethyl glyoxylate)-polyethyleneoxide (PEtG-PEO)-PEG
copolymer assemblies upon MF exposure (10.2 kA m™ and 755 kHz) for 3h. The hyperthermia produced
resulted in cleavage of a thermo-sensitive end-cap based on a Diel-Alder reaction of (PEtG-DA) and
subsequent furan elimination. However, there was a long AMF exposure period of 3h that was even

initiated at a global temperature of 72 °C, making a clinical application challenging for this system [289].
E) Thermodiffusion induced by local temperature gradients

Finally, magnetic hyperthermia could generate local temperature gradients that result in the
loaded drug thermodiffusion out of the drug delivery systems based on the Soret effect. This effect
describes the diffusion of molecules from hot regions to colder ones due to temperature gradients
[290]. For instance, Xue et al. developed DOX-loaded MNPs alginate-chitosan microspheres (DM-
ACMSs) for breast cancer treatment. The AMF exposure (40 kA/m, 265 kHz, 10 min) induced 22.5%
cumulative DOX release from DM-ACMSs in the buffer solution (pH =6.8) compared to only 0.2%
without AMF. Interestingly, 2-fold increase in the DOX release was noticed with the AMF treatment
compared to the water bath heating approximately at the same temperature. The release kinetics of
DOX in response to the AMF exposure fitted a developed Soret effect-derived model, suggesting a
combined heat and mass transfer-based release mechanisms. In addition to the DOX release driven by
the concentration gradient between inside and outside the DM-ACMSs (Fickian diffusion), the AMF-
induced MNP heating could increase the DOX diffusion coefficient inside DM-ACMSs compared to the
outer medium, leading to an additional release trigger (thermodiffusion) (Figures 16A-C). The confocal
microscopy images of microspheres loaded with fluorescently labeled MNPs showed preservation of
their integrity after the AMF exposures, further supporting the thermodiffusion-induced release
mechanism. An enhanced in vitro MCF-7 cell death of 95.5% was observed upon incubation (24h) with

DM-ACMSs (0.18 g/L) and AMF exposure (40 kA/m; 265 kHz; 10 min), compared to 63.4% and 85.5%
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with AMF exposure+MNP amounts equivalent to the microspheres or DM-ACMSs incubation only. In
addition, the intratumoral DM-ACMSs treatment combined with the AMF exposure (40 kA/m; 265 kHz;
10 min) in orthotropic (subcutaneous MCF-7 cells) tumor-bearing mice models resulted in tumor
eradication without recurrence till 40 days after treatment compared to a recurrence within 27 days

with the single treatments (AMF+equivalent MNP amounts to microspheres or DM-ACMSs only)
(Figure 16D) [269].
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Figure 16: A) Temperature (up) and cumulative DOX release (down) evolution for DM-ACMSs under an AMF (40 kA/m; 265
kHz) or by water bath heating, B) Cumulative DOX release evolution fitted from theoretical models with bath heating (Fickian
diffusion) compared to magnetic hyperthermia (combined Fickian and thermodiffusion), C) Schematic illustration of the
difference in heat transfer process between bath heating and magnetic hyperthermia AMF, D) The time evolution of the tumor
volume from orthotropic (subcutaneous MCF-7 cells) tumor-bearing mice upon no treatment (control), treatment with DM-
ACMSs only (chemotherapy), treatment with AMF+equivalent MNP amount to the DM-ACMSs (hyperthermia) or AMF+DM-
ACMSs (combined hyperthermia and chemotherapy). Adapted from [269].

i. Drug release in response to mechanical forces

Low-frequency MF can activate the MNPs to induce deformations in the nanomedicine
platform scaffold with subsequent cargo release [291]. For instance, Peiris et al. developed 100 nm
long nanochain platform composed of three MNPs linked to one DOX-loaded liposome. 10 kHz MF
induced mechanical vibrations of the three MNPs in the nanochain resulting in disruption of the
liposomal membrane and DOX release proportionally to the amplitude of the applied MF (Figure 17).
Two MF application 24 h after the nano-chains injections inhibited tumor growth and enhanced the

survival rate of triple-negative breast cancer-bearing mice compared to control treatments [292].
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Figure 17: lllustration of the defects on the liposome caused by magnetic field induced mechanical vibrations. Adapted from
[292].

In their work, Pudaro et al. developed magneto-liposomes with core-loaded MNPs that were
able to release their cargo due to mechanical stress without significant temperature increase. Under
pulsed RMF (214.8 Hz, 2393 kA/m), the MNP motion generated ultrasounds resulting in disrupting the

liposomal membrane bilayer and cargo release [293].

The major advantage of the hyperthermia-free magneto-mechanical induced cargo release is
that it relies on low-frequency MF with fewer side effects than the high-frequency ones. In addition,
this technique can be suitable for the MF-induced release of thermo-sensitive cargo [238]. However,
technologies for developing RMF setups are still being developed and are not mature to reach clinical

application stages.

11.2.5. Conclusion on magnetic nanoparticles biomedical applications

Nanomedicines based on MNPs are promising tools that could have a remarkable impact on
enhancing the anticancer efficacy of chemotherapeutic agents as they combine several advantages
[294]. First, they can be magnetically directed to the tumor tissues using permanent magnets to
enhance the nanomedicine accumulation in the targeted tissues and reduce the side effects on healthy
tissues [143]. Besides, they are based on an externally controllable stimulus, the MF, as a trigger to
enhance the anticancer cargo release. Moreover, the magnetic stimulus does not have penetration
depth limitation, making it feasible to target deep-seated tumors non-invasively [238]. In addition, the
magnetic stimulus could trigger not only hyperthermia using high-frequency AMF but also mechanical

forces using the safer low-frequency RMF to induce cargo release [145]. Both triggers are generated
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in an “inside-out” way offering localized hyperthermia or mechanical forces within the nanocarrier
platform, thus avoiding side effects on the nearby healthy tissues. These localized triggers do not need
high MNP concentrations inside the tumor tissues as there is no need for global microenvironment
effects, in contrast to using the MNPs for tumor ablation/hyperthermia, magneto-mechanical
destruction or photothermal therapies. The added MNPs component into the nanomedicine platform,
through embedding or surface attachment, can also serve as a contrast agent for magnetic based
imaging technique such as MPI and MRI for theranostic applications of the whole nanomedicine
delivery system [295]. Despite the added benefits of having biocompatible MNPs inside the
nanomedicine platform, challenges may appear regarding their scale up production compared to
conventional single component nanomedicines products. In addition, their stability in biological
environment should be an important consideration. For instance, the harsh intracellular lysosomal
environment could degrade non-stable delivery systems leaving no opportunity for controlled MF-
induced cargo release. So that, the stability of the MF-responsive delivery systems could be important
attributes to enable their therapeutic efficacy. In conclusion, meticulous design of the MNP-based
nanomedicine formulation based on their critical quality attributes is needed in order to develop
responsive, efficient and safe platform that could be clinically translated. Future research may also be
directed towards developing clinical setups to enable 3D MNPs focusing as well as rotating MF

generation.
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Part Ill. Metal-organic frameworks (MOFs) as drug delivery systems

Metal-organic frameworks (MOFs) are a class of porous hybrid (inorganic-organic) materials
attracting increasing attention for drug delivery applications [296]. They are composed through
coordination bonds between inorganic metal ions or metal ions clusters and organic ligands. They have
the advantages of high porosity and functional and structural flexibility [297, 298]. The tunable MOFs
properties offered through the rational choice of the metal ion and the organic linker could enable the
synthesis of MOFs with suitable optimal properties for the intended applications [297, 299-301].
Hence, MOFs with high biocompatibility and biodegradability, optimal size, high drug loading capacity

and easy functionalization could be synthesized.

[1.1. MOF structure, synthesis and characterization

The inorganic metal ion and the organic ligand are the two basic MOF components [296, 302].
Divalent metal ions (especially those belonging to the first transition series as Fe?*, Zn*, Cu?* or Co%)
are the most commonly used for developing MOFs for drug delivery applications [303]. According to
the hard and soft acid and base theory, these divalent ions have intermediate hardness/softness
making their coordination interaction with the electron donor atoms in the organic ligands moderately
reversible [304]. This coordination flexibility could not only help towards the MOF biodegradability,
but also could enable the development of MOFs with stimuli-responsive properties. For instance, the
reversible coordination bonds could break in response to a change in the pH or other triggers, resulting

in controlled on-demand cargo release [302].

Monovalent ions (as Ag* or K*) have also been used to synthesize MOFs; however, their
corresponding MOFs usually have stability issues with sensitivity to light, heat or water [302, 305].
Moreover, tri (as Fe®* and Al**) and tetravalent (as Zr**) ions often need severe reaction conditions for
the MOFs synthesis, and they usually result in the formation of MOFs with high chemical and structural

stability that could raise concerns regarding their biodegradability [302, 306, 307].

Carboxylates, pyridines and polyazole molecules are the most commonly used organic linkers
for MOF synthesis [308]. Carboxylates have a net negative charge for neutralizing and coordinating
with the metal ions [301]. However, they have many coordination modes that make it challenging to
predict and control the resulting MOFs [301]. On the other side, pyridine has simple coordination
chemistry but is a neutral moiety with weak coordination ability [302]. Pyrazole molecules (as
imidazole or pyrazole) have the advantage of the possibility to remove a proton to form an anionic
multi-terminal ligand with a controlled and predictable coordination mode. Also, their strong alkalinity

enables the formation of MOF structures with sufficient stability, which makes them widely used [302].
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The structure of the MOFs can be demonstrated at four different levels (Figure 18) [309]. The
first level describes their chemical components: the metal ion cluster (node) and the organic ligand
(linker) [309]. The second level is the secondary building unit (SBU), formed by coordinating multiple
linkers to the metal ion node. This SBU is the repeating unit cell that builds up the MOF structure [310].
The third level is the linkage of multiple SBUs through bridging their ligands, leading to the formation
of pores and cages [310]. The fourth level is the final outer morphology of the MOFs, described by their
size, shape, orientation, etc [309]. The first three levels can be predetermined by the chosen metal ion
and organic linker; however, the fourth level mainly depends on the MOFs synthesis and growth
conditions. It is worth noting that the outer surface of the MOFs includes coordinatively unsaturated
sites (CUSs) that would be active for interaction with other moieties. Therefore, these CUSs could help

in MOF coating, functionalization or surface loading of drugs [309].
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Figure 18: Structural and compositional levels of MOFs: level 1, node and linker; level 2, secondary building unit (SBU) and
coordinatively unsaturated site (CUS); level 3, inner-framework structure; and level 4, morphology. Adapted from [309].

Due to the extensive possibilities of choosing the metal ion and the organic linker, applying
structure-guided synthesis (reticular chemistry) could enable the design of MOFs with suitable
properties for the intended application without exhaustive empirical studies [310]. Reticular chemistry
provides a molecular-scale design tool to control the structure and chemistry of MOFs. Consequently,
tuning the MOF properties, such as their porosity and structural attributes, could offer control over
drug cargo loading, storage and release [311, 312]. In addition, the MOF macroscopic morphology,

such as size and shape, can be tuned by controlling the synthesis reaction conditions (as the reaction
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kinetics, solvent ratios, temperature or modular agents) [313-316]. Figure 19 shows examples of

different pore topologies that could be obtained for different MOFs.

Figure 19: Scheme of pore topologies for the different MOFs. Upper line, from left to right, MIL-125, UiO-66, SIM-1. Bottom
line, from left to right, MIL-125, MIL-53, MIL-68. Adapted from [317].

MOFs are most commonly synthesized by solvothermal or non-solvothermal methods by
mixing the metal ion and the organic linker precursors with other reaction-controlling agents [309].
High pressure or temperatures above the solvent boiling point are usually used in solvothermal
methods to dissolve the reaction components and promote the synthesis. On the other hand, the non-
solvothermal synthesis relies on the reaction conditions (as pH) that favor MOF nucleation, and is
usually carried out at temperatures below the solvent boiling point [309]. Other methods such as
microwaves, sonication and mechanical grinding have also been used for MOF synthesis [318-320].
Most commonly, organic solvents are used in MOF synthesis in order to efficiently dissolve the reaction
components. Alternatively, MOFs synthesized in aqueous conditions or using light alcohol solvents

could be more suitable for biomedical applications such as drug delivery [311, 313, 321, 322].

Several characterization techniques are essentially needed for MOF development (Figure 20).
Microscopy techniques such as transmission electron microscopy (TEM) and scanning electron
microscopy (SEM) are most commonly used to determine MOF size and shape [323, 324]. Dynamic
light scattering (DLS) could also measure MOF hydrodynamic diameter and surface C-potential
(effective electric charge on the nanoparticle's surface) [325]. Brunauer-Emmett-Teller (BET) is
needed to characterize the surface area and pore volume [326]. X-ray diffraction (XRD) is used to

confirm MOF structure crystallinity, and the thermogravimetric analysis (TGA) is used to characterize
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their thermal stability, inorganic coating and drug loading [324]. Fourier transform infra-red (FTIR)
could also be used to investigate the MOF bonding and drug loading [324]. Other techniques, such as
UV-VIS spectrophotometry, fluorescence spectroscopy or high-performance liquid chromatography

(HPLC), could be applied to characterize the drug loading and encapsulation efficiency [327].
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Figure 20: Schematic digram summarizing the techniques used for MOF physicochemical characterization.

[11.2. Naming and classification of MOF families

MOF structures were first described by Richard Robson and his coworkers in 1989 when they
synthesized porous solid infinite polymeric frameworks composed of 3D linked rod-like segments
[328]. Later in 1995, Yaghi et al. reported the synthesis of microporous 2D channel structures through
coordinate linking between Co? metal ion and trimesic acid (1,3,5-benzenetricarboxylate (BTC))
organic linker and named them MOFs [329]. Afterward, various types of MOF families (also known as
MOF series) have been synthesized for different applications such as materials and gas storage,

purification, separation, catalysis, drug delivery, etc [330].

Until now, there is no standard rule for MOF naming, but they could be named based on the
first synthesizing laboratory/institution, material composition, functional groups or structure. For

instance, MIL-n “Materials of Institute Lavoisier”, Uio-n “University of Oslo” and HKUST-n “Hong Kong
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University of Science and Technology” were named after their first reporting institutes [331-333]. In
most cases, the number “n” indicates the serial number of the MOF preparation; however, it is
sometimes arbitrary [330]. MOF-n “Metal-organic frameworks” and CD-MOF-n “cyclodextrin-based
metal-organic frameworks” are examples of MOFs named after their material composition [334, 335].
Multivariate metal-organic framework “MTV-MOF-n" family name was given as it is formed by
introducing two or more organic functional groups such as —NH,,—NO,, —CH; or —Cl into MOF-5 [336].
ZIF-n “zeolitic imidazolate framework” and PCN-n “porous coordination network” are examples of
MOFs named after their structure [337, 338]. A standardized MOF naming protocol is still needed to

properly identify and differentiate the different MOFs.

[11.3. Drug loading and encapsulation into MOFs

MOF application in drug delivery was first reported by Horcajada et al. in 2006 upon using the
MIL-n family for drug delivery of ibuprofen. In their study, an unprecedented loading of = 58 wt% was
obtained, where the ibuprofen weight was larger than the carrier's original weight (1.4 grams of
ibuprofen per 1 gram of MIL-101) [339]. Most of the other traditional drug delivery carriers achieve
less than 5 wt% loadings, indicating superior loading properties that could be obtained using MOFs

[311].

MOF high tunable porosity makes them an attractive option for drug delivery. For instance,
MOFs could have BET surface area as high as 7140 m?/g and pore volume up to 4.4 cm?3/g, as for
Northwestern University MOFs (NU-110) [340]. Therefore, MOFs could have 6x higher surface area
and 2.2x higher pore volume than mesoporous silica nanoparticles (MSN) (that could have BET surface
area up to 1200 m?/g and pore volume up to 2 cm3/g) [340-342]. This higher surface area and pore
volume could enable exceptionally high drug loading capacity. For example, it was reported that insulin

could be loaded up to 39.7 wt % into NU-1000 MOFs compared to 26.1 wt % into MSN [309, 343, 344].

The MOF pore dimensions should also be considered, especially upon loading large
biomolecules. MOF pore size could be finely tuned through isoreticular chemistry by using organic
linkers of increasing lengths to get larger pore size without changing the underlying MOF topology
[345]. For instance, Peng et al. designed a series of Ni-based isoreticular metal-organic frameworks
(Ni-IRMOF-74) with progressive finely tuned pore sizes from 1.5 to 4.2 nm. This progressive extension
was achieved through extending the length of the 2,5-dioxidoterephthalate organic linker with
phenylene units. In their study, the Ni-IRMOF-74-Il having a pore size of 2.2 nm was the optimum one
for achieving loading, protection of the single-stranded DNA (ssDNA) cargo as well as its efficient

triggered release upon presence of complementary DNA (cDNA) in the environment. The ssDNA
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triggered release from Ni-IRMOF-74 of larger pore sizes was reduced as they offered stronger binding
interactions for the encapsulated ssDNA, and the cDNA molecule could also bind to and fit in its larger
MOF pores [345]. This study highlighted the significance of tuning the MOFs pore sizes for controlling

the loading and release of their cargo.

MOFs could be designed to have pore size and aperture up to 5 nm and 2 nm, respectively,
which is lower than the 50 nm and 20 nm pore size and aperture that could be obtained by MSNs.
Moreover, to get the highest pore dimensions for MOFs, it is required to use extended organic linkers,
which raises both synthesis and biocompatibility challenges due to their poor solubility and limited
biodegradability. Alternatively, biomimetic mineralization technique could be used to encapsulate
large biomolecules into MOFs. In this technique, biomolecules act as nucleation sites to induce the
MOF formation under physiological conditions. The MOF nucleation is triggered by bonds/interactions
between biomolecule moieties and MOF building units, leading to concentrating them around the
biomolecule and facilitating their crystallization [346-348]. During the biomimetic mineralization, the
biomolecule could offer a control over the morphology, size and crystallinity of the synthesized MOFs
[346]. This loading strategy (often called pore confinement) protects the biomolecules from chemical
and enzymatic stress environments [349]. However, the biomolecule release could be delayed until

the degradation of the MOF structure [350, 351].

Drug entities could also be loaded either on the MOF surface, inside their pores, or both
through different covalent or non-covalent interactions with the MOF organic ligands or metal ions.
Covalent binding could be achieved through several functional groups that could be available in the
MOF structure, such as amino, carboxyl, hydroxyl, amide or azide. It could be achieved using organic
linkers that are pre-conjugated to the drugs or done after the MOFs synthesis. On the other hand, the
non-covalent binding could be achieved due to electrostatic adsorption, hydrogen bonding, m—mn

stacking or van der Waals interactions, and it is usually done after the MOF synthesis [349].

The pore loading of drugs can be achieved through the one-pot synthesis approach or the
impregnation technique (post-synthesis diffusion of the loaded cargo inside the MOF porosity). It is
worth noting that upon using impregnation for pore loading, the size of the drug should allow their
diffusion inside the MOF. In addition, solvents that were used during the plain MOF synthesis should
be first removed from the MOF pores, to allow subsequent drug entry. This solvent removal process is
called “the activation process” [352]. Surface loading is done after MOF synthesis and is generally
governed by interactions with the CUSs. Figure 21 shows a schematic illustration of common strategies

of drug loading in MOFs.
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Figure 21: Schematic illustration of common strategies of drug loading in MOFs.

Due to interactions between the guest molecules and MOF subunits, MOF pores could exhibit
some flexibility, such as breathing. Breathing phenomena in MOFs describes a reversible transition
process where the MOF unit cell expansion could occur upon desorption of the loaded guest molecule
without structure bond breakage and vice versa. It was reported that this transition could affect the
cell volume of the MOF structure by 50-230 %, depending on the linker length and structure [353-355].
Hence, the breathing properties could enable the loading of a large amount of drugs in the MOF pores
after activation “solvent removal” [356, 357]. It also could offer restricted diffusion of the guest
molecules, i.e., controlled release, after their adsorption inside the MOFs unit cells due to its
contraction. This breathing effect could occur when the MOF unit cell constituting bonds/linkers are
flexible so that its dimensions could be affected by the adsorption/desorption of the guest molecules

(especially strongly interacting ones) [358, 359].

For instance, Horcajada et al. obtained up to 20 wt% loading of ibuprofen in MIL-53(Fe) after
its activation and removal of the solvent molecules from the pores. Also, due to the restricted guest
molecules mobility, they observed zero order release kinetics of the loaded ibuprofen, without MOF
structural degradation, for up to 3 weeks in vitro under simulated physiological conditions [360]. This
release time was much longer than the 7-day release time from other zeolites that have pore sizes
similar to MIL-53(Fe) and can have similar loading capacities (15-20 wt %) [361]. Other MOF flexibility
transitions could be present such as linker rotation and subnetwork displacement, but they are more

applied in gas storage applications of MOFs [362, 363].
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Alternatively, drug entities in the form of active metal nodes, organic linkers or both could be
used to prepare functional “intrinsically active” MOFs [349, 364, 365]. This will be discussed later in

more detail in Part I11.7.1.

[1l.4. Drug release from MOFs

Generally, the pattern of drug release from MOFs depends on several factors, including the
loaded cargo location (inside the pores, on the surface or as a structural component), its interaction
with the MOFs (covalent or non-covalent), its size relative to the MOF pores dimensions and MOF

stability/response to the release site environment [309, 349].

Covalently-linked drug loads mostly rely on the covalent bond or MOF matrix degradation for
being released [309, 366]. For instance, Cabrera-Garcia et al. designed amine functionalized MIL-
101(Fe) that is covalently loaded with camptothecin (CPT) derivatives (hemisuccinate (Suc) or
hexinoate (HA)) through an acid-sensitive ester linkage. The delivery system was stable under
physiological conditions with a strong drug release response under acidic conditions. After 48 h at pH
7.4, there was minimal observed CPT release from MIL-101(Fe) loaded with CPT-Suc and CPT-HA
derivatives (8% and 12%, respectively). However, after 48 h at pH 5 (similar to the lysosomal acidic pH),
there was an observed enhanced CPT release from MIL-101(Fe) loaded with CPT-Suc and CPT-HA
derivatives (35% and 23%, respectively). This enhanced release under acidic conditions could not be
only related to the ester bond cleavage but also to the MIL-101(Fe) degradation. A small quantity of
free CPT was detected after release, and most of the released CPT was in the conformation of CPT-
linker-ligand as detected by HPLC-MS/MS. The carboxylate organic linker (4-carboxyphenylbenzene)
of the MIL-101(Fe) could get protonated under acidic conditions resulting in MOF degradation and
structure collapse [367]. Although the covalent loading approach can limit the uncontrolled cargo
release, achieving a complete release of the loaded cargo in their active conformation is usually a
limiting factor that could affect the efficacy of the formulation [367-369]. The CPT derivatives loaded
MIL-101(Fe) showed higher 1Cso values of 0.078 + 0.016 ug/mL (for CPT-Suc cargo) and 0.063 + 0.015
pg/mL (for CPT-HA cargo) against Hela cells compared to 0.003 * 0.001 pug/mL of CPT [367]. Further
studies could conclude the significance of this reduced efficacy within the in vivo antitumor clinical
applications context. In other words, considering the additional benefits of controlled release behavior
of the covalently loaded cargo inside MOFs, whether the reduced efficacy could still be enough

regarding the overall benefits vs. risk ratio.

On the other hand, non-covalently linked cargos, especially when loaded on MOF surface,
often show rapid release depending on their diffusion out of, or dissociation (unbounding) from, the

MOF delivery system [309]. However, they may suffer from burst release upon dilution and first
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contact with body fluids. Hence, MOF coating with polymers, lipids or inorganic shells is often used to

mitigate the drug burst release and offer a better-controlled release pattern [370-373].

For instance, Chen et al. reported decreased DOX burst release from the loaded PCN-128 in
PBS (pH 7.4) upon coating with phosphate-functionalized methoxy polyethylene glycol (mPEG-PQs)
compared to the bare DOX@PCN-128. The PEG coating decreased the DOX burst release from
DOX@PCN-128@ mPEG-POsto =22% after 6 h, compared to = 53% from the bare DOX@PCN-128, with
controlled DOX release up to 250 h. In addition, the PEG coating resulted in enhanced colloidal stability
of the synthesized PCN-128 MOFs in PBS (pH = 7.4), where the coated MOFs were stable up to 7 days
compared to the aggregation of the bare MOFs in 1 day [370]. Other techniques, such as partial or
complete amorphization, were also used to decrease the burst release effect from MOFs and enable

extended controlled release patterns [374, 375].

Stimuli-responsive MOFs were also developed for controlled on-demand cargo release in
response to various endogenous (as pH, redox, ions, and enzyme) and exogenous (as light, MF,

temperature, and pressure) stimuli [330]. This will be discussed in more detail later in Part I11.7.3.

[11.5. MOF biocompatibility

Biocompatibility is an important aspect towards the clinical translation of drug delivery
systems. Developing biocompatible MOFs with minimal cytotoxicity and immunogenicity mainly
depends on the biocompatibility of the whole MOF structure and each MOF structural component
(metal ion and organic linker) [376, 377]. Moreover, other factors should also be considered, such as
the route of administration, dosage regime and frequency, the exposed cell types, and the kinetics of

MOFs absorption, degradation, distribution, accumulation and excretion [377-379].

Based on their oral lethal dose (LDso) in rats, it was found that Ca, Mg, Zn, Fe, Ti, and Zr ions
are the most suitable for synthesizing biocompatible MOFs [380]. It was also observed that Fe-based
MOFs exhibit high biocompatibility and less cytotoxicity than Zn or Zr-based ones [377]. Although Fe
and Zn are both endogenous elements, the human body is more able to deal with Fe contents through
endogenous proteins such as ferritin [188]. The toxicity of the Zn-based MOFs is due to the local excess
concentrations of the released Zn ions following MOF degradation. Excess Zn ions could induce cellular
damage due to their competition with Fe and Ca for ion channels, affecting their metabolism and/or
due to inducing DNA damage [381, 382]. It was reported that the Zn-based zeolite imidazole
frameworks-8 (ZIF-8) MOFs, the most widely used MOFs in biological applications, can be tolerated up
to 100 pg/ml in cellular studies [377]. However, the intended biological applications as well as the

broader in vivo conditions should also be considered.
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For instance, Zn ions release following the lysosomal degradation of pH-sensitive ZIF-8 in
targeted cancer cells could be advantageous for antitumor applications. The released Zn ions could
also help towards endosomal escape of the cargo, helping them to reach their cellular targets [302,
383-385]. Moreover, going to the broader context of the in vivo conditions, many MOFs showed good
biocompatibility despite their cellular cytotoxicity, which could be due to the protein corona formation
that could reduce the MOF degradation rate [386, 387]. For instance, ZIF-8 MOFs were able to achieve
their drug delivery, controlled release and cargo protection goals, as well as their therapeutic

outcomes in vivo without showing significant toxicity or pathology [351, 386].

The endogenous organic linkers, such as aspartate, gallate or fumarate, are generally better
tolerated with fewer adverse effects than the exogenous ones, as polycarboxylates, imidazolate,
sulfonates or phosphonates. It is due to the body ability to reuse, metabolize and excrete the
endogenous linkers [380, 388]. However, they are not widely used for biological applications due to
challenges of stability and porosity of their corresponding MOFs [380]. The exogenous linkers offer
tailored functionalities that can be adapted for obtaining optimized MOF properties suitable for the
intended applications. The organic linkers toxicity would depend on their polarity (hydrophobic—

hydrophilic balance (log P)) and ease of metabolism or elimination [380].

For instance, Tamames-Tabar et al. observed a linear tendency between the constituting
organic linker's partition coefficients (experimentally estimated log P) and its related MOF cytotoxicity.
In their study, the hydrophilic trimesic ligands based MIL-100 MOFs showed higher 1Cs5, on Hela
(cervical cancer) and J774 (reticulum sarcoma) cells (1.10 £ 0.15 and 0.70 + 0.02 mg/ml, respectively)
compared to the hydrophobic tetramethyl terephthalic linker based MIL-88B_4CHs; MOFs ( 0.69 + 0.02
and 0.08 = 0.01 mg/ml, respectively) [377]. In vivo, after one day of i.v. infusion (10% glucose solution
containing a dose of 220 mg Kg* MIL-100 or 110 mg Kg* of MIL-88B_4CHjs) in Wistar female rats, higher
reticuloendothelial system (RES) (liver and spleen) accumulation of MIL-88B_4CHs; (49% of the iron
injected dose (w/w)) was observed compared to MIL-100 (32% of the iron injected dose (w/w)). Lower
concentration of MIL-88B_4CHs was probably used due to their aggregation and colloidal instability at
higher concentrations, which could be due to their hydrophobicity. Pathohistological examination
showed normal liver color and morphology in rats injected with MIL-100. However, normal
morphology but with lighter color was observed in the liver of rats injected with MIL-88B_4CHs, where
a progressive return to normal color started after 7 days and normal coloration was reached after 30
days. Moreover, a more rapid urinary excretion of the hydrophilic trimesic ligands of MIL-100 was
detected (90 wt% in one day) compared to the hydrophobic tetramethyl terephthalic ligands of MIL-

88B_4CH; (21 wt% after one day and cumulative 31 wt% after one week) due to its association with
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the lipid droplets in the macrophages. These results indicated the effects of the constituting organic

ligands on MOF cytotoxicity, biodistribution and elimination [389].

[11.6. MOF cellular uptake and interactions

MOFs cellular interactions and uptake are mainly affected by MOF physicochemical properties
(as particle size, shape and surface properties) as well as cell type [309, 377, 390-392]. It was reported
that the endocytosis of MOFs is an energy-dependent process [390, 391, 393]. In their study, Park et
al. synthesized a series of Zr-based PCN-224 MOFs of different TEM particle sizes ranging from 30 nm
to 190 nm. There was an observed size-dependent uptake efficiency by Hela cells where the 90 nm
PCN-224 showed the highest cellular uptake efficiency (using different concentrations and up to 18 h
incubation times), with the following order: 90 nm> 60 nm> 30 nm>140 nm> 190 nm (Figure 22). The
nanoparticles intracellular uptake was characterized by measuring the concentration of the Zr** metal

ions of the PCN-224 inside the Hela cells [394].
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Figure 22: The cellular uptake of different-sized PCN-224 in Hela cells. A) At different incubation times up to 18h, B) At different
concentrations with 24h incubation time. Adapted from [394].

