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Abstract

Forces are fundamental to the function of living systems, driving natural processes such as
tissue morphogenesis and locomotion, as well as our ability to interact with living matter,
for instance, in the context of therapeutic interventions. Magnetic fields, in particular, offer
distinct advantages in biomedical applications due to their ability to penetrate tissues non-
invasively and exert forces remotely. Beyond delivering mechanical stimuli, magnetic fields
can facilitate the transport of objects through biological media.

This work spans several approaches to generate forces using magnetism at the nano-
and microscale, including magnetic field gradients, rotating magnetic fields, and homoge-
neous magnetic fields. These strategies are applied in various biomedical contexts to enable
characterization, manipulation, and transport of nano- and microscale objects. Furthermore,
when direct mechanical forces alone are insufficient to achieve the desired outcomes, the
thesis investigates an alternative strategy to locally disrupt a principal biological barrier,
thereby facilitating transport within complex biological environments.

The thesis begins with a quantitative analysis of the force ranges achievable through
different magnetic strategies and their implications for biomedical applications. Subse-
quently, a method is developed to quantify the magnetic properties of individual particles
suspended in liquid using magnetic field gradients. Magnetic stimuli are then applied to cells
with the aim of developing tools to investigate mechanotransduction. In this context, cell
monolayers are mechanically stimulated using embedded ferrofluid droplets, which serve
as magnetically responsive actuators under homogeneous magnetic fields. This platform is
subsequently enhanced by introducing a magnetizable probe that locally perturbs the uni-
form magnetic field, thereby generating spatially confined magnetic field gradients at the
microscale. A similar microscale gradient strategy is employed in a separate experimental
setup to guide the sprouting of cells that have internalized magnetic nanoparticles, offer-
ing a tool for applications in tissue engineering. The final section of the thesis explores the
transport of nano- and microscale objects for ophthalmological applications, with the aim of
enabling targeted delivery of drugs or therapeutic genes within the eye. The work first ad-
dresses transport through potential vitreous substitutes, which are relevant in the treatment
of eye conditions. Using magnetic field gradients, suitable hyaluronic acid–based formu-
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lations are identified that permit the penetration of nano- and microparticles. Building on
these findings, the thesis demonstrates the active propulsion of helical nano- and micropro-
pellers within these materials using rotating magnetic fields, thereby establishing the feasi-
bility of magnetically guided delivery systems in hydrogels that are designed to replace the
vitreous body. Finally, the thesis investigates targeted nanoscale transport to retinal cells,
where the successful delivery of therapeutic genes holds promise for treating a range of reti-
nal disorders that can lead to blindness. Initial experiments using ex vivo porcine models
are used to asses the property of natural barriers impeding nanoscale transport. To address
limited permeability, a more refined strategy is introduced, in which enzymes are attached
to microparticles to enable localized degradation of the primary biological barrier, thereby
facilitating access to the retina. This approach results in enhanced nanoparticle transport
across the barrier.

Collectively, this work establishes methods for magnetic-field based force application,
targeted manipulation, and controlled transport at the nano- and microscale within complex
biological environments. This work introduces novel tools and strategies that advance both
mechanobiology and targeted ocular delivery systems.



Zusammenfassung

Kräfte sind grundlegend für die Funktion lebender Systeme, und bestimmen natürliche Prozesse
wie die Gewebemorphogenese und Fortbewegung. Kräfte sind essentiell für die Fähigkeit,
mit lebender Materie zu interagieren und im Zusammenhang mit therapeutischen Interven-
tionen. Insbesondere magnetische Felder bieten in biomedizinischen Anwendungen beson-
dere Vorteile, da sie Gewebe nicht-invasiv durchdringen und Kräfte aus der Ferne über-
tragen können. Über die mechanische Stimulation hinaus ermöglichen magnetische Felder
auch den Transport von Objekten durch biologische Medien.

Diese Arbeit untersucht verschiedene Ansätze, die zur Erzeugung von Kräften mittels
Magnetismus im Nano- und Mikrometermaßstab genutzt werden können, u.a. magnetis-
che Feldgradienten, sowie rotierende und homogene Magnetfelder, die durch magnetische
Materialien verändert werden. Diese unterschiedlichen Methoden werden in der Disserta-
tion für verschiedene biomedizinische Anwendungen eingesetzt, um die Charakterisierung,
Manipulation und den Transport von mikro- und nanoskaligen Objekten zu ermöglichen.
Darüber hinaus wird untersucht, wie eine biologische Barriere gezielt lokal abgebaut wer-
den kann, um den Transport durch die Barriere zu ermöglichen.

Diese Dissertation beginnt mit einer quantitativen Analyse verschiedener magnetischer
Kräfte, sowie deren Bedeutung für biomedizinische Anwendungen. Anschließend wird eine
Methode vorgestellt, mit der sich die magnetischen Eigenschaften einzelner, in Flüssigkeit
suspendierter Partikel mithilfe magnetischer Magnetfeldgradienten bestimmen lassen. In
der Arbeit werden auch magnetische Werkzeuge zur Untersuchung der Mechanotransduk-
tion vorgestellt. Es wird beschrieben, wie eine Einzellage von Zellen mit eingebetteten
Ferrofluidtröpfchen mechanisch, mittels eines homogenen Magnetfelds, stimuliert werden
kann. Diese Plattformwird anschließend durch die Einführung einermagnetisierbaren Sonde
erweitert, die das ursprünglich homogene Magnetfeld lokal stört und so mikroskalige mag-
netische Feldgradienten erzeugt. Eine ähnliche Strategie wird in einem separaten Versuch-
saufbau eingesetzt, um das Sprießen von Zellen zu steuern, die zuvor magnetische Nanopar-
tikel internalisiert haben, was für Anwendungen in Gewebekulturen von Interesse ist. Der
letzte Teil der Dissertation befasst sich mit dem Transport nano- und mikroskaliger Ob-
jekte für ophthalmologische Anwendungen, mit der Vision, eine gezielte Verabreichung
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von Medikamenten oder die Gentherapie innerhalb des Auges zu ermöglichen. Dabei wird
zunächst die mikroskalige Fortbewegung durch potenzielle Glaskörperersatzstoffe unter-
sucht, die für die Behandlung verschiedenerAugenerkrankungen von Bedeutung sind. Unter
Verwendung magnetischer Feldgradienten werden geeignete, auf Hyaluronsäure basierende
Gele identifiziert, die eine Penetration von Nano- und Mikropartikeln erlauben. Darauf
aufbauend wird die aktive Fortbewegung helikaler Nano- und Mikropropeller in diesen
Materialien unter rotierenden Magnetfeldern demonstriert. Dies zeigt die Umsetzbarkeit
magnetisch gesteuerter Transportsysteme in Hydrogelen, die als Ersatz für den Glaskör-
per im Auge konzipiert sind. Abschließend wird der gezielte nanoskalige Transport zu
Netzhautzellen untersucht, bei dem die erfolgreiche Einschleusung therapeutischer Gene
ein vielversprechender Behandlungsansatz für verschiedene Netzhauterkrankungen, die zur
Erblindung führen können, darstellt. Erste Experimente mit ex vivo Schweinemodellen di-
enen zur Untersuchung der Eigenschaften natürlicher Barrieren, die den nanoskaligen Trans-
port einschränken. Um deren begrenzte Durchlässigkeit zu erhöhen, wird untersucht, wie
Enzyme die an Mikropartikel gekoppelt werden, lokal die biologische Barriere abbauen
können und es somit ermöglichen, den Transport in die Netzhaut zu erleichtern. Es wird
gezeigt werden, dass ein erhöhter Transport von Nanopartikeln durch die Barriere hinweg
erzielt werden kann.

Insgesamt werden in dieser Arbeit Methoden zur magnetfeldbasierten Krafteinwirkung
realisiert, die eine gezielte Manipulation und den kontrollierten Transport im Nano- und
Mikrobereich innerhalb komplexer biologischer Systeme ermöglicht. Dabei werden neue
Werkzeuge und Strategien vorgestellt, die sowohl die Mechanobiologie als auch den gerich-
teten Wirkstofftransport für die Augenheilkunde vorantreiben.
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Preface

Life is strongly tied to forces. From the earliest stages of development, a dynamic inter-
play between mechanical forces and genetic information shapes the formation of the organ-
ism [1]. Even when the embryo is merely a simple sphere of cells, mechanical cues begin
to influence how cells divide, migrate, and organize into progressively more complex struc-
tures [1]. Far from being passive, cells actively sense, respond to, and generate forces [1].
Through mechanotransduction, cells convert physical inputs into biochemical signals that
guide key decisions during development. The type, magnitude, frequency, and duration
of mechanical stimuli have all been shown to steer mesenchymal stem cell fate, directing
differentiation into bone, cartilage, or muscle cells [2, 3]. Importantly, mechanical forces
are indispensable in guiding proper organ morphogenesis [1]. Mechanical forces remain
essential throughout life. In adulthood, they regulate dynamic physiological processes, sup-
porting the body’s ability to cope with diseases and to repair tissue following injury [1].
Furthermore, mechanical inputs are deeply embedded in everyday physiological functions
such as muscle contraction [4] or the constant stretching of lung tissue during breathing [5].