Wang et al. also had a similar observation, where 90 nm mesoporous UiO-66 MOFs showed
higher cellular uptake in 4T1 cells (6h and 12h incubation times) than 120 nm and 200 nm [323]. In
other work, Duan et al. reported prolonged circulation time and higher tumor uptake of the DOX-
loaded amorphous ZIF-8 MOFs of 60 nm compared to 130 nm ones in 4T1 tumor-bearing mice at 2, 6,

12, and 24 h after i.v. injection [395].
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Though the above results could suggest that smaller particle sizes (< 100 nm) could be more
promising for better cellular uptake, other factors such as cellular uptake kinetic and intracellular fate
should also be considered [392]. In their cellular trafficking study, Orellana-Tavra et al. observed better
lysosomal escape in Hela cells (2 h incubation time) for the 260 nm calcein-loaded UiO-66 (cal @26,UiO-
66) than the smaller 150 nm ones (cal@150UiO-66). The colocalization between cal@,5UiO-66 and
lysotracker was =37% lower compared to that for cal@is50UiO-66, detected through Manders'
overlapping coefficient. A combination of clathrin and caveolae-mediated endocytosis was observed
for the bigger cal@,6Ui0-66 MOFs compared to the almost exclusive clathrin-mediated endocytosis
of the smaller cal@150UiO-66 [393]. These results indicate not only the essential needs but also the

advantages of tuning the MOF properties with regard to the intended biological applications.

Other MOF properties as the shape and surface characteristics, such as coating, polarity and
charge, could affect their stability, cellular uptake, and biodistribution behavior [389, 391, 396]. For
instance, PEG coating of the Zr-based UiO-66 was able to enhance its degradation stability in PBS at pH
7.4 and affect its cellular uptake mechanism. The calcein cargo release from the bare UiO-66 was
almost complete after two days in PBS at pH 7.4, compared to only 30% release after 5 days for the
PEG-coated ones either using PEG550 or PEG 2000. Moreover, The PEG2000 coating enhanced the
caveolae-mediated endocytosis pathway that could allow a partial escape of the lysosomes to avoid
lysosomal cargo degradation and provide better accessibility to other cellular targets. This change in
the cellular uptake pathway was not observed with the bare UiO-66 nor the PEG550 coated ones, and
it could be attributed to the change in the particle shape. The longer PEG2000 coat made the UiO-66
particles more rounded with less defined edges, as their surface characteristics were more determined

by the bulk of the coating polymer rather than their underlying UiO-66 MOF crystal structure [391].

In another study, it was observed that the hydrophobic ligand-based MIL-88B_4CHs; MOFs did
not only show higher RES accumulation than the hydrophobic ligand-based MIL-100, but they were

also able to cross the blood-brain barrier and accumulate in the brains of the injected rats [389].

[11.7. MOF antitumor applications

Due to the MOF advantages of high porosity, exceptional drug loading capacities and tunable
structural and functional properties, they are attracting more attention in antitumor drug delivery
applications [349]. MOF antitumor applications could be achieved either by using them as traditional
delivery carriers or stimuli-responsive ones. Also, MOF properties can be tuned so that the MOFs

themselves could have an intrinsic antitumor activity.
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I11.7.1. Antitumor MOFs

Functional MOFs composed of active antitumor metal nodes, organic linkers or both were
developed for cancer treatment. Active metal nodes can be exploited for chemodynamic therapy,
radiotherapy or catalytic modulation of the tumor microenvironment. Active linkers, as
photosensitizers or chemotherapeutic drug entities, could be applied for photodynamic,

photothermal, or chemotherapeutic applications [349, 364, 365].

For instance, Hafnium(Hf(IV)) as a radiation absorptive ion was used to construct MOFs to
enhance the radiation energy deposition in the tumor tissues and increase the efficiency of the
radiation therapy [397]. Thanks to its tetravalent ionic configuration and according to the hard and
soft acids and bases theory, Hf(IV) can form more stable coordinate bonds with carboxylic acid
containing organic linkers than di and trivalent metal cations [398]. Hf(IV) based MOFs, UiO-66(Hf) and
DUT (Dresden University of Technology)-51(Hf) were first reported in 2012 [399, 400], then in 2018, Ni
et al. employed Hf;,-DBA (2,5-di(p-benzoato)aniline) and Hfs-DBA MOFs as antitumor radio-sensitizing
agents [401].

In their study, Zhou et al. prepared UiO-66-NH,(Hf) MOF nanoparticles (Figure 23A) as radio-
sensitizers against esophageal cancer. As detected using TEM, the nanoparticles synthesized through
an aqueous solvothermal method had an average particle size of 95 + 18 nm (Figure 23B). The prepared
UiO-66-NH;(Hf) did not need organic solvents, making it more environmentally friendly and could be
more feasibly scaled up than the previously reported Hf;,-DBA and Hfs-DBA MOFs. In vitro, on the
esophageal squamous cell line KYSE 150, a biocompatible concentration (50 pg/mL and 4h of
incubation) of Ui0-66-NH2(Hf) MOFs significantly increased the DNA damage and ROS production
efficiency of 6 Gy X-ray irradiation resulting in enhanced killing (cell viability of 39.3 + 0.5%) and clone
inhibition efficiencies (Figures 23C and D). Intratumoral injection of UiO-66-NHy(Hf) (40 pls, 2.0 mg/mL)
in KYSE 150 subcutaneous xenograft nude mice model enhanced the X-ray tumor site deposition
noticed as an increase in the CT values at the tumor site from 96 Hu to 151 Hu. Eight days after single
8 Gy X-ray exposure combined with the single intratumoral dose of UiO-66-NH,(Hf), an almost
complete tumor growth stop was observed compared to a limited delay achieved by 8 Gy X-ray and
almost no effect of the UiO-66-NH(Hf) intratumoral dose (Figures 23E and F). Also, there was no
observed weight loss of the experimental mice during the study, indicating the negligible short-term
toxicity of UiO-66-NH(Hf) [402]. This study highlighted the promising high efficacy of Hf(IV)-based
MOFs for anticancer radiotherapy applications. However, more investigations regarding the long-term
biological fate and toxicity of these MOF formulations are still required, especially due to their reported

high chemical and structural stability [306].

73



C 1.5+
-8~ PBS+Radiation
== UiO-66-NH (Hf+Radiation
f 1.04
£
s N
% 0.54 \ Tk
o \
0.0 T T T T 1
0 2 4 6 8 10
Dose (Gy)
E
0.69-0- re8s
S -~ UIO-66-NH(HI)
L =6~ PBS+8Gy
._E, -6~ Ui0-66-NH,(H)+8Gy
o 0.4-
g |ns
2 -
o
> Ll
5 0.2-
£
=
'—
0.0 L) L] Al Ll Ll
0 2 4 6 8 10

Days after treatment

Figure 23: A) Schematic diagram of the UiO-66-NH,(Hf) MOF unit cell structure. B) TEM images of the UiO-66-NH,(Hf) MOF.
C) Lower cell viability and D) enhanced clone inhibition efficiencies of UiO-66-NH3(Hf) MOFs+6 Gy X-ray irradiation compared
to irradiation only, on the esophageal squamous cell line KYSE 150. E) Tumor growth curves of KYSE 150 subcutaneous
xenograft tumors after treatment with UiO-66-NH(Hf) (0 or 2.0 mg/mL) and/or irradiation (0 or 8 Gy) and F) Photographs of
tumors excised on day eight after treatment. Adapted from [402].

As an example of active linkers, porphyrin-derived ligands are widely used as photosensitizers
for developing antitumor, intrinsically active, MOFs for photodynamic therapy applications [403].
Porphyrins have strong UV-VIS absorption ability, high singlet oxygen quantum vyield, and good
photochemical stability in biomedicine, making them an interesting option for photodynamic therapy
(PDT). However, their relatively low aqueous solubility and easy aggregation could lead to self-
qguenching and limit their singlet oxygen vyield. Thanks to their interaction ability with metals,

porphyrins can serve as MOF organic linkers preventing their aggregation and self-quenching and
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benefiting from the MOF large surface area. Consequently, enhanced ROS production and more

efficient porphyrins PDT effect could be obtained upon incorporation into the MOF structure [403].

For instance, Zhao et al. used tetracarboxyporphyrin (TCPP) as organic linkers to synthesize Fe-
based MOF nanorice particles. An illumination with a 660 nm laser for 15 min enhanced the MOF
nanorice particles efficiency against KB tumor (human mouth epithelial) cells as observed in the
decreased viability to 18.61% compared to 82.76% viability for the nanoparticles without laser
irradiation [404]. However, PDT usually has limited penetration depth for treating deep tumors and
suffers from limited oxygen supply in the hypoxic tumor tissues [404, 405]. Some studies developed
porphyrin-based MOF nanocomposites containing other nanoparticles to overcome these challenges.
For instance, added upconversion nanoparticles of high tissue penetration 808 nm laser absorption
and subsequent UV emitting properties were used to overcome PDT's limited penetration depth ability
[405]. Also, added IONPs were used to catalyze the Fenton reaction and produce hydroxyl radicals,
overcoming the tumor hypoxia by generating oxygen [404]. However, these added components could
further complicate the synthesis process of these treatment platforms, limiting their clinical

translation.

111.7.2. MOFs as antitumor delivery systems

MOF tunable properties, high drug loading capacities and extended cargo release abilities
made them promising systems for antitumor drug delivery applications. For instance, Leng et al.
prepared biocompatible iron-based MIL-53 MOFs loaded with up to 56.25% (w/w) of oridonin
anticancer drug and a sustained release time of over 7 days in PBS solution at 37 °C under pH 7.2 or
5.5 [406]. These properties encourage the utilization of MOFs for antitumor delivery systems through

passive or active targeting.

For instance, DOX-loaded UiO-68 nanoMOFs functionalized with folic acid (DOX@UiO-68-FA)
were developed for hepatoma treatment. Folic acid could bind to the overexpressed folic acid
receptors on the tumor cells, contributing to enhanced tumor accumulation and better therapeutic
outcomes. After 14 days of tail vein injection of 5.0 mg DOX per kg of DOX@UiO-68-FA (140 + 21 nm)
in HepG2, liver cancer, cells subcutaneous xenograft-bearing mice, more efficient tumor growth
suppression (0.38 relative tumor volume ratio to the original tumor size) was obtained compared to
2.06 for equivalent dose of free DOX, 1.14 for equivalent dose of DOX@UiO-68 and 2.90 for PBS [407].
Though passive and active targeting benefits MOF antitumor drug delivery applications, stimuli-
responsive targeting could boost the antitumor efficacy of drug delivery systems and achieve better

outcomes thanks to its ability to control the cargo release in an on-demand pattern.
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I11.7.3. MOFs as stimuli-responsive antitumor delivery systems

Several stimuli-responsive MOFs were developed for cancer treatment applications. High drug
loading capacities, high porosity and tunable properties make MOFs a particularly interesting option
for stimuli-responsive drug delivery systems [330, 408]. For instance, MOF structural components that
could change their chemical or physical properties upon exposure to stimuli could lead to MOF
structural deformation and cargo release [409, 410]. Also, MOF high porosity could allow cargo
diffusion outside the MOF carriers in response to an appropriate stimulus, such as heat-induced
destruction of host(MOFs)-guest(loaded drug) interaction [411] or in response to stimuli-induced
MOFs coat/gate opening [320]. In addition, MOFs could be adapted to include other types of
nanoparticles, such as MNPs or GNPs that respond to MF or light [412]. The high drug-loading capacity
of MOFs could also enable the development of a depot system with several cycles of on-demand cargo
release, allowing less frequent dosage administration [413-415]. Controlled on-demand cargo release
from MOFs was achieved in response to various endogenous (as pH, redox, ions, and enzyme) and

exogenous (as light, MF, temperature, and pressure) stimuli [330, 408].

pH-responsive MOFs

The pH is one of the most investigated stimuli for developing responsive MOF drug delivery
platforms. For instance, pH-responsive MOFs having acid-labile bonds were used making benefit of the
lower pH of the tumor microenvironment (pH 5.7-7.8), endosome (pH 5.5-6.0) and exosome (pH 4.5—
5.0) compared to blood and normal tissues [416]. ZIF-n, MIL-n, UiO-n, DUT-n MOFs families are among
the most widely used MOFs for pH-responsive drug release [330, 417-419].

Thanks to its interesting intrinsic pH-sensitive properties, ZIF-8 MOFs were widely employed
as pH-responsive anticancer drug delivery systems [302, 410]. ZIF-8 nanoMOFs could be prepared
easily at room temperature through the solution reaction method by mixing aqueous solutions of zinc
nitrate, a precursor of the Zn?* metal ion, and the 2-methylimidazole organic linker, under stirring at a
slightly alkaline pH=8 [420]. They showed high hydrothermal stability up to 300 °C without significant
structural damage [421]. Depending on the cargo molecular size, the ZIF-8 relatively large cavity size
of (11.6 A) could allow high drug loading, while their small window size (pore opening or aperture) of

~3.4 A could prevent premature leakage (Figure 24) [420].
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Figure 24: Schematic illustration of the building block (zinc metal ion and methyl imidazolate organic linker) and the unit cell
structure of the ZIF-8 MOFs, showing their pore (in yellow) and pore aperture (in orange). Adapted from [422].

ZIF-8 nanoMOFs are stable with minimal premature cargo release under alkaline or neutral
conditions; however, they collapse and release their cargo under acidic conditions, endowing pH-
responsive properties [420]. This structural collapse is attributed to the protonation of the 2-
methylimidazole linkers under acidic conditions (pH 5.4—6), leading to cleavage of the Zn-imidazolate
coordination bonds. The acidic pH-induced structural degradation not only releases the
chemotherapeutic cargo but also releases a large amount of Zn*? ions, leading to a synergistic

antitumor effect [423].

Chen et al. prepared ZIF-8 loaded nanoMOFs with high loading (19.798 wt %) of the autophagy
inhibitor, 3-methyladenine (3-MA), through a one-pot synthesis process. Rapid acidic pH-induced
release of the 3-MA (=40%) was observed after 4h in PBS at 37 °C, compared to less than 15% under
neutral pH 7.4 [424].

However, ZIF-8 stability could be compromised under physiological conditions due to POs* ions
attack on the Zn?* coordination bonds. This interaction leads to the formation of insoluble zinc
phosphates that results in formation of ZIF-8 aggregates [425]. So, coating with polymers such as PEG
could offer a shield around the ZIF-8, improving their stability under physiological conditions [426,
427]. For instance, Wang et al. observed improved colloidal stability of the ZIF-8 after PEG coating
where they did not aggregate in DMEM/10%FBS compared to the non-coated ones. Moreover, ZIF-8
coating could enhance their versatility as stimuli-responsive drug delivery systems. For instance, ZIF-8
alginate coating was able to improve their acidic stability under simulated gastric conditions (pH = 1.5)
with < 10% metformin cargo release after 8h, and achieve cargo release (> 80%) after the same period

under simulated small intestine conditions (pH = 8) [298].
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Light-responsive MOFs

The light stimulus was also exploited for developing MOFs with on-demand drug release
properties [428]. For instance, the release of surface-loaded 5-FU (5-fluorouracil) on GNPs@ZIF-8
nanocomposites was triggered by laser irradiation (524.5 nm and 700mWcm™2) mediated through its
surface desorption [428]. In another study, Carrillo-Carrion et al. reported the development of light-
responsive nanocomposites composed of gold nanostars cores and ZIF-8 shells that enabled triggered
cargo release inside living cells. The nanocomposites were loaded with Hoechst (HOE), as a fluorescent
probe, and were also coated with an amphiphilic polymer that enhanced their stability in aqueous and
biological environments. The NIR illumination (785 nm, 5 min, 7 W cm) of the nanocomposites loaded
Hela cells showed triggered HOE release concluded by cells nuclei staining that was not observed with
the nanocomposites loaded non-illuminated cells (Figure 25). The HOE release could have been
mediated by its thermodiffusion due to local temperature gradients created by the heated gold

nanostars in the nanocomposites [429].

gold nanostars@ZIF-8 -NIR +NIR
nanocomposites lllumination lllumination

Figure 25: A) SEM of gold nanostars@ZIF-8 nanocomposites (scale bar =200 nm), B) Hela cells that were incubated with the
nanocomposites without laser illumination (scale bar =40 nm), C) Hela cells that were incubated with the nanocomposites and
exposed to NIR illumination (785 nm, 5 min, 7 W cm) (scale bar =40 nm). The blue color represents the HOE and the orange
one represents cell membrane stain (CellMaskTM Deep Red). Adapted from [429].

In addition, Zeng et al. reported the development of versatile nanocomposites of gold
nanorods cores and porphyrinic MOFs shells, which were loaded with camptothecin. The
nanocomposites showed a synergistic photodynamic, photothermal and chemotherapeutic anticancer
effect in vitro (on murine breast tumor 4T1 cells) and in vivo (on 4T1 tumor-bearing mice), due to
porphyrin component response to 660 nm laser irradiation, gold nanorods heating with the 808 nm

laser irradiation and camptothecin triggered photothermal release, respectively [414].
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MF-responsive MOFs

Within the external triggers employed for stimuli-responsive release from MOFs, the MF could
be a very promising one, especially for cancer treatment applications. Harnessing the combined
advantages of both MOFs and MNPs and achieving MF-responsive cargo release could be achieved by
introducing MNPs into MOFs, forming MOF-based magnetic nanocomposites. MOFs have high
functional and structural flexibility, which could enable high drug-loading capacities and
biocompatibility. MNPs could allow MF-induced targeting of the nanocomposites to the tumor tissues
[143] and enable contrast agent properties for MRI and MPI, opening an avenue for their theranostics
applications [151]. In addition, MNPs could endow MF-induced cargo release properties. The
advantages of MF-responsive cargo release for anticancer application were comprehensively discussed
in parts | and Il. In summary, the MF does not have penetration depth limitation allowing access to
deep-seated tumors. Also, MF-induced cargo release from drug delivery systems could be achieved in
thermal or non-thermal mechanical mechanisms depending on the type of the applied MF [144-147].

Examples of MNP-based MOF delivery systems are summarized in Table 1.
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Table 1: Examples of MINPs based MOF delivery systems

Name of Platform | Type of | Type of | Type of cargo | Stimulus of | Cancer Delivery system development | Ref.
MOFs MNPs and Loading | release, if | cell type | goal and the added benefits of
content in wt | done used in | the magnetic component
%, if available vitro, if | (underlined)
done
Fes0s@ HKUST-1 HKUST-1 | FesOa Nimesulide Proof of concept for synthesis | [430]
nanorods (up to 20 of MNPs-based MOFs, their
wt%) drug loading and extended
release
Fes0.@ ZIF-8 ZIF-8 Fes04 Fluorescein Proof of concept for the MNPs | [431]
(1 wt%) based MOFs delivery system
ability for MF-__ directed
targeting to tumor tissues
Fes04@ polyacrylic | ZIF-8 Fes0.@ PAA | DOX Theranostic platform | [432]
acid(PAA)/gold (60.6 wt%) combining pH-responsive cargo
nanoclusters/ZIF-8 release and trimodal MRI, CT
and fluorescence imaging
Fes0.@ZIF-90@ ZIF-90 FesOs 5-FU Low In vitro proof of concept of MF- | [433]
Rat serum albumin frequency induced cargo release from
(RSA) alternating MOFs magnetic
magnetic nanocomposites and  MRI
field (20 Hz, imaging
40 Hz and
70 Hz) 20
min each 1
hour for 7
hours
Fe30s@IRMOF-3 IRMOF-3 | Fe304 Paclitaxel Paclitaxel hydrophobic | [434]
(12.32 wt%) molecule drug delivery and
MRI contrast agent applications
Fe-MIL-53-NH, Fe-MIL- Metal ion | 5-FU Magnetic and optical contrast | [435]
53-NH; cluster (28 wt%) agent
M-NMOFs MIL-88B | FesO DOX Magnetic-aided targeting of the | [436]
(0.69 wt%) nanocarrier and PDT
/methylene
blue
(4.3 wt%)
CoFe;0s@Mn- Mn- CoFez04 Daunorubicin MCF-7 Enhanced antitumor effect [437]
MOF MOF
Fes04s@Ui0-66@ Ui0-66 Fes04 5-FU Hela pH, temperature and ions | [438]
carboxylatopillar[6 responsive release in addition
Jarene (WP6) to MRI contrast properties
Fes0.@ZIF-90 ZIF-90 FesOs DOX Two AMF | Hela pH-triggered cargo release | [439]
(16 wt%) exposures followed by magnetic
(409 kHz of hyperthermia
frequency
and 180
Gauss  of
field) each
of 10 min
separated
by 8 hours
Fes0s@ZIF-8 ZIF-8 Fes0a4 MRI contrast properties [440]
Fe30s@Bio-MOF- Bio-MOF | Fes04 5-FU MDA- Theranostic applications, | [441]
folic acid-chitosan | Curcum- (60 wt%) MB-231 thanks to the MNPs MRI
conjugate (FC) in as contrast properties
organic
ligand
and Zn%
as metal
ion
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DOX@Fe@ZIF-8@ ZIF-8 Zinc ferrite | DOX 1-2 Hz, 12 | MDA MB- | Magnetic field targeted | [442]
gelatin and Hz 231 delivery
methacryloyl maghemite
(GelMA) (y-Fe203)
Fe@ZIF- ZIF-8 Fe Gox Hela MPF-enhance cellular targeting | [443]
8@GOx(glucose (12.15 wt%) and reactive oxygen species
oxidase) production for combined GoX
nanoreactors activity
FesOs@ALA(Amino | ALA-Zn Fes0a C6 cancer | MRI contrast properties [444]
levulinic  Acid)-Zn | MOF cells
MOF
PEGylated Uio- | UiO- Mn+*2 DOX 471 MRI contrast properties [445]
66(Zr)-(COOH), 66(Zr)- breast
(COOH), cancer
cells
Fes0s@ MIL-88B— | MIL- Fes0a Mertansine Two AMF | U251 MF-induced cargo release [415]
NH. MOF 88B— (DMm1) exposure glioblas-
NH> (33 wt%) cycles (27.3
MOF mT, 250 | toma
kHz), each | cells
of 10 min
separated
by 4 hours

In 2011, Ke et al. did a proof-of-concept study to fabricate MNPs-based MOF nanocomposites
for drug delivery applications. In their study, they synthesized Fe;0,@HKUST-1 nanocomposites that
were loaded with up to 20 wt% of nimesulide. The nanocomposites were attracted to a magnetic put
near their glass bottle within 20s that could indicate their amenability to be used for targeted drug
delivery applications. No MF-induced drug release experiments were done in their study; however, the
nanocomposites were able to offer extended drug release up to 11 days at 37°C in physiological saline.
The authors recommended the use of other more biocompatible MOF types instead of their used

copper-based HKUST-1 which could pose physiological toxicity problems [430].

Afterwards in 2014, Zhuang et al. developed MNPs@MOFs nanocomposites based on the
more biocompatible ZIF-8. The synthesized fluorescein-loaded Fe30,@ZIF-8 nanocomposites were

able to migrate to the vial side following an externally applied MF [431].

The magnetic contrast properties were also proved in the study of Bian et al., who developed
DOX-loaded FesOs@polyacrylic acid/gold nanoclusters/ZIF-8 nanocomposites
(FesO,@PAA/AUNCs/ZIF-8 NPs) as a theranostic platform for tri-modal imaging (magnetic resonance,

computed X-ray tomography and fluorescence imaging) and pH-responsive release [432].
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In 2016, Fang et al. reported MF-induced cargo release from MNPs@MOFs nanocomposites.
The nanocomposites platform had an average particle size of 64 nm (Figures 26A and B) and consisted
of 12 nm superparamagnetic FesOs nanoparticles as magnetic core and ZIF-90 as MOF shell
(FesOs@ZIF-90) (Figure 26C). Coating with rat serum albumin (RSA) resulted in a stable suspension of
nanocomposites with a 99 nm hydrodynamic size. Small but elastic pores of the ZIF-90 and their RSA
coating contributed to the slow extended 5-FU cargo diffusion and release, where 80% of the 5-FU
cargo were released in 40 hours during in vitro in PBS solution. In contrast, exposure to extremely low
frequency AMF (ELF-AMF) (20 Hz and 20 mT) for 20 min each 1 hour accelerated the in vitro release
rate of the 5-FU release rate to 80% in only 7 hours in PBS (Figures 26D and E) [433].
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Figure 26: A) SEM and B) TEM images of Fe;0,@ZIF-90 . B) Schematic illustraion of Fe304@ZIF-90 nanocarrier composition.
C) Schematic illustration of 5-FU MF- induced release released from under the non-heating ELF-AMF. D) 5-FU release profile
from Fe304@ZIF-90 with and without ELF-AMF. Adapted from [433].

Attia et al. developed magnetic MOF nanocomposites platform composed of FesOs MNPs
conjugated with MIL-88B—NH; MOFs and loaded with Mertansine (DM1) against glioblastoma cancer
cells. The synthesized nanocomposites had an average particle size of 117 nm and showed 33 wt%
DM1 loading contents. Two AMF exposure cycles (27.3 mT, 250 kHz), each of 10 min separated by 4
hours, enhanced the cellular killing effect of the drug-loaded nanocomposites (33.9 nM equivalent
DM1 concentration) on U251 glioblastoma cells demonstrated by lower = 40% cell viability compared
to = 65% upon incubation with the same concentration of the nanocomposites but without AMF

exposure. The same two AMF exposure cycles at the same concentration of drug-free nanocomposites
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were biocompatible (= 100 % viability) on U251 glioblastoma cells. Consequently, the enhanced killing
effect of the drug-loaded nanocomposites upon AMF exposure could be related to local temperature
increase inside the nanocomposites that induced the anticancer drug cargo release [415]. It is worth
noting that high (= 80%) cell viability was observed after AMF exposure upon using lower
concentrations (< 33.9 nM equivalent DM1 concentration) of drug-loaded nanocomposites. This
reduced efficiency at lower nanocomposites concentrations could be due to the insufficient “non-
toxic” released drug amount that could be attributed to the presence of less intracellular
nanocomposites at lower concentration. On the other hand, higher concentrations (> 33.9 nM
equivalent DM1 concentration) of drug-loaded nanocomposites caused less than 40% of cell viability
with no significant enhanced toxicity upon AMF exposure. This could be attributed to the non-
controlled cargo release that was efficient to induce high cellular toxicity with no additional benefit for
releasing more cargo using AMF. These results indicate the importance of achieving high enough
nanocomposites intracellular concentrations for having sufficient drug cargo released amounts after
the stimulus-induced release. In addition, it could highlight the importance of the nanocomposites

stability and/or coating to mitigate the non-controlled cargo release.

[1.8. Conclusions

MOFs are promising systems for anticancer drug delivery applications due to their tunable
properties that could enable synthesizing MOFs with high drug loading capacities and biocompatibility.
Choosing appropriate coating could mitigate their colloidal instability and premature cargo release.
Moreover, their controlled on-demand cargo release could be achieved through stimuli-sensitive
properties. MNPs-based MOFs could provide additional advantages for anticancer applications such as
MPF-directed accumulation into the tumor tissues, allowing better spatiotemporal control, and enabled
magnetic contrast agent properties for theranostic applications. Though some types of nano-MOFs
have already been produced on a large (ton) scale by BASF SE through water-based synthesis [446],
additional research efforts would be needed for the multicomponent stimuli-responsive nanoMOFs
(as MNPs-based ones). Also, sufficient intratumoral/intracellular concentration of MOFs should be
achieved to enable the release of enough drug cargo for inducing anticancer activity. However, such
high local MOF concentrations could require high administered dose that could display toxic side
effects. So that, smart design and achieving a balance between the synthesis feasibility, scaling up,
high loading capacity, minimal premature/non-controlled cargo release, biocompatibility and efficient
stimuli-responsive cargo release would be needed to develop a safe and efficient MOF-based stimuli-
responsive delivery system. By overcoming such difficulties, the translation of MOFs from basic studies

to clinical applications could be achieved in the future.
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Part IV. Pancreatic tumor treatment using magnetic stimulus-responsive drug delivery

systems
Pancreatic cancers can be categorized into two groups: exocrine and endocrine tumors; among
them, the exocrine pancreatic ductal adenocarcinoma (PDAC) accounts for over 90 % of pancreatic

malignancies [447].

PDAC is one of the most devastating cancer malignancies, with an overall five years survival
rate of 9.3% that even drops to 3% at advanced stages upon metastasizing [448, 449]. Due to its
aggressive nature, its median survival rate is reported to be 5-6 months [450]. These data demonstrate
the dismal prognosis of the disease, where half of the newly diagnosed patients with PDAC would not
live more than six months, and most of them (= 90%) would not live more than five years. Worldwide
in 2020, there were 496,000 reported cases of PDAC and almost the same number, 466,000, of deaths,
and it was the seventh leading cause of cancer deaths [1]. PDAC has the highest incidence in Europe,
North America and Australia/New Zeeland, and it is even projected to be the third leading cause of

cancer deaths in Europe by 2025 [451].

IV.1. PDAC development and its treatment challenges

PDAC progression is characterized by multiple genetic alterations that trigger its progression
from normal epithelium “mainly acinar cells” to ductal preneoplastic lesions, called PanIN, and invasive
ductal adenocarcinoma [452]. The activation of the KRAS oncogene is one example of genetic
alterations that occur in nearly 92 % of PDAC patients. The mutationally activated KRAS gene leads to
the production of abnormal constitutively active RAS protein that results in uncontrolled activation of
cellular proliferation and survival pathways [453, 454]. In addition, PDAC is also characterized by
frequent inactivation of tumor suppressor genes such as CDKN2A (90%), TP53 (70%) and SMAD4 (55%)
[447]. For instance, CDKN2A inactivation leads to loss of p16 protein, a master negative regulator of
the G1-to-S cell cycle transition, resulting in uncontrolled stimulation of cellular proliferation [455].
TP53 inactivation allows the cell to bypass important cellular checkpoints at the DNA damage level and
apoptosis triggering [456]. Finally, losing SMAD4 gene leads to aberrant signaling by the growth factor
TGF-B (transforming growth factor-B) [455]. An average of 63 genetic aberrations over 12 functional
pathways were observed in the majority of PDAC cases [457]. This significant genomic heterogeneity

makes developing tailored genetic treatment quite challenging.

The dense fibrotic desmoplastic stroma is a defining hallmark of PDAC (Figure 27), and it can
occupy up to 85% of the total tumor mass [263]. This stroma formation is initiated as a defense

mechanism against the malignant transformation of the ductal epithelium in a trial to limit the tumor
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progression and invasion [263, 458]. However, the tumor cells produce growth factors and cytokines
that interact with the stromal cells (such as fibroblasts and macrophages) to alter their biological

properties and promote the tumor progression, invasion and therapeutic resistance.

So that, the PDAC stroma is composed of reactive stromal cells such as proliferated activated
fibroblasts, called CAF (cancer-associated fibroblasts), along with high deposition of extracellular
matrix components such as hyaluronic acid, collagen, fibronectin and laminin [263]. Due to its barrier
characteristics, this dense stroma also limits the diffusion of therapeutic or imaging agents inside the
tumor mass [459]. In addition, the high density of the extracellular matrix leads to compression of the
blood vessels and a subsequent increase in the interstitial fluid pressure (IFP), further exacerbating the
diffusion of therapeutic or imaging agents [460, 461]. Moreover, the hypo-vascularization and
decreased blood perfusion lead to pathophysiological events such as hypoxia and acidic pH that change
the tumor's metablolic profile and lead to activation of intrinsic cell pathways of therapeutic resistance

[462-464).

Additionally, the PDAC stroma is characterized by infiltration of immune suppressive cells, such
as regulatory T cells and the protumoral M2 type macrophages, along with the production of
immunosuppressive cytokines and lymphokines making the PDAC immunologically "cold" tumor [263,
465]. So that PDAC is a very challenging disease to treat, and its current treatment options are broadly

insufficient.
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Figure 27: Key features of PDAC microenvironment as extracellular matrix deposition, compresses blood vessels and limited
EPR effect as well as infiltration of immunosuppressive cells.
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IV.2. PDAC stages and their standard of care treatment options

Resectable PDAC stage

The surgery is applied for patients with resectable tumor i.e, the tumor mass is localized inside
the pancreas or extended out of the pancreas but without major contact with a major blood vessel
[466]. Only =15-20% of PDAC patients are diagnosed at this early stage of the disease, and they usually
receive adjuvant chemotherapy, such as gemcitabine, after the surgery [466]. However, almost a
quarter of PDAC patients diagnosed with resectable tumors are found to have metastasis during the
surgery, and 85% of the patients had tumor recurrence after the surgery [466, 467]. The five years

survival rate of patients at this stage is = 30%, with 26 months of median survival [466].

Borderline PDAC stage “resectable/locally advanced unresectable tumor”

Another 20% of PDAC patients are diagnosed at a borderline stage of resectable/locally
advanced unresectable tumor [468]. At this stage, the tumor mass is extended out of the pancreas
with involvement of a major blood vessel that makes the tumor practically unresectable despite its
localized nature [468]. The standard care for those patients starts with using FOLFIRINOX regime (5-
fluorouracil with leucovorin, irinotecan, and oxaliplatin) as a neoadjuvant chemotherapy to limit the
tumor mass [468]. The FOLFIRINOX treatment can convert =60% of these patients to the resectable
stage with a higher potential for curative surgery [469]. The FOLFIRINOX multidrug regimen have the
advantage of less potential for developing drug resistance compared to using single therapeutic agent.
However, FOLFIRINOX is associated with severe systemic side effects and even the majority of treated
patients still develop recurrent tumors after the surgery [468, 469]. At this stage, PDAC patients have

five years survival rate of = 13% with 22.2 months of median survival [468, 469].

Metastatic PDAC

A larger percentage, 45-55% of PDAC patients, are diagnosed at the metastatic phase, where
the tumor is spread to other normal organs [466]. There is an extremely poor prognosis at this stage,
with a five-year survival of 3% [466]. Patients at this stage receive systemic chemotherapeutic
treatment where the first line treatment option is FOLFIRINOX, or gemcitabine +/- Abraxane® (nab-

paclitaxel), which still yield a mediocre median overall survival of 8-12 months [470, 471].

Abraxane® (nab-paclitaxel) is nanoparticles formulation of human albumin-bound paclitaxel
that was approved by FDA for PDAC treatment in combination with gemcitabine [472]. The albumin-
based (surfactant free) formulation of paclitaxel enhanced its delivery to the tumor tissues as well as
alleviated the infusion adverse reaction compared to the previously developed

chromophore(surfactant)-based formulation[473]. The enhanced tumor delivery could be attributed
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to the facilitated albumin endothelial transport via the gp60 albumin receptor/caveolin-1 pathway
[473, 474]. Alvarez et al. observed marked disorganized collagen and low CAF density in residual
tumors of patients treated with nab-paclitaxel/gemcitabine combination. These observations were not
noticed in patients who received conventional chemo-radiation treatment, suggesting a role of nab-

paclitaxel in PDAC stroma barrier distortion[475].

Also, a nano-liposomal formulation of irinotecan (Onivyde®) has been also approved by FDA
for PDAC treatment in combination with 5-FU and folinic acid [476]. This treatment is used as a second-
line therapy for patients who did not respond to the gemcitabine-based therapy [476]. The PEGylated
liposomal formulation of irinotecan enhanced its pharmacokinetic behavior in female Sprague-Dawley
rats with better metabolic stability, slower clearance and thus longer half-life (=10.7 hours compared
to = 0.27 hours for the free drug) that could participate in increased accumulation to tumor site [477].
In addition, the liposomal formulation also decreased the irinotecan systemic toxicity, where it was
tolerated in vivo in normal Swiss Webster mice up to 324 mg irinotecan/kg after i.v. administration
compared to a maximum tolerated dose of 80 mg/kg for the free drug [476]. Therefore, the liposomal
irinotecan formulation achieved better pharmacodynamics and therapeutic efficacy than the free drug
in many mice tumor xenograft models [477, 478]. In the phase 3 NAPOLI-1 clinical trial, the nano-
liposomal irinotecan, in addition to 5-FU and folinic acid, enhanced the patients' median overall
survival by two months compared to the 5-FU and folinic acid treatment [476]. However, this improved

median overall survival was still as low as 6.2 months [476].

These data demonstrate the huge challenge in PDAC treatment at all stages of the disease.
Even the approved nanoparticle-based formulations, with their enhanced pharmacokinetics and
pharmacodynamics compared to the conventional chemotherapeutic treatments, seem to have only
a marginal enhancement in the therapeutic outcomes in PDAC patients [479]. The PDAC dense stroma,
increased IFP, compressed blood vessels and impaired tissue perfusion made relying on the EPR effect
for enhancing the nanoparticles' tumor accumulation generally insufficient [479, 480]. The
nanoparticles are usually trapped in the perivascular area of the PDAC tumors with limited
intratumoral diffusion and low drug levels in the tumor cells [480]. In nude mice bearing human
pancreatic tumor subcutaneous xenografts (BxPC3 cells), it was reported that only the small 30 nm
polymeric micelles were able to penetrate through the tumor mass and achieve therapeutic antitumor
effect after theiri.v. injection [480]. The larger particles of 50, 70 or 100 nm were only able to penetrate
upon enhancing the tumor permeability using TGF-B inhibitor [480]. These results could justify the
limited marginal improvement in PDAC treatment upon using the nab-paclitaxel (130 nm) and nano-

liposomal formulation of irinotecan (110 nm) [472, 476].
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Hence, novel treatment approaches are essentially needed to tackle the PDAC treatment

challenges and achieve better therapeutic outcomes.

IV.3. New PDAC treatment strategies
Several treatment strategies have been developed, such as tumor stroma modulation,
targeting the PDAC stem cells, targeting the PDAC immune cells and tailoring the nanoparticles delivery

system properties.

IV.3.1. PDAC stroma modulation
Modulation of stromal and/or vascular barriers of PDAC tumors have been proposed to

enhance the tumor accumulation and penetration of therapeutic and imaging agents.

The PEGylated human recombinant hyaluronidase PH20 (PEGPH20) and the sonic hedgehog
(SHH) inhibitor (IP1-926) are two examples of stroma-affecting agents that were used against PDAC
clinical trials [481, 482]. PEGPH20 depletes hyaluronic acid in the PDAC stroma, decreasing the IFP and
improving the vasculature [481]. It was combined with gemcitabine and nab-paclitaxel to treat
metastatic PDAC patients in phase lll clinical trials [481]. IPI-926 inhibits the upregulated SHH signaling
in stromal fibroblasts, preventing their activation and the subsequent increased matrix deposition
[482]. It was used in combination with gemcitabine in phase Il clinical trials [482]. The clinical use of
PEGPH20 and IPI-926 was halted due to disappointing results related to no improvement in the median

overall survival of patients [481, 482].

Diminishing the protective role of the stroma through its depletion could lead to enhanced
proliferation of aggressive and metastatic tumor cells. For instance, Lee et al. observed that decreasing
desmoplasia through genetic or pharmacological inhibition of SHH in PDAC murine models resulted in
accelerated tumor progression and metastasis [483]. To this end, the use of stromal modulating agents
should be realized with caution to slightly decrease the stroma stiffness, which could be dose-
dependent according to the patient status, accompanied by the use of high doses of potent

chemotherapies and/or radiotherapy to kill the tumor cells efficiently.

For instance, losartan was used in combination with FOLFIRINOX and radiation for treatment
of the borderline resectable/locally advanced PDAC patients in phase Il clinical trial [484]. Losartan as
TGF-B1 inhibitor results in decreased stromal collagen and hyaluronic acid production associated with
decreased CAF activation resulting in reduced solid stress and enhanced vascular perfusion [484, 485].
The losartan use, in addition to FOLFIRINOX and radiation, resulted in downstaging of the

resectable/locally advanced PDAC patients into resectable phase with 61% of negative tumor margin
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after surgical removal [484]. However, high chemotherapeutic doses and radiation could have severe
side effects. For instance, FOLFIRINOX is reserved for use in patients with good performance status,

limiting its wide applicability [484].

IV.3.2. Targeting PDAC stem cells

Another strategy to fight against PDAC is to target pancreatic cancer stem cells (PCSCs).
Chemotherapy resistance and tumor recurrence after treatment are major challenges in PDAC
treatment. It was observed that a small subpopulation (1%-5%) of tumor cells, called PCSCs, have high
tumorigenic potential and are responsible for the therapeutic resistance, disease progression and
tumor relapse after treatment [486, 487]. It was demonstrated that although the tumor size could
diminish during treatment with conventional chemotherapy, the presence of PCSCs cells in the tumor
significantly increases [488]. For instance, the gemcitabine treatment (biweekly 125 mg/kg i.p. for 3
weeks) in orthotropic L3.6pl pancreatic tumor xenograft-bearing mice resulted in a significant
reduction of the tumor size compared to the vehicle (100.5 + 36.4 vs. 183.8 + 66.9 mm?3; p < 0.05).
However, the PCSCs percentage in the tumors was increased from =1.25 % to =6.5 %, highlighting the

resistance properties of these cell subpopulations and the need to eradicate and/or target them [488].

Targeting PCSCs can be achieved through targeting the stem cells' associated signaling
pathways, such as mTOR, Notch, Hedgehog and wingless-related integration sites. Several PCSCs
targeted therapeutics have been developed and investigated in clinical trials against PDAC [489].
However, they have limited positive therapeutic outcomes, which could be due to the heterogeneous

nature of the PCSCs and their ability to escape inhibition [489].

IV.3.3. Targeting the PDAC immune cells

PDAC is characterized by an immunosuppressive tumor microenvironment that participates in
tumor progression and invasion. Several traditional cancer immunotherapy approaches, such as
immune checkpoint inhibitors, CAR T cells or humanized antitumor antibodies, have been developed
against PDAC and were investigated in clinical trials [490]. However, they failed to show promising
results that could be related the tumor ability to elaborate genetic changes to bypass the immune
system [490]. These genetic adaptations could happen in several steps and ultimately maintain the

immunosuppressive microenvironment in PDAC.

For instance, the first step in the cancer immunity cycle is identifying and capturing the

generated tumor-specific antigens or tumor-associated antigens by the antigen-presenting cells (APCs)
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[491]. Genetic modifications could happen to curb the APCs ability to detect the produced antigens, or
the APCs could treat them as self-molecules. Also, the step of APCs processing for the antigens and
their presentation in the form of MHC class | or Il to the T cells could be interrupted. Finally, even if the
T cells were activated to cytotoxic T cells (CTLs) they find themselves in a highly immunosuppressive

environment that could result in their deactivation [492].

In order to address the aforementioned challenges, a multimodal therapeutic approach was
proposed [490]. For instance, this novel strategy is currently being investigated in an open-label,
multicenter, randomized umbrella phase Ib/Il study (NCT03193190) to treat patients with metastatic
PDAC [493]. The study aims to test the safety and efficacy of multiple immunotherapies combinations,
and some treatment groups also have GEM/nab-paclitaxel chemotherapy in addition to the
immunotherapy treatment [493]. The used immuno-therapies combinations are based on the
monoclonal antibody (mAb) atezolizumab that acts as an immune checkpoint inhibitor through its anti-
programmed death ligand 1 (anti-PD-L1) effect, thus preventing the cancer cells from suppressing the
immune system [494]. In addition to the atezolizumab, the study investigates adding either of the
following immune therapies; selicrelumab (CD40 agonist), bevacizumab (antiangiogenic mAb), AB928
(highly selective adenosine receptors (A2a and A2g) antagonist), tiragolumab (immune checkpoint

inhibitor) or tocilizumab (autophagy inhibitor) [493].

The promise of this immunotherapies combination strategy is to decrease the tumor ability to
escape the immune system through elaborate mutation [490]. However, the desmoplastic fibrotic
stroma nature in PDAC with its high IFP and vascular dysfunction could mitigate their delivery and
accumulation in the tumor tissues. To this end, the nanomedicine formulations could provide a

promising alternative to overcome PDAC treatment challenges.

IV.3.4. Tailoring the nanomedicine formulations properties
Nanomedicine formulations with tailored properties for PDAC treatment have been

developed. They could rely on transcytosis (using targeted peptides) or stimuli-responsive properties.

Transcytosis

Transcytosis is a process that includes the transfer of a molecule from one side of the cell to
the other side, and it usually involves endocytosis, vesicle transfer and exocytosis. One formulation
based on this concept is nanoparticles conjugated with the cyclic tumor penetrating peptide iRGD to
target integrins a,fBs/s to deliver therapeutics to pancreatic cancers. These integrins are upregulated in

angiogenic endothelial, tumor and stroma cells. In addition, the proteolytically activated iRGD binds to
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the neuropilin-1 receptor inducing vascular transcytosis that could facilitate the targeted

nanomedicines intratumoral accumulation.

For instance, Liu et al. developed lipid-coated mesoporous silica nanoparticles (silicasome) of
=130 nm hydrodynamic diameter embedded with a 10 nm gold core and loaded with irinotecan [495].
Upon the silicasome i.v. co-administration with free iRGD, there was = 4-fold increase in their
accumulation in the KPC-derived “from Kras'S-6122/*Trp®3LSt-R172H/*pelx1-Cre transgenic mouse”
orthotopic PDAC tumor sites with enhanced efficacy in the primary and metastatic sites [495]. Using
the TEM, the authors observed grouped vesicles in the PDAC endothelial cells carrying the GNP-labeled
silicasomes from the blood vessel lumen side to the PDAC matrix side (Figure 28). It is worth noting
that the authors' use of iRGD conjugated-silicasomes did not enhance the silicasomes tumor
accumulation [495]. So that better understanding of the reason for this difference between the
conjugated vs. co-administered iRGD in the PDAC tumor microenvironment could clarify its potential
for clinical translation. It is reported that blood vessels in PDAC tumors are compressed, which could

result in faster blood flow and not enough time for receptor recognition and binding.
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Figure 28: TEM visualization of GNP-labeled silicasomes transcytosis, upon i.v. co-administration with free iRGD, in KPC-
derived orthotopic PDAC tumor-bearing mice. Adapted from [495].
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Stimuli-responsive nanomedicines

Another strategy is to exploit the stimuli-responsive nanomedicines to tackle the PDAC tumor

microenvironment challenges.

For instance, Li et al. developed smart nanoparticles superstructure with ultrasensitive pH size
switchable properties for enhanced tumor penetration and accumulation [496]. The nanoparticles
were composed of an assembly of amphiphilic polymer (platinum prodrug conjugated with
polyamidoamine (PAMAM) dendrimer) that has a pH-responsive tertiary amine group. The
nanoparticles had an initial ~80 nm size in PBS (pH ~7.4), and upon reducing the pH to ~6.7, it
underwent, within seconds, dramatic size reduction due to structure dissociation to its dendrimers
building blocks of less than 10 nm. The nanoparticles' penetration ability was investigated after their
labeling with cyanine5 (Cy5) and their incubation for 4h with 3D spheroids of BxPC-3 cells. Using the
confocal laser scanning microscope, the Cy5 was detected at a distance of 85 um from the spheroid's
surface upon using the culture medium of pH = 6.7. This penetration was not observed neither upon
using a medium of pH = 7.4, nor for non-pH sensitive nanoparticles counterparts, where dramatic Cy5
fluorescence intensity drop happened at 25 um from the spheroid surface. Tail vein injection of the
pH-sensitive nanoparticles (2 mg/kg equivalent dose of cisplatin, three doses at days 16, 19, 22 after
tumor cell implantation) in BxPC-3 tumor xenograft-bearing nude mice resulted in 82% of tumor
growth suppression after 21 days of first injection, compared to only 41% and 24% for equivalent doses
of the non pH-sensitive nanoparticles counterpart and cisplatin, respectively [496]. This strategy has
the advantages of having rapid responsiveness within a low pH range (~0.7) and its ability to enhance
tumor penetration and tumor growth inhibition in the poorly permeable pancreatic tumor xenograft
model. However, it could not be a suitable strategy for a wide range of drugs due to the complexity of

the preparation of such a dendrimer-based delivery system [497].

Another strategy is to use magnetic hyperthermia and IONPs (their advantages in cancer
treatment were comprehensively discussed in Parts | and II). Specifically in the context of pancreatic
tumors, this technique could be particularly advantageous due to the reported hyperthermia-induced

immunological cell death as well as the MNP magnetic contrast imaging properties.

For instance, Boela et al. reported increased expression of calreticulin (immunogenic cell death
biomarker) in the plasma membrane of tumor cells, in MiaPaCa-2 subcutaneous pancreatic tumor
xenograft model in nude mice, after intratumoral injection of PMAO polymer coated IONPs (11 nm
core size) and exposure to AMF ( f=196 kHz and H = 26 kA/m) [498]. The injected IONP dose was 0.15
mg Fe/tumor, and the animals had 3 AMF exposures of 30 min each (one on the day of injection and

the two others on the two following days). After euthanizing the animals 20 days after the IONP
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injection, extracting the tumors and dissociating them to the tumor cells, ~80% of the tumor cells had
calreticulin expression at their surface compared to only ~15% of the cells in the control animal group
without IONP injection nor AMF exposure. Interestingly, it was noticed that 55% of tumor cells in the
control group injected with IONPs but without AMF exposure showed surface calreticulin expression

[498].

In addition, the MNPs can also be utilized as a part of a drug delivery system to enable stimuli
(magnetic) responsive antitumor cargo release for enhanced efficacy against pancreatic tumors. For
instance, Kim et al. developed a magnetic-based nanocomposites delivery system for chemo-
hyperthermia treatment of pancreatic tumors [499]. The temperature-responsive delivery system
composed of MNP cluster core (59 + 6 nm) inside a porous silica shell (18 £+ 2 nm). These
nanocomposites were coated with a temperature-sensitive coat of hydroxypropyl cellulose (HPC) and
loaded with gemcitabine (20 wt%). The HPC polymer has LCST at 41°C, so that heating a few degrees
above the body temperature can induce the HPC polymer coat collapse triggering the diffusion of the
gemcitabine drug load. In vitro in PBS solution of pH 7.2, more rapid gemcitabine release was observed
at 45°C compared to 37°C, where cumulative drug release percentages of 37% and 8%, respectively,
were observed after 180 min. The heating was induced by MF exposure (199 kHz, 75 Oe) for one h.
The bare “non-HPC” coated nanocomposites showed a more rapid gemcitabine release but in a non-
responsive way to the temperature increase. On PANC-1 cells, enhanced cell killing was observed after
exposure to AMF (199 kHz, 17.5 mT) for 30 min, where 21% and 12% cell viabilities were observed
upon heating to 42°C and 45°C, respectively. These achieved decreased cell viabilities where >30 %
compared to hyperthermia or nanocomposites alone. Enhanced antitumor effect was also observed in
vivo on PANC-1 subcutaneous xenograft nude mice model. The direct tumor injection of the
nanocomposites followed by AMF exposure ( 199 kHz, 17.5 mT) for 30 min resulted in an increased
tumor apoptotic area of 38% compared to only 14.7 % and 17.5% for the hyperthermia-only or

nanocomposites-only tumor groups (P > 0.05) [499].

IV.4. Conclusions

PDAC is one of the most aggressive and challenging tumor types. The standard treatment
approaches, including surgery, radiation and chemotherapy, showed limited unsatisfactory
improvement in patients' prognosis. In clinical trials, immunotherapies and molecularly targeted
therapies did not show effective responses yet. Consequently, novel treatment approaches are
essentially needed to fight against PDAC and achieve better therapeutic outcomes. The unique

multifunctionality of the MNPs-based drug delivery system makes it a very interesting tool for fighting
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against PDAC. Their MF-responsive properties can be utilized to guide the delivery system under static
MF gradient for preferential accumulation in the primary tumor mass. This technique could be worth
investigating to assess its ability to overcome the PDAC stroma physical barrier challenge. Afterward,
MF inducing MNP hyperthermia or mechanical movement could induce controlled chemotherapeutic
cargo release locally in the cancer tissues. Proper choice of MF-based drug delivery system could
enable having biocompatibility and high drug loading capacities. Also, using drug load/s that could not
only kill the tumor cells and normalize the PDAC microenvironment but also induce protumoral
response could help in fighting against metastatic tumor masses beside the primary one. Finally, the
MNP contrast properties can be exploited for MRI or MPI imaging, providing a valuable theranostic

tool for simultaneous imaging and monitoring during the treatment.
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Objectives

The overall aim of the thesis project is to participate within the HeatNMof EU project into the
development of magnetic nanocomposites (NCs) based on MOFs to enable magnetic field (MF)-

responsive cargo release in the targeted tumors.

To achieve this major aim, we first worked to provide a proof—-of—concept for the ability to
control the cargo release from the NCs by MF. In this part, NCs prepared by the project partners in the
University of Santiago De Compostela were used in order to study their magnetic characterization as
well as to study their biological interactions on model tumor cells. The synthesized NCs consisted of
iron oxide nanoparticle cores and zeolitic imidazolate frameworks-8 MOF shells, which were loaded
with cresyl violet (CV) fluorescent probe. The magnetic properties of the NCs were investigated,
notably their saturation magnetization as well as their zero-field-cooled/field-cooled cycles.
Afterwards, MiaPaCa2 cancer cells and cancer-associated fibroblasts (CAF) were used as model cells
on which the NC cellular uptake kinetic and subcellular localization were studied. Thereafter, the MF-
induced CV cargo release from the NCs uptaken by the model cells were studies in response to high-
frequency alternating MF or the low-frequency rotating MF to induce MNP heating or mechanical
movement, respectively. Events associated with the intracellular CV release were also characterized in

the used cell in 2D as well as 3D multicellular spheroid models.

After the proof—of—concept on the NCs loaded with the model fluorescent cargo, we aimed to
do a preliminary study to investigate the feasibility of synthesizing the NCs with different anticancer
drug loads. Herein, two chemotherapeutic drugs (5-fluoruracil and doxorubicin) were used for
preparing drug-loaded nanocomposites where the loading of each drug was investigated by two

approaches, in-situ approach as well as the post-synthesis impregnation one.

In order to enhance the accumulation of the magnetic NCs in the targeted tumors, we aimed
to investigate designing of a novel setup that could enable the accumulation of MNP-based carriers
into deep-seated tumors. For this study, COMSOL Multiphysics® simulations were used to optimize the
parameters of the setup components, especially the coils and the permanent magnet parameters.
Also, we worked to provide a simulation-based proof-of-concept for the setup design to target MNP-
based nanocarriers to deep tumors. Afterwards, the experimental work was done for building the

setup components, notably the coils and the setup support.

Collectively, this work aimed to participate towards the development of MOF-based magnetic
nanocomposites for targeted on-demand MF-cargo release inside targeted tumors. Using a MNP

focusing setup, the magnetic NCs could have preferential accumulation in the targeted tissues.
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Afterwards, by applying the AMF or RMF, the NCs cargo can be released in a controlled pattern inside
the targeted tissues allowing high drug concentrations in the targeted tissues and less side effects on

the other healthy non-targeted ones.
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Results

First part of results: Magnetic field-induced cargo release from magnetic
nanoparticles@metal-organic frameworks nanocomposites through heating or

mechanical actuation

Enabling magnetic field(MF)-responsive cargo release from magnetic nanoparticles@metal-
organic frameworks (MOFs) nanocomposites could be a promising strategy for cancer treatment, as
explained in the thesis state-of-the-art part. MOFs have a major advantage of high porosity and
consequently potential high loading capacities. A sudden on-demand triggered release of high local
amounts of cytotoxic cargos in the cancer cells could help to enhance their tumor-killing ability. This
stimuli-responsive cargo release could be triggered by exposing the nanocomposites to high-frequency
alternating MF (AMF) or low-frequency rotating MF (RMF) inducing the MNP heating or movement,

respectively.

This part mainly investigated the AMF and RMF responsive release from the MNP-based MOFs.
It was done using nanocomposites synthesized and physicochemical characterized by our HeatNMofs
project collaborators in Bionanotools lab at the University of Santiago de Compostela. Then, we
investigated the nanocomposite magnetic properties, cellular interactions and the intracellular MF-

induced cargo release by both AMF and RMF. This part will be presented in a research paper format.
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ABSTRACT

Metal-organic frameworks (MOFs) hold a great promise for anticancer drug delivery
applications due to their large tunable porosity and structural flexibility, allowing their design with high
drug loading capacity and biocompatibility. However, it is still challenging to reduce their off-target
non-controlled drug release. The aim of this study is to develop magnetic field (MF)-responsive
magnetic nanocomposites based on MOFs to enable controlled site-specific drug release. The
synthesized nanocomposites consisted of superparamagnetic iron oxide magnetic nanoparticle cores
and a nanometric zeolitic imidazolate frameworks-8 (ZIF-8) MOF shells, which were loaded with cresyl
violet (CV) fluorescent probe. They were also stabilized in aqueous media through coating with an
amphiphilic polymer that prevented the ZIF-8 shell degradation. Afterwards, the CV release was
studied in MiaPaCa2 cancer cells and cancer-associated fibroblasts (CAF) upon exposure to alternating
high-frequency MF (AMF) or rotating low-frequency MF (RMF). Both the AMF and RMF exposures
resulted in a significantly increased CV release inside the cells. Moreover, it was observed that the CV
release was associated with a decrease in cell viability in MiaPaCa2 exposed to AMF or RMF, and in
CAF exposed to AMF. In addition, both AMF or RMF exposures induced a CV release from the
nanocomposites in MiaPaCa2/CAF spheroids and decreased their size. These results indicate that
spatiotemporal control over the cargo release from the developed MOF nanocomposites could be
achieved through MF-responsive properties either thermally or mechanically. Hence, the developed
MOF-based magnetic nanocomposites could be promising platforms for developing MF-responsive

delivery systems for cancer treatment applications.

Keywords (5-7): magnetic nanoparticles, magnetic hyperthermia, mechanical forces, cancer,

metal-organic frameworks, drug delivery
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Introduction

The application of nanotechnology in the field of medicine fostered the development of new
drug delivery systems for cancer treatment. Myriad of organic, inorganic and composites
nanomedicines have been developed for anticancer drug delivery applications to improve the
bioavailability and reduce the side effects of chemotherapeutic drugs, enhancing their efficacy and
therapeutic outcomes [1, 2]. For example, pegylated liposomal doxorubicin, also known as
Doxil/Caelyx, was the first FDA-approved nanomedicine for a variety of tumors such as ovarian cancer.
It offered an extended circulation time and improved metabolic stability of doxorubicin. Consequently,
it showed an enhanced accumulation in the tumor sites with high vascular permeability and reduced
undesirable side effects, such as cardiac toxicity [3]. Pharmacokinetics and tissue targeting of
nanomedicine are largely associated with their physicochemical properties such as hydrodynamic size,
shape, charge, and other surface properties [4, 5]. Depending on these properties, intravenously
administrated nanoparticles could be rapidly eliminated by the kidney or interact with blood
components. The nanoparticles interaction with plasma proteins and opsonins leads to their
phagocytosis by the mononuclear cells (as macrophages) with accumulation in the liver and spleen [6].
Although key breakthroughs were recently made with stealth polymer coating such as poly(ethylene
glycol) (PEG) and active targeting, it is still challenging to reduce the nanocarriers off-target
accumulation and drug release [7, 8].

Alternatively, stimuli-sensitive nanocarriers have recently emerged as novel systems with
spatial and temporal controllability in response to various endogenous or exogenous stimuli. Such
stimuli could allow site-specific responsive release of the loaded drug, reducing the potential side
effects caused by its premature or off-target release [9]. Endogenous stimuli enriched in the biological
microenvironment, such as pH variation, enzymes or redox gradient, could trigger drug release by
activating responsive components in the nanocarriers. In addition, exogenous stimuli such as light,
magnetic field, ultrasound, temperature, electric field or radiofrequency waves can achieve a
responsive remote spatiotemporal control over the release of the loaded drug.

Magnetic fields (MF) are key triggers that do not suffer from tissue penetration depth
limitation. Hence, they could allow noninvasive controlled responses of magnetic nanoparticles
(MNPs). Therefore, MNP integration in drug delivery systems could offer a responsive probe for a
remotely controlled drug release via MF stimuli. In addition, they can be used as contrast agents for
magnetic resonance imaging (MRI) or magnetic particle imaging (MPI), opening avenues for
theranostic applications [10]. Iron oxide magnetic nanoparticles (IONPs), owing to their properties,
represent one of the most promising tools to elaborate stimuli-responsive drug delivery systems by
releasing thermal or mechanical energy upon MF exposure [11]. Moreover, IONPs are highly

biocompatible due to their degradation over weeks resulting in iron recycling [12].
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In recent years, the application of metal-organic frameworks (MOFs) — especially nanoscale
MOFs — in biomedicine has become a rapidly developing research topic. MOFs are porous hybrid
materials composed of inorganic metal ions coordinated with organic linkers to form cavities of diverse
sizes and shapes. Compared to traditional MOFs, nanoscale MOFs possess a similarly high porosity but
with a larger surface area that could endow enhanced biological activity, chemical/colloidal stability,
more effective surface modification, and improved pharmacokinetic properties [13, 14]. Thanks to
their versatile composition and structural features, MOFs with a large tunable porosity, high drug
loading capacity and biocompatibility could be synthesized [15-17]. Moreover, the
hydrophilic/hydrophobic internal microenvironment of MOFs makes them conveniently adapted to
host a wide variety of molecules (small molecules, macromolecules including enzymes and nucleic
acids...) [16].

Although progressive drug release can be achieved from MOFs, mainly by pore diffusion, drug-
matrix interaction and/or degradation, stimuli-responsive MOFs have attracted tremendous attention
to achieve on-demand controlled drug release for cancer treatment applications [16]. However, most
of them respond to endogenous stimuli such as pH, redox or ions, and only few light- or MF-responsive
MOF-based drug delivery systems have been developed [16, 18, 19].

For example, a plasmonic core-shell Au nanoparticles / zeolitic-imidazolate-framework-8 (ZIF-
8) nanocomposites were previously developed as a thermoresponsive nanocarrier, in which gold
nanoparticle was a photothermal agent and ZIF-8 shell was a carrier to load doxorubicin [20, 21]. In
addition, rat serum albumin coated Fe;0,@ZIF-90 nanocomposites were developed by Fang et al. to
release their 5-fluorouracil drug load in response to one exposure to extremely low frequency
alternating MF (20 Hz and 20 mT) [22]. Another study by Attia et al. reported an enhancing killing effect
of mertansine loaded nanocomposites (FesOs conjugated with MIL-88B—NH, MOFs) on U251
glioblastoma cells after two alternating MF exposures (27.3 mT, 250 kHz) [23]. To date, the control of
the drug release from MOFs by the MF stimuli remains largely unexplored, with no study comparing
the release efficiency in response to different types of MF stimuli. For instance, MNP exposure to
alternating high-frequency MF (AMF) can induce their heating, while the rotating low-frequency MF
(RMF) can trigger MNP movement and mechanical actuation. The interest in comparing the AMF and
RMF stimuli is to get more insights into the difference between thermal and non-thermal MF triggers
in inducing drug release from MOF delivery systems.