Biological systems also sense mechanical forces originating from outside the organism.
For example, sensory modalities such as touch and hearing rely on the ability to detect and
interpret external mechanical stimuli [4]. In the context of development, maternal move-
ments and muscular activity transmit mechanical signals that are crucial for normal skeletal
formation in the developing embryo [6, 7]. Beyond naturally occurring forces, mechanical
stimuli are purposefully applied to biological systems in vitro, ex vivo and in vivo. It is
therefore of interest to gain deeper insights into how living systems interpret and respond
to mechanical inputs and how such forces can be harnessed to promote healing, mitigate
disease progression, or develop novel therapeutic strategies.
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Figure 0.1. Force range scale from micronewtons to femtonewtons on a logarithmic scale.
The figure highlights experimental techniques and the typical force ranges they can apply
at the single-cell level [8–12], together with representative biological phenomena occurring
within each relevant order of magnitude [13–22].

Most techniques for the precise application of physical forces have been developed for
in vitro settings, where experimental conditions can be precisely controlled. In this con-
text, we highlight methods capable of delivering well-defined physical stimuli to individual
cells. These techniques differ in both the type and magnitude of forces applied. Figure 0.1
illustrates the typical force ranges associated with each modality, along with representative
biological phenomena that occur within each corresponding order of magnitude. Mechanical
forces, for example, are applied using atomic force microscopy (AFM) cantilevers, which
engage primarily with membrane-level mechanics and can access intracellular structures
only upon membrane disruption [14]. Acoustic forces are employed in acoustic tweezers to
manipulate single cells either directly [23] or indirectly via microbubbles attached to the cell
membrane [24], enabling high-throughput, selective, and contact-free control, while acous-
tic radiation forces generated through acoustic holographic assemblies provide advanced
spatial manipulation capabilities [25]. Electric forces are utilized in dielectrophoresis, which
leverages non-uniform electric fields to manipulate individual cells based on their dielectric
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properties in a label-free manner [11]. Optical forces, generated by focused laser beams in
optical tweezers, enable precise trapping and manipulation of particles either internalized
within cells or positioned on the cell surface [26]. Magnetic forces, generated by spatially
varying magnetic fields acting on magnetic particles attached to or internalized within cells,
enable precise, non-contact manipulation of cells and subcellular structures and are em-
ployed in techniques such as magnetic tweezers [27]. While these represent some of the
main modalities, numerous other physical force–based approaches are under active investi-
gation to further enhance control at the single-cell scale [12].

Among the various physical modalities, magnetism offers distinct advantages due to
its ability to penetrate biological media without scattering or absorption, unlike acoustic or
optical forces, while also avoiding the unwanted ionization associated with electric fields,
yet still enabling remote control. Consequently, a major focus of this thesis is the generation
and application of magnetic forces at the nano- and microscale across diverse biomedical
contexts.

Chapter 1 introduces several strategies for force generation using magnetic field gradi-
ents, rotating magnetic fields, and homogeneous magnetic fields, along with estimations of
the forces involved. These methods are then employed throughout the thesis across increas-
ingly complex environments, spanning from Newtonian fluids to cellular monolayers and
hydrogels designed as vitreous substitutes. A critical review of the biomedical literature on
the use of magnetic forces at small scales is also provided. In Chapter 2, I present a tech-
nique to measure the magnetic moment of single particles in liquid, a parameter essential
for precise force calibration. This approach is applied to commercially available particles,
custom-fabricated monodisperse particles, and Janus particles designed for smart cargo de-
livery. Chapter 3 investigates the use of magnetic forces to apply mechanical stimuli to
cells in monolayers. A platform based on ferrofluid droplets that deform under magnetic
fields is developed and characterized. These droplets are subsequently integrated into cell
cultures, where both homogeneous magnetic fields and magnetic field gradients are used
to transmit mechanical forces from the synthetic magnetic cells to adjacent biological cells.
Additionally, I design a platform to guide magnetically labeled cellular sprouts using local-
ized magnetic field gradients. Chapter 4 shifts focus to opthalmological applications. We
begin with a magnetism-based investigation into the porosity of hyaluronic acid-based gels,
proposed as vitreous humor substitutes, by investigating the ability of magnetic particles
to penetrate these gels under field gradients generated by a permanent magnet. We further
demonstrate the controlled navigation of helical microswimmers through these gels using
rotating magnetic fields, advancing the concept of targeted intraocular drug delivery through
such biomimetic vitreous replacement.
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While the application of physical forces offers powerful capabilities, stronger stimuli are
not always beneficial. Excessive force can cause tissue damage, inflammation, or functional
loss. Conversely, weaker stimuli may fail to achieve the desired therapeutic effect, requiring
more refined strategies. The final part of Chapter 4 addresses this challenge in the context
of delivering materials to porcine retinas. After initial attempts disrupted retinal integrity,
we investigate passive diffusion across the retina using novel ex vivo porcine eye models.
We further demonstrate that retinal permeability can be enhanced by enzymatic digestion of
its principal barrier, achieved by localizing the enzyme on the surface of microbeads. We
envision that integrating these findings will ultimately enable the development of helical
propellers capable of delivering therapeutic cargo to retinal cells.

The results presented in this thesis are being prepared for publication.

Chapter 2

• V. Mihali, X. Huang, L. Motyčková, N. Moreno Gomez, M. Skowicki, C.-A. Schoenen-
berger, P. Fischer, C. G. Palivan, ”Multiplex Modular Nanorobots with Programmable
Self-organization and Magnetic Control”, manuscript submitted.

Chapter 3

• J. De Lora, L. Motyčková (shared first autorship), S. Pashapour, P. Fischer, and J. P.
Spatz, ”Building mechanoresponsive hybrid cell cultures comprising E-Cadherin func-
tionalized synthetic magnetic cells (symcells) and natural cells”, manuscript prepared
for submission.

• A manuscript is planned on sprouting assisted by magnetic nanoparticles:
H. K. Senapati, L. Motyčková et al.

Chapter 4

• A manuscript is planned on nanopropeller propulsion through hydrogels:
M. Hammer, L. Motyčková et al.

• A manuscript on enzyme-driven transport to the retina has been submitted to the journal
Small and is available as a preprint on bioRxiv: L. Motyčková, F. Peter (shared first au-
thorship) et al. Enzyme-functionalized microparticles to open the vitreoretinal interface.
bioRxiv (2026). doi:10.64898/2026.01.12.699029.
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Chapter 1

Magnetic Strategies for Force
Generation

Despite many research proposals emerging every year, effective magnetic guidance of ther-
apeutic vectors or magnetic force stimulation at the nano-/microscale within the human body
has not reached clinical use [28, 29]. A primary challenge in magnetic targeting lies in its
common dependence on high magnetic field gradients, typically generated by permanent
magnets. However, the generation of sufficiently strong magnetic field gradients within
the spatial constraints of the human body remains challenging [30], due to the rapid spatial
decay of magnetic field gradients with increasing distance from the magnet. As a result,
the corresponding magnetic forces diminish rapidly, often becoming negligible compared
to thermal fluctuations. At first glance, this may suggest that magnetic methods are inher-
ently unsuitable for remote force generation at small scales, such as those required in in vivo
environments. Fortunately, alternative magnetic strategies exist that can circumvent these
limitations and offer more scalable solutions for nano- and microscale biomedical applica-
tions. A careful evaluation of the achievable forces is essential to assess the feasibility of
these magnetic approaches and to guide the development of practical applications.

Author Contributions

I performed all calculations presented in this chapter. The calculations related to real mag-
netic helical propellers actuated by rotating magnetic fields were based on velocity mea-
surements published by V. Kadiri et al. [31].
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8 Forces Opposing Active Propulsion

Scope of the Chapter

This chapter provides a theoretical background and quantitative analysis of the magnetic
forces achievable through different magnetic actuation strategies. It first focuses on the
conventional approach of using magnetic field gradients generated by permanent magnets
and evaluates the feasibility of selected biomedical applications frequently proposed in the
literature that rely on this principle. Subsequently, an alternative strategy for creating mag-
netic field gradients by perturbing homogeneous magnetic fields is introduced, followed
by a discussion of approaches based on rotating magnetic fields and the use of ferrofluid
droplets in homogeneous magnetic fields. The strategies outlined in this chapter form the
basis for the magnetic actuation concepts applied in the subsequent chapters of this thesis.

1.1 Forces Opposing Active Propulsion

Moving objects inevitably experience resistance from the surrounding medium. Whether
moving through viscous fluids, porous materials, or complex biological tissues, such motion
is opposed by dissipative forces that arise from interactions with the environment. While the
nature of the resistance can be complex and highly nonlinear in biological or heterogeneous
media, they are well understood in the case of incompressible Newtonian fluids, where
analytical descriptions exist.