In this study, we developed core-shell magnetic nanocomposites that consisted of
superparamagnetic IONPs cores and nanometric ZIF-8 MOF shells for MF-induced anticancer drug
delivery applications. The IONPs were utilized as a magnetic heating or mechanical seed, and the ZIF-
8 porous shell served as a nanocarrier to load a fluorescent probe, cresyl violet (CV). Coating with an

amphiphilic polymer, poly-[isobutylene-alt-maleic anhydride]-graft-dodecyl (PMA), enabled the
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aqueous stability of the nanocomposites (IONP-CV@ZIF-8 @PMA). The PMA polymer coat was labeled
with fluorescin to allow cellular trafficking of the nanocomposites.

The physicochemical and magnetic properties of IONPs and magnetic nanocomposites were
determined. We also studied the biocompatibility and subcellular localization of the IONP-CV@ZIF-
8@PMA nanocomposites on pancreatic MiaPaCa2 cancer cells and cancer-associated fibroblasts (CAF).
In addition, the CV release from the IONP-CV@ZIF-8 @PMA nanocomposites in response to thermal or
mechanical actuation of IONPs was investigated inside MiaPaCa2 and CAF cells 2D culture models, as
well as on their spheroids. The impact of the nanocomposite heating or motion and CV release on cell

viability and spheroid growth was finally analyzed.

MATERIALS AND METHODS

Iron (lll) chloride (97%, Sigma-Aldrich #157740), iron (ll) chloride (98%, Sigma-Aldrich #372870), 1-
Octadecene (90%, Sigma-Aldrich #0806), oleic acid (90%, Sigma-Aldrich #364525),
hexadecyltrimethylammonium bromide (98%, Sigma-Aldrich #H5882), 2-methylimidazole (99%,
Sigma-Aldrich #M50850) and zinc nitrate hexahydrate (98%, Sigma-Aldrich #228737) sodium oleate
(99%, Strem Chemicals #11-1280) were used for NP synthesis. All reagents were used as received
without purification. Poly[isobutylene—alt—maleic anhydride]—graft—dodecyl) (PMA) polymer was
synthesized as described previously [24]. All glassware was cleaned with aqua regia and rinsed with
Milli-Q water, methanol and acetone. Aqua regia oxidizes and dissolves inorganic and organic
impurities, which may interfere with the nanoparticle synthesis. Aqua regia solution is prepared by
mixing 3 volume parts of hydrochloric acid (HCI) with 1 volume part of nitric acid (HNOs) and should

be used fresh.

Synthesis of Fes0, Superparamagnetic iron oxide nanoparticles (IONPs)

Spherical Fes04 IONPs were synthesized by thermal decomposition following a protocol adapted from
that described by Polina Anikeeva et al. [25]. 1 mmol of organometallic precursor was prepared by
dissolving 2 mmol of FeCls, 1 mmol of FeCl, and 8 mmol of sodium oleate in 10 ml of ethanol, 10 ml of
Milli-Q water and 20 ml of hexane. It was heated at reflux at 75°C with magnetic stirring (400 rpm) for
4 h. The organic phase was then separated and heated for 2 h at 85 °C and another 2 h under vacuum
at 110 °C. In a 3 necked round bottom flask (50 ml), the precursor (1 mmol) was dissolved in 5 ml of 1-
octadecene and 175 pl of oleic acid. The solution was heated at 110°C under vacuum for 1 hour. Next,
the temperature was increased up to 200 °C under nitrogen flow, and finally, it was raised to 320 °C

with a gradient of 1 °C/min and maintained for 1 h. Then, the mixture was cooled to 160 °C and left for
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3 days. The mixture was transferred into a conical tube along with 40 ml of a 1:1 mixture of ethanol
(EtOH): hexane. The sample was centrifuged (7000 rcf for 10 min). The precipitate was redispersed in
10 ml hexane, 5 ml EtOH and centrifuged (7000 rcf for 10 min) twice. Finally, the pellet was redispersed
in 10 ml of hexane. For water transfer, 9 mg of IONPs dispersed in hexane were added to 5 ml of an
aqueous solution of CTAB 0.2M. The mixture was vigorously stirred for 40 minutes. The organic phase
was then evaporated by heating at 65 °C for 30 min. Then, the IONPs were centrifuged 2 times (35,000
rcf, 10 min) and redispersed in 1 ml of an aqueous solution of 0.2 mg/ml of cetyltrimethylammonium
bromide (CTAB). Finally, the dispersion was centrifuged (5000 rcf, 5 min) to precipitate aggregates; the

precipitate was discarded, and the supernatant was transferred to an Eppendorf.

Synthesis of IONP@ZIF-8 nanocomposites

These nanocomposites were synthesized following a previously reported protocol with slight
modifications [26]. The CTAB stabilized IONPs were used as seeds onto which a shell of ZIF-8 was
grown. In a 5 ml glass vial under magnetic stirring and at room temperature (RT), 1 ml of aqueous
solution of 2-methylimidazole 1.3 M, 1 ml of aqueous solution of zinc nitrate hexahydrate 0.025 M,
and 1 ml of 2 nM IONPs dispersed in 0.2 mg/ml CTAB aqueous solution were mixed. The mixture was
stirred for 5 min and allowed to stand for 3 h at RT. The appearance of white turbidity indicated the
formation of ZIF-8. Finally, the particles were precipitated by centrifugation (7200 rcf, 10 min) and

washed twice with methanol (MeOH). After washing, they were redispersed in 1 mL of MeOH.

To load the ZIF-8 with CV, the one-pot synthesis strategy was used where the aqueous solution of CTAB
used in the synthesis included CV at 0.1 g/I. The rest of the procedure was kept the same.

For the nanocomposites polymer coating with PMA-fluorescein, the polymer was firstly synthesized as
described previously [24]. Thereafter, PMA-fluorescein dissolved in CHCl; (ratio of 600 monomers/nm?
of nanocomposites surface) was added to the nanocomposites dispersed in MeOH. The solvent was
then slowly evaporated on a rotary evaporator. Once dry, the PMA-fluorescein was hydrolyzed (to
allow nanocomposites dispersion) by adding an aqueous solution of 0.1 M NaOH and sonicating.
Finally, the nanocomposites were washed by centrifuging them twice (7200 rcf, 10 min) and
redispersing in Milli-Q water.

The nanocomposite particle concentration was determined by nanoparticle tracking analysis (NTA),
where the samples were analyzed in water using a NanoSight NS300 (Malvern Instrument Ktd)

equipped with a 405 nm laser. All measurements were carried out at 24 °C.
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Particle size and shape characterization

Scanning electron microscopy (SEM) micrographs were obtained using a ZEISS FSEM ULTRA Plus
operated at 3 and 20 kV. Transmission electron microscopy (TEM) measurements were carried out on
a JEOL JEM-2010 microscope operated between 80 and 200 kV. Scanning TEM mode was used during
the TEM characterization. Samples were prepared by adding a drop of diluted samples on a Cu grid
and letting them dry. The hydrodynamic diameter (dh) and polydispersity index (PDI) of the
nanoparticles or the nanocomposites were determined by dynamic light scattering (DLS) using a
Malvern Zetasizer Nano ZSP equipped with a 10 mW He—Ne laser operating at a wavelength of 633 nm

and fixed scattering angle of 173°.

Thermogravimetric analysis (TGA) and N, adsorption-desorption analysis

TGA measurements were carried out using a TA Instruments Inc, SDT Q-600 thermobalance with a
general heating profile from 25 to 800 °C with a heating rate of 5 °C/min under air using a flux of 100
mL/min. N; sorption isotherms at 77 K were measured on a Micromeritics 3Flex adsorption analyzer.
The specific surface area was extrapolated within the range of relative pressure (P/PO, where PO is the
saturation pressure) of 0.05-0.3 using the Brunauer, Emmett & Teller (BET) equation. Data were

analyzed using 3Flex V5.03 software (Micromeritics Instrument Corp., Norcross, GA, USA).

Magnetic properties measurements

Saturation magnetization and ZFC/FC (zero field cooled/field cooled) measurements were performed
on samples containing an equal quantity of magnetic nanoparticles using a vibrating sample
magnetometer (VSM) (PPMS, Quantum Design, USA). For the measurements, an aliquot of the
corresponding sample was placed inside the VSM vial (plastic) and left to dry. All measurements were
done using MF intensities from -5 to 5 T. The saturation magnetization measurements were done at
300 K, and the ZFC/FC measurements were performed from 5 to 300 K. Diamagnetic correction for the
sample holder and non-magnetic material was done in the saturation magnetization measurements
analysis by adjusting the S curve slope until getting a straight line with zero slope at values above

saturation.

Heating power measurements

500 pls of the IONP sample (at 232 pl Fe/ml) were exposed to AMF to measure their heating power.
The temperature increase of the sample was monitored during 180 s while being exposed to a
frequency of 93 kHz at 40.3, 53.7 and 67 kA/m MF intensities, delivered by a commercial magnetic
inductor (Fives Celes, Lautenbach, France). Another tube containing 500 ul of water was used as a

control in order to remove the potential contribution of eddy current and room temperature variations
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to the temperature increase. Temperature measurements were performed using a thermal probe
(Reflex 4, Neoptix, Canada). The specific absorption rate (SAR) was calculated using the following
equation:

4T ()

SAR = —9t
Mionps

where SAR is the specific absorption rate (W/g), C is the total specific heat of water and glass (J/K),
dT(t) is the temperature increase during the MF exposure, dt is the exposure time (s), mionpsis the mass
of the IONPs inside the SAR tubes (g). Correction factors were applied to compensate for performing
the experiment under non-adiabatic conditions. The resulting SAR values were then divided by the

applied frequency (93 kHz) to get the corresponding hysteresis area (mJ/g).

Cell lines and 2D cell culture

The MiaPaCa2, an epithelial cell line derived from pancreatic tumor tissue, was cultured in Dulbecco's
Modified Eagle Medium (DMEM) with Glutamax, supplemented with 10% (v/v) fetal bovine serum
(FBS) and 100 1U/ml penicillin/streptomycin (Penicillin-Streptomycin P4333; Sigma-Aldrich). The
immortalized human CAF line was established by retrovirus-mediated gene transfer of simian virus 40
(Sv40) T antigen and human telomerase reverse transcriptase (hTERT) into human pancreatic
fibroblasts isolated from the resected pancreas tissue of a patient undergoing operation for pancreatic
adenocarcinoma cancer (PDAC), and obtained from Dr C. Bousquet's laboratory (INSERM U1037-CRCT,
France). The CAF cell line was cultured in DMEM/F-12 medium (DMEM/F-12 GlutaMAX™, Thermofisher
Scientific) containing 10% FBS, 100 IU/ml penicillin/streptomycin. Cells were maintained at 37 °Cin a

5% CO, in a humidified incubator.

3D Spheroid formation and treatment

GFP-expressing MiaPaCa2 and CAF cell lines were cultured as above, and the confluent cultures were
trypsinized, washed in phosphate-buffered saline (PBS), and resuspended in DMEM containing 20%
FBS and 100 IU/ml penicillin/streptomycin. An automated cell counter was used to determine the cell
concentration of the suspensions. 3 000 cells per spheroid were formed with the hanging drop
technique starting from a cell suspension solution containing 50% of GFP-expressing MiaPaCa2 and
50% of CAF in DMEM containing 20% FBS, 100 IU/ml penicillin/streptomycin and 0.3% of
methylcellulose (Acros Organics, #182311000). Drops of the cell suspension (25ul) were placed on the
lids of 100 mm dishes, which were inverted over dishes containing 10 ml of PBS. Hanging drop cultures

were incubated 24h, the resulting cellular aggregates were harvested and introduced into a 35 mm
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dish, previously washed with Anti-Adherence Rinsing Solution (StemCell™, #07010) and filled with 1.5

ml of complete medium.

Cytotoxicity assays of nanocomposites

For 2D cell culture, 10* cells per well were plated into 96-well plates (Thermo Scientific™). After
overnight growth, the cells were incubated with increased concentrations (up to 4 pM) of the indicated
nanocomposites for 24 h, 48h and 72h. Cell viability was determined using MTT viability assay.

For 3D spheroid, the spheroids were incubated with 1 pM of the indicated nanocomposites for 24h,
48h and 72h. The spheroids were trypsinized and their viability was assessed by counting the number

of cells contained in one spheroid.

Hemolysis Assay

Heparinized blood was obtained from male CD-1 mice and male Sprague-Dawley rats by cardiac
puncture under anesthesia, and from male human healthy volunteers (with no major medical history
and absence of medications). The collected blood was incubated with increasing concentrations of
IONP-CV@ZIF-8@PMA (up to 10 pM), 1 mg/ml Triton X- 100 (positive control) or PBS (negative control)
for 4h at 37°C. The samples were centrifuged at 1,000 g for 10 min. Optical density of the supernatant
was measured at 540 nm with a Tecan Safire 2 plate reader. All measurements were performed in
triplicates. The hemolysis percent was calculated relative to the positive control (Triton X-100), which

represented 100% hemolysis.

Quantification of IONP-CV@ZIF-8@PMA uptake by flow cytometry

For 2D cell culture, 10* cells per well were seeded into 24-well plates (Thermo Scientific™) and grown
overnight. The cells were incubated with IONP -CV@ZIF-8@PMA (1 pM) for 2 to 72 h at 37° C. Then,
cells were rinsed twice with ice-cooled PBS containing 0.5% BSA (bovine serum albumin) (Sigma-
Aldrich). Cells were trypsinized, centrifuged and resuspended in 300 pul of PBS- EDTA 2mM at 4° C in
FACS tubes. Cell-associated fluorescence of fluorescein and CV were determined using a BD
FACSCalibur™ flow cytometer. The cells maintained in the incubation medium without adding the
nanocomposites served as negative controls and used to subtract the autofluorescence signal.

For 3D spheroid, the spheroids were incubated with 1 pM of IONP-CV@ZIF-8 @PMA during 24h, 48h
and 72h. After the incubation time, the spheroids were dissociated using trypsin treatment that was
stopped with 200ul ice-cooled PBS containing 0.5% BSA. Cell-associated fluorescence of the CV was

determined using a BD FACSCalibur™ flow cytometer.
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Intracellular nanocomposites localization by transmission electron microscopy

In 2D culture, 10° cells were seeded into 35 mm dish and incubated with IONP-CV@ZIF-8@PMA at 1pM
for 72h. After two washes with PBS, cells were fixed with 4% glutaraldehyde in Sorensen buffer for 4 h
at 4°C. After washes, cells were postfixed in 1% osmium tetraoxide (osmium 2%, saccharose 0.25 M,
Sorensen 0.05 M) for 1 h at 20 °C, followed by washings with distilled water and uranyl acetate 2% for
12 h at 4 °C. After dehydratation, 70 nm sections of cells embedded in EMBed 812 resin were stained
with uranyl acetate and lead citrate and examined with a TEM (Hitachi HU12A, Japan) operating at 75
kV.

Intracellular nanocomposites localization by confocal microscopy

In 2D culture, 25x103 cells/compartment were seeded onto 4-compartment Cellview culture dishes
(Greiner Bio-One). After overnight growth, cells were incubated for 72 h with IONP-CV@ZIF-8@PMA
(1 pM). For lysosome staining, cells were incubated 15 min in the presence of 10 nM LysoBrite™ Blue
(excitation: 405 nm, AAT Bioquest, Inc.). The IONP-CV@ZIF-8@PMA (excitation: 405 nm for the
LysoBrite™ Blue, 488 nm for fluorescein and 633 nm for CV) and the blue lysotraker co-localization

were analyzed using LSM780 confocal microscope (Zeiss).

Cell treatment by AMF and RMF

The exposure of cells to MF was performed as follows. The indicated number of cells per compartment
were seeded into two 4-compartment Cellview dishes (Greiner Bio-One) and grown overnight. Two
compartments in each dish were treated with the indicated nanocomposites (1 pM) for 72 h at 37°Cin
DMEM medium containing 0.5% FBS and 100 IU/ml penicillin-streptomycin. Meanwhile, fresh DMEM
medium containing 0.5% FBS and 100 IU/ml penicillin-streptomycin (without nanocomposites) was
added to the other two compartments in each dish. After the 72 h incubation, the cells (in both dishes)
were rinsed twice with the incubation medium, and a fresh incubation medium was added. One of the
prepared 2 dishes was exposed to the MF, not the other. So that at the end of each exposure to MF
there were four populations of cells as follows: cells incubated with the nanocomposites and exposed
to MF, cells without nanocomposites but exposed to MF, cells incubated with the nanocomposites but
without MF exposure and cells without nanocomposites incubation nor MF exposure.

For the AMF exposure (275 kHz, 40 mT), the cells were exposed to the AMF delivered by a magnetic
inductor (Fives Celes, Lautenbach, France) for 2 h as previously described [27]. For RMF exposure, the
cells were exposed to the RMF delivered by a homemade magnet rotated with a motor (Fives Celes,
Lautenbach, France) for 2 h as previously described [28]. Different amplitudes (10, 20, 30, 40, 50, 60
and 70 mT) were assessed at 1 Hz frequency before choosing an optimum amplitude value. In all these

experiments, the temperature of the Cellview dish was maintained at 37.0 £ 0.2°C during MF exposure.
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Analysis of CV intracellular release by flow cytometry

For 2D culture, 25x10° cells/compartment were seeded into 4-compartment Cellview dishes (Greiner
Bio-One) and grown overnight. The cells were incubated with IONP-CV@ZIF-8 @PMA nanocomposites
(1 pM) for 72 h at 37°C. Then, the cells were rinsed twice with incubation medium and exposed one or
two times to MF (AMF or RMF) for 2 h once/day. After the exposure, the supernatant was collected,
and the cells were trypsinized, centrifuged and resuspended in 300 ul of PBS- EDTA 2mM at 4°C in FACS
tubes. Cell-associated fluorescence of CV was determined using a BD FACSCalibur™ flow cytometer.
For 3D spheroid, the spheroids were incubated with 1 pM of IONP-CV@ZIF-8@PMA nanocomposites
for 48 hours. After the incubation time, the spheroids are washed with complete medium and then
exposed one or two times to MF (AMF or RMF) for 2 h once/day. After the exposure to MF, the
spheroids were dissociated using trypsine treatment that was stopped with 200 ul ice-cooled PBS
containing 0.5% BSA. Cell-associated fluorescence of the CV was determined using a BD FACSCalibur™
flow cytometer.

After subtracting the basal fluorescence of the control cells (weren’t treated with the nanocomposites)
for each condition (exposed to the MF or not), the fluorescence intensity of CV contained in cells
treated with nanocomposites subjected to MF was related to the intensity in cells treated with

nanocomposites not subjected to MF.

Analysis of CV release in real-time by confocal microscopy

10° cells were plated onto 1-compartment Cellview culture dishes (Greiner Bio-One). After overnight
growth, cells were incubated with IONP-CV@ZIF-8@PMA (1 pM) for 72 h. After removing the medium,
cells were rinsed twice with incubation medium, incubated in fresh medium (buffered with 10 mM
HEPES buffer pH 7.4) and then exposed to MF. Another dish with cells that were treated with the
nanocomposites but not exposed to MF serves as a control. In order to induce thermal heating of the
IONPs, we used a homemade electromagnet that fits under the microscope and generates the AMF as previously
described [29]. The electromagnet was put inside a CELLview dish (Greiner Bio-One) containing the
adherent cells having uptaken IONP-CV@ZIF-8 @PMA. In this configuration, applying a current of 1.5 A
inside the driving coil brought an AMF of amplitude 40 mT. The field had a frequency 300 kHz and was
applied for 120 min. In order to induce mechanical forces onto the IONPs, we used another homemade
electromagnet that fits under the microscope and generates an RMF, as previously described [30]. The
application of a sinusoidal current with a 90° phase shift between two sets of coils creates a rotating
MF around the symmetry plane separating them. Under the conditions used for in vitro experiments,
simulations indicated that the MF inside the gap was 40 mT. The temperature of the cell incubation
medium was monitored and maintained around 37°C during both AMF and RMF exposures using a

thermal probe (Reflex 4, Neoptix, Canada) that was put inside the medium. A first image of the cells
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was recorded before turning on the MF generator. Then, after turning on the MF generator, the cells
were imaged each 10 minutes for 2 hours. The control cells were imaged in the same way but without

exposure to the MF.

Analysis of cell viability

For 2D culture, 7.5x10° cells/compartment were seeded into 4-compartment Cellview dishes (Greiner
Bio-One) and grown overnight. The cells were incubated or not with IONP@ZIF-8@PMA or IONP-
CV@ZIF-8@PMA (1 pM, 72 h) at 37°C. Two similar 4-compartment Cellview dishes were prepared
simultaneously. After removing the incubation medium, cells were rinsed twice with fresh medium,
then wells in one dish only were exposed to AMF or RMF for 2 h once/day in three consecutive days.
The effects of MF treatments were investigated on cell proliferation by counting the cell number by a
cell counter (Beckman cell counter z2) 24 h after MF exposure. Cells were counted once per day for

the 3 days.

Analysis of spheroid growth

The spheroids were incubated with 1 pM of IONP@ZIF-8 @PMA or IONP-CV@ZIF-8 @PMA for 48 hours.
After the incubation time, the spheroids were washed with fresh medium and then exposed to AMF
or RMF for 2 h once/day in three consecutive days. The spheroid growth was monitored daily under
an inverted phase-contrast microscope, and the size of the spheroids was measured from collected

images were analyzed using Image) softaware.

Statistical Analysis
Results are expressed as the mean + SEM of at least three independent experiments. Statistical analysis
was performed using one- or two-way ANOVA test. Differences were considered significant when p <

0.05.
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Results

Nanocomposites synthesis

This study presents the design of MF-responsive drug delivery nanocarriers composed of IONP
cores and ZIF-8 MOFs shells that were loaded with CV fluorescent probe and stabilized with the PMA
polymer coat.

The spherical IONP cores were prepared, and they displayed average SEM size and
hydrodynamic diameter of 22.3+1.6 and 35.5 + 5.1 nm, respectively (Figures 1 A, B, E). During the
growth of the ZIF-8 shell on the surface of the IONPs, the CV fluorescent cargo was added to allow its
loading inside the ZIF-8 pores. Afterwards, both loaded and nonleaded nanocomposites were coated
with the PMA polymer. The synthesized IONP@ZIF-8 @PMA and IONP-CV@ZIF-8 @PMA displayed core-
shell nanocomposite structures of cubic shape (Figures S1A and 1C). In addition, they showed similar
average microscopic sizes (137.1 £13.2 and 137.9 + 14.4 nm, respectively) and similar hydrodynamic
diameters in number mean (225.5 £ 9.6 and 229.5 + 1.9 nm, respectively) (Figures S1B, 1D and E).
Moreover, both nanocomposites, IONP@ZIF-8@PMA and IONP-CV@ZIF-8@PMA, presented similar
surface charge ({-potential =-16.4 + 1.6 and -16.0 £ 0.6 mV, respectively) (Figure 1F). The TGA analysis
showed that magnetic nanocomposites without PMA coating presented a pronounced weight loss (50—
60 wt %) at around 400°C due to the combustion of 2-methylimidazole, indicating their thermal
stability up to 400°C (Figure S1C). In addition, PMA-coated nanocomposites experienced a small mass
loss (10 wt %) at ~150-250 °C attributed to the polymer glass transition and a higher loss mass (=20
wt %) around 250-350 °C.

The N, sorption of the magnetic nanocomposites showed type-l isotherms, indicating the
formation of microporous material (Figure S1D). The BET surface area (Sger) of IONP@ZIF-8, IONP-
CV@ZIF-8, IONP@ZIF-8@PMA and IONP-CV@ZIF-8 @PMA were 1466122, 1268+18, 962+17 and 68319
m2.g7%, respectively. The important reduction of the Sger between the IONP@ZIF-8@PMA and IONP-
CV@ZIF-8@PMA indicates the loading of the CV in the ZIF-8 shell. The evaluation of the colloidal
stability in H,O by DLS confirmed that the PMA-coated nanocomposites (IONP-CV@ZIF-8@PMA) are
stable up to 72h, while the bare non-coated ones (IONP-CV@ZIF-8) aggregated and were not
detectable after 24h (Figure S1E). Additionally, the PMA-coated nanocomposites (IONP-CV@ZIF-
8@PMA) were also stable in DMEM culture medium and in artificial lysosomal fluid (ALF) up to 72h.

In addition to the physicochemical characterization, the magnetic properties of the IONPs and
the prepared nanocomposites were studied. After their incorporation inside the ZIF-8 shell, the IONPs
kept their superparamagnetic behavior with a similar saturation magnetization compared to free
IONP@PMA (M= 73.7 and 74.0 Am?/kg Fe, respectively) (Figure 1G). Moreover, ZFC/FC magnetization

curves showed that ZIF-8 coated IONPs presented a slightly lower blocking temperature (Tmax ~ 243 K)
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compared to the IONP@PMA ferrofluid (Tmax ~ 265 K), indicating the reduction of the dipolar
interaction between IONPs inside the ZIF-8 shells compared to the ferrofluid (Figure S1F). The analysis
of IONP heating properties as a function of MF amplitude showed that the heating power of
IONP@PMA ferrofluid increased with the MF amplitude (Figure 1H).

All together, these results indicated that unloaded and CV-loaded magnetic nanocomposites
presented similar physicochemical properties (size, surface charge). Also, it showed that the
nanocomposites preserved the magnetization of the IONPs to be exploited for MF-responsive

controlled release.
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Figure 1: A) Representative SEM image at 20 kV of IONPs (scale bar: 25 nm). B) Histogram of the number distribution (N) of
the diameters of the IONPs as determined from SEM images. C) Representative TEM image of the IONP-CV@ZIF-8@PMA
nanocomposites confirming their core-shell structure and cubic shape (scale bar: 50 nm). D) Histogram of the number
distribution (N) of the size of the IDNP-CV@ZIF-8@PMA (vertex-to-vertex distance), as determined from TEM images. E) DLS
intensity distributions of the hydrodynamic diameter of the IONPs, IONP@ZIF-8@PMA and IONP-CV@ZIF-8@PMA. F) {-
potential measurements of IONP@ZIF-8@PMA and IONP-CV@ZIF-8@PMA. G) Saturation magnetization measurements of
the IONP@PMA and IONP-CV@ZIF-8@PMA. H) Heating power values as a function of alternating MF intensity amplitude of
the IONPs at 93 kHz.
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Nanocomposites uptake and subcellular localization

The cancer progression and aggressiveness are not only dictated by the tumor cells, but also
involve the tumor microenvironment notably the cancer-associated fibroblasts (CAF) that play a critical
role in tumor progression and resistance acquisition to anticancer treatments, such as in pancreatic
cancer [31, 32]. We analyzed the cytotoxicity, uptake and subcellular localization of IONP-CV@ZIF-
8@PMA nanocomposites on pancreatic cancer cells MiaPaCa2 and CAF, chosen as models. The IONP-
CV@ZIF-8@PMA nanocomposites did not present cytotoxic activity on MiaPaCa2 cancer cells and
cancer-associated fibroblasts (CAF), up to 1 pM and 72 h of incubation (Figure S2). The nanocomposites
hemocompatibility was also investigated, where the hemolysis ratios of the red blood cells incubated
with IONP-CV@ZIF-8@PMA were negligible at concentrations up to 10 pM. These results indicate that
these magnetic nanocomposites could represent a biocompatible drug delivery system for intravenous
administration (Figure S3).

The kinetics of IONP-CV@ZIF-8 @PMA cellular uptake were first determined by measuring the
fluorescence intensity of fluorescein, present on the nanocomposites PMA polymer coat, using flow
cytometry. The results indicated that the amount of IONP-CV@ZIF-8 @PMA taken up by MiaPacCa2
cells increased with the time of incubation (Figure 2a). The IONP-CV@ZIF-8@PMA uptake by CAF
through measuring the fluorescence intensity of fluorescein could not be determined due to the high
level of CAF autofluorescence on fluorescein wavelength. We also evaluated the IONP-CV@ZIF-
8@PMA uptake by measuring the fluorescence intensity of CV, encapsulated in the nanocomposites,
using flow cytometry, on both MiaPaCa2 and CAF cells. The kinetics of IONP-CV@ZIF-8@PMA uptake
by MiaPaCa2 cells indicated that the amount of uptaken IONP-CV@ZIF-8 @PMA increased up to 6h of
incubation, then slightly decreased that could be attributed to a partial leak of the loaded CV from the
nanocomposites which can be expelled out of the cells (Figure 2B). The uptake of IONP-CV@ZIF-
8@PMA by CAF cells increased with the incubation time up to 24h, and then it was stabilized (Figure
2B).

Furthermore, the amount of uptaken IONP-CV@ZIF-8 @PMA was higher and faster in CAF than
in MiaPaCa2 cells, indicating that the nanocomposites uptake depends on the cell type. We next
characterized the cellular fate of IONP-CV@ZIF-8 @PMA in MiaPaCa2 and CAF cells (Figures 2 C-F). The
transmission electron microscopy (TEM) images of MiaPaCa2 and CAF cells indicated that IONP-
CV@ZIF-8@PMA were mainly localized in lysosomes (Figures 2C and D). Also, the confocal microscopy
studies confirmed that IONP-CV@ZIF-8@PMA accumulated in the lysosomes compartment of
MiaPaCa2 and CAF cells (Figures 2 E and F). The analysis of IONP-CV@ZIF-8@PMA / Lysotraker
colocalization showed that 86.8 £ 0.9 and 90.2 + 3.1 % of the uptaken IONP-CV@ZIF-8@PMA were

localized inside the lysosomes of MiaPaCa2 and CAF cells, respectively.
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Figure 2: Uptake and subcellular localization of SPION-CV@ZIF-8@PMA-FITC. A) Kinetics of IONP-CV@ZIF-8@PMA-FITC
uptake by MiaPaCa2 cells. Cells were incubated with 1 pM of IONP-CV@ZIF-8@PMA for 2 to 72 h. Fluorescence intensity
associated to the fluorescein was measured by flow cytometry, and results are expressed as the mean + SEM of at least three
separate experiments. B) Kinetics of IONP-CV@ZIF-8@PMA uptake by MiaPaCa2 and CAF cells. Cells were incubated with 1
pM of IONP-CV@ZIF-8@PMA for 2 to 72 h. Fluorescence intensity associated to the CV was measured by flow cytometry, and
results are expressed as the mean + SEM of at least three separate experiments. C and D) Representative TEM images of IONP-
CV@ZIF-8@PMA in MiaPaCa2 (C) and CAF (D) cells that were incubated with 1 pM of IONP-CV@ZIF-8@PMA for 72h. E and F)
Subcellular colocalization of IONP-CV@ZIF-8@PMA in MiaPaCa2 (E) and CAF (F) cells that were incubated with 1 pM of IONP-
CV@ZIF-8@PMA for 72 h, then with 10 nM Blue Lysotraker for 15 minutes and observed under confocal microscope (Scale
bars are 20 um).
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MPF-induced cargo release in 2D cultured MiaPaCa2 cancer cells and CAF

The controllable responsive cargo release behavior was then studied in response to MF
application. Toward this aim, MiaPaCa2 and CAF cells were incubated with 1 pM of IONP-CV@ZIF-
8@PMA for 72h, then washed to eliminate non-internalized IONP-CV@ZIF-8@PMA and exposed to
AMF (40 mT, 275 kHz) or RMF (40 mT, 1 Hz) for 2h while temperature was maintained at 37°C. Control
cells were incubated with the IONP-CV@ZIF-8@PMA for 72 h, but not exposed to MF. The impact of
MF exposure was determined by analyzing the CV fluorescence intensity associated with cells by flow
cytometry, comparatively to control cells.