At the microscale, fluid flows often occur at low velocities such that viscous forces
dominate over inertial forces, even in low-viscosity fluids like water. This regime is charac-
terized by low Reynolds numbers, which express the ratio of inertial to viscous forces, and
the fluid dynamics in this regime are governed by the Stokes equation [32, 33]

−∇p+ η∇2u = 0, (1.1)

where p is the pressure, η is the dynamic viscosity of the fluid, and u is the flow velocity.
The velocity field u of an incompressible Newtonian fluid also satisfies the equation of
continuity [33]

∇ · u = 0. (1.2)

Due to the absence of time derivatives in Eq. (1.1) and Eq. (1.2), the external force F and
the external torque τ acting on the object depend linearly on its translational and angular
velocities [34] (

F

τ

)
=

(
A C⊺

C D

)(
v

ω

)
, (1.3)

where

(
A C⊺

C D

)
is the 6 × 6 propulsion matrix of the object, v is the translation velocity

of the object, and ω is the angular velocity of the object. The translation resistance tensor
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A, the translation-rotation coupling tensor C and the rotation resistance tensor D are 3× 3

matrices proportional to the fluid viscosity η and they depend otherwise only on the shape
and size of the object. The matrix C⊺ is the transpose of the translation-rotation coupling
tensor C.

The resistance tensors A, C and D have been analytically expressed for objects of reg-
ular shapes such as a sphere [34, 35]

AS = 6πµRSI,CS = 0,DS = 8πµR3
SI, (1.4)

where I is a unity matrix, 0 is a null matrix and RS is the hydrodynamic radius. Similar
solutions exist for an ellipsoid [34, 35]. As for particles of arbitrary shapes, the analytical
solutions for the resistance tensors generally do not exist, and the determination thereof
usually relies on methods in which the hydrodynamic properties of the particle of interest
are calculated from models composed of spherical elements [35, 36].

Although the coupling tensor C vanishes for highly symmetric objects, the translational
resistance tensor A is always non-zero. Thus, any object in a viscous medium experiences
a drag force opposing its motion

FD,v = −A · v. (1.5)

This drag force opposes the object’s active propulsion, such as that induced by magnetic ac-
tuation, meaning that the resistance tensorA significantly influences the achievable velocity
of the object in the fluid.

1.2 Magnetic Field Gradients

In a magnetic field, any magnetizable object experiences a magnetic force, provided the
magnetic field varies in space; in other words, when a magnetic field gradient exists. The
magnetic forceFm acting on the magnetizable object of interest in an applied magnetic field
B is then given by [37]

Fm = (m · ∇)B, (1.6)

where m is the magnetic moment of the particle. The magnetic force Fm can be rewritten
as

Fm = V ·


Mx

∂Bx

∂x
+My

∂Bx

∂y
+Mz

∂Bx

∂z

Mx
∂By

∂x
+My

∂By

∂y
+Mz

∂By

∂z

Mx
∂Bz

∂x
+My

∂Bz

∂y
+Mz

∂Bz

∂z

 , (1.7)

where V is the volume of the particle and M = m
V

is its magnetization.
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The magnetic force Fm depends solely on the gradient of the magnetic field, not on the
magnetic field directly (Eq. (1.7)). However, the magnetization M of the particle depends
on the external fieldB, meaning thatB influences the forceFm through its effect onM. This
dependence follows the material’s magnetization curve, which varies across substances.

A strong magnetic field gradient, essential for generating forces of high magnitude (see
Eq. (1.7)), can be achieved through the following methods, as will be shown in detail below:

(i) Permanent magnets can be placed near the magnetic particle. However, this approach
requires the particle to be located very close to the magnet, as the magnetic gradient de-
creases rapidly with distance from the surface of the magnet. For example, at a distance
equal to the lateral dimension of the magnet, the gradient is only a very small fraction
of its value at the magnet’s surface.

(ii) Localized magnetizable bodies can be introduced into a homogeneous magnetic field
near the magnetic particle of interest, thereby producing localized magnetic field gra-
dients. In this case, the particle must be in the vicinity of the magnetizable body to
experience the gradient.

In the following subsections, I provide force estimations for magnetic nano- and micropar-
ticles within the magnetic field gradients produced by the two aforementioned approaches.

1.2.1 Permanent Magnets

The magnetic field B, generated solely by permanent magnets (and not by currents), can be
derived from the magnetic scalar potential ϕ [38]

B = −µ0∇ϕ, (1.8)

where µ0 is the vacuum permeability, historically defined as 4π × 10−7 H/m and now ex-
perimentally determined following the recent revision of the SI (International System of
Units) [39]. For simpler, symmetrical geometries, the magnetic scalar potential ϕ at a point r
can be analytically determined by integrating the contributions from the infinitesimal dipoles
over the volume V of the permanent magnet

ϕ(r) =

∫
V

dϕ(r) =

∫
V

1

4π

(r− r′) ·M
|r− r′|2

d3r′, (1.9)

where r′ denotes the location of the elementary magnetic dipole [40, 41]. By applying
Eqs. (1.8) and (1.9), the magnetic field can be analytically derived for simple magnet geome-
tries. In the present analysis, I focus on two common shapes: cylindrical and block magnets.
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Cylindrical Magnets

Cylindrical magnets are typically magnetized along their axial direction. Neglecting edge
effects, the strongest magnetic force is exerted on a sample positioned along the magnet’s
long symmetry axis, denoted as z (see Fig. 1.1). On this axis, the magnetic field B has only
a z-component, which can be determined using Eq. (1.8) and Eq. (1.9) [40]

Bz =
Br

2

(
h+ z√

R2 + (h+ z)2
− z√

R2 + z2

)
, (1.10)

where h is the height of the cylinder (along the symmetry axis), R is the radius of the cylin-
der and z is the distance from a pole face on the symmetry axis. Br is the remanent field,
which depends on the material of the magnet.

2R 

h

 z

Figure 1.1. Schematic of a cylindrical magnet illustrating key parameters.

All magnets considered in this thesis, both for calculations and experiments, are made of
NdFeB, the strongest commercially available permanent magnetic material. Their perfor-
mance is characterized by the maximum energy product, which represents twice the maxi-
mum magnetic energy stored in the magnetic field produced surrounding unit volume of an
optimally shaped permanent magnet [38]. The maximum energy product can be expressed
as −1

2

∫
V
µ0BHd d

3r, where Hd denotes the demagnetizing field and the integration is per-
formed over the volume V of the magnet [38]. This quantity is typically reported in units of
megagauss-oersted (MGOe), with a conversion of 100 kJ/m3 = 12.57MGOe [38]. Based
on this energy product, magnets are classified into different grades. The minimum and max-
imum remanent fields Br for each NdFeB magnet grade are listed in Table 1.1 [42].
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Magnet grade minimum Br [T] maximum Br [T]

N30 1.08 1.12
N33 1.14 1.17
N35 1.17 1.21
N38 1.22 1.26
N40 1.26 1.29
N42 1.29 1.32
N45 1.32 1.37
N48 1.37 1.42
N50 1.40 1.46
N52 1.42 1.47

Table 1.1. Remanent magnetic field Br ranges for various NdFeB magnet grades. Data
adapted from [42].

The magnetic field gradient along the z-direction on the symmetry axis is given by

∂Bz

∂z
=

1

2
BrR

2

 1(
R2 + (h+ z)2

) 3
2

− 1

(R2 + z2)
3
2

 . (1.11)

As an example, I present the magnetic field gradient for selected magnets of grade N48.
I consider a real permanent magnet (N48, h = 8 mm, R = 1.5 mm) available from We-
bcraft GmbH [43], producing one of the highest gradients among the magnets offered by
this company. First, I fix the radius of the magnet R and examine how the magnetic field
gradient varies with distance from the magnet’s surface for different magnet heights (see
Figure 1.2a). As the height increases from 0.1h to h, the magnetic field gradient also in-
creases. However, beyond h, further increase in height no longer enhances the gradient
significantly. Moreover, as the height-to-radius ratio (h/R) decreases, the location of the
maximum magnetic field gradient shifts farther from the magnet surface, caused by en-
hanced magnetic flux concentration near the cylinder’s periphery. Next, I fix the magnet’s
height h and analyze the magnetic field gradient as a function of distance for different radii
(see Figure 1.2b). As the radiusR from 10R to 0.1R, the magnetic field gradient at the mag-
net’s surface increases. However, it also decays more rapidly, leading to a lower gradient
at greater distances. Therefore, to achieve the highest possible magnetic field gradient for
a given application, it is crucial to optimize the distance between the magnet’s surface and
the particle of interest. For simplicity, I neglect the effect of the magnet’s coating (typically
Ni-Cu-Ni with a thickness of 12µm [44]) in the plots.
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Figure 1.2. Magnetic field gradient vs. distance from the surface of a N48 magnet with:
(a) the radius R = 1.5mm and a variable height, (b) the height h = 8mm and a variable
radius.