We showed that AMF exposure significantly increased the CV fluorescence intensity by 1.22 +
0.04 and 1.33 + 0.06-fold in MiaPaCa2 and CAF cells respectively, compared to control cells that were
not exposed to AMF (Figure 3A), suggesting thermally induced CV release from the nanocomposites.
Moreover, a second AMF exposure resulted in an enhanced CV release by 1.60 £ 0. 09 and 1.72 + 0.34-
fold in MiaPaCa2 and CAF cells respectively, indicating that the cargo release from the magnetic
nanocomposites can be improved by repeated AMF application.

We then studied the impact of IONP movement induced by RMF application on CV release
from the magnetic nanocomposites. First, we screened the efficiency of a 1 Hz RMF of different
amplitudes (10-70 mT), this frequency being known to induce mechanical forces from small IONPs [28,
33]. As shown in Figure S4, RMF exposure caused the CV release from the magnetic nanocomposites
at most amplitudes, in MiaPaCa2 cells. The maximal effect was observed with the 40 mT amplitude,
inducing significantly the CV release from the nanocomposites by 1.20 + 0.02 in MiaPaCa2 cells,
compared to control cells in absence of RMF application (Figure 3B). IONP movement induced by RMF
application also significantly increased the CV release from the nanocomposites by 1.31 + 0.18-fold in
CAF cells. We also observed that a second RMF exposure did not significantly enhance the CV escape
from the nanocomposites compared to a single exposure.

Noticeably, the double AMF exposure induced a higher CV release from the nanocomposites
in MiaPaCa2 and CAF cells than the RMF one, suggesting that MNPs heating could be more efficient
than MNPs movement to trigger drug release using spherical 22 nm IONPs (Figure 3C). Other
physicochemical properties such as the size, the shape (i.e., nanorod) and the anisotropy may optimize
the generation of mechanical forces by the IONPs to enhance their efficiency in inducing the cargo
release from the nanocomposites. The enhancement of CV fluorescence intensity, observed in the
release experiments, could be due to reduced quenching. Indeed, partial self-quenching due to a high
concentration of fluorescent molecules or quenching by MNPs or the MOF shells can occur [34-39],
when the CV is inside the nanocomposites. Consequently, the CV escape from the nanocomposites
induced by IONP heating or movement results in the decrease of such quenching mechanisms, leading

to the enhancement of its fluorescence intensity.
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Figure 3: MF-induced CV release in 2D cultured cells. A and B) Analysis of CV fluorescence intensity in MiaPaCa2 and CAF cells
after their incubation with IONP-CV@ZIF-8@PMA (1 pM, 72h) and exposure to AMF (A) or RMF (B) once or twice in two
subsequent days, measured by flow cytometry. C) Analysis of CV fluorescence intensity in MiaPaCa2 cells after their incubation
with IONP-CV@ZIF-8@PMA (1 pM, 72h) and two exposures to AMF or RMF. Control cells (CT) were incubated with the IONP-
CV@ZIF-8@PMA for 72 h, but not exposed to MF. The results are expressed in fold-basal of CV fluorescence intensity compared
to the control cells and are the mean + SEM of at least three independent experiments.

The CV escape from magnetic nanocomposites was also monitored in real-time on living cells
by confocal microscopy, using homemade AMF or RMF miniaturized electromagnets [29, 30]. Confocal
images of cells containing IONP-CV@ZIF-8 @PMA with or without exposure to AMF or RMF are shown
in Figure 4A. In these representative images, an increase in CV fluorescence intensity in cells is
observed after 120 minutes of AMF or RMF application, in comparison to control cells before and in
absence of MF exposure. The CV fluorescence intensity was then analyzed from confocal images
comparatively to t0 of each condition (Figure 4B). AMF and RMF application led to significant increase
in the CV fluorescence intensity (2.57 + .40 or 2.60 + 0.33-fold basal in response to 120 minutes AMF
or RMF exposure), whereas it did not not vary in cells in absence of MF exposure (0.74 + 0.1-fold basal).
Indeed, the CV fluorescence intensity increased significantly since 50 or 60 minutes of AMF or RMF
application respectively, displaying intensities of 1.52 £ 0.12 and 1.57 £ 0.10-fold higher than the initial
intensity values. These findings indicate that the CV release from the magnetic nanocomposites is

rapidly induced by the IONP heating or movement.
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Figure 4: Real-time analysis of MF-induced CV release in 2D cultured cells, by confocal microscopy. The analysis of CV
fluorescence intensity inside the MiaPaCa2 cells after their incubation with IONP-CV@ZIF-8@PMA (1 pM, 72h) was measured
in real-time by confocal microscopy for 120 min without MF exposure, with AMF or RMF exposure using miniaturized home-
made electromagnets. A) Representative confocal images of CV labeling. B) Quantitative analysis of CV fluorescence intensity.
The results are expressed in fold-basal of CV fluorescence intensity comparatively to control cells (with IONP-CV@ZIF-8@PMA
in absence of MF application) and are the mean + SEM of at least three independent experiments.

MF-induced cargo release in 3D MiaPaCa2/CAF spheroids

We next investigated the magnetic nanocomposites uptake and cargo release in a 3D
cell culture model integrating different cellular components and capable to mimic the heterogeneity
of the pancreatic tumor. Pancreatic tumor spheroids made of MiaPaCa2 cancer cells and CAF stromal
cells (1:1 ratio) were constructed by the hanging drop technique, then transferred to dishes previously
treated with anti-adherence rinsing solution and incubated with IONP-CV@ZIF-8@PMA for 24, 48 and
72h. At this last time point, spheroids showed an average diameter of about 600 um. After spheroids
dissociation, the IONP-CV@ZIF-8@PMA uptake was determined by measuring the fluorescence
intensity of CV by flow cytometry (Figure 5 A and B).

The kinetics of IONP-CV@ZIF-8@PMA uptake showed that the % of MiaPaCa2 cells having
internalized magnetic nanocomposites is higher than the CAF cells (67.4 + 4.8 vs 22.4+ 4.4 %, 57.8 +
1.4vs16.1+2.6%,54.4£6.5vs 15.8+ 1.6 % for 24, 48 and 72h of incubation respectively). Noticeably,
the amount of IONP-CV@ZIF-8@PMA taken up by MiaPaCa2 cells in spheroids tends to slightly
decrease at 72h of incubation, suggesting partial leak of the loaded CV from the nanocomposites that
can be expelled out as observed in the 2D cell culture models (Figure 5A and 2B). Furthermore, the
analysis of CV fluorescence intensity showed that the amount of IONP-CV@ZIF-8@PMA in CAF positive
cells is 7.7, 6.2 and 4.7-fold higher than in MiaPaCa2 positive cells after 24, 48 and 72h of incubation,

respectively. These results could suggest that CAF populations are probably heterogeneous and
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present different capacities to uptake nanoparticles. These results also indicate that the efficiency of
IONP-CV@ZIF-8 @PMA uptake depends on cell type.

The CV release from magnetic nanocomposites was then studied in response to one or two
MF applications, by analyzing the CV fluorescence intensity associated with cells in MiaPaCa2/CAF
spheroids by flow cytometry, compared to control conditions. AMF exposure significantly increased
the CV intensity fluorescence by 1.73 + 0.37 and 1.76 + 0.52-fold in MiaPaCa2 and CAF cells,
respectively, compared to the control cells without AMF exposure (Figure 5C). A second AMF exposure
achieved more important CV release by 3.26 £ 1.56 and 1.77 + 0.23-fold in MiaPaCa2 and CAF cells,
respectively, which is not significantly different than the first exposure. IONP movement induced by
RMF application also significantly increased the CV release from the nanocomposites by 1.47 + 0. 17
and 1.68 + 0.22-fold after the first exposure, and by 2.65 + 1.24 and 2.34 + 0.49-fold after second
exposure in MiaPaCa2 and CAF cells respectively, compared to control cells without RMF exposure
(Figure 5D). These results agree with the previous ones observed in 2D-culture model and confirm that
IONP heating is more efficient than MNP movement to induce the CV release from the magnetic

nanocomposites.
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Figure 5: Analysis of IONP-CV@ZIF-8@PMA uptake by MiaPaCa2/CAF spheroids and MF-induced CV release. A) Percentage
of MiaPaCa2-GFP and CAF cells in spheroids that had internalized IONP-CV@ZIF-8@PMA. Spheroids were incubated with 1
pM of IONP-CV@ZIF-8@PMA for 24, 48 and 72h. B) Fluorescence associated to the CV in MiaPaCa2-GFP and CAF in spheroids
which had internalized the IONP-CV@ZIF-8@PMA. Spheroids were incubated with 1 pM of IONP-CV@ZIF-8@PMA for 24, 48
and 72 h. Fluorescence associated to the CV was measured by flow cytometry, and results are expressed as fluorescence
associated with the cells and are the mean + SEM of at least three separate experiments. C and D) CV fluorescence intensity
in MiaPaCa2 and CAF cells after the spheroid’s incubation with IONP-CV@ZIF-8@PMA (1 pM, 72 h) and exposure to AMF (40
mT, 275 kHz, 2 h) (C) or RMF (40 mT, 1 Hz, 2 h) (D) once or twice in two subsequent days, measured by flow cytometry.
Spheroids incubated with the IONP-CV@ZIF-8@PMA for 72 h, but were not exposed to MF served as control. The results are
expressed in fold basal of CV fluorescence associated to IONP-CV@ZIF-8@PMA with the MF, compared to the control ones,
and are the mean + SEM of at least three independent experiments.
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Impact on cell viability and spheroids growth

Since the CV could induce cytotoxic effects on MiaPaCa2 and CAF at high
concentrations, we analyzed the effect of CV release on their viability (Figures 6 A-D, Figures S9).
MiaPaCa2 and CAF were incubated or not with IONP@ZIF-8@PMA or IONP-CV@ZIF-8@PMA (loaded
vs non-loaded nanocomposites) at 1 pM for 72 h. Afterwards, the cells were washed to eliminate
unbound and non-internalized magnetic nanocomposites and were exposed to AMF or RMF for 2 h
once per day (from day 5 to 7) while temperature was maintained at 37°C. The results showed that the
AMEF exposure decreased significantly the viability of IONP-CV@ZIF-8@PMA-loaded MiaPaCa2 cells
compared to control ones without nanocomposites nor AMF exposure (3.0 + 0.5-fold), to cells with
IONP@ZIF-8 @PMA and IONP-CV@ZIF-8@PMA without AMF exposure (2.9 + 0.7-fold and 3.0 + 0.6-
fold, respectively) and to AMF-exposed cells devoid of magnetic nanocomposites (3.0 + 0.4-fold)
(Figures 6 A). There was less viability, although not significant, for the cells loaded with IONP-CV@ZIF-
8@PMA and exposed to AMF compared to cells with IONP@ZIF-8@PMA and AMF exposure.

AMF exposure also significantly decreased the viability of IONP-CV@ZIF-8@PMA-
loaded CAF cells while it had no significant effect on the number of IONP@ZIF-8 @PMA-loaded cells
and compared to control conditions (1.5 to 1.8-fold) (Figure 6B). Interestingly, the AMF-induced CV
release resulted in more inhibition of the MiaPaCa2 cells than the CAF, although the impact of AMF on
CV release in both of them was close. These results confirm that CAF cells are more resistant than
MiaPaCaz2 cells to CV in agreement with the free CV cytotoxicity results (ICso = 7.5x107 M and 1.9x107
M in MiaPaCa2 and CAF cells at 72h of incubation) (Figure S8A and S9).

We also studied the RMF-induced CV release on MiaPaCa2 and CAF cell viability.
While the RMF exposure had no significant effect on the number of IONP@ZIF-8@PMA-loaded
MiaPaCa2 cells compared to control conditions, it significantly inhibited the proliferation of IONP-
CV@ZIF-8@PMA-loaded MiaPaCa2 cells after RMF treatment (Figure 6C). In contrast, RMF-induced CV
escape from magnetic nanocomposites did not affect the viability of CAF cells, confirming once again
that CAF cells are more resistant than MiaPaCa2 cells to CV release (Figure 6D, Figure S8B). The
comparison of AMF and RMF-induced CV release on cell viability showed that IONP heating is more
efficient than MNP movement in inhibiting the viability of IONP-CV@ZIF-8@PMA-loaded MiaPaCa2
and CAF cells (Figure S8 C and D).

We also studied the effect of CV release on MiaPaCa2/CAF spheroids growth by measuring
their size by microscopy (Figures 6 E and F). AMF and RMF exposure significantly decreased the size of
IONP-CV@ZIF-8@PMA-loaded spheroids by 13.4 £ 1.9 % and 12.9 £ 2.1 %, respectively, compared to
control cells (without nanocomposites nor MF exposure). Moreover, the AMF exposure had no
significant effect on the size of IONP@ZIF-8 @PMA-loaded cells and unloaded cells. IONP@ZIF-8 @PMA
and IONP-CV@ZIF-8@PMA incubation did not also affect the spheroids size, indicating the
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biocompatibility of the nanocomposites on the spheroids. All together, these results demonstrated
that CV release from magnetic nanocomposites through IONP heating and movement decreased the

viability of 2D or 3D culture models.
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Figure 6: Impact of CV release on 2D cultured cell viability and 3D spheroids size. A and B) Analysis of MiaPaCa2 (A) and CAF
(B) cell viability following their incubation with IONP@ZIF-8@PMA or IONP-CV@ZIF-8@PMA for 72 h, washing, and exposure
or not to AMF (40 mT, 275 kHz) for 2 h, once/day during 3 days. Cell viability was evaluated by counting cells 24 h after the
last exposure. Results are expressed as mean + SEM of at least three separate experiments. C and D) Analysis of MiaPaCa2
(C) and CAF (D) cell viability following their incubation with IONP@ZIF-8@PMA or IONP-CV@ZIF-8@PMA for 72 h, washing,
and exposure or not to RMF (40 mT, 1 Hz) for 2 h, once/day during 3 days. Cell viability was evaluated by counting cells 24h
after last exposure. Results are expressed as mean + SEM of at least three separate experiments. E and F) Spheroids size
measurement after their incubation with IONP@ZIF-8@PMA or IONP-CV@ZIF-8@PMA for 72 h, washing, and exposure or not
to AMF (40 mT, 275 kHz) (E) or RMF (40 mT, 1 Hz) (F) for 2 h, once/day for 3 days. Spheroid size measurement was evaluated
24 h after each AMF exposure, during 3 days. The spheroid size of the last day after 3 exposures are expressed as mean + SEM.
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Discussion

In this study, we developed and characterized aqueous stable magnetic nanocomposites
loaded with CV fluorescent probe. We also compared the induced CV release from the magnetic
nanocomposites delivery systems in response to AMF or RMF inside MiaPaCa2 cancer cells and CAF
cancer microenvironment ones. The induced cargo release was investigated in 2D cell culture as well
as 3D multicellular spheroids environments.

Electron microscopy images confirmed the core-shell structure of the prepared
nanocomposites. The synthesized IONP cores showed superparamagnetic behavior that was also
observed after their coating with the ZIF-8 shells. This superparamagnetic behavior indicates the
potential of the prepared nanocomposites for being used as magnetic contrast agents for biomedical
imaging applications as MRI and MPI. Interestingly, the M, of the IONPs (Fe30,) did not change after
the growth of the ZIF-8 MOF shells. A similar observation was reported by Fang et al. upon preparing
Fes04@ZIF-90 core-shell nanocomposites [22]. However, other studies observed a decrease in M; of
the Fes04 MNP cores after the MOF shell growth, namely the university of Oslo frameworks (UiO-66)
and the isoreticular MOFs (IRMOF-3) [40, 41]. One can note that the growth of the UiO-66 and IRMOF-
3 was done in an autoclave up to 100° C in organic solvents, where either dimethylformamide alone or
in 1:1 mixture with ethanol were used [40, 41]. However, the ZIF-8 shells in our study, and the ZIF-90
ones in the study by Fang et al., were both synthesized under ambient conditions in aqueous solutions
[22]. The ZIF-8 mild aqueous preparation conditions could have helped to keep the M; of the MNP
cores inside the nanocomposites, indicating the ZIF-8 potential for developing MF-responsive MOF-
based nanocomposites.

Additionally, a decrease in the magnetic dipolar interaction of the IONPs was observed after
the growth of the ZIF-8 shells on their surface. These findings are in agreement with the TEM images
that show discrete one or two IONPs inside the ZIF-8 shells without large agglomeration. A lower
magnetic dipolar interaction of the MNPs after being inside the MOF shell was also previously reported
[22].

Afterwards, the IONP @ZIF-8 nanocomposites were loaded with the CV fluorescence probe
inside their pores. This loading was characterized by the lower Sger of the CV-loaded nanocomposites
compared to the non-loaded ones. The ZIF-8 pores were reported to have a pore size of 11.6 A and a
pore opening of ~3.4 A [42]. Using ChemDraw?®, the CV molecule was found to be flat with dimensions
of ~13 A long and ~7 A width, which is larger than the ZIF-8 pore size. Indeed, several studies showed
the feasibility of loading the ZIF-8 with molecules larger than their pore sizes, such as the Hoechst dye
(18.5X 4.1 X 4.1 A) [18] or doxorubicin (14.64 x 10.02 x 6.90 A) [43]. These larger cargos were loaded
following the one-pot synthesis strategy used in our study. The larger molecules loading inside the ZIF-

8 pores was related either to the flexibility in the ZIF-8 pore structure [18, 44, 45] or to the formation
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of mesopores inside the ZIF-8 crystal by the loaded cargo [43]. The CV loading into the ZIF-8 MOFs
points out their versatility to load a wide variety of therapeutic cargos with different sizes.

For their testing on cells, the CV-loaded IONP@ZIF-8 nanocomposites were coated with PMA
polymer that enhanced their colloidal stability in PBS, cell culture media and ALF conditions. Similar
ZIF-8 based nanocomposites stabilization through PMA coating was reported, with the ability to allow
induced diffusion-controlled flow of molecules though the polymer layer [18, 26, 46]. The IONP-
CV@ZIF-8@PMA nanocomposites accumulated in the lysosomes of the MiaPaCa2 and CAF cells. Other
studies also observed lysosomal accumulation of PMA-coated ZIF-8 nanocomposites of similar size on
tumor cells [18, 26].

A significantly increased CV release from IONP-CV@ZIF-8@PMA nanocomposites was
observed inside MiaPaCa2 and CAF cells (in 2D models and their 3D spheroids) in response to the AMF
and RMF exposures. These results confirm that an intracellular on-demand cargo release from the
developed ZIF-8 magnetic nanocomposites in response to MF can be achieved via both heating and
mechanical actuation, making them promising candidates for MF-responsive anticancer drug delivery
applications.

The CV-induced release in response to high-frequency AMF could be attributed to a local
temperature gradient generated by the MNP cores heating that induced the CV thermodiffusion out
of the nanocomposites [47]. It could also be due to changes in the pores of the ZIF-8, considering their
pore structure flexibility [18, 44, 45]. Other studies have reported a high hydrothermal stability of the
ZIF-8 up to 300 °C [48], and our study showed a TGA stability of ZIF-8 shells up to 400°C. Thus, we think
it is unlikely that the ZIF-8 shells would be degraded in response to heating the IONPs. Hyperthermia-
induced cargo release from other metal nanoparticle-based delivery systems due to thermodiffusion
mechanism was previously observed both from gold nanostars@ZIF-8 in response to light and from
magnetic nanoparticles@polymeric microspheres in response to AMF [18, 49].

The cargo release in experiments with RMF could be due to induced IONP movements, which
could result in either diffusion-associated or deformation-assisted magneto-mechanical effects [50-
52]. A recent study by Li et al. showed direct attachments through coordination bonding between ZIF-
8 shells (namely, their imidazolate organic ligand) and the surface of the metal nanoparticle cores in
similar ZIF-8 nanocomposites [53]. Also, Carrey et al. reported that a significant torque could be
induced by RMF upon having large magnetic assemblies [33]. However, in our case, there was a small
number of magnetic nanoparticles (one or two) inside each nanocomposite that could be unlikely to
induce bond breakage between the magnetic nanoparticle cores and the bounded ZIF-8 shells under
the RMF. Moreover, we observed mechanical vibrational and rotational movements of whole
nanocomposites systems of ZIF-8 loaded with other types of MNPs, that were feasible to be followed,

under RMF (data not shown). This mechanical vibrational and rotational movement could induce fluid
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flow in the nanocomposites especially in the pores near the surface leading to releasing their CV load.
We thus propose that the cargo release could be due to the motion of the whole nanocomposite
inducing a fluid flow.

A comparative study of MF-induced release and its kinetics between surface vs. pore-loaded
cargos from the same nanocomposite platform may help to get more insights about the release
mechanisms induced by AMF and RMF from this type of delivery systems.

Herein, we were able to point out two studies that investigated the MF-responsive release
from MOF-based magnetic nanocomposites: one was done following the low-frequency non-heating
MF [22], and the other used the AMF [23]. In both studies, the magnetic nanocomposites had
superparamagnetic properties similar to our case. Also, the MNP cores were similarly composed of
iron oxide.

In the study used the low-frequency non-heating MF (20 Hz and 20 mT, applied for 20 min each
1h), there was an observed MF-induced release of the 5-fluorouracil cargo from the nanocomposites
(FesO4@ZIF-90) in PBS solution. The MF-induced release was ~2.28-fold higher after 2 h compared to
the control condition without MF exposure. In our case, we obtained 2.60 + 0.33-fold higher
intracellular CV release in the real-time experiment under the confocal microscope with the low-
frequency RMF (1 Hz and 40 mT, applied for 2h). However, it should be noted that there are differences
in the release conditions and the applied MF and frequencies. Also, there is a difference in the MF
application time, 2 h continuous exposure in our study compared to their intermittent 20 min exposure
every 1 h.

In the other study, two AMF exposures (27.3 mT, 250 kHz, applied for 10 min separated by 4
h) were applied to enhance the mertansine drug release from Fes0,@MIL-88B—NH; nanocomposites
after their incubation with glioblastoma cells. Although the study did not report MF-responsive release
experiments, the authors observed lower cell viability on the nanocomposite-loaded cells after AMF
exposure compared to the loaded cells that were not exposed to the AMF. We had a similar
observation. However, their results cannot be compared quantitatively with ours as they used a
chemotherapeutic cargo, which was not the case in our study.

Interestingly, differences were observed in our study between the AMF and RMF-induced CV
release inside the cells. For instance, we noticed enhanced CV release from the nanocomposites in
MiaPaCa2 and CAF cells after a second AMF exposure compared to the RMF. Also, there was observed
higher efficiency of the MF-induced CV release in inhibiting the MiaPaCa2 and CAF cells viability with
AMF compared to RMF, after repeated MF exposures. Both findings indicate the higher efficiency of
the IONP cores (22 nm) heating in inducing the CV release compared to their mechanical movement.

In addition, different inhibition of cell viabilities was noticed between MiaPaCa2 and CAF in

response to AMF and RMF-induced CV release. More inhibition of MiaPaCa2 cell viability compared to
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CAF occurred with the repeated AMF-induced CV release. Moreover, cell viability inhibition was
observed with MiaPaCa2 cells only, not CAF, with the repeated RMF-induced CV release. These
observations indicate the complexity of the tumor microenvironments, especially ones with high
degree of stroma involvement such as pancreatic cancers, that could exacerbate the efficacy of
therapeutic agents. This complexity points out the need for the development of tailored therapeutic

strategies for efficient treatment of cancer malignancies.

Conclusion

This study proved the ability to design ZIF-8 based magnetic nanocomposites of
superparamagnetic IONP cores to enable on-demand cargo release in response to MF. It also revealed
differences in the cargo release between the AMF thermal trigger vis-a-vis the RMF mechanical one in
intracellular conditions. In addition, it showed that different responses to therapeutic agents could
occur between cancer cells and the tumor microenvironment ones. Hence, our study is a step forward
in investigating the magnetic properties and the intracellular MF-induced release behavior from MOF-

based magnetic nanocomposites toward their development as anticancer nanotheranostics.
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Supplementary Figures and

Tables:

Figure S1: A) Representative SEM images of IONP@ZIF-8 @PMA collected with AsB detector at 20 kV

(scale bar is 200 nm). B) Histogram of the number distribution (N) of the sizes of the IONP@ZIF-8 @PMA

(vertex-to-vertex distances),

as determined from SEM

images.

C) TGA of the magnetic

nanocomposites. D) N, sorption isotherms at 77 K of the magnetic nanocomposites. E) Colloidal

stability of the magnetic nanocomposites analyzed by DLS in different aqueous media (water, DMEM

culture medium, ALF). F) ZFC/FC magnetization curves of IONP@PMA and IONP-CV@ZIF-8@PMA.
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Table S1: Hydrodynamic diameters (number mean value + SD) obtained from DLS measurements of

the nanocomposites in different media (water, Phosphate saline Buffer, 10% FBS supplemented cell

medium (DMEM), artificial lysosomal fluid (ALF)) and nanocomposites in water. The IONP-CV@ZOF-

8@PMA were stable in different media for up to 72 hours. The IONP-CV@ZOF-8 dispersed in water,

aggregated at 24 h and were not detectable at 72 h.

T[h] NoPMAHO H:0 PBS DMEM ALF

0 194.7+4.0 217.613.1 203.314.2 218.7+3.8 220.3%1.6
2 206+7.6 220.8+1.7 186.5+5.2 216%6.0 234.1+19.6
6 185+3.7 229.7+3.0 206.815.5 239.3+10.8 214+2 .4
24 674.5+474 224.5+0.2 223.616.0 235.2+3.9 222.149.7
72 0 224.5+0.2 220.31+8.7 235.6%3.8 227.8%7.2
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Figure S2: A and B) Cytotoxicity of IONP-CV@ZIF-8@PMA in MiaPaCa2 (A) and CAF (B) cells. C and D)

Cytotoxicity of IONP@ZIF-8@PMA in MiaPaCa2 (C) and CAF (D) cells. MiaPaCa2 or CAF cells were

incubated with increased concentration of nanocomposites for 24, 48 or 72 h. The nanocomposites

cytotoxicity was analyzed by MTT assay. Results are expressed as mean + SEM of at least three

independent experiments.
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Figure S3: Analysis of hemocompatibility of IONP-CV@ZIF-8@PMA. Murine, rat or human blood was
incubated with increasing concentrations of IONP-CV@ZIF-8@PMA, 1 mg/ml Triton X- 100 (positive
control) or PBS (negative control) for 4 h at 37°C. Optical density of the supernatant was then measured
at 540 nm and the hemolysis percent was calculated relative to the positive control (Triton X-100)

represented 100% hemolysis. Results are expressed as mean + sem.
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Figure S4: Induction of CV release upon RMF exposure. MiaPaCa2 cells were incubated with IONP-

CV@ZIF-8@PMA for 72 h, washed, and exposed for 2 h to RMF (1Hz) with different amplitudes (10,

20, 30, 40, 50 60 and 70 mT). CV fluorescence intensity was analyzed by flow cytometry. Control cells

were incubated with the IONP-CV@ZIF-8@PMA for 72 h, washed, but were not exposed to MF. The

results are expressed as fold-basal of CV fluorescence intensity in control cells and are the mean + SEM

of at least three independent experiments.
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Figure S5: A) Induction of CV release upon AMF exposure. MiaPaCa2 cells were incubated with IONP-
CV@ZIF-8@PMA for 72 h, washed, and exposed to AMF (40 mT, 275 kHz) for different times (30 min,
1h, 2 h and 2 exposures of 2h in two subsequent days). CV fluorescence intensity was analyzed by flow
cytometry. Control cells were incubated with the IONP-CV@ZIF-8@PMA for 72 h, washed, but were
not exposed to MF. The results are expressed as fold-basal of CV fluorescence intensity in control cells
and are the mean + SEM of at least three independent experiments. B) Induction of CV release upon
RMF exposure. MiaPaCa2 cells were incubated with IONP-CV@ZIF-8@PMA for 72 h, washed, and
exposed to RMF (40 mT, 1 Hz) for different times (30 min, 1h, 2h and 2 exposures of 2h in two
subsequent days). CV fluorescence intensity was analyzed by flow cytometry. Control cells were
incubated with the IONP-CV@ZIF-8@PMA for 72 h, washed, but were not exposed to MF. The results
are expressed as fold-basal of CV fluorescence intensity in control cells and are the mean + SEM of at

least three independent experiments.
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Figure S6: A) Number of cells per spheroid after their incubation or not with IONP-CV@ZIF-8 @PMA for
24h, 48h and 72 h. B) Cell type proportion in spheroids during 3 days after spheroid formation (62%
MiaPaCa2-GFP / 38% CAF).
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Figure S7: A and B) MiaPaCa2 (A) and CAF (B) cellular proliferation assay following their incubation

with IONP@ZIF-8 @PMA or IONP-CV@ZIF-8@PMA (1 pM, 72 h), washing, and exposure or not to AMF

(40 mT, 275 kHz) for 2 h, once/day during 3 days. Cell proliferation was evaluated by counting cells 24h

after AMF exposure, during 3 days. Results are expressed as mean + SEM of at least three separate

experiments. C and D) MiaPaCa2 (C) and CAF (D)cellular proliferation assay following their incubation

with IONP@ZIF-8 @PMA or IONP-CV@ZIF-8@PMA (1 pM, 72 h), washing, and exposure or not to RMF

(40 mT, 1 Hz) for 2 h, once/day during 3 days. Cell proliferation was evaluated by counting cells 24h

after RMF exposure, during 3 days. Results are expressed as mean + SEM of at least three separate

experiments.
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Figure S8: Comparing the impact of CV-induced release (AMF vs. RMF) on cells viability (MiaPaCa2
vs. CAF) on 2D cultures. A and B) Analysis of MiaPaCa2 vs. CAF cell viability following their incubation
with IONP-CV@ZIF-8 @PMA for 72 h, washing, and exposure or not to AMF (40 mT, 275 kHz) (A) or
RMF (40 mT, 1 Hz) (B) for 2 h, once/day during 3 days. Cell viability was evaluated by counting cells 24
h after last exposure. Results are expressed as mean + SEM of at least three separate experiments. C)
Analysis of MiaPaCa2 cell viability following their incubation with IONP-CV@ZIF-8@PMA for 72 h,
washing, and exposure or not to AMF (40 mT, 275 kHz) or RMF (40 mT, 1 Hz) for 2 h, once/day during
3 days. Cell viability was evaluated by counting cells 24h after last exposure. Results are expressed as
mean + SEM of at least three separate experiments. D) Analysis of CAF cell viability following their
incubation with IONP-CV@ZIF-8@PMA for 72 h, washing, and exposure or not to AMF (40 mT, 275
kHz) or RMF (40 mT, 1 Hz) for 2 h, once/day during 3 days. Cell viability was evaluated by counting
cells 24h after last exposure. Results are expressed as mean + SEM of at least three separate

experiments
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Figure S9: Cytotoxicity of CV on MiaPaCa2 (A) and CAF (B) cells. Cells were incubated with increased

concentrations of CV for 24, 48 or 72 h. Cytotoxicity was analyzed by MTT assay. Results are expressed

as mean + SEM of at least three independent experiments.

A

1009

Cell viability (% Control)
[4,]
<

-7

100

e 2l

Cell viability (% Control)
[4)]
it

CV, Log[M]

Table S2: ICso values of CV on MiaPaCa2 and CAF cells. Cells were incubated with increased

concentrations of CV for 24, 48 or 72 h. Cytotoxicity was analyzed by MTT assay.

Cell Incubation time (h) 1Cs0 (LM)
MiaPaCa2 24 3.14
48 0.92
72 0.75
CAF 24 20.79
48 17.99
72 19.09
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Second part of results: Synthesis of chemotherapeutic drug loaded metal-organic

frameworks magnetic nanocomposites

The major aim of this part was to continue the work beyond the proof of concept using the
fluorescent probe towards using anticancer drugs. So that, this work investigated the feasibility of
preparing magnetic metal-organic frameworks nanocomposites loaded with anticancer drugs. In
addition, we investigated here the possibility of having magnetic nanoparticle cores of different
sizes, shapes and compositions that could affect the magnetic properties of the prepared

nanocomposites.

This part was done during a secondment to Nanomaterials for biomedical application group
in the Italian institute of technology (Genova, Italy), Pl: Prof. Teresa Pellegrino. This experimental
work was done by me, Ana Maria Panaite and Aleksandra Predeina (early-stage researchers from

the HEATNMof project)

163



Contents

l. Introduction
Il. Materials and methods
Il Results and discussions
V. Conclusions and perspectives

V. References

164



l. Introduction

After the proof of concept using the cresyl violet fluorescent probe, the next step was to load
the magnetic metal-organic frameworks (MOFs) nanocomposites (NCs) with anticancer drugs. In
addition, it could be interesting to assess other types of magnetic nanoparticles (MNPs) of different
shapes, sizes and compositions. Herein, a preliminary study was done to investigate the feasibility of
synthesizing zeolitic imidazolate frameworks-8 (ZIF-8) NCs with different types of MNP cores and

loading them with two different chemotherapeutic drugs.

The MNPs used in the study in order to grow the ZIF-8 shells on their surface were iron oxide
nanoflowers (IONFs) of ~¥32 nm, Zn—ferrite nanocubes (ZFNCs) of ~¥23 nm and ~18 nm, and iron oxide
nanocubes (IONCs) of ~16 nm. Having MNP cores of different sizes, shapes and compositions inside
the NCs could result in different heating power and mechanical movement responses the applied

magnetic fields (MF) [1, 2].

On the other hand, loading the NCs with chemotherapeutic drugs could allow to study more
in depth their intracellular-induced effects after the magnetic MF-induced release. The
chemotherapeutic drugs selected for this study were doxorubicin (DOX) and 5-fluorouracil (5-FU),

figure 1 shows their chemical structure.

Doxorubicin 5-fluorouracil

OH

NH

Iz
O

Figure 1: Chemical structures of doxorubicin and 5-fluorouracil.

DOX is a fluorescent molecule that can be followed and monitored using fluorescence-based
spectroscopic and imaging techniques [3]. DOX loading into ZIF-8 surface could be mediated by its
interaction with the surface Zn?* cations via its quinone and the phenolic oxygens chelating sites on

both sides of the DOX anthracycline aromatic moiety. The Zn?* cations in ZIF-8 have tetrahedral
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geometry, making them bind to four imidazolate groups. While on the ZIF-8 surface, Zn%* binds only to
two imidazolate and water molecules replace the other two imidazolate organic linkers. So that DOX
could replace the two water molecules on the ZIF-8 surface and maintain the Zn?* tetrahedral
geometry [4]. DOX loading through surface adsorption into ZIF-8 was reported using the impregnation

post-synthesis approach, and it achieved a loading of 4.9% w/w [4].

DOX has a large molecular size of 14.64 x 10.02 x 6.90 A that is larger than the ZIF-8 pores
(pore size of 11.6 A and pore opening of ~3.4 A) [3, 4]. However, Zheng et al. investigated its loading
inside the ZIF-8 crystal using the one-pot in-situ synthesis approach, and interestingly, they were able
to achieve loadings up to 20% w/w [3]. In their study, there were observed mesopores (5-15 nm) that
contained DOX inside the ZIF-8 crystals, detected using the transmission electron microscope (TEM)
[3]. The powder X-ray diffraction revealed that DOX is loaded in its molecular form, as no DOX crystals

were detected inside the ZIF-8 [3].

DOX was also loaded through impregnation to the surface of gold nanorods-based ZIF-8 NCs,
and its release was triggered by dual near infra-red (NIR) irradiation and pH stimuli [5, 6]. Moreover, it
was possible to trigger the release of 95% of the surface-loaded DOX after 12h in PBS solution under
pH = 5.5 and NIR laser irradiation (808 nm, 1 W-cm™2), compared to 60% under pH = 5.5 without laser
irradiation, 50% with laser irradiation under pH = 7.4 and 17% under pH=7.4 without laser irradiation
[5]. Hence, it was reported that DOX can be loaded into the ZIF-8 MOFs either on their surface or inside

their pores, and its release could be triggered by light-mediated hyperthermia.

On the other side, 5-FU is a flat molecule with a smaller size (5.42 x 4.50 A) compared to DOX
(14.64 x 10.02 x 6.90 A) [3, 7]. Although it could fit inside the ZIF-8 pores, it was reported using
molecular dynamics simulations that 5-FU cannot diffuse under normal conditions inside them due to
their smaller pore window (ca. 3.4 A). So that, the impregnation approach resulted in loading the 5-FU
into the surface of gold nanoparticle-based ZIF-8 NCs. Afterwards, it was successfully released in
response to heating using visible light laser irradiation through surface desorption [7]. There was an
observed 29.5% hyperthermia-induced 5-FU release from the gold nanoparticles@ZIF-8 NCs after 30
min of laser irradiation (524.5 nm and 700 mW.cm™) compared to ~12% without laser irradiation in

water at pH=7.0 [7].

Therefore, it could be interesting to investigate the feasibility of DOX versus 5-FU release from
ZIF-8 in response to MF stimuli (magnetic hyperthermia or mechanical stress) that have their potential
advantages vis-a-vis the photo-thermal one, as discussed in the state-of-the-art chapter. The two drugs
have different sizes and molecular weights, thus could show different diffusion coefficients. Comparing

their kinetics of release from magnetic NCs after the MF exposure could be interesting. In addition, as
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was noted in the first results part, having NCs loaded with drugs on their surface and others loaded
with drugs inside the pores could be interesting for getting insights into the triggered release
mechanisms. Hence, we will investigate the loading of each drug using two approaches: the one-pot
in-situ loading to allow pore loading of the drugs, or the post-synthesis impregnation approach to allow

the drug surface loading.

In summary, the research of this preliminary study was done in two steps. First, NC synthesis
by growing ZIF-8 shells on the surface of each of the chosen MNP cores was investigated. Afterwards,
loading the optimized selected NCs with DOX and 5-FU using one-pot synthesis and impregnation

approaches was studied.

1. Materials and Methods

Methyl imidazole (Melm), zinc nitrate hexahydrate (Zn(NOs),'6H,0), DOX hydrochloride (98.0-
102.0%), 5-FU(>99%), methanol (99.8%) and ethanol (299.8%) were purchased from Sigma Aldrich.
Milli-Q water filtered through 0.22 mm pore size hydrophilic filters (18.2 MO-cm) was supplied by a

Milli-Q integral water purification system.
NC synthesis:

1 mL of 1.3 M Melm aqueous solution was placed in a glass vial under sonication at room temperature
(RT). Then 1 mL of 0.025 M Zn(NOs),-6H,0 aqueous solution was added. Immediately after, 1 mL of
5x10* M cetyltrimethylammonium bromide (CTAB) aqueous solution containing 2nM MNPs (IONFs
(Fe304) of ¥32nm, or ZFNCs (ZnosFe2.404) of ~23 nm or of ~18 nm) was added. These three MNPs were
tried at the beginning to grow the ZIF-8 shells on their surface and were synthesized according to the
protocol previously published [8]. The mixture was sonicated at RT for 5 min. Then, it was left
undisturbed for 3h at RT and observed during this time for the gradual appearance of whitish turbidity,
which indicates the growth of the ZIF-8 shell. Finally, the NCs were collected by centrifugation (7000
RCF, 10 min), washed twice with methanol and finally, redispersed in 3 mL of methanol. As the NCs

aren’t stable in water, they were finally dispersed in methanol.

Since synthesizing the NCs using the previously used MNPs at RT yielded aggregated structures, a
modified protocol for their synthesis at a higher temperature was tested. In this approach, the glass
vial containing the methyl imidazole aqueous solution was placed under sonication at 60°C. Then, the

zinc nitrate and CTAB-coated MNPs solutions were added. Afterwards, the mixture was sonicated for
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5 min at 60°C and left in the hot water bath 60°C without sonication for another 5 minutes. The

remaining steps were kept the same.

Since the NCs aggregated structure challenge was not solved at the higher temperature, smaller IONCs
(Fes04) of 16 + 2 nm were used for the NC synthesis and the reaction was done at RT as previously
described. The solvent here was changed to ethanol as it was observed in separate study trials that it
could yield more monodisperse nanocomposites. In addition, different ZIF-8 shell growth times were

tried, ranging from 1.5 hto 3 h.

After all syntheses, the prepared NCs were characterized by TEM and dynamic light scattering (DLS)

One-pot in-situ drugs encapsulation in NCs:

1 ml of 1,3M Melm was added in a glass vial placed under sonication at RT. Then, 1 ml of 0,025M of
zinc nitrate containing the drug, [500 pg/ml] 5-FU or DOX, was added to the glass vial. Afterward, 1 ml
of previously sonicated 5 nM of IONCs (16 nm) in CTAB aqueous solution (0.2 mg/ml) was added as
seeds for the ZIF-8 shells growth. The final drug concentration in the growth solution of the ZIF-8 shell
was 166.7 ug/ml. The mixture was sonicated at RT for 5 min and then left undisturbed at RT for 3 hrs.
After the incubation, the solution (3 ml) was transferred from the glass vial into two 2 ml microtubes
(1.5 ml microtube), centrifugated at 7000 rcf for 10 min, water was removed and it was redispersed in
ethanol. The contents of the two microtubes were pooled and centrifuged again at 7000 rcf for 10 min.

The supernatant was removed and the NCs were finally redispersed in ethanol.

Since the DOX-loaded NCs did not form at the previously used concentration of 500 pug/ml in the zinc
nitrate solution (equivalent to 166.67 pg/ml in the reaction mixture of the ZIF-8 shell growth solution),
synthesizing the NCs using 10x, 15x and 20x lower DOX concentrations was investigated. The new used
concentrations of DOX were 50, 37.5 and 25 pg/ml in the zinc nitrate solution (equivalent to 16.67,

12.5 and 8.33 pg/ml, respectively, in the reaction mixture of the ZIF-8 shell growth solution).

The drugs encapsulation efficiencies were assessed indirectly using the amounts of the remaining drug
in the reaction supernatants and the wash with the UV-spectrophotometer. The loaded NCs were

checked using the TEM.

It was observed that a larger amount of DOX was present in the ethanol wash compared to the aqueous
CTAB supernatant of the reaction. Hence, the washing solution was rechanged to methanol for the

next loading approach.
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Drugs encapsulation in the NCs through post-synthesis impregnation:

400 pl of the NCs prepared using IONCs (16 nm) in methanol ([0.5 mg/ml] Fe and [2.34 mg/ml] Zn) and
100 pl of methanol were added in 4 ml glass vial. Then, 500 ul of the drug solution in methanol was
added, [2 mg/ml] DOX or 5-FU. So that the final drugs concentration in the NCs and drugs mixture was
1000 pg/ml, at the same concentration of DOX that was used by Li et al. to load it into the
goldnanorods@ZIF-8 NCs through the impregnation method, although the NCs concentrations could
be different [5]. The mixture was left overnight under shaking at 800 rpm. After the overnight
incubation, the mixture was centrifuged for 10 min at 7000 rcf and supernatant was collected, and the
pellets were suspended in 1 ml of methanol. Then, it was centrifuged again for 10 min at 7000 rcf,

supernatant was collected, and the pellets were suspended in 1 ml of methanol.

The encapsulation efficiencies were indirectly assessed using the amounts of the remaining drug in the
reaction supernatants and the wash with the UV-VIS Spectrophotometer. The loaded NCs were

checked using the TEM and DLS.

NCs characterization

Zetasizer Nano 2S90 Malvern instrument was used to measure the hydrodynamic diameter (expressed
here by mean number), polydispersity index (PDI) and Z- potential of the synthesized NCs after their
1:10 dilution in their respective solvent. The shape and size of the NCs was assessed using JEOL JEM
1011 or JEOL JEM 1400. Finally, the UV-Vis absorption of DOX and 5-FU were measured using Cary 60,

Agilent instruments, after establishing their calibration curves in the respective solvents.

The encapsulation efficiency (EE) was determined indirectly by subtracting the drug amount in the
synthesis/loading reaction supernatant and washes (free drug) from the total initially added drug

amount using the following equation:

EE (%) _ Minitial drug + mfree drug %100

Minitial drug
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1. Results and discussion
NCs synthesis:

The synthesis of core-shell ZIF-8 MOFs magnetic NCs using the chosen MNPs (IONFs of ~32 nm,
or ZNFCs of ~23 nm or ~18 nm) was first investigated under sonication at RT (Figures 2a, 2b and 2c). It
was noticed that there were loops or aggregates of MNPs themselves, and the ZIF-8 shells either grew
on the surface of these loops (upon using ZFNCs of ~23 nm or IONFs of ~32nm) (Figures 2d and 2f) or
did not grow on their surface (upon using ZFNCs of ~18 nm) (Figure 2e). To decrease the interactions
between the MNPs to form individual NC particles, the synthesis of the NCs was then investigated at a
higher temperature (60 °C). However, the loops and aggregates of the MNPs still did not dissociate,
resulting in the growth of ZIF-8 shells on their surface (Figures 2g, 2h and 2i). This growth resulted in
the formation of large composites particles with loops or aggregates of MNPs [9]. It was reported that
aggregates of MNPs could have a low susceptibility that reduces their heating power due to the intra-

aggregates dipolar interactions [10].

The aggregation of the MNPs could be due to having remanent magnetization at RT that
hindered their colloidal stability and made them form aggregates that seem not to be efficiently
dissociated with sonication and at higher temperature. To overcome this challenge, smaller-sized
superparamagnetic IONCs (16 nm) (Figure 3a) were tried to grow the ZIF-8 shell on their surface, and

the NC synthesis was done at RT [8].
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Figure 2: TEM images of the different MINPs (a-c) used in the preparation of the magnetic NCs by growing the ZIF-8 shells on
their surface at room temperature (d-f) and at 60 °C (g-i).

The ZIF-8 shells were grown on the surface of the superparamagnetic IONCs (16 nm) without
observed aggregates or loops (Figure 3b). It was also observed that multi-faceted nanoZIF-8 shells were
grown on the IONCs (16 nm) cores, which was reported to be related to the used concentration of
CTAB in the ZIF-8 growth solution on the surface of the metal nanoparticles cores [11]. The formed
NCs had a TEM size of ~200 nm, a hydrodynamic diameter of 314 + 102 nm, a PDI of 0.06 and a C-
potential of +40.3 mV.
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Figure 3: TEM images of the IONCs (16 nm) (a) used in the preparation of the magnetic NCs by growing the ZIF-8 shells on
their surface at room temperature (b).

ZIF-8 shell growth times shorter than 3h were also investigated to assess the possibility of
tuning the NC size by controlling the reaction time. The investigated times of ZIF-8 shell growth were
1.5h, 2h and 2.5h (Figure 4). The growth time of 1.5 h was not sufficient for yielding homogenous NCs
with fully-grown ZIF-8 shells, as shown in their TEM images (Figure 4a). There was no significant
difference in the hydrodynamic diameter between the NCs synthesized after 2h (285 + 76 nm), 2.5h
(371 £ 118 nm) and 3h (314 + 102 nm). The formed NCs do not have a spherical shape, and the DLS
determines the hydrodynamic diameter of an equivalent sphere that diffuses at the same speed [12],
so the DLS here could not reveal the particle size differences of the prepared NCs. Using TEM, it was
observed that reducing the ZIF-8 growth time resulted in smaller NC size: they had a size of ~200 nm
after 3h, ~190 nm after 2.5h and ~165 nm after 2h. Hence, it was possible to control the NC size by

controlling the ZIF-8 shell growth time.
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Figure 4: TEM images of NCs prepared by growing the ZIF-8 shell on the surface of the IONCs after different growth times:
1.5h (a), 2h (b), 2.5h (c) and 3h (d).

The next step was to assess the possibility of loading the synthesized NCs composed of the
IONCs (16 nm) cores and ZIF-8 shells with the anticancer drugs (DOX and 5-FU) using two different
approaches: the one-pot or the impregnation. For these trials, the ZIF-8 shells growth time was kept

initially at 3h and could be re-optimized separately for the drug-loaded nanocomposites.
One-pot in-situ drugs encapsulation in NCs:

The one-pot in situ synthesis was investigated for preparing drug-loaded NCs. Using this
approach, NCs loaded with 5-FU, upon having [166.67 pug/ml] 5-FU in the ZIF-8 growth solution, were
successfully synthesized (Figures 5c and 5d), with an encapsulation efficiency of 69%. However, at the
same concentration of DOX, the ZIF-8 crystal shells failed to grow on the surface of the IONCs (16 nm)
cores (Figures 5a and 5b). The reason could be related to strong interactions between the DOX and
Zn*? cations that hindered the ZIF-8 crystal growth. It was reported that DOX loading into ZIF-8 is
mediated by its interaction with the Zn?* cations via chelating sites comprised of the quinone and the
phenolic oxygens on both sides of its anthracycline aromatic moiety [4]. As a consequence, high DOX
concentration could have hindered the Zn* cations from interacting with the imidazolate organic

linkers that prevented the ZIF-8 shell crystal growth.

Alternatively, preparing DOX-loaded NCs through one-pot in-situ synthesis method was
investigated at 10x, 15x, 20x lower DOX concentrations than the previously used concentration. The

new concentrations used of DOX were 16.67, 12.5 and 8.33 pg/ml in the ZIF-8 shell growth solution.
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Figure 5: TEM images for using the one-pot in-situ synthesis approach for preparing NCs loaded with DOX (a and b) and 5-FU
(c and d).

The NCs prepared using the lower DOX concentrations showed well-formed ZIF-8 shells grown
on the surface of the IONCs (16 nm) cores (Figure 6). They showed 85.8%, 90.4% and 95.3 %
encapsulation efficiencies upon using DOX concentrations of 16.67, 12.5 and 8.33 ug/ml, respectively,
in the ZIF-8 growth solution. This correlation between the used drug concentrations and the
encapsulation efficiency could be expected. In the reactions series, the same amount of NC precursors
were used, that could load the same amount of drug. Therefore, the lower initial concentration
(amount) of the added drug during the synthesis would result in less non-encapsulated amount and

consequently higher encapsulation efficiency.

Interestingly, when a DOX concentration of 16.67 pug/ml was used (Figure 6a), mesopores were
noticed inside the ZIF-8 shell in the TEM images (Figure 6a). These mesopores were not observed in
NCs prepared using the two lower DOX concentrations (Figure 6b, 6¢). Similar mesopores appearance

was observed by Zheng et al. in DOX-loaded ZIF-8 nanoparticles prepared by one-pot in situ synthesis
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approach. In their study, the mesopores also observed in the ZIF-8 TEM images at higher loading

efficiencies of 14 % and 20 % w/w, but not at the lower one of 4 % w/w [3].

16.67 pg/ml 12.5 pg/ml 8.33 ug/ml
b c

100 nm
—

Figure 6: TEM images of DOX loaded NCs prepared through one-pot in situ synthesis approach upon using DOX concentrations
of 16.67 ug/ml (a), 12.5 ug/ml (b) and 8.33 ug/ml (c).

Drugs encapsulation in the NCs through post-synthesis impregnation:

Through the post-synthesis impregnation approach when mixing NCs of IONCs (16 nm) cores
with drugs concentration of 1000 pug/ml in the loading solution, the NCs were loaded with DOX and 5-
FU with 59% and 51% encapsulation efficiencies, respectively. The drugs loading did not affect the
shape of the NCs, as observed in the TEM images (Figure 7). The DOX-loaded NCs showed a
hydrodynamic diameter of 369 + 7 nm, a PDI of 0.18 and a {-potential of +34.7 mV. The 5-FU loaded
NCs had a hydrodynamic diameter of 382 + 5 nm, a PDI of 0.17 and a {-potential of +37.8 mV. The drug-
loaded NCs showed similar hydrodynamic diameters, slightly higher PDI values and a slightly less
positive {-potential compared to the non-loaded NCs (hydrodynamic diameter of 314 + 102 nm, PDI of
0.06 and C-potential of +40.3 mV). The drug-loaded NCs still showed a low PDI with no observed
aggregates in DLS measurements, indicating no negative impact of the drug loading on their colloidal
stability. The slight ¢-potential decrease after both drug-loading into the NCs could be related to the
adsorption of the negatively charged drug molecules at the NCs surface, decreasing their surface

positive charge.
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DOX 5-FU

Figure 7: TEM images of NCs loaded with DOX (a) and 5-FU (b) through post-synthesis impregnation approach.

Iv. Conclusions and perspectives

This study investigated the feasibility of synthesizing NCs of MNP cores of different sizes,
shapes and dimensions, and ZIF-8 shells loaded with 5-FU and DOX. In addition, the study examined
the loading of each drug into the NCs through one-pot in-situ or post-synthesis impregnation
approaches. The initially used MNPs (IONFs of ~32 nm, and ZFNCs of ~23 nm and of ~18 nm) formed
loops and aggregates during the synthesis that did not disperse by sonication nor at the higher
temperature of 60 °C. The growth of ZIF-8 on the surface of aggregated nanoparticles resulted in the
formation of large NCs particles. The aggregated MNPs inside the large NC particles could result in a
smaller magnetic susceptibility and less heating power due to the intra-aggregates dipolar interactions.
Alternatively, using superparamagnetic smaller-sized IONCs (16 nm) as cores allowed ZIF-8 shell
growth on their surface without observed aggregates or loops. Consequently, it could indicate the
importance of having superparamagnetic MNP cores for synthesizing the core-shell MNP@MOF
nanocomposites. Also, the results showed that it was possible to tune the nanocomposites final size

by changing the ZIF-8 shell growth time on the surface of the MNP cores.

Afterwards, DOX and 5-FU loading into the NCs of IONCs (16 nm) cores was investigated using
both the one-pot in-situ as well as the post-synthesis impregnation approaches. Both drugs were
successfully loaded into the NCs using both techniques. However, it was noticed that lower
concentrations of DOX should be used for the one-pot in-situ synthesis of the NCs to allow the ZIF-8
shells growth. So that, the compatibility between the loaded drugs and the MOF synthesis conditions

should be considered when choosing the drugs to be loaded using the one-pot synthesis approach.
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In addition, we observed that doxorubicin could lead to the formation of mesopores inside
the ZIF-8 shells with the one-pot synthesis approach, indicating that the loaded drugs inside the ZIF-8

pores could change their structural porous architecture.

In further studies, the synthesized NCs would be stabilized with a surface polymer coating to
allow their stabilization in aqueous media for their investigation in biological experiments on cancer

cells and/or tumor spheroids.

Finally, having the NCs loaded with two different molecularly-sized drugs (DOX and 5-FU), each
one with two different methods (one-pot in-situ for pore loading or post-synthesis impregnation for
surface loading), could allow a comparative study of their release efficiencies and kinetics in response
to MF stimuli. Furthermore, it could permit the investigation of the effects of different drug release
behaviors on the anticancer efficacy of the prepared MF-responsive NCs, which could be performed
on cancer/cancer microenvironment cells or their 3D spheroids, for optimal design of these drug

delivery platforms.
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Third part of results: Development of magnetic nanoparticles focusing setup with

tunable targeting area

This part presents a study for developing a setup that could enable the focusing of magnetic
nanoparticles toward the targeted tissues with the ability to tune the position of the targeting area.
First, a short directly related state-of-the-art is presented. Afterwards, the setup principle is
introduced with a brief overview of flow of the work. The setup parameters optimization using
simulation softwares is explained. Finally, the experiments that were done for constructing the setup
with the optimized characteristics are described. The final steps of building the setup are still in

progress, so the experiments done will be discussed up to the actual point of the progress.
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l. State of the art

Nanomedicine formulations have emerged as promising therapeutic and imaging agents,
particularly for cancer treatment and diagnosis [1, 2]. They could offer enhanced physicochemical and
pharmacokinetics properties of the loaded drug as well as its controlled release [1, 3]. As detailed in
the state of the art of the thesis, the magnetic fields (MF) as external triggers could be an interesting

tool to enhance the tumor accumulation of the magnetic nanoparticles (MNPs)-based nanomedicines.

Magnets applied to the body surface were utilized to attract the MNPs to surface lesions [4].
However, this strategy didn't show promising results in clinical trials; that could be due to the rapid
decay of MF strength and its gradient in proportion to the distance away from the magnet's surface.
Moreover, this principle could be applied, in a noninvasive way, only to surface tumors and not to

deep-seated ones [4].

In order to overcome these challenges, assemblies of permanent magnets were utilized to
allow 3D MNP targeting that can be applied to deep-seated tumor targets [5]. For instance, Liu et al.
developed a device composed of two oppositely polarized external permanent magnets. This magnets
configuration allowed the generation of a sharp zero MF point at the center of the gap between them.
The zero MF point was surrounded by a strong and constant MF gradient along the gap from the center

to the magnets surface (Figure 1) [6].

The efficacy of this magnets configuration was compared to two control conditions (single
magnet or no magnets) after retro-orbital injection of the magnetic assemblies in female Balb/c mice
bearing orthotopic 4T1 mammary gland tumors. The animals were positioned so that the center
between the two magnets corresponded to the tumor center, or the single magnet was at 10 mm away
from the tumor. There was a noticed >3x increase in the tumor accumulation and >2x magnetic
resonance imaging (MRI) signal of the targeted magnetic assemblies (~85 nm core size) when using the
two opposite magnet configuration compared to control conditions. In addition, the accumulated
magnetic assemblies traveled >5x more distance deep inside the tumors compared to the control

conditions, indicating better tumor penetration [5].

The maximum MF strength measured in the gap was around 300 mT at the edges of the gap
near the magnets surface, and the generated MF gradient was 30 mT/mm on the axial plane and 15
mT/mm on the radial plane (Figure 1c). However, the principle of driving out the MNPs out of the
tumor center could have some limitations. Primarily, the MNPs could continue diffusing out until going
outside the tumor tissues themselves to the nearby healthy ones. Also, it is needed to attract the MNPs
to the blood vessels of the tumor tissues in the first place, before affecting their distribution within the

tumors.
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Figure 1: a) Illlustration of the MF gradient produced using the device composed of two oppositely polarized permanent
magnets where the gradient is constant deep into the tissues, compared to the gradients produced by single magnet where
gradients drop rapidly going away from the magnet surface. b) lllustration of the MF-induced diffusion of magnetic carriers
towards the magnet surface using a surface magnet vs. the two opposite magnets, the latter could allow outward radial force
deep in the tissues. c) The magnetic targeting device composed of the two oppositely-polarized permanent magnets that were
aligned within an aluminum tube. The distance between the magnets was controlled by a large steel threaded rods and the
system was mechanically stabilized by aluminum plates and steel rods. An avoidance region (outset) is generated in the middle
from which particles could diffuse out. The MF measurements showed zero point at the center between the magnets in both
the radial (d) and axial (e) directions and they were consistent with COMSOL® simulations (f,g). Adapted from [6]

182



In another study, Krzyminiewski et al. developed a setup composed of two external permanent
magnets that enclosed two oppositely polarized smaller permanent magnets [7]. The principle of this
setup was to create a stronger and more homogenous MF distribution by the external magnets that
could be inversed by the smaller internal ones, which generate oppositely oriented weaker MF but
with higher gradients. Thus, it achieved a net MF distribution with the highest intensity in the center

of the gap, upon rotating the magnets (figure 2).

1ImT

Figure 2: Illustration of the MINPs focusing setup developed by Krzyminiewski et al. that was composed of two external
permanent magnets which enclosed two oppositely polarized smaller internal permanent magnets. The MF distribution in a
beaker in the gap during the rotation of the magnets is represented. Adapted from [7]

Using this approach, magnetic silica nanoparticles (Fes0.@Si0,), having particle size of 20-50
nm, were successfully focused to the center of a tissue like-structure (polyurethane sponge) positioned
in the gap. The nanoparticles had 2.5x and 4.4x higher concentrations in the center of the polyurethane
sponge versus at its edge after 30 and 60 min, respectively. The average generated MF gradient in the
gap was 0.59 mT/mm : with such value, MNP focusing was observed after 30 min. However, the MF
strength in the gap of the setup was rather low (~ 22 mT in the rotation center and ~ 12 mT at the edge
of the gap). For instance, it was reported that a MF intensity of 65 mT is needed to saturate 40-50% of
the ferumoxytol® superparamagnetic iron oxide nanoparticles [8]. Another major limitation of this
setup is that the focusing position is fixed in the center of the gap and cannot be changed. As the setup
relies on permanent magnets, the generated MF could neither be regulated nor switched off. It could
be advantageous to have the option of changing the focusing position, as it could be difficult to position

the tumor in the center of the gap.
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An alternative option to permanent magnets is using electromagnets to generate variable MF
[9]. Compared to permanent magnets, the advantage of the electromagnets is the possibility of varying
the generated MF strength and gradient in a simple way by manipulating the passing current [9]. These
electromagnets can be based on superconducting coils as the ones used for MRI equipment, or based
on traditional coils. The latter can be divided into ordinary, Helmholtz, Maxwell coils or a combination

of them.