The simplest way to asses the force acting on a particle on the symmetry axis of a cylin-
drical magnet is to calculate the force analytically. In a good approximation, Mz

∂Bz

∂z
≫

Mx
∂Bz

∂x
+My

∂Bz

∂y
and thus Eq. (1.7) can be rewritten as

Fz = VMz(Bz)
∂Bz

∂z
, (1.12)

whereMz(Bz) is the magnetization derived from the hysteresis behavior as a function of the
magnetic fieldBz (see Eq. (1.10)) and ∂Bz

∂z
is the magnetic field gradient from the Eq. (1.11).

As an example, Fig. 1.3 shows magnetic hysteresis curves for bulk soft iron and iron-
oxide beads. The curve for soft iron was obtained from the COMSOL Multiphysics® mate-
rial library (see Fig. 1.3a), while the iron-oxide data were taken from the measurements of R.
J. S. Derks et al. [45] for Dynabeads MyOne from Thermo Fisher Scientific (see Figure1.3b).
These spherical beads have a diameter of 1.05µm and contain approximately 37 % ferrites
(26% elemental iron). I use these magnetic properties to estimate the magnetic forces acting
on iron and iron-oxide particles.
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Figure 1.3. Magnetization vs. magnetic field curves for (a) soft bulk iron adapted from the
built-in material library in COMSOL Multiphysics®; b) a high concentrated bulk solution
of iron-oxide beads as measured using a vibrating sample magnetometer (VSM) [45].

It is important to note that at the nano- and micrometer scales, magnetic behavior de-
viates from that of bulk materials due to size- and shape-dependent effects [38]. While
the saturation magnetization, the magnetization achieved when all magnetic moments in
the material are aligned in the same direction, typically remains unchanged unless a phase
transformation occurs (as in materials like FePt, discussed later), the shape of the magne-
tization curve differs between bulk and nanoscale systems [38]. In particular, magnetic
nanoparticles often exhibit enhanced effective magnetic anisotropy, arising from surface
and shape contributions that define preferred directions of magnetization and influence its
reversal behavior [38]. Moreover, particle size plays a critical role in determining magnetic
domain structure [38]. Below a critical diameter (typically around 20 nm, depending on the
material), particles tend to become single-domain and thus more susceptible to thermal fluc-
tuations, a regime characterized by superparamagnetic behavior [38]. These effects are not
accounted for in the following estimations, where I directly apply these magnetic hysteresis
curves from bulk soft iron and Dynabeads to particles of different sizes.

The magnetic force as a function of the vertical distance z above a cylindrical magnet
(grade N48, height h = 8mm, radius R = 1.5mm) is shown in Fig. 1.4a for iron particles
of different sizes, and in Fig. 1.4b for iron-oxide beads.
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Figure 1.4. Magnetic force on (a) an iron particle and (b) an iron-oxide bead, both of radius
r and positioned at height z above a cylindrical NdFeB magnet (N48, h = 8 mm, R =

1.5 mm).
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Block Magnets

Similarly, the magnetic field on the symmetry axis z in the north-south pole direction above
a block magnet can be also derived from Eq. (1.8) and Eq. (1.9) [40]

Bz =
Br

π

[
arctg

(
a1a2

2z
√

4z2 + a21 + a22

)
− arctg

(
a1a2

2(h+ z)
√

4(h+ z)2 + a21 + a22

)]
,

(1.13)
where h is the height of the magnet along the symmetry axis, a1 and a2 are the remaining
two sides of the block and z is the distance from a pole on the symmetry axis.

The magnetic gradient in the z-direction on the symmetry axis is given by

∂Bz

∂z
= Bra1a2

[
− 2 (a21 + a22 + 8z2)

π (a21 + 4z2) (a22 + 4z2)
√

a21 + a22 + 4z2

+
2 (8h2 + 16hz + a21 + a22 + 8z2)

π (4h2 + 8hz + a21 + 4z2) (4h2 + 8hz + a22 + 4z2)
√
4h2 + 8hz + a21 + a22 + 4z2

]
.

(1.14)

The magnetic force in the z-direction on the symmetry axis can again be approximated
by Eq. (1.12). However, I do not show force calculations for magnetic particles above block
magnets, as their magnitudes do not differ substantially from those obtained for cylindrical
magnets of comparable dimensions. A detailed discussion of block magnets arranged in a
Halbach configuration will be presented later in this thesis, in Chapter 3.
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1.2.2 Critical Review of Magnetic Targeting in Biomedicine

Assessing whether a magnetic stimulus can effectively influence a magnetically responsive
object within a biological setting remains challenging. This difficulty arises because motion
generated by magnetic forces on magnetic particles is not only opposed by viscous drag, as
discussed in Section 1.1, but is also hindered by the complex, and often unknown properties
of surrounding biological environments, including cells and tissues.

Nonetheless, the expected magnetic forces can be evaluated under simplified condi-
tions, such as assuming motion in a Newtonian fluid like water. These approximations may
provide a first indication of whether magnetic forces are sufficient to affect the object of
interest. Yet, in numerous published studies, the magnetic potential energy exerted on the
targeted objects is, in fact, orders of magnitude lower than the thermal energy, implying that
stochastic thermal fluctuations, rather than magnetic forces, predominantly govern particle
behavior. Interestingly, many of these studies report that magnetic fields were successfully
used to induce biological effects at the cellular or tissue level, raising questions about the
plausibility of the claimed outcomes.

One illustrative example can be found in magnetogenetics, a field aiming to genetically
engineer specific cells, such as neurons, to enable external magnetic control of their activ-
ity [46]. Several studies have reported successful modulation of biological molecules and
cellular processes using magnetic fields, with these findings published in leading scientific
journals [47–49]. However, subsequent critical evaluations have demonstrated that these
claims often conflict with fundamental physical principles, with discrepancies spanning five
to ten orders of magnitude [46, 50, 51].

In this context, motivated by the ultimate goal of achieving gene delivery to the retina
using magnetic helical propellers as described later in Chapter 4, I present a similarly critical
review of the use of permanent magnets in two research areas closely related to our work.
First, I review the use of magnetic forces in magnetofection studies, where magnetic fields
are used to enhance gene transfection. Subsequently, I analyze three selected studies that
employed permanent magnets to target retinal cells in vivo.
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Magnetofection

The concept of magnetic targeting for site-specific drug delivery within the human body
was first introduced nearly fifty years ago by K. Widder et al. [52]. Building upon this
foundation, the technique of magnetofection, gene delivery and transfection facilitated by
magnetic fields, was first established over two decades ago by F. Scherer et al. [53]. They
demonstrated the conjugation of vectors carrying genetic information with superparamag-
netic nanoparticles, enabling targeting sites of interest using permanent magnets, both in
vitro and in vivo [53]. Since then, a substantial number of studies have investigated the po-
tential of magnetic targeting for biomedical applications. However, despite this extensive
research, magnetic targeting using nanoscale materials has not been translated into clinical
practice. In the following, I critically examine the underlying challenges contributing to this
translational gap, with a particular focus on the forces involved in magnetofection.

A typical magnetofection complex is designed to deliver genetic material to cells for
therapeutic purposes. It generally consists of a magnetic nanoparticle core conjugated with
a gene delivery vector, either viral or nonviral, along with the corresponding nucleic acid
payload [54]. In earlier studies, the hydrodynamic diameter of such complexes was often
in the range of several hundred nanometers, with some reports indicating sizes as large as
1.5 µm [55]. More recent efforts, particularly in the context of non-viral magnetofection,
have shifted toward significantly smaller complexes, with diameters typically ranging from
100 nm to 250 nm [56–63]. While reducing the complex diameter decreases the ratio of
magnetic force (scaling with the cube of the magnetic core diameter, as indicated by the
volume term in Eq. (1.7)) to the drag force (scaling with the diameter of the whole complex,
as described by Eqs. (1.4) and (1.5)), and thus can diminish magnetic targeting efficiency,
this reduction in size is also motivated by the more efficient cellular uptake of smaller parti-
cles through endocytosis. Specifically, particles up to approximately 200 nm are efficiently
internalized by cells through clathrin-mediated endocytosis, whereas larger particles, up to
500 nm, are internalized via caveolae-mediated endocytosis [64], a pathway generally con-
sidered to have lower capacity in most cell types [65, 66].

For generating the magnetic field gradients required to exert force on such complexes,
many in vitro studies rely on commercially available magnetic plates [67–69], which consist
of regularly arranged arrays of permanent magnets. However, these systems are generally
insufficiently characterized; key parameters such as magnetic field strength and gradient
values are often not disclosed on the manufacturers’ websites, making it difficult to evaluate
the magnetic forces applied in experiments using these devices.

To address this limitation and enable a more accurate force assessment in magnetofection
studies, I experimentally characterized the magnetic properties of commonly used magnetic
plate systems, focusing in particular on plates from Chemicell and OZ Biosciences. The
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magnetic field was measured using a magnetometer (MAGSYS HGM09s) mounted on a
manual micromanipulator. I recorded the magnetic field and calculated the corresponding
gradients above the magnets in the Chemicell MagnetoFACTOR-24 plate (containing 24
magnets), the Chemicell MagnetoFACTOR-96 plate (96 magnets), and the OZ Biosciences
Super Magnetic Plate (see Fig. 1.5a–c). Despite its name, the latter also contains 24 mag-
nets but exhibits lower magnetic field strengths and gradients compared to the Chemicell
24-magnet plate. This reduction is attributable to an additional plastic housing layer that en-
closes the magnet array, obscuring the internal configuration and offering no transparency
regarding its design. All tested plates featured magnet arrays with alternating polarity.
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Figure 1.5. Characterization of standard magnetofection plates: (a) magnetic field and gra-
dient as functions of vertical distance above a single magnet in the Chemicell 24-magnet
plate; (b) magnetic field and gradient as functions of vertical distance above a single mag-
net in the Chemicell 96-magnet plate; (c) magnetic field strength and gradient as functions
of vertical distance above a single magnet in the OZ Biosciences Super Magnetic Plate;
(d) schematic of the experimental setup for ”Reverse Magnetofection” [70, 71], illustrat-
ing the magnetic field and gradient above individual magnets as shown in (c), and the zero
magnetic field and gradient between magnets, corresponding to the explant positions in the
study by Sen et al. [71]. Magnetic field and gradient values in (a)–(c) represent averages
over two magnets.
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When standard cell culture plates are positioned above these magnetic arrays, the vertical
separation between the culture surface and the magnets is approximately 5 mm. At this
distance above a single magnet in the array, I calculated the magnetic forces acting on 200 nm
particles across all three characterized magnetofection plates. These calculations considered
three distinct magnetic material properties:

(i) Iron oxide beads with 26 % iron content, as shown in Fig. 1.3b.

(ii) Pure magnetite (Fe3O4), the most magnetically responsive iron oxide phase, surpassing
its oxidized form, maghemite (γ-Fe2O3), and weakly magnetic hematite (α-Fe2O3) [72].
The hysteresis curve was obtained by normalizing the data from Fig. 1.3b and scaling it
to the saturation magnetization of pure magnetite (480 kA/m) [73, 74].

(iii) Bulk iron, as depicted in Fig. 1.3a.

The resulting magnetic forces are summarized in Table 1.2. Assuming particle motion in
a medium with water-like viscosity, the drift velocities induced by these magnetic forces
were estimated using Eqs. (1.5) and (1.4). The calculated velocities span from slightly
above 1 µm/s to over 100 µm/s, as detailed in Table 1.2. For context, the root mean square
displacement of a spherical particle due to thermal diffusion can be estimated using the
diffusion coefficient [75]

D =
kT

6πµRS

, (1.15)

where k is the Boltzmann constant, T is the absolute temperature, µ is the dynamic viscosity
of the medium, and RS is the particle radius. Considering motion along a single spatial
dimension, specifically the z-axis, along which the nanoparticle is drawn toward the magnet,
the 1D root mean square displacement after a time t is given by [75]√

⟨z2⟩ =
√
2Dt. (1.16)

For a 200 nm nanoparticle in water at room temperature, this yields a root mean square dis-
placement in z-direction of approximately 2 µm after one second. As a result, only particles
composed of pure magnetite or iron exhibit magnetic forces sufficient to induce displace-
ments significantly (by approximately an order of magnitude) greater than those caused by
Brownian motion (see Table 1.2 for a comparison of drift velocities relative to the 2 µm
displacement over one second). Magnetofection complexes, however, are not composed
exclusively of magnetic materials. As previously discussed, they also incorporate gene de-
livery vectors and nucleic acid payloads, which reduce the relative proportion of magnetic
content and thereby further decrease the ratio of magnetically induced drift to Brownian
motion. Even when magnetic forces are sufficient to overcome diffusion and concentrate
complexes near the target cell layer, it is important to recognize that these forces do not
disrupt the cell membrane. Forces in the nanonewton range are typically required to induce
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membrane penetration [14], which exceed those generated by magnetic attraction under
standard magnetofection conditions by several orders of magnitude, as shown in Table 1.2.
Thus, effective gene delivery still relies on the subsequent uptake of the complexes by the
target cells through endocytic pathways, consistent with the conclusion by C. Plank that
the internalization mechanisms in magnetofection do not differ from those in non-magnetic
nucleic acid delivery [54].

24-magnet plate 96-magnet plate Super Magnetic Plate

Iron-oxide beads
Force 6 fN 2.3 fN 4 fN
Velocity 3 µm/s 1.2 µm/s 2.3 µm/s

Pure magnetite
Force 70 fN 26 fN 49 fN
Velocity 36 µm/s 14 µm/s 26 µm/s

Bulk iron
Force 234 fN 119 fN 171 fN
Velocity 124 µm/s 63 µm/s 91 µm/s

Table 1.2. Magnetic force and corresponding drift velocity in water for 200 nm particles po-
sitioned 5 mm above standard magnetofection plates: Chemicell 24-magnet plate,Chemicell
96-magnet plate, and OZ Biosciences Super Magnetic Plate. Particle magnetic properties
considered include iron oxide beads (26% iron content, as depicted in Fig. 1.3b), pure mag-
netite (normalized hysteresis from Fig. 1.3b, scaled by the saturation magnetization of pure
magnetite), and bulk iron (as shown in Fig. 1.3a).

The Super Magnetic Plate has also been employed in a less effective configuration re-
ferred to as ”Reverse Magnetofection”, where the magnetic plate was positioned above the
culture dish to attract magnetofection complexes upward toward ex vivo explants [70, 71].
In this setup, the distance between the magnetic complexes and the magnetic plate exceeds
17mm. At this axial position, the magnetic field gradient is only 2.5 T/m (see Fig. 1.5c). For
a complex with a diameter of 200 nm composed of iron oxide, and using magnetic properties
from Fig. 1.3, the resulting magnetic force is approximately 84 aN. For comparison, if the
complex were made of pure magnetite or iron, the force would be about 1.1 fN and 12 fN,
respectively. Based on Eq. (1.4), this corresponds to drift velocities of roughly 45 nm/s for
iron oxide composites, 560 nm/s for magnetite particles, and 6 µm/s for iron particles, result-
ing in displacements of only 45 nm, 560 nm, and 6 µm, respectively, after one second. For
iron oxide, as reported in the referenced studies, magnetic drift is considerably smaller than
the displacement due to diffusion (2 µm after one second), rendering the magnetic effect
negligible. Even for particles with the magnetic properties of bulk iron, the displacement
is only marginally greater than that caused by thermal diffusion, indicating that Brownian
motion substantially limits the effectiveness of magnetic manipulation under these condi-
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tions. Moreover, Sen et al. [71] report the use of standard 6-well plates placed above the
Super Magnetic Plate, which consists of 24 individual magnets (see schematic in Fig. 1.5d).
As a result, the explants in this study were likely located in the regions between individual
magnets. However, due to the alternating polarity arrangement of the magnets within the
plate, the magnetic field and corresponding gradient at these inter-magnet positions are ef-
fectively zero. This fact further undermines the reliability of the magnetic targeting strategy
reported in the study.

Magnetofection has also been investigated in in vivo contexts [57, 58, 60–62, 76–80].
However, detailed reporting on the magnetic field strengths and gradients employed is often
lacking. In many studies, only a general reference to the use of a permanent magnet is
provided [60–62, 77], occasionally accompanied by a specification of the magnetic field
strength at the magnet surface [57, 58, 76, 78–80]. The reported magnetic field strengths
at the magnet surface, and where available, the corresponding gradients, typically do not
exceed those generated by standard in vitro magnet arrays [58, 76, 78]. Moreover, in in
vivo applications, the distance between the magnet and the target site is generally much
larger than the standard 5 mm separation used in in vitro setups. Magnetofection complexes
must also navigate through a substantially more complex biological environment compared
to the aqueous medium of cell culture systems. Additionally, in typical magnetofection
formulations with hydrodynamic diameters ranging from 100 nm to 250 nm, the magnetite
core rarely exceeds 100 nm in diameter [57,60–62,76], resulting in a relatively low magnetic
volume fraction within the overall complex. Although I do not evaluate specific in vivo
magnetofection studies in terms of the magnetic forces generated, I provide a comparative
analysis of magnetic targeting efficiency in in vivo contexts in the following subsection.

Magnetic Targeting of the Retina in vivo

The delivery of drugs, stem cells, or genes to retinal cells represents a promising strategy
for treating various ophthalmological disorders, as discussed in detail in Chapter 4. Sev-
eral studies have explored the use of magnetic fields to facilitate such delivery and have
reported successful magnetic targeting of the eye in mice in vivo [81–83]. In the following,
I present a force-based analysis of three representative in vivo studies. Due to the frequent
lack of detailed magnet specifications, often limited to an image showing the magnet posi-
tioned near the target site, I made assumptions regarding the dimensions and grade of the
permanent magnets, their distances from the administered magnetic particles, and, where
necessary, the magnetization properties of the particles themselves. My analyses consis-
tently consider magnetic particles positioned along the magnet’s axial axis. In all cases, I
opted to overestimate the magnetic forces, to account for best-case targeting scenarios.