First, MRI systems based on superconducting coils were used to guide magnetic particles inside
the body. The advantage of using the MRI system is its simultaneous imaging, which could enable the
positioning of the magnetic particles with regard to the blood vessels and body tissues. Moreover,
using the MRI system control algorithms, the motion of magnetic particles could be manipulated and
adjusted in a stepwise manner by changing the MF distribution. However, the MF gradients in the MRI
system are usually limited to avoid a too strong heating of its gradient coil component due to Joule
effect. Such low gradients were applied to drive the movement of ferromagnetic materials of micron
or millimeter sizes or magnetically labeled cells [10-13], however, they were too weak to allow
targeting of MNPs, the most commonly used one for magnetic drug delivery applications [14]. On the
other hand, non-superconducting coils could have the ability to generate relatively high MF gradients.
However, they generally heat and are highly energy-consuming, which poses a challenge for generating
sufficiently high MF strengths. Consequently, their generated MF strength could not be sufficient to
saturate the MNPs to subsequently follow the MF gradients and accumulate in the targeted tissues [9,

15].

In summary, setups based on permanent magnets have the advantage of generating strong
MF with a relatively low cost, but their generated MF and its gradient are fixed. In addition, there are
difficulties towards the magnets assembly due to their magneto-mechanical attraction forces. On the
other hand, setups based on ordinary coils are able to generate controllable MFs with high gradients.
However, they consume a large energy that becomes evident upon the need to generate a strong MF

[14].
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1l Description of the setup principle, its general parameters and brief description of the flow

of work

In the present study, we present a new setup design for MNP targeting that can combine
benefits from systems that can generate strong homogenous and fixed MF (as permanent magnets) as
well as components that could generate controllable high gradient MF (as ordinary coils). Harnessing
the strength points from both could be a good compromise to get both strong MF to saturate the MNPs

and simultaneously have a high MF gradient for getting enough directional forces.

The setup design relies on generating a strong and homogenous (low gradient) MF in one
direction in a gap between two permanent magnets blocks. Afterwards, ordinary coils are added in
that gap to generate an oppositely-oriented, less strong (yet sufficiently intense) and with higher
gradient MF to inverse the MF distribution generated by the permanent magnets. Consequently, the
overall MF distribution generated in the gap between the coils would have the highest intensity in the
center (see Figure 3). This highest MF intensity position could allow 3D MNPs focusing towards it,
which can be exploited to enable the accumulation of the MNPs away from the MF sources in areas
corresponding to deep seated tumors. This setup configuration could permit having strong MF to
saturate the MNPs as the generated MF strength would be mainly originating from the permanent
magnets. In addition, this proposed setup design could allow the manipulation of the highest MF

intensity area (MNPs focusing area) though varying the current in the coils.

This study aimed to optimize the setup parameters through simulations, and building it to be

assessed in proof-of-concept experiments.

COMSOL Multiphysics® simulations were used to optimize the permanent magnets blocks as
well as the ordinary coils parameters through assessing their generated MF distribution. The optimized
parameters should allow higher MF intensity in an adjustable position in the gap to provide MNPs

focusing towards it.

Magnetic field study module of COMSOL Multiphysics® version 6.0 was the one used to assess

the generated MF distribution generated by the various setup components.

Itis worth noting that optimizing the setup parameters took into consideration the final sample
that could be used to do the proof-of-concept experiments. The field of application of the setup to do
focusing in certain samples would depend on the gap width where the sample would be placed. In this
study, a minimal gap width of 5 cm was aimed where samples such as cell culture dishes or small

animals can fit.

185



;ck's
//5(4"

S

[ Permanent Magnets ] [

anaubefy

Distance (cm)

Magnetic field intensity norm (B) (mT)

a
g
=
=1
3
=
=
=
3
3

--- Magnetic field intensity norm (B} (mT) generated by permanent magnets
--- Magnetic field intensity norm {B) {mT} generated by ordinary coils

__ Netmagnetic field intensity norm (B) (mT) obtained by
permanent magnets and ordinary coils

-
-

=
£

Distance {cm)

Met magnetic field intensity norm (B} (mT)
(1) (g) wiiou Aysuajul plal) slpubew oy

l >z __ Net magnetic field intensity norm {B) (mT)
ohtained by permanent magnets and coils

Figure 3: lllustration of the principle of the magnetic nanoparticles focusing setup. It relies on generating strong and low
gradient MF using permanent magnets blocks (dotted black line). Afterwards, upon adding ordinary coils in the gap that
generate less strong and higher gradient MF in an opposite direction to the one generated by the permanent magnets blocks
(dotted red line), the net MF gradient generated would have the highest intensity in the center (green line).

The two permanent magnets blocks:

Neodymium (Nd,Fe14B) magnets were chosen to build the two permanent magnets blocks, in

order to get the most strong and homogenous MF possible. Neodymium is the strongest known
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magnetic material; it was reported that only ~1 mm thick neodymium magnetic block can generate MF

equivalent to a loop of 1000 A [16]. Their magnetic flux density value is 1.4 T [17].

In COMSOL® simulations, the following magnets parameters were varied to generate strong
and low gradient MF: a) the used magnets shapes and dimensions to construct the blocks, b) the

number of magnets in each block and c) the distance between the two blocks of magnets.
Ordinary-coils:

First, the wire material was determined to be copper. The standard Equation (1) that describes
the parameters affecting the MF generated by coils was used to identify the coil parameters needed

to be optimized:

_ Ho NI
T (L2 + D2)05

Equation (1)

where

B is the magnetic flux density norm (T)

Uois the magnetic permeability of free space
N is the total number of wire turns

| is the current passing through the coil (A)

L is the coil length (m)

D is the coil diameter (m)

The coil dimensions (length and inner and outer diameters) were firstly determined to fit in
the gap between the two permanent magnets blocks and to allow their generated MF to inverse the
MF distribution of the permanent magnets.

Afterwards, a previously-developed software in the lab (coded in National Instrument® CVI ;
we will call it below the "CVI-software") was initially used to understand the effects of the number of
turns and of the current on the MF generated by the coils, their power consumption and wire
resistance. Thereafter, within a current range of the power supplies that could be available in the lab
and based on the optimized coils dimensions, the wire diameter was optimized through the CVI
software simulation. Finally, the effect of changing the current levels in the coils was studied in
COMSOL®, with the aim to first inverse the MF distribution created by the permanent magnets blocks
to get the highest MF intensity in the center of the gap, then to check the possibility of varying the

highest MF intensity position within the gap.
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Finally, experimental work was realized to build the optimized coils. Also, work was done

towards mounting the setup.

1. Simulations, experiments, results and discussion

111.1. Optimization of the permanent magnets blocks parameters

The function of the two permanent magnets blocks is to generate strong and low gradient MF
inthe gap between them to be inversed later using the two ordinary coils. Using COMSOL® simulations,
the magnets shape and dimensions in the two blocks were firstly optimized, followed by optimizing

needed number of magnets in each block and finally the distance between the two blocks.
A) Optimizing the permanent magnets shapes and dimensions

Two permanent magnets shapes (cube and disc), each with two different dimensions, were
selected to be investigated using COMSOL® simulations (Figure 4). The exact magnets dimensions were

determined by their availability at the magnet suppliers.

Large cubic magnet Large disc magnet .
10cm*10cm*1.5 em 6cm*0.5 cm o123 45 6
Small cubic magnet Small disc magnet
S5em*5em*2.5 em 5cm*0.5 cm |
0 2 3 4 5 ¢

Figure 4: Shapes and dimensions of the magnets selected to be investigated as building units of the two blocks of permanent
magnets.

First, the generated MF intensity from each of the selected single magnets was simulated in
COMSOL® along the z-axis up to 20 cm away from the center of the magnet surface (Figure 5a). The
selected cubic magnets generated stronger MF at their surface compared to the disc ones. It was also
found that the small cubic magnet generated stronger MF intensity at the center of its surface, but the

intensity decreased faster with distance than for the larger cubic one, and the same for the small and
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large disc magnets. These behaviors are related to the difference of aspect ratio in the case of the
discs: high aspect ratio magnets are expected to present a smaller MF at their surface. In the case of
the cubes, it is related to both the higher aspect ratio as well as the thickness of the magnets, since

thinner magnets generate smaller MF at their surface.

Moreover, it was found that it is unlikely that a single magnet of any shape among the selected
ones could generate a significant MF more than 8 cm away from its surface (Figure 5b). Since our aim
here is to optimize the design of two permanent magnet blocks with regard to the strength of their
generated MF and gradient in the gap between them, an initial gap width of 8 cm was initially used. At
this gap width, the MF generated by the first magnet in one block would extend along the gap until
the first magnet in the opposite block so that there is enough room to study the interaction between
the MF generated by the two magnets block. After establishing the magnets blocks parameters (shape
and dimensions of the used magnets and the number of magnets in each block), an optimized gap

width will be determined based on these selected blocks parameters.
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Figure 5: A) lllustration of the z-axis along which the MF intensity norm was simulated for the cubic magnets and the same
was done for the disc ones. B) COMSOL® simulation results of the MF intensity norm along the z-axis up to 20 cm away from
the center of the magnet surface for each of the selected magnets.
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Afterwards, to decide on the most suitable magnet shape and dimensions among the chosen
ones, a COMSOL® simulation was done to study the MF distribution along the z-axis in the center of
the gap between two equivalent blocks of magnets that were separated by 8 cm gap. Magnets block
thickness of 15 cm was chosen for this simulation as 15 cm is a common multiple of the thicknesses of
the used magnets (2.5, 1.5 and 0.5 cm). Therefore, similarly thick blocks of magnets can be constructed
and compared. The 15 cm magnets block length was equivalent to 6 small cubic magnets, 10 large

cubic magnets, 25 large disc magnets or 30 small disc magnets.

It was found that large cubic magnets resulted in the strongest and most homogenous (least
gradient) MF generated in the gap between the two blocks of the magnets (Figure 6). The order of the
minimum MF strength generated at the center of the gap along the z-axis was as follows: large cubic
magnets (0.522 T) > large disc magnets (0.261 T) > small cubic magnets (0.236 T) > small discs (0.199
T). In addition, the order of the MF gradient (edge to center) in the gap was as follows: large cubic
magnets (5.9 mT/mm) < large discs (11.55 mT/mm) < small cubic magnets (12.09 mT/mm) < small discs
(12.93 mT/mm). Hence, the cubic large magnets were chosen as the optimum ones to construct the
two permanent magnets blocks as they resulted in the strongest MF in the gap (at least 2-fold) with

the least gradient (~half) compared to other magnets.
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Figure 6: COMSOL® simulation results for optimizing the permanent magnets shapes and dimensions. It simulated MF
distribution along the z-axis (8 cm) in the center of the gap between two equivalent lengths (15 cm) of blocks composed of
permanent magnets with different shapes and dimensions. The length of 15 cm of each magnetic block was equivalent to 6
small cubic magnets, 10 large cubic magnets, 25 large disc magnets or 30 small disc magnets.
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B) Optimizing the number of large cubic magnets in each block

To optimize the number of large cubic magnets needed, COMSOL® simulations were done to
investigate the effect of increasing the number of magnets in each block on the generated MF strength
(maximum at the edge and minimum in the center of the gap) as well as its gradient along the z-axis in

the center of the gap (8 cm).

It was noted that adding more magnets in each block up to 10 magnets results in an increased
strength of the generated MF (maximum at the edge and minimum in the center) in the gap between
the two blocks (Figure 7). Also it was observed that, adding more than 10 magnets in each block did

not result in a significant increase in the achieved MF strength in the gap along the z-axis.

On the other hand, increasing the number of magnets in each block up to 10 magnets resulted
in generating a less homogenous (higher gradient) MF. This is due to the higher increase in the
maximum MF strength at the edges of the gap near the permanent magnets blocks surface upon
adding extra magnets compared to the increase of the minimum MF strength in the center of the gap.
In addition, increasing the number of magnets in each block more than 10 seems did not significantly
affect the MF gradient in the gap. This is due to the increased distance between the added magnets
and the gap (when it is more than 10 magnets). Consequently, generated MF of the added magnet did

not significantly affect the MF distribution in the gap.

The aim of the two permanent magnets blocks is to generate strong and as homogenous (low
gradient) MF in the gap between them. Herein, adding more than 10 magnets in each block seems not
to affect the generated MF strength or its gradient, so a maximum number of 10 magnets would be
the optimum. Increasing the number of magnets from one to ten resulted in an increased MF strength
but with a higher gradient, so a compromise had to be made. The number of 10 magnets was
considered as the best option. It resulted in a strong MF in the gap (a minimum of at least 0.522 T),
and the resulted gradient was considered still low, especially within the larger context that the MF
gradient generated by the 10 large cubic magnets (5.9 mT/mm) was still far less compared to previous
gradients of the small cubic magnets (12.09 mT/mm), small disc magnets (12.93 mT/mm) and large

disc magnets (11.55 mT/mm).
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Figure 7: COMSOL® simulation results for optimizing the number of large cubic magnets in each block. It investigated the
effect of increasing the number of large cubic magnets in each of the permanent magnets blocks on the maximum and
minimum MF intensity and on the resulting MF gradient along the z-axis in the center on the gap (8 cm).

C) Optimizing the gap width between the two blocks of magnets

The last magnets blocks parameter to be optimized is the gap width. COMSOL® simulations
was done to investigate the generated MF strength and gradient along the z-axis in the center of the
gap upon increasing gap width (5 to 45 cm) between two permanent magnets blocks, each of 10 large

cubic magnets (Figure 8).

It was found that increasing the gap width resulted in a decrease in MF intensity (minimum in
the center and maximum at the edge) in the gap between the two magnets blocks. The reduction in
the minimum MF intensity value in the gap center was steadier than the decrease of the maximum MF
at the edge. The minimum MF intensity in the center of the gap depends on the MF generated by the
two magnets blocks so it is highly affected by increasing the gap width. However, the maximum MF at
the edge of the gap (at the magnets blocks surface) is mainly dependent on the MF generated by the
magnets in the same block not the opposite one. So when the opposite blocks move away from each

other (i.e. for larger gap distances), the maximum MF intensity only slightly decreases.
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Regarding the MF gradient, increasing the gap width from 5 cm to 11 cm results in an increase
in the MF gradient along the z-axis in the center of the gap. It is mainly due to the larger increase in
the difference between the maximum and minimum MF gradient generated in the gap compared to
the small constant 2 cm gap width increase. However, a totally opposite pattern of the MF gradient

change happened upon increasing the gap width more than 11 cm.

To decide on the gap width, there were three factors to be taken into consideration. The first
most important one is to have enough room for adding the coils and for the sample itself. The targeted
minimum space for the sample was 5 cm, and with adding a space for the two coils of ~4 cm (at least
2 cm for each coil and their support to be hold in place), it seems that the minimum possible gap width
would be 9 cm. Herein comes the next two factors, the MF strength and the MF gradient. Minimum
MF strength and MF gradient found with the 9, 11 and 13 cm gap widths were 0.463 T and 6.15
mT/mm, 0.365 T and 6.32 mT/mm and 0.29 T and 6.24 mT/mm, respectively. The three MF gradient
values are very close and do not look to be significantly different; however, there is a significant
difference in the minimum MF intensities. The MF intensity of 0.463 T could be the most appealing in
terms of saturation of the MNPs. However, it is most challenging for the coil. Practically, it could be
very challenging for a lab-made ordinary coil within the setup dimensions to generate enough strong
MF to affect a MF intensity near 0.5 T. So that, we choose a less challenging gap width at 11 cm

between the two permanent magnets blocks with a minimum MF intensity of 0.365 T.

It isn’t possible to finally decide on the optimum gap width without knowing the MF strength
that could be generated by the coil. Therefore, the gap width in the actual setup will be designed to
be modifiable according to the need using screws as would be clarified later. So the choice of the 11
cm gap width should not be considered as an irreversible one and could be modified and reconsidered

after the coils design.
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Figure 8: COMSOL® simulation results for optimizing the gap width between the two magnetic blocks through investigating
the effect of increasing the gap width between the two permanent magnets block on the MF strength and gradient along the
z-axis in the center on the gap.

111.2. Optimization of the coils parameters

The aim of the two coils is to generate oppositely directed weaker, yet sufficiently strong, and
higher gradient MF compared to the MF generated by permanent magnets. So that, the MF generated
by the coils can change the MF distribution generated by the two magnetic blocks to have the highest
MF intensity in a middle position in the gap away from the MF sources. The coils dimensions were

firstly optimized followed by their number of turns and the current.

A) Establishing the coil dimensions

Within the initially determined 11 cm gap width between the two magnetic blocks, the coil
dimensions were established to fit in. The coils were chosen by default to be cylindrical. The coils width
was chosen to be 1 cm and to be initially positioned 1.5 cm away from the permanent magnet block
surfaces. The 1.5 cm left between the coil and the permanent magnets blocks surface was to account
for the coils support as would be described later. Consequently, there would be 6 cm remaining
distance along the z-plane for placing the sample, 1 cm well above the minimal targeted final gap width

(Figure 9).
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The external coils diameter was fixed to be exactly half of the magnets length (i.e., 5 cm) and
to be centered in the middle of the magnets blocks surface. At this diameter and position, the MF
distribution generated by the coils would be concentrated in the middle of the MF created by the
permanent magnets but with higher gradients. Therefore, the MF distribution created by the
permanent magnets can be inversed to have the highest intensity in the center of the gap. The internal
coil diameter was selected to be 1 cm to account for any possible needed coil cooling, such as by forced
air-circulation as per our experiences with other setups that would be described later. Afterwards,
according to Equation 1, it is required to determine the current times number of wire turns value in
order to generate an optimum MF that is able to inverse the MF distribution generated by the

permanent magnets blocks.
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Figure 9: lllustration of the established coils dimensions within the initially determined 11 cm gap width between the two
magnets blocks. The coils width was chosen to be 1 cm and to be initially positioned 1.5 cm away from the permanent magnets
blocks surface to allow a space for the coils support. There is a remaining 6 cm distance along the z-plane for placing the
sample. The external coils diameter was fixed to be exactly half of the magnet length (i.e., 5 cm) and the internal coil diameter
was selected to be 1 cm.

B) Optimizing the number of turns and the current

For concluding on the optimum number of turns and coils, their effect on the coil characteristic
(wire resistance, coil power consumption and heating) was firstly clarified. Afterwards, the number of
turns and wire diameter was determined. Thereafter, the current value was optimized to have the
highest MF intensity area in the center of the gap. Finally, varying the highest MF intensity area through

changing the currents in the coils was investigated.
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i. The effects of the number of turns and the current on the coil characteristic (wire resistance,

coil power consumption and heating)

The number of turns in the coil and the current would affect the generated MF and,
simultaneously, the wire resistance, coil power consumption and heating. The CVI program was used
to understand these effects. When specifying the coil dimensions (internal and external radii and
length) and the wire diameter, the software first calculates the number of turns and the wire
resistance. After feeding the software with the used current, the software is able to predict the
generated MF strength of the coil along the z axis and its power consumption. Finally, the temperature
of the coil is predicted by the software using the room temperature value and the heat transfer
coefficient value between the coil surface and the environment. Since building and testing a coil is
resource- and time-consuming, the CVI software was a valuable tool for understanding the effects of
the previous factors.

Within the specified coil dimensions (external diameter of 5 cm, internal diameter of 1 cm and
length of 1 cm), arbitrarily chosen wire diameters of 2, 1 and 0.5 mm were used with corresponding
currents to generate the same MF intensity. The wire temperature used was the room temperature,
and the convection heat transfer coefficient was equivalent to air convection cooling without any
forced cooling effect (10 W.m™2.K™2). The chosen wire diameters, currents and convection heat transfer
coefficient here are not the final used ones, but we will use them to illustrate the effects of wire
diameter on the coil functioning.

Results in table 1 showed that decreasing the wire radius by half results in increasing the
number of turns of the coil by a factor of 4 and a huge increase in the coil resistance by a factor of 16.
However, it needs only quarter the amount of current to get the same MF intensity with almost the
same coil heating and power consumption.

Consequently, it was concluded that a thicker wire with less number of turns could be better

to avoid the high resistance of the coil. Under these conditions, high currents would be needed.
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Table 1: CVI software results for investigating the effects of the wire diameter on wire resistance, coil heating and power
consumption. Within the specified coil dimensions (external diameter of 5 cm, internal diameter of 1 cm and length of 1 cm),
arbitrarily chosen wire diameters of 2, 1 and 0.5 mm were used with corresponding currents to generate the same MF
intensity. The used wire temperature was the room temperature and the convection heat transfer coefficient was equivalent
to air convection cooling without any forced cooling effect (10 W.m=2.K-1). rex is the external coil diameter (m), rint is the
internal coil diameter (m), L is the coil length(m), ruir is the radius of the wire, N is the number of turns, | is the current (A),
Hpmax is the maximum MF generated at the center of the coil (T), T is the coil temperature (K), R is the wire resistance (£2), and
P is the coil power consumption (W).

lext lint L lwire N R I Hmax T P
m T
m) | ) || ™ @ [@w| ™ w | w
0.025 | 0.005 | 0.01 0.001 50 0.0299 | 32 | 0.08 1925 30.6

0.025 | 0.005 | 0.01 | 0.0005 200 0.44 8 | 0.08 1803 28

0.025 | 0.005 | 0.01 | 0.00025 800 6.8 2 | 0.08 1743 27.7

ii. Selecting the current range and the number of turns (wire diameter)

As shown that for our setup, a power supply with the ability to generate high currents would
be a better choice. Within the commercially available power supplies, the selected one was able to
generate a current up to 30 A and a voltage up to 32 V (BK PRECISION, 1901B, SWITCHING MODE
POWER SUPPLY, 1-32 VDC 30 A).

Afterwards, the CVI program was used to select the number of turns of the coil and the wire
diameter. To get the strongest MF possible from the coil (that could be tuned later), the current
selected for this CVI simulation was 30 A (the maximum one could be generated by the power supply).
Different wire diameters within the established coil dimensions were fed into the CVI program with 30
A current, and the resulting output here was the wire resistance and the coil power. The optimum
output is to get a wire resistance of ~1 Q in order to obtain the largest possible power from the power
supply. A wide range of wires with different related diameters available in the lab was selected for this
simulation, and it was as follows: 2, 1.6, 1, 0.75, 0.6 and 0.5 mm.

The CVI program predicted that a wire diameter of 1 mm would result in a 0.44 Q coil and a
consumed power of ~398 W, while the 0.75 mm wire diameter would result in 1.3 Q and a power of

~1184 W (Table 2).
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Table 2: CVI software results for selecting an optimum wire diameter using the established coil dimensions and a current of
30 A. The effect of different wire diameters on the wire resistance and the coil power consumption was compared. rex is the
external coil diameter (m), rin: is the internal coil diameter (m), L is the coil length(m), ryire is the radius of the wire, N is the
number of turns, | is the current (A), Hmax is the maximum MF generated at the center of the coil (T), T is the wire temperature
(K), R is the wire resistance (£2), and P is the coil power consumption(W).

lext lint L lwire N R I Hmax T P
m T
m) | (m) | | ™ @ [w 7w | w
0.025 | 0.005 | 0.01 0.001 50 0.0299 | 30 | 0.075 | 1728 26.9

0.025 | 0.005 | 0.01 0.008 78.125 | 0.066 | 30 | 0.155 | 3474 59.8

0.025 | 0.005 | 0.01 | 0.0005 200 0.44 | 30 | 0.442 | 21438 | 398.4

0.025 | 0.005 | 0.01 | 0.000375 | 355.5 13 30| 0.8 63164 | 1184

0.025 | 0.005 | 0.01 | 0.0003 555.5 3.25 | 30 | 0.76 | 155680 | 2928

0.025 | 0.005 | 0.01 | 0.00025 800 6.8 30 | 1.05 | 325140 | 6122

Herein, the wire diameter of 0.75 mm was selected as its resistance was near an optimum of
1 Q) so a maximum power can be obtained from this coil and the coil heating was planned to be handled
with more efficient cooling, as it would be discussed later. For the used wire diameter of 0.75 mm

within the coil dimensions, the number of turns is calculated to be ~355.

jii. Studying the effect of current on the generated MF

Keeping in mind that the two coils function is to generate a weaker, yet sufficiently strong, and
higher gradient MF compared to the permanent magnets. So that, the MF generated by the coils can
change the MF distribution generated by the two magnetic blocks to have the highest MF intensity in
a middle position in the gap away from the MF sources. To this end, the coil dimensions were
established, the wire diameter of the 0.75 mm was selected, and a current up to 30 A can be used.
However, before building the coils, COMSOL® was used to investigate if the selected coil parameters
would allow inversing the MF distribution of the two permanent magnets blocks and to have the
highest MF intensity at the center of the gap.

For this simulation, the established coils dimensions (external diameter of 5 cm, internal
diameter of 1 cm and length of 1 cm) with a wire diameter of 0.75 mm were used. The coils were
placed 1.5 cm away from the magnets surface. Afterwards, the current passing in the coils was
increased gradually till inversing the MF distribution generated by the permanent magnets. Although
the coil with the optimized dimensions can accommodate up to ~355 turns of the 0.75 mm wire under

ideal mechanical mounting conditions, it could be challenging to fit them perfectly in a real situation
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due to possible turns disorders. So that, in the COMSOL® simulations, a lower number of turns of 300
was the selected for the number of turns of the 0.75 mm wire. This lower number of turns could be

easily fitted in the coil dimensions mechanically.

In these simulations, the MF intensity norm along the z, y and x-axes (6 cm) at the center of

the gap were used as output (Figure 10).
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Figure 10: lllustration of the axes (x, y and z) and their lengths (6 cm) along which the MF intensity norm was simulated using
COMSOL® in order to optimize the current of the coils to have the focusing area in the middle of the gap. Coils with the
established dimensions (external diameter of 5 cm, internal diameter of 1 cm and length of 1 cm) with a wire diameter of 0.75
mm and 300 turns were used. The coils were placed 1.5 cm away from the magnets surface. The current in the coils was
increased gradually until inversing the MF distribution generated by the permanent magnets blocks and having the focusing
area initially in the middle of the gap away from the MF sources.

The evolution of the MF intensity norm (B) distribution along the z, y and x-axes in the center
gap between the coils with increasing current intensities is shown in figure 11.

Increasing the current in the coils, thus its generated MF, resulted in gradual compensation of
the MF generated by the permanent magnets along the z-axis till inversing it to have the highest MF
intensity in the center of the gap. On the other hand, along the y and x- axes, the MF generated by the
permanent magnets starts to have less gradients upon increasing the current in the coils.

The current of 25 A was optimum to get the highest MF intensity in the center of the gap in
the three planes with MF gradient of 4.4 mT/mm edge to center along the z-axis and of 0.75 mT/mm
edge to center along the y and x-ones. The minimum MF intensity in the gap was 194 mT at the edges

along the z-axis and the maximum one was 326 mT in the center of the gap along the three axes.
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Figure 11: COMSOL® simulation results for optimizing the current in the coils (1 cm length, 5 cm external diameter and 1 cm
internal diameter, 0.75 mm wire diameter and 300 turns) investigated through increasing current till inversing MF distribution
generated by the permanent magnets blocks. The MF distribution of the permanent magnets only (0 A), its gradual change
with increasing the current (10 A, 20 A) until being inversed (at 25 A) to have the highest MF away from the MF sources are
shown.

It was also noticed that the highest MF intensity along the gap was toward a specified area in
three dimensions z, y and x that could be corresponded to the targeted area. In an ideal situation for
MNP focusing, having MF gradient to a specific point in the gap (corresponding to the center of the
tumor) rather than towards an area could be better to help in the MNP tumor penetration after their
accumulation. So that, a simulation was done with higher currents in the coils in a trial to get a MF
gradient towards a specific point in the gap. Although the selected power supply in the lab can produce
up to 30 A only, the higher currents used in the simulations were to understand the evolution of MF

distribution in the gap and the feasibility of getting the ideal MF distribution.

Compared to using 25 A, higher currents passing in the coils resulted in a steeper gradient of
the generated MF in the gap along the z-axis and the focusing started to be toward a specific point in
the center of the gap. However, the highest MF intensity that was obtained in the center of the gap
along the y- and x-axis, at 25 A, started to be lost with the higher currents where a well appeared in

the center along these axes (Figure 12).
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Figure 12: COMSOL® simulation results of the evolution of MF distribution in the gap by increasing the current of the coils
more than 25 A in a trial to have a MF gradient towards a specific point in the gap.

Therefore, a current of 25 A was initially chosen as the optimum value for the setup to have
MNP focusing toward a specific area away from the MF sources that could correspond to a deeply-
seated tumor, taking into consideration the dimensions of the targeted area with respect to the whole

gap width.

Hence, COMSOL® simulations showed that using the selected parameters of optimized
permanent magnets blocks (10 cubic neodymium magnets (10*10*1.5 cm), 11 cm apart) and the
oppositely magnetized coils (5 cm external diameter, 1 cm internal diameter, 1 cm width of 0.75 mm
copper wire diameter (300 turns), 1.5 cm away from the magnets blocks surface), it was possible to
have the highest MF intensity at the center of the gap away from the MF sources along the 3 planes

upon passing an optimum current of 25 A in the coils.
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iv. Tuning the highest magnetic field intensity area position by changing the currents in the coils

A major potential advantage of this setup design is the possibility to change the highest MF
intensity position through varying the current in the coils. COMSOL® simulations was done to
investigate the MF distribution in the gap when 25 A current was passed in the right side coil, and
different currents were passed in the left side one (coils positions are shown in Figure 10).

It was found that upon gradually decreasing the current passing in the left side coil with the
same current passing in the right side one, it was possible to shift the highest MF intensity position
gradually to the right side of the gap along the z-axis (Figure 13). Interestingly, the highest MF intensity
was towards one point, not an area, along the z-plane which could allow a narrower focusing of the
MNPs along it. So that, the setup could enable having the MNP focusing position in an off-center
position still away from the MF sources in the gap along one axis. In addition, the ability to vary the
highest MF intensity position simply by tuning the current passing in the coils could be applied to
magnetic guidance, upon coupling with imaging, to gradually shift the MNP accumulation from one

position to another [10, 18].
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Figure 13: COMSOL® simulation results for investigating the possibility of shifting the focusing area along the z-axis upon
changing the current in the coils of the optimized parameters. A) The evolution of the MF distribution along the z-axis in the
center of the gap when a current of 25 A was always passed in one coil on the right of the z-axis and different currents, 25 A,
22.5A,20A, 17.5A, 15A, 12.5 A and 10 A, were passed in the coil on the z-axis left side. B) Graph showing the shift in the
accumulation position along the z-axis according to the difference in the currents between the two coils.
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It was noticed that using the optimum parameters of the magnets blocks and coils to get
highest MF intensity in the center of the gap, there was higher generated MF gradient in the z-axis (4.4
mT/mm) and lower gradients were present along the x and y-axes (0.75 mT/mm). Having higher MF
gradients along more than one axis could be interesting. To do that, a perpendicular replicate of the
two permanent magnets blocks and the two coils were added on the y-axis, and the MF intensity
distribution was simulated in the gap between them when passing different currents in the coils (figure

14).