Magnetic Field Gradients 23

Dengler et al. reported an accumulation of cobalt-based magnetic nanoparticles in the
posterior segment of the eye following tail vein injection in mice, under the influence of an
externally applied magnetic field (see schematic in Fig. 1.6a) [81]. Based on a photograph
comparing the magnet size to a C57Bl mouse, I estimated the cylindrical magnet to have
a diameter of 4 cm and a height of 7 cm, assuming a high-performance N52-grade NdFeB
composition. I further assumed that the injection site was located approximately 8 cm from
the magnet, corresponding to the typical body length of a C57Bl mouse (excluding the tail).
To illustrate that there can be no effect of the magnet pulling the magnetic nanoparticles from
the injection site, I estimated the corresponding magnetic forces using the above geometry.
This configuration yields an estimated magnetic field strength of 16 mT and a magnetic field
gradient of 0.5 T/m at the injection site. Using the magnetization value derived from the re-
ported magnetic hysteresis data, I calculated the magnetic force acting on a single 100 nm
cobalt particle via Eq. (1.7), yielding a maximum value of approximately 7 · 10−17 N. As-
suming the particle moves through water and experiences only viscous drag (via Eqs.(1.4)
and (1.5)), the resulting magnetic displacement over one second is only 45 nm. For context,
a 100 nm cobalt nanoparticle suspended in water at room temperature exhibits a root mean
square displacement of approximately 3 µm over one second due to thermal diffusion, as pre-
dicted by Eq. (1.16). This is nearly two orders of magnitude greater than the displacement
due to the estimated magnetic force, even under optimistic assumptions. These findings sug-
gest that thermal diffusion overwhelmingly dominates the motion of nanoparticles under the
reported conditions. The nanoparticles therefore had to be passively transported via blood
flow to regions closer to the magnet, where stronger magnetic forces could become relevant.
For instance, if the particles reached the vicinity of the head, assuming the mouse’s head to
be approximately 1 cm in length, the magnetic field could rise to 384 mT, with a gradient of
26 T/m. Under such conditions, the magnetic force acting on a 100 nm cobalt nanoparticle
would increase to around 2.0 · 10−15N, resulting in a drift velocity of approximately 4 µm/s
in water. This velocity slightly exceeds the root mean square displacement due to Brownian
motion, suggesting that magnetic forces could influence nanoparticle accumulation if the
particles are brought sufficiently close to the magnet by blood flow. However, as cobalt
is not biocompatible and cannot be used in clinical applications, and since, as mentioned
previously, magnetofection complexes are not composed solely of magnetic material, the
actual magnetic moment in medical scenarios is expected to be considerably lower. This
suggests that blood flow must bring the nanoparticles within millimeters of the targeting
location before magnetic forces can play a meaningful role in guiding their accumulation.



24 Magnetic Field Gradients

(a) (b) (c)

Figure 1.6. Schematic representation of magnetic targeting approaches to the eye reported
in the literature: (a) magnet placed anterior to the eye following tail vein injection of mag-
netic particles [81]; (b) magnet placed posterior to the head in conjuction with topical ad-
ministration of magnetic particles loaded with therapeutic agents [82]; (c) magnet placed
within the ocular orbit following intravitreal injection of stem cells containing internalized
magnetic nanoparticles [83].

Bassetto et al. presented a study claiming successful delivery of superparamagnetic iron-
oxide nanoparticles, loaded with therapeutic agents, to retinal photoreceptor cells following
topical administration, using a magnet positioned behind the mouse’s head (see schematic
in Fig. 1.6b) [82]. The magnetic setup is described merely as a 0.4 T magnet, with no further
characterization provided. Based on a photograph in the publication showing a ruler adja-
cent to the magnet, I estimated its dimensions to be approximately 5 mm in height with a
square base of 20mm per side. However, even assuming a high-grade N52 NdFeB magnet
composition, such dimensions would yield a surface magnetic field of only about 0.28 T. To
match the reported field strength of 0.4 T, I adjusted the magnet height to 9 mm in the calcu-
lations. From the same image, I estimated the mouse’s eye to be positioned approximately
15mm from the magnet’s surface. At this distance, the magnetic field generated by the
magnet is estimated to be 273 mT, with a corresponding magnetic field gradient of 34 T/m.
Using the reported nanoparticle core diameter of 10 nm [82] and adopting a conservative
overestimation of their magnetization based on saturation values for iron-oxide nanoparti-
cles from an independent study [84], I calculated the magnetic force on a single particle to
be approximately 6 · 10−18 N. Assuming the particle experiences only Stokes drag in water
and neglecting the increased hydrodynamic diameter and the resistance of the tissue, this
force would result in a translational velocity of approximately 70 nm/s. In contrast, the root
mean square displacement due to Brownian motion, estimated using Eqs. (1.15) and (1.16),
exceeds 9 µm. Thus, diffusion dominates over magnetically induced motion by more than
two orders of magnitude, suggesting that the magnet had little effect.
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Yanai et al. demonstrated magnetic targeting by placing a permanent magnet within the
orbital cavity, posterior to the rat’s eyeball (see Fig. 1.6c) [83]. Mesenchymal stem cells
(MSCs) loaded with 200 nm FluidMAG nanoparticles (Chemicell) and injected intravitre-
ally were found to accumulate at the retinal surface. The study specifies the use of a NdFeB
permanent magnet with dimensions of 3 mm in diameter and 1.5 mm in height, and a maxi-
mum energy product of 43.2 MGOe. To estimate the resulting magnetic forces, I considered
two representative distances between the injected particles and the magnet: d1 = 5mm,
corresponding to the approximate axial length of an adult rat eye, and d2 = 200µm, repre-
senting an injection very close to the retina. For simplicity, I modeled the magnetic behavior
of individual nanoparticles, neglecting potential collective behavior due to their internaliza-
tion in MSCs. Magnetic properties and particle density were taken from an independent
study [85]. At the larger distance d1, the magnetic field was approximately 34 mT with a
field gradient of 14 T/m, resulting in a magnetic force of 1.3 · 10−15 N per particle. This
corresponds to a magnetic drift velocity in water of 0.7 µm/s. In contrast, the root mean
square displacement due to Brownian diffusion over 1 second is approximately 2 µm, indi-
cating that magnetic forces contributed to at most 35 % of the motion at this distance. In the
close-injection scenario d2, the magnetic field increases to 290 mT with a field gradient of
76 T/m, yielding a force of 1.5·10−14N per particle and a drift velocity of 8 µm/s. Given that
the magnetized MSCs were observed on the retinal surface following intravitreal injection,
it is likely that they were delivered in close proximity to the retina. My analysis shows that
a permanent magnet has to be positioned very close to the retina, possibly inside the ocular
orbit to exert meaningful magnetic forces on individual nanoparticles (diameter 200 nm).

Despite the physical limitations identified in these force-based estimations, the reviewed
studies collectively report successful outcomes in small animal models, such as rodents.
Physiological processes, such as blood circulation, must transport magnetic particles into
regions with stronger magnetic fields, thereby enabling more effective magnetic targeting
than would be predicted when considering only magnetic pulling forces. Nevertheless, it is
important to recognize that scaling such approaches to allow applications in humans would
require permanent magnets producing significantly stronger magnetic fields and gradients
due the substantially larger anatomical dimensions and the rapid spatial decay of magnetic
field gradients generated by permanent magnets.

Fortunately, magnetism can be harnessed through alternative means beyond permanent
magnets that offer distinct operational advantages. While not all of these approaches are
suitable for deep-tissue targeting within the human body, each offers unique advantages that
can be tailored for specific biomedical objectives. In the remainder of this chapter, I will
introduce these alternative strategies and provide quantitative estimates of the forces they
can generate. In the subsequent chapters, I will present representative examples.
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1.2.3 LocalizedMagnetizable Bodies in aHomogeneousMagnetic Field

When a paramagnetic or ferromagnetic material is introduced into an initially homogeneous
magnetic field, the magnetic flux lines are distorted by the magnetizable object. This local-
ized perturbation creates a spatially varying magnetic field - i.e., a magnetic field gradient.
The characteristics of this gradient, such as its magnitude and spatial decay, can be tuned by
adjusting the geometry and dimensions of the magnetizable inclusion, as well as the strength
of the applied external magnetic field.

Due to the complexity of the resulting magnetic field distribution, obtaining an analytical
solution in such configurations is generally challenging. Therefore, I performed finite ele-
ment simulations in COMSOL Multiphysics 6.1, using the “Magnetic Fields, No Currents”
interface. In this analysis, the magnetizable object was modeled as a soft iron cylinder (e.g.,
a wire) aligned such that its longitudinal axis is parallel to the applied magnetic field (see
Fig. 1.7a). To reduce computational costs, I exploited 2D axisymmetry and employed an
infinite element domain, with its boundary set to the external magnetic flux density.

I first systematically varied the cylinder’s diameter, height, and the amplitude of the external
magnetic field to assess the influence of each parameter on the magnetic field gradient:

(i) Height of the magnetizable cylindrical wire element: Increasing the height of the mag-
netic cylinder leads to a higher maximum magnetic field gradient (see Fig. 1.7b). This
effect is a consequence of shape anisotropy, which progressively favors the alignment
of magnetic moments in the iron along the applied field as the cylinder’s height in-
creases [38]. However, this enhancement saturates beyond a certain cylinder height,
as shape anisotropy only influences the orientation, not the magnitude, of the intrinsic
magnetic moments. For the presented simulations, the cylinder diameter was fixed at
D = 100µm and the external magnetic field at B = 100mT.

(ii) Diameter of the magnetizable cylindrical wire element: As the diameter increases, the
magnetic field gradient near the cylinder surface decreases in magnitude (see Fig. 1.7c).
However, it also decays more slowly with distance, with the magnetic field returning to
the background homogeneous value at greater distances from the cylinder. This behavior
is analogous to the effect observed when increasing the radius of a permanent magnet
(see Fig. 1.2b). Here, the cylinder height was fixed at h = 1mm and the external field
at B = 100mT.



Magnetic Field Gradients 27

(iii) Magnitude of the magnetic field: An increase in the strength of the externally applied
homogeneous magnetic field leads to a corresponding enhancement in the magnitude of
the resulting magnetic field gradient (see Fig. 1.7d). This behavior arises from the higher
magnetic flux density that becomes available to be focused at the tip of the soft iron
cylinder, thereby amplifying the local magnetic field gradient. An increase is possible
up to the saturation of the magnetic material. Throughout these simulations, the cylinder
dimensions were kept constant, with a diameter of D = 100µm and a height of h =

1mm.
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Figure 1.7. Magnetic field gradient as a function of distance from the surface of a soft
iron cylindrical wire element placed in a homogeneous external magnetic field oriented
along the cylinder’s long axis: (a) schematic of the magnetizable cylinder in the external
magnetic field, illustrating key parameters; (b) cylinder with fixed diameter D = 100µm
and varying height, subjected to an external field B = 100mT pointing along the direction
of the cylinder’s long axis; (c) cylinder with fixed height h = 1mm and varying diameter,
subjected to an external field B = 100mT; (d) cylinder with fixed diameter D = 100µm
and height h = 1mm, subjected to varying external magnetic field strengths.
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Overall, the magnetic field gradient attains very high values several tens of microns away
from the iron cylinder (see comparison with the gradient above a permanent magnet in
Fig. 1.2a), but it decays rapidly with increasing distance from the iron cylinder. For in-
stance, in the case of a cylinder with a diameter of D = 100µm and a height of h = 1mm

subjected to an external field of B = 100mT, the gradient is around 2 T/m at the distance
of 1mm.

In addition, I present the estimated magnetic force acting on iron particles (see Fig. 1.8a)
and iron oxide beads (see Fig. 1.8b) of varying sizes, evaluated as a function of vertical po-
sition above a magnetizable cylinder subjected to an external magnetic field. The cylinder
had fixed dimensions of D = 100µm and h = 1mm, and the applied magnetic flux den-
sity is B = 100mT. These force estimations were based on the corresponding magnetic
hysteresis characteristics, shown in Fig. 1.3a for iron and Fig. 1.3b for iron oxide, and were
computed using Eq. (1.12), with the magnetic field and its gradient extracted from finite
element simulations.

This approach enables the generation of high magnetic forces in a highly localized re-
gion, which can be advantageous in scenarios where positioning a permanent magnet close
to the area of interest is impractical. Instead, introducing a thin magnetizable wire may offer
a less intrusive alternative. Although the effective force generation is restricted to the imme-
diate vicinity of the magnetizable object, typically within tens to a few hundred microns, the
resulting forces can significantly exceed those produced by permanent magnets commonly
reported in the literature (see Fig. 0.1). This strong microscale localization of the magnetic
field gradient, and consequently of the magnetic forces, has significant potential for a range
of applications, some of which are explored in more detail in Chapter 3.
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Figure 1.8. Magnetic force acting on (a) an iron particle and (b) an iron-oxide bead, each
with radius r, as a function of vertical position above a magnetizable soft iron cylinder
under an externally applied homogeneous magnetic field (D = 100µm, h = 1mm, B =

100mT).



30 Rotating Magnetic Fields

1.3 Rotating Magnetic Fields

Even in the absence of a magnetic field gradient, force or torque on an object can also be gen-
erated through rotating magnetic fields. If the magnetic object of interest exhibits structural
chirality, then a rotating homogeneous (i.e. gradient-free) field can also cause translation.
Chiral objects are generally defined as those that lack mirror symmetry [86]. For such chiral
objects, propulsion can arise from the coupling between rotational and translational motion
(see Eq. (1.3)).

In the case of weak, slowly rotating homogeneous magnetic field B, the torque of a
chiral magnetic object with the magnetic moment m is [38]

τ = m×B. (1.17)

This external torque can be a source of both rotational and translational movements of the
object through Eq. (1.3) [87]. Although the external force F = 0 in Eq. (1.3), the object is
propelled with the force

Fτ = −A · v = C⊺ · ω = C⊺ ·D−1
eff · (m×B) , (1.18)

where Deff = D−C ·A−1 ·C⊺ is the renormalized rotation resistance tensor [87].

1.3.1 Resistive force theory for a helix

In the present study, objects propelled via weak rotating homogeneous magnetic fields are
helically shaped structures. These helical objects are inspired by flagellated organisms found
in nature, which exhibit highly efficient coupling between translation and rotation motions,
and thus generate substantial propulsive forces [32, 88].

The drag force opposing the translational motion of the helix along its principal axis with
velocity v is often estimated by approximating the shape of the helix by a prolate ellipsoid
[88]. In this approximation, the drag force in Eq. (1.5) is given by

FD,v = −AEv (1.19)

where AE is the drag coefficient for a prolate ellipsoid, expressed according to the extended
Stokes law derived by F. Perrin [89] as

AE =
16πµ (a2 − b2)

4a2−2b2√
a2−b2

ln a+
√
a2−b2

b
− 2a

(1.20)

with a and b denoting the dimensions of the semi-major and semi-minor axes, respectively,
and µ representing the dynamic viscosity of the fluid. The assumption of a prolate shape,
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however, cannot be used to estimate the force rising from the coupling between the transla-
tion and rotation motions for a helical propeller, as the translation-rotation coupling tensor
for an ellipsoid CE = 0.

The resistive force theory predictions developed for helical flagella by Gray and Han-
cock [90] and by Lighthill [91] are derived by integrating the local forces along small seg-
ments of the flagellum. Helical propellers move forward by rotating around their long axis.
The theory therefore considers only two degrees of freedom of the isolated propeller: ro-
tation at angular velocity ω around its principal axis and forward translation at velocity v.
The set of vector equations (1.3) can be rewritten for a left-handed helix as

F = Av + Cω

τ = Cv +Dω,
(1.21)

where A, C and D are positive constants [32, 92], also known as friction coefficients. The
expressions, originally presented in [91], read

A = KnL
tg2 θ + χ√
1 + tg2 θ

, (1.22)

C = KnLR
tg θ (1− χ)√

1 + tg2 θ
, (1.23)

D = KnLR
2 1 + χ tg2 θ√

1 + tg2 θ
, (1.24)

where χ = Kt

Kn
, Kn = 4πµ

ln cp
r
+ 1

2

is the normal viscous coefficient, Kt =
2πµ
ln cp

r
is the tangential

viscous coefficient, L is the length of the helix, R is the radius of the helical coil, r is the
radius of the filament, p is the pitch, θ is the pitch angle relative to the principal axis and c ≈
0.18 is a constant [91,93]. The force propelling a helix magnetized in-plane (perpendicularly
to the principal axis) can be expressed as [87]

Fτ =
C

Deff

mB =
AC

AD − C2
mB, (1.25)

where Deff = D − C2

A
. Assuming Deff ≈ D for D ≫ C2

A
[87], Eq. (1.25) can be rewritten

using Eq. (1.23) and Eq. (1.24) as

Fτ =
1

R

sin θ (1− χ)

cos θ (1 + χ tg2 θ)
mB. (1.26)

As we shall see later in the text, helical propellers often comprise a spherical bead on one
end of the helical coil as a result of the fabrication procedure. Consequently, the description
of their motion must include the propulsion matrix of the bead, in addition to the propulsion
matrix of the helical coil. The equation (1.21) can be rewritten as follows [92]

F = (A+ AS) v + Cω

τ = Cv + (D +DS)ω,
(1.27)
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where AS and DS are the non-zero elements from the resistance tensors for a sphere defined
in Eq. (1.4). The force driving the propeller forward becomes