Permanent Magnets
Blocks

e )

Y

T

Figure 14: lllustration of the configuration of two perpendicular sets of permanent magnets blocks and coils with the optimized
parameters to allow getting high MF gradient along the y-axis in addition to the z-one.

The simulation results of the MF intensity in the gap between the two perpendicular sets of
permanent magnets blocks and coils when passing different currents in the coils are shown in Figure
15. A similar evolution of the MF distribution along the z- and y- axes was noticed upon increasing the
current passing in the coils. Similar to the setup design with only two permanent magnets blocks and
two coils, a current of 25 A was the optimum one to have the highest MF intensity in the center of the
gap along the three axes. However, adding an extra perpendicular set of permanent magnets blocks
and coils along the y-axis enabled getting higher MF gradients edge to center of 3.33 mT/mm along

two axes (z- and y-ones), compared to a gradient of 1 mT/mm along the x-axis. The minimum MF
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intensity in the gap was 359.6 mT at the edges along the z- and y-axes and the maximum one was 460

mT in the center of the gap along the three axes.

Compared to the setup configuration with only two sets of permanent magnets blocks and
coils, the duplicate setup configuration resulted in ~2.5x higher gradient along the y-axis accompanied
with 1.25x higher gradient along the x-axis and 1.25x less gradient along the z-axis. In addition, it
enabled generating 1.85x and 1.41x stronger MF intensities minimum and maximum, respectively, in
the gap compared to the setup configuration with only two sets of permanent magnets blocks and
coils. Moreover, the duplicate perpendicular setup configuration could allow tuning the targeting area

along two axes, z and y, not only one.
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Figure 15: : COMSOL® simulation results for investigating the possibility of getting high MF gradient along the y-axis, in
addition to the z-axis, upon having two perpendicular sets of the optimized permanent magnet and coils along the z and y-
axes and passing different currents in the coils.

Adding a setup configuration copy along a third axis could achieve a more favorable MF
distribution in the gap; however, it is not a practical option as there should be at least one free axis for

inserting and removing the sample.

For the current proof-of-concept study, we aimed to construct a setup composed of two

permanent magnets blocks and two ordinary coils.
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111.3. Experimental development of the coils

The setup ordinary coils and their support were built in the lab. In a CVI program simulation, it
was found that a coil with optimized parameters (5 cm outer diameter, 1 cm inner diameter, 1 cm
length, 0.75 mm wire diameter (300 turns) and 25 A) would have power consumption of ~803 W.
Therefore, there is an expected coil heating that would be needed to be managed. From COMSOL®
simulations, the optimized coils should be able to generate MF intensity as strong as 280 mT at the
center of their surface for eventually being able to inverse the MF distribution pattern generated by
the permanent magnets blocks to have the highest MF intensity area in the middle of the gap. The MF
intensity at the center of the coil surface was the one chosen here to express of the strength of MF
generated by the coil. The reason was that the center of the coil surface is easily accessible position
where a gaussmeter probe can be accurately positioned to measure the MF intensity generated by the
coil. So that, the ability to generate MF intensity of 280 mT at the center of the surface of coil to be

developed was set as a target.

To confront the expected heating challenge in a step-by-step manner, thicker wires with fewer
turns were investigated at the beginning with the same optimized coil dimensions (5 cm outer
diameter, 1 cm inner diameter, 1 cm length). A thick wire of 1.6 mm diameter was first investigated,
followed by a medium wire of 1 mm diameter, before trying with the optimum 0.75 mm diameter wire.
In these trials, a maximum current of 30 A was always tried to be passed in the coils using the power
supply. The temperatures of the wires were recorded using a thermal infrared camera (Testo 885-2,
33 Hz, Germany). In addition, the actual current level in the coil was noted on the power supply screen
in order to get another indication about the coil heating. If the coil heating was not managed and its
temperature was increasing, the wire resistance would increase which could be noticed in decreasing
the actual current in the coil. Finally, the MF intensity at the center of the coils surface was measured
using a gaussmeter (GMO08, Hirst Magnetic Instruments, United Kingdom) upon stabilization of the
wires' temperature and the passing current.

The used coils supports were constructed using an UltiMaker 2+ 3D printer fed with PLA
(polylactic acid) polymer. The initial coil support was adapted for having forced air-cooling where the
air would enter from the coil central hole (1 cm inner diameter) upon its suction from four external

tubes (see Figure 16a).

Firstly, using a thick wire of 1.6 mm diameter (~60 turns), a current of 30 A generated by the
power supply was passed to the coil under forced air-cooling. The coil temperature slightly increased

a few degrees above the room temperature until stabilizing at ~¥309 K. Consequently, the current level
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in the coil slightly decreased to ~27.7 A (Figure 16b). Upon stabilization of the coil temperature and
the current level, the MF intensity generated by the coil was measured using the gaussmeter at the
center of the surface of the coil, and it was 45 mT. Hence, the heating of the thick wire coil was
managed with forced air-cooling and it was possible to generate a MF intensity of 45 mT at the center

of its surface.
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Figure 16: A) Photography of the coil support initially used in the study where it had a central hole (1 cm inner diameter)
through which the air enters upon suction from the four external tubes. B) A graph shows the time evolution of the
temperature and of the current in the thick wire coil (1.6 mm wire diameter and ~60 turns) are represented.

Afterwards, the same forced air-cooling approach for the coil support was applied to the
medium wire. Using the medium wire of 1 mm (~126 turns) with forced-air cooling, it was not possible
to manage the coil heating. After starting to pass the current of 30 A, the coil temperature passed 363

K very rapidly (in less than 2 min) causing a large decrease in the current down to ~15 A (Figure 17b).

Alternatively, a better coil support design was used to enhance the forced air-cooling
efficiency. In this new design, the coil support was perforated to allow the air to additionally come in
from the sides of the coil, not only from the central hole (Figure 17a). With the perforated design of
the coil support, the coil temperature was managed at ~316 K, and the current was stabilized at ~23 A,

generating 65 mT at the center of the surface of the coil (Figure 17b).
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Figure 17: A) A photography of both the non-perforated coil support (left) and the perforated coils support (right). The
perforated coil support was used in order to have better forced air-cooling. B) A graph shows the time evolution of the
temperature and current upon using medium wire of 1 mm (~126 turns) with forced air cooling on non-perforated coil support
compared to the perforated one.

The final step was to fabricate a coil with a 0.75 mm in diameter wire, which was the optimum
one based on the simulations. Using the thin wire of 0.75 mm diameter (~300 turns) with perforated
coil support and air-cooling, it was not possible to manage the coil heating. After starting to pass the
current of 30 A, the coil temperature passed 339 K rapidly, which caused a significant decrease in the
current down to ~6.6 A (Figure 18b). Herein, the water cooling was the alternative, more efficient
approach to allow managing the coil heating. In order to allow the water cooling of the coil, the coil
and its perforated coil support were placed inside a jacket with the water coming in from one side
(connected to a water tap) to pass through the whole coil and comes out from its other surface to a

waste container (Figure 18a).

Using the water cooling of the coil, it was possible to manage the coil heating where its
temperature was stable at ~302 K, and the current at ~21 A (Figure 18b). It is worth noting that these
results go in line with the CVI software simulations of the coil resistance. In the CVI software, the
expected coil resistance was 1.3 €2, which was expected to decrease the current level by ~23%, i.e., to
~23.1 A instead of 30 A. Upon turning on the coil supply, the initial current level was at 23 A (Figure
18b), similar to the expected one from the CVI program. Due to the slight heating of the coil, the

current level was slightly reduced to ~21 A.

At the stabilized current level of ~21 A in the coil, the resulted MF intensity at the center of the

surface of the coil was 158.5 mT.
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Hence, a coil with the optimized coil dimensions and wire diameter was built, and it was able

to generate a MF intensity as high as ~158 mT at the center of its surface.
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Figure 18: A) Photography of both the forced air-cooled perforated coil support (left) and the water-cooled perforated coil
support (right) that was enclosed inside a water jacket where the water enters from one side at its center, passes through the
coil and exits from the peripheries of the other side. B) A graph shows the time evolution of temperature and current upon
using the optimum thin wire of 0.75 mm diameter (~300 turns) with forced air-cooling on perforated coil support compared
to the jacketed and water-cooled perforated coil design.

Although the targeted MF intensity value was 280 mT, it could still be possible to benefit from

the generated MF intensity of ~158 mT to build the setup to make the proof-of-concept.

The aim of the coils is to generate, compared to the permanent magnets blocks, a lower MF
intensity in the gap with a higher gradient to inverse the MF distribution created by the two magnets
blocks. However, the lower MF intensity should still be sufficient to compensate the MF intensity
generated by the two permanent magnets blocks. The MF intensity generated by the developed coil
was lower than the targeted one from simulations. So that, COMSOL® simulation was done to assess
the MF intensity distribution in the gap using all the optimized parameters for the two magnets blocks
and coils, except to generate ~158 mT (got by the designed coil), instead of 280 mT, at the center of

the coil surface.

First, the two permanent magnets blocks were eliminated in COMSOL® and the current in the
two coils was gradually decreased until generating 158 mT at the center of their surface. The current

value to generate the 158 mT was found to be at 14.1 A. Afterwards, the two permanent magnets
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blocks were added again in COMSOL® and the resulting MF distribution in the gap was simulated. It
was found that the ~158 mT generated by the coil under the simulation parameters, was not enough

to inverse the MF intensity generated by the two permanent magnets blocks along the z-axis (Figure

19).
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Figure 19: COMSOL® simulation results investigating the MF intensity distribution in the gap between the two coils when
generating a maximum of ~158 mT at the center of their surface (using 14.1 A current).

To overcome this challenge, the MF intensity generated by the two permanent magnets blocks
in the gap was needed to be reduced to allow reversing its distribution by the designed coils. This can
be obtained by increasing the distance between the two permanent magnets blocks, as was shown in
Figure 8. As it was previously explained during the optimization of the distance between the two
permanent magnets blocks, it wasn't possible to definitely conclude its optimum value without
knowing the MF intensity that could be generated by the coils. Thus COMSOL® simulations were
performed to increase the distance between the two permanent magnets blocks (ina 1 cm increment)
to gradually decrease their generated MF intensity until being possible to be reversed by the developed

coils (generating 158 mT) (Figure 20).

It was found that increasing the distance between the blocks of the permanent magnets
resulted in inversing the MF intensity distribution in the gap until getting the highest MF intensity in
the center. Also, the MF intensity distribution along the y- and x-axes in the center of the gap was
changed in a pattern of decreasing the MF gradient with increasing the distance between the two
permanent magnets blocks. The optimum distance between the two permanent magnets blocks was

13 cm, at which the highest MF intensity was obtained in the center of the gap along the three axes.
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Increasing the distance between the two permanent magnets blocks more than 13 cm resulted in a
higher gradient along the z-axis towards a central point; however, a well with a minimal MF intensity
value started to form in the center of the gap along the y-and x-axes. A similar effect on the MF

distribution along the 3-axes was noticed upon increasing the current in the coils (Figure 12).

With the 13 cm distance between the two permanent magnets blocks, the MF gradient was
2.4 mT/mm edge to center along the z-axis and 0.4 mT/mm along the y-and x-axes in the center of the
gap. The generated minimum MF intensity in the gap of the setup was 138.4 mT at the edges along
the z-axis, and the maximum one was 211 mT in the center of the gap along the three axes. According
to a simulation published by Blimler [18], MF gradients of 1-10 mT/mm could enable a speed of 1
mm/s of the magnetic particles of 100 nm to 1 um size in human body, if all other parameters (such as
the magnetic particles shape and saturation magnetization) were optimized. Also, as previously
mentioned, it was reported that a MF intensity of 65 mT was able to saturate 40-50% of the
ferumoxytol® superparamagnetic iron oxide nanoparticles [8]. So that, the generated MF intensity and
gradients could be suitable for MNP focusing in terms of enabling MNP saturation and having a

reasonable focusing speed.

Hence, suitable ordinary coils were successfully built with the ability to inverse the MF intensity

distribution of the permanent magnets blocks and get the highest MF intensity in the center of the

gap.
Z-axis Y-axis X-axis
0.35 0.35
E £ E
& 5 5
g 03 £ 0.30- E 0.30
H H ]
£ = c 1=
= z =
w w w
= [ =
£ £ 025 £ 0254
5 029 T o
= K =
= = e
e e e
= = /f—___—“‘-\ = /"_-___‘\\
2 2 o020 £ 0204
o [=] 1=
0.1
e — ]
T T T T T T
0.00 0.02 0.04 0.06 0.00 0.02 0.04 0.06 0.00 0.02 0.04 0.06
Distance along the z-axis (m) Distance along the y-axis (m) Distance along the x-axis (m)
11cem 12 cm — 13 cm — 14 cm

Figure 20: COMSOL® simulation results investigating the effect of increasing the distance between the two magnetic blocks
on the MF intensity distribution in the gap between the two coils when generating a maximum of ~158 mT at the center of
their surface (using 14.1 A passing current). The initial MF intensity distribution when having 11 cm distance between the two
magnetic blocks and its gradual change until having 14 cm distance between the two magnetic blocks are shown.
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111.4. Experimental development of the setup

The permanent cubic neodymium magnets (10¥*10*1.5 cm) were purchased from their
supplier (Ingeniera Magnetica Applicada SL, Spain). The ordinary coils were built in the lab with the
optimized parameters (1 cm internal diameter, 5 cm external diameter, 1 cm width) of 0.75 mm
diameter copper wire and 300 turns. The perforated coil support was 3D printed in PLA. The water
jacket of the coil was decided to be made of aluminum instead of the previously used PLA one (Figure
21). A major limitation of the PLA water jacket was the recurrent leakage at the points of contact with
the wires and water connections. Trials to seal it with glue did not succeed in solving the problem. As
a consequence, an aluminum water jacket with dedicated sealed ports for the coil wires and for the
cooling water was developed. The aluminum water jacket was also varnished from inside to isolate it
electrically from the coil. Finally, an additional palladium temperature sensor was added to constantly
monitor the coil temperature. The aluminum jacketed water-cooled coil had a width of 3 cm. Hence,
each coil (3 cm) can be placed 0.5 cm in front of each of the two permanent magnets blocks (separated

by the optimum gap of 13 cm) to get at the end the initially targeted 6 cm space for the sample.
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Figure 21: A photography of the optimized coil inside the aluminum water jacket with dedicated sealed ports for the wires and
water connections.

The final setup is composed of an aluminum base plate with two vertical magnets support
plates made of magnetic inox. So that, the permanent magnets would be homed on the surface of
their magnetic support plates to form the two magnet blocks. The position of the magnets on their

support plates would be adjusted in the right position thanks to previously-fixed two non-magnetic
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aluminum pieces surrounding the magnet adhering to the support plate (Figure 22 a). The magnets
support plates can be move along two aluminum guiding columns. The distance between the two
magnets blocks can be changed using a screw bar of nonmagnetic inox. The maximum distance the
setup can achieve between the two magnets blocks is selected to be 50 cm. It was noticed that a MF
intensity as low as ~22 mT in the center of gap was achieved upon having 45 cm between the two
permanent magnets blocks (Figure 6). So that at the 50 cm distance, there would be very low attraction
between the two permanent magnets blocks when the setup is not in use. Dedicated 3D-printed PLA
pieces were developed to place the coils on the two guiding columns in front of the two permanent
magnets blocks. A schematic diagram of the setup configuration is illustrated in Figure 22a, and a

photography of the developed setup at the current stage is shown in Figure 22b.

Final pieces of gears to drive the screw bar for changing the distance between the two

permanent magnets blocks are being developed.
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Figure 22: A) lllustration of configuration of the two permanent magnets blocks and coils on the setup. Magnets (in brown)
adhere to two magnetic metal supports (in yellow) that can move along the two guiding columns (in yellow). The magnets
would be settled on the magnet support pieces and surrounded by side nonmagnetic pieces (in grey) for homing the magnetic
in the right position. The distance between the permanent magnets blocks can be controlled through a middle screw bar (in
turquoise) that can be moved through connecting external gears. The coils were enclosed inside an aluminum water jacket (in
black) and installed on the two guiding columns with a special support in red. B) A photography of the actual setup with its
components (without collecting the magnets).

213



A special protocol was developed for collecting the strong magnets to form the two blocks in
a smooth way and manage their attraction forces. The main principle of the protocol is to allow gradual
approaching and sticking of the magnetic parts. After mounting the setup components in place, the
first magnet would be placed on the surface of the supporting plate with the help of three nonmagnetic
screws (figure 23). The function of the screws is to allow the magnet to settle firstly on them due to its

attraction to the magnetic supporting plate, then, the gradual dismantling of the three screws would

allow the magnet to gradually come closer to the plate till be homed smoothly in its place.

Figure 23: The magnetic support piece composed of magnetic inox material and have three nonmagnetic screws for collecting
the first magnet.

The next magnets would be added using a dedicated triangular wooden piece that would be
placed at its large base on the first magnet. Then, the second magnet would be placed on the other
side of the wooden piece that would be gradually withdrawn to allow gradual sticking between the
two magnets. The side nonmagnetic pieces for homing the first magnet in the right position were
adjusted to have a smaller thicknesses than the magnet itself to allow using the triangular wooden

piece (Figure 24). The other magnets would be added in a similar way to the second magnet.
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Figure 24: Schematic illustration for collecting two magnets smoothly and avoid collision between them with the help of a
triangular piece of wood.

VL. Conclusions and perspectives

In our study, we presented a new setup design that relied on using two permanent magnets
blocks in order to generate a strong and homogenous MF in the gap between them, i.e., gaining the
major advantage of strong MF generated by the permanent magnets. Afterwards, ordinary coils
generating oppositely directed higher gradient and less strong MF were added between the two
permanent magnets blocks, i.e., gaining the strong MF gradient and MF tuning advantages of the
ordinary coils. Consequently, the net MF generated had the highest intensity in one area in the center

of the gap away from the MF sourced that could be corresponded to a deep-seated tumor.

Simulations softwares were used to initially optimize the setup parameters after identifying
them. The simulation results showed the possibility of creating the highest MF intensity area in the
middle of the gap for 3D focusing of MNPs away from the MF sources. Moreover, it was possible to

have a shift in this highest MF intensity positon on the z-axis by tuning the current of the coils.
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Afterwards, ordinary coils were successfully built in the lab and were able to generate up to
158 mT in the center of their surface. Although it was less than the targeted MF intensity, it was
possible to re-optimize the setup parameters to still obtain the highest MF intensity area in the middle
of the gap. From COMSOL® simulations, the final optimized setup design would allow a MF gradient of
2.4 mT/mm edge to center along the z-axis and 0.4 mT/mm along the y- and x-axes in the center of the
gap. In the gap of the setup, the minimum MF intensity would be 138.4 mT at the edges along the z-

axis, and the maximum one would be 211 mT in the center of the gap along the three axes.

The coils and setup components were built in the lab. Final piece of the setup to enable
changing the distance between the two magnets blocks is being developed before collecting the
magnets. After fully mounting the setup, the proof-of-concept experiments would be done on a cell
culture plate using MNPs. Also, changing the MNP accumulation position along the z-axis in the cell
culture plate by tuning the current in the coils would be investigated. In addition, 3D cell cultures based
on polymers, as collagen, with embedded cells would be placed in the gap to investigate the 3D
focusing of the MNPs. The relatively large MNP focusing area of the setup, when doing 3D targeting,
would be taken into consideration to have proportionally large-sized samples that allow the proof-of-

concept study.

In addition, MNP stepwise guidance and targeting would be investigated. This would be done
by firstly having a highest MF intensity in the center of the gap along the 3 planes to direct the MNPs
to a specific area in the center. Afterwards, the MF distribution would be changed either by passing
more currents in the coils using more powerful power generators or by increasing the distance
between the two permanent magnets blocks. This change (as shown in Figures 12 and 20) could result
in a higher MF intensity in a specific sharp point in the center of the gap along the z-axis, although
focusing to the center could be lost in the other two y-and x- axes. Under this situation, the MNPs
previously accumulated in the central area (corresponding to a deep-seated tumor) could be directed
along the z-axis to a central point (corresponding to the tumor center), allowing a narrower focusing
and potential tumor penetration. However, it is also expected that other MNPs could be directed off-
center in the other y- and x-axes. These effects would be firstly investigated using ferrofluid emulsions
in water beaker that can be easily followed by eye, before being investigated using MNPs in 3D cell

cultures.

The developed optimized setup design could allow getting a compromise to harness the
advantages of both the permanent magnets as well as ordinary coils to allow MNP focusing in a

position away from the MF sources with tunable targeting area along one plane. The challenges of the
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ordinary coil heating was managed through water cooling. The permanent magnets would be collected

with a specially developed protocol to manage their attraction forces.

The upgrade of the setup to get a tunable targeting area along two dimensions, not only one,

was also described by adding a perpendicular set of permanent magnets and coils. The focusing of

MNP-based nanomedicines formulations to a tunable area away from the MF sources could allow their

preferential targeting to a deep-seated tumor in a noninvasive way. Therefore, it could offer higher

tumor accumulation, deeper penetration, enhanced efficacy and reduced side effects, leading to

better therapeutic outcomes of the targeted formulations.
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Conclusions and perspectives

This study enabled exploration of the magnetic properties and cellular interaction of magnetic
nanoparticles@metal-organic frameworks (MNPs@MOFs) nanocomposites towards their
development as magnetic fields (MF)-responsive drug delivery systems. Published research in this area
is rare, which could be due to the need for specialized competencies in the synthesis of these
nanocomposites as well as their physicochemical and magnetic characterization. It also needs
expertise in the cellular studies of MNP-induced intracellular events upon MF exposure. Thanks to the
HeatNMof project, it was possible to have collaborative research teams with these experiences. Three

innovative areas were explored in this project, and they were as follows:

1) Intracellular MF-induced cargo release from the MNPs@MOFs nanocomposites induced by the
MNP heating or mechanical actuation

In this part, we used magnetic nanocomposites that consisted of superparamagnetic iron oxide
magnetic nanoparticles (IONPs) cores and nano-zeolitic imidazolate framework-8 (ZIF-8) MOF shells
(IONP@ZIF-8). The magnetic nanocomposites were loaded with cresyl violet (CV) fluorescent probe
and coated with an amphiphilic polymer. The latter enabled the stabilization of the nanocomposites in
aqueous environments, cell culture media as well as artificial lysosomal fluid.

The magnetic characterization revealed superparamagnetic properties of the IONP cores, that
were not affected by the ZIF-8 shell growth. This finding could indicate the potential of the prepared
nanocomposites for being used as magnetic contrast agents for biomedical imaging applications. In
addition, the bare IONP had a saturation magnetization of 73.7 Am?/kg Fe that almost did not change
after being inside the nanocomposites. This preservation of the magnetic properties of the IONP could
be related to the mild conditions of the ZIF-8 shell growth, indicating the versatility of the ZIF-8 MOFs
for developing multifunctional drug delivery platforms.

The nanocomposites were biocompatible on MiaPaCa2 pancreatic cancer cells, and cancer-
associated fibroblasts (CAF), up to 1 pM and 72 h of incubation with main accumulation inside the
lysosomes. The intracellular MF-induced release studies revealed the efficiency of both the alternating
high-frequency MF (AMF) and the rotating low-frequency MF (RMF) in triggering the CV cargo release
from the nanocomposites in 2D culture models and 3D spheroids (Figure 1). These findings indicate
that a controlled on-demand release from the developed IONPs@ZIF-8 nanocomposites could be

achieved in response to IONP cores heating or mechanical movement. The CV release with AMF and
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IONP heating could be related to thermodiffusion mechanisms, while its release with RMF and IONP

movement could be related to magneto-mechanical induced diffusion.
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Figure 1: Schematic illustration of the prepared magnetic nanocomposites, their cellular uptake and MF-induced intracellular

release in model cells in response to AMF and RMF.
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Although it was not possible to get more details about the CV release mechanisms, we had
interesting observations that enabled comparisons between the efficiencies of the two release
strategies. First, we observed that a second AMF exposure enhanced CV release from the
nanocomposites in MiaPaCa2 and CAF cells compared to the RMF. Also, the efficacy of the AMF-
induced CV release in inhibiting MiaPaCa2 and CAF cell viability after repeated exposures was higher
compared to the RMF. Hence, the IONP cores heating had a superior efficacy in inducing the CV release
from the developed nanocomposites compared to the IONP mechanical movement.

It is worth noting that the RMF and mechanical movement could still be a promising strategy
that could need to be optimized. For instance, MNP cores with high magneto-mechanical induced
responses, such as anisotropic MNPs, could be suitable for allowing more efficient MF-induced cargo
release.

In addition, there was a higher efficacy for the repeated AMF-induced CV release in inhibiting
the MiaPaCaz2 cell viability compared to CAF. Moreover, the repeated RMF-induced CV release induced
cell inhibition in MiaPaCa2 only and not CAF. This difference highlights the need for developing
therapeutic strategies that could act on the more resistant tumor microenvironment cells to enable
effective cancer treatment.

Additionally, using the hemolysis assay on mice, rats and human blood, we proved
hemocompatibility of the nanocomposites at concentrations up to 10-fold higher than the ones used

for cellular studies, indicating their suitability for intravenous administration.

These results indicated the promise of the developed MOF-based magnetic nanocomposite
platforms for developing MF-responsive anticancer theranostics. Further studies using
chemotherapeutic drugs loaded nanocomposites could enable further investigations on the MF-

induced intracellular cargo release and its associated cytotoxic effects.

2) Synthesis of chemotherapeutic drug-loaded MOF magnetic nanocomposites

In this part of the study, we succeeded in synthesizing nanocomposites of ZIF-8 shells on the
surface of magnetic cores of superparamagnetic iron oxide (Fes04) nanocubes of 16 nm. In addition,
the growth of the ZIF-8 shells on the surface of larger-sized MNP cores of different shape (flower) or
composition (Zn—ferrite) was also assessed. However, they formed loops or aggregates, possibly due
to having remanent magnetization, and the ZIF-8 shells grew on their surface. Therefore, they did not
enable the formation of single core-shell MNP@ZIF-8 nanocomposites. These observations indicate
the importance of studying the magnetic properties of the MNP cores used for the nanocomposites

preparation. Also, it could indicate the importance of having superparamagnetic MNP cores for
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synthesizing the core-shell MNP@MOF nanocomposites. Moreover, it was possible to tune the

nanocomposites size by varying the ZIF-8 shell growth time.

In addition, it was feasible to load the nanocomposites of the iron oxide nanocubes (16 nm)
cores and ZIF-8 shells with doxorubicin or 5-fluorouracil. Each drug was loaded by two approaches:
either the one-pot in-situ method to allow its loading inside the ZIF-8 pores, or through the post-
synthesis impregnation to load it on the ZIF-8 surface. During the one-pot synthesis of the doxorubicin-
loaded nanocomposites, a high concentration of doxorubicin did not allow the ZIF-8 shells growth
which could be attributed to interactions between the drug and the Zn?* cations of the ZIF-8 MOFs.
Hence, the compatibility between the loaded drugs and the MOF synthesis conditions should be
considered when choosing the drugs to be loaded using the one-pot approach. Finally, we noticed that
doxorubicin could lead to the formation of mesopores inside the ZIF-8 shells with the one-pot synthesis
approach. This could indicate that the loaded drugs inside the ZIF-8 pores could change their porous

architecture.

Further studies to coat the prepared nanocomposites to stabilize them in aqueous media could
allow their use in cellular studies. Studying the MF-induced drug release kinetics from the
nanocomposites (surface versus pore loading) in response to the heating (by AMF) or movement (by
RMF) could allow more insights into their release mechanisms. Furthermore, investigating the effects
of different release behaviors on the nanocomposites antitumor efficacy in vitro (on cancer or tumor
microenvironment cells or their 3D spheroids) and in vivo could help in the development of optimized

MPF-responsive magnetic MOF nanocompsoites for cancer treatment applications.

3) Development of MNP focusing setup with tunable targeting area

In this part, we investigated the development of a setup for 3D focusing of MNP-based
nanomedicines. A novel setup design based on permanent magnets and ordinary coils was optimized
using simulations to have the highest MF intensity area in the center of the gap of the setup away from
the MF sources. Consequently, MNPs could be focused towards this highest MF intensity area that

could be corresponded to a deep-seated tumor.

The ordinary coils of the setup were successfully fabricated in the lab with the optimum
parameters. Also, using an efficient water-cooling strategy with a specially designed support, it was
possible to generate up to 158 mT in the center of the coils surface. With the MF intensity generated
by the coils, the setup would allow a relatively high MF intensity (minimum of ~138 mT and maximum

of ~211 mT) that could enable high efficiency of MNP saturation. It would also generate a MF gradients

222



of 2.4 mT/mm along the z-axis and 0.4 mT/mm along the y-and x-axes, edge to center in the gap. These
gradients could allow getting focusing speed in the range of 1 mm/s for the MNPs. Moreover,
simulations showed that it could be possible to shift the highest MF intensity area position,
corresponding to the targeting area, along one plane in a simple way by manipulating the current in

the coils.

Further experimental work to finalize the setup mounting, would allow its testing on 3D cell
cultures, based on polymers as collagen, that would be placed in the gap. In addition, it would allow
the investigation of the setup ability to change the MNP accumulation position along one plane in a

cell culture plate by tuning the current in the coils.

The setup design allowed to combine the advantages of the strong MF of the permanent
magnets with the higher gradients that can be generated by the ordinary coils. We overcame the
ordinary coils heating challenge through water-cooling. Also, we proposed a protocol that we would
follow upon collecting the permanent magnets to manage their attraction forces. So that the proposed
setup design have a relatively simple design, strong MF with high gradient, relatively large gap,
reasonable cost, and feasible manipulation and upgrading. However, we obtained a 3D MF distribution
with the highest intensity in a central area in the gap instead of a central sharp point. Overcoming this
challenge through stepwise guidance of the MNP would be investigated to allow better MNP targeting

towards smaller areas that could help in MNP tumor penetration.

Future investigations of the versatile biocompatible ZIF-8 MOF-based magnetic
nanocomposites could allow a step further toward their clinical translation as cancer nanotheranostics.
Using the 3D MNP focusing setup design, the nanocomposites accumulation in the targeted deep-
seated tumor could be examined. Moreover, using drug-loaded nanocomposites, the anticancer
triggered events after a pulsatile on-demand MF-induced drug release can be investigated in vitro and
in vivo, thermally (by AMF) or mechanically (by RMF). In addition, the nanocomposites use as magnetic
contrast agents could be studied using magnetic resonance or magnetic particle imaging. Finally, the
versatility of the MF stimuli and the MOF-based magnetic nanocomposites could enable their
exploitation for the development of targeted nanotheranostic platforms to achieve better therapeutic

outcomes in cancer treatment.
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