Fτ =
C

Deff

mB =
(A+ AS)C

(A+ AS) (D +DS)− C2
mB, (1.28)

whereDeff = D+DS− C2

(A+AS)
. Under the assumptionDeff ≈ D+DS forD+DS ≫ C2

(A+AS)
,

Eq. (1.28) gives

Fτ =
LR tg θ (1− χ)

LR2 (1 + χ tg2 θ) + 2R3
S

√
1 + tg2 θ

(
ln cp

r
+ 1

2

)mB. (1.29)

1.3.2 Force estimations based on existing helical propellers

To estimate the typical propulsive forces generated by magnetic helical propellers, I utilized
the velocity measurements reported by V. Kadiri et al. [31] for propellers fabricated via
glancing-angle physical vapor deposition (GLAD) (see Fig. 1.9a–b). For the calculations,
I considered the geometrical and magnetic parameters of the propellers shown in Fig. 1.9a:
total length L = 1700 nm, helical coil radius R = 330 nm, filament radius r = 100 nm,
pitch p = 950 nm, pitch angle θ = 42

◦ , spherical bead radius RS = 260 nm, and magnetic
moment m = 2.42 × 10−15 Am2 (perpendicular to the propeller’s principal axis) [31]. I
estimated the forces corresponding to rotating magnetic fields with amplitudes ranging from
1 to 8mT, which match the range of field values used in the experiments of V. Kadiri et
al. [31]. From the velocity data shown in Fig. 1.9b, I extracted the maximum reported
velocity at each field amplitude to represent the propulsion performance in water.

The forces calculated for one such propeller are plotted in Fig. 1.9c. First, neglecting the
presence of the spherical bead, the force propelling the magnetic helix due to the rotating
magnetic torque was calculated using Eq. (1.26) (see the blue dots in Fig. 1.9c). In order to
account for the presence of the spherical bead at one end of the helical coil (see Fig. 1.9a),
I also show the force arising from the magnetic torque as described by Eq. 1.29 (see the
green dots in Fig. 1.9c). This thrust force is counterbalanced by the drag force, as stated in
Eq. 1.18. Accordingly, I provide a direct comparison of the thrust force with the drag force in
Fig. 1.9c as well. The drag force for the helix without the spherical bead is calculated as the
contribution proportional to the propulsion velocity v from Eq. (1.21) (see the orange dots in
Fig. 1.9c). The drag force considering both the helical and the spherical part of the propeller
is estimated as the contribution proportional to the propulsion velocity v from Eq. (1.27)
(see the red dots in Fig. 1.9c). In addition, I plot the drag force calculated by approximating
the shape of the helix by an ellipsoid with a = L/2 and b = R/2, as described by Eq. (1.19)
(see the purple dots in Fig. 1.9c).
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Figure 1.9. Helical propellers fabricated and characterized by V. Kadiri et al. [31], along
with corresponding force calculations presented in this thesis: (a) transmission electron mi-
croscopy micrograph of a helical propeller, acquired by Dr. M. Alarcón-Correa and repro-
duced from V. Kadiri et al. [31]; (b) mean propulsion velocities (measured at 1–8mT for at
least 10 propellers) of magnetically actuated helical swimmers as a function of the rotating
magnetic field amplitude and frequency, reported and image reproduced from V. Kadiri et
al. [31]; (c) calculated thrust and drag forces acting on a magnetic helical propeller as a
function of the rotating magnetic field amplitude, as determined in this thesis.

The comparison with the drag force acting on the corresponding ellipsoid shows that the
forces calculated using Lighthill’s friction coefficients [91] fall within a reasonable range of
magnitudes. The thrust and drag forces estimated for a helix without any spherical bead are
of a similar magnitude; however, their mutual difference grows with the increasing mag-
nitude of the rotating magnetic field (compare the blue and orange dots in Fig. 1.9c). The
thrust and drag forces calculated for a helix with a spherical bead attached to one end are
expected to match and indeed show good agreement across most of the examined magnetic
field range, except at very low field amplitudes (compare the green and red dots in Fig. 1.9c).
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Enhancement of the thrust force can be achieved by increasing the magnetic moment of
the helical propeller. For example, using a magnetic moment of m = 1.64 × 10−14 Am2,
as reported by V. Kadiri et al. in a later study where a thin FePt layer was uniformly de-
posited onto the entire helical structure [94], instead of the m = 2.42× 10−15 Am2 used in
the present analysis [31], leads to an order-of-magnitude increase in propulsion. Under a
rotating magnetic field of 50 mT, this higher magnetic moment yields a thrust force of ap-
proximately 40 pN. For comparison, such force magnitudes surpass those achievable using
magnetic field gradients above a permanent magnet for iron oxide particles of similar ra-
dius (see calculations for a particle of radius 200 nm in Fig. 1.4b). While pure iron particles
can experience comparable or greater forces, this is limited to distances below approxi-
mately 2.5 mm from the magnet surface (see Fig. 1.4a). Beyond enabling high propulsive
forces, rotating magnetic fields offer a significant advantage in scalability. Specifically,
low-amplitude fields can be efficiently generated over large volumes, making this approach
particularly well-suited for biomedical applications, including potential operation within the
human body. A representative application, together with supporting experimental results
obtained under laboratory conditions, is presented in Chapter 4.

1.4 Ferrofluid Droplet in a Homogeneous Magnetic Field

As I have shown in Section 1.2, a homogeneous magnetic field does not, on its own, exert
a net force on an isolated magnetic particle. However, in a system containing an ensem-
ble of particles, each particle is subjected to an effective magnetic gradient resulting from
the presence of its neighboring particles. This phenomenon is analogous to the magnetic
gradient induced by localized magnetizable bodies within a homogeneous magnetic field
(see Section 1.2), with the distinction that, in this case, the gradient is generated by mul-
tiple surrounding particles. An example of such a system is a ferrofluid, a suspension of
single-domain ferromagnetic nanoparticles, stabilized by a molecular layer of dispersant in
a non-magnetic carrier liquid [95]. Within a homogeneous magnetic field, these nanoparti-
cles act as nanoscale permanent magnets whose orientation can be aligned with the external
field. Due to interparticle dipole-dipole interactions, the particles tend to rearrange into a
configuration that minimizes the system’s overall energy.

Magnetic forces arise at the interface between the ferrofluid and the surrounding im-
miscible non-magnetic fluid when an external magnetic field is applied. The following is
based on Ref. [95]. Assuming both fluids behave as inviscid, isothermal systems of constant
composition, the momentum balance at the interface can be expressed as [95]

n · (TM,2 −TM,1)− n · pC = 0, (1.30)
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where n is the unit normal vector to the interface, and pC = 2Hγ is the capillary pressure,
with H denoting the arithmetic mean curvature and γ the interfacial tension. The magnetic
stress tensorsTM,1 andTM,2, which include both magnetic and pressure stress contributions,
are evaluated in the magnetic and non-magnetic media adjacent to the interface, and are
defined by the following expression [95]

TM = −
(
p∗ +

1

2
µ0H

2

)
I+BH, (1.31)

where p∗ is the composite pressure, µ0 is the magnetic permeability of vacuum, H is the
magnetic field strength, I is the identity matrix and B is the magnetic flux density. By
substituting Eq. (1.31) into Eq. (1.30) for both fluids, applying boundary conditions for the
magnetic field, and using the relation B = µ0(H +M), we obtain the ferrohydrodynamic
boundary equation in the absence of viscous stresses [95]

p∗1 + pN = p0 + pC, (1.32)

where p0 is the ordinary pressure on the non-magnetic side, and pN is the magnetic normal
traction, defined as [95]

pN = µ0
M2

N

2
(1.33)

with MN being the component of the magnetization vector normal to the interface. A
schematic representation of the interfacial force balance is shown in Fig. 1.10.

p*1

pN

pC

p0

Ferrofluid

Non-magnetic fluid

Figure 1.10. Schematic of force balance at the interface between a ferrofluid and a non-
magnetic liquid.

When a small ferrofluid droplet is suspended in an immiscible non-magnetic liquid, it
adopts a spherical shape at equilibrium to minimize surface free energy (see Fig. 1.11a).
Upon application of a uniform external magnetic field, the magnetic nanoparticles within
the droplet rearrange to minimize the combined surface and magnetic energies, causing the
droplet to deform into an ellipsoid elongated along the field direction [96] (see Fig. 1.11b).
This deformation induces a magnetic normal traction, pN, on the droplet surface, generating
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local forceFwherever the magnetization vectorM has a component normal to the interface.
According to Eq. (1.33), the magnitude of this force is greatest at regions where the normal
component of magnetization, MN, is maximal; specifically where M aligns parallel or an-
tiparallel to the applied magnetic field B, as illustrated in Fig. 1.11b by the force vectors F.
These forces appear symmetrically on opposite sides of the droplet, forming a force dipole
rather than producing a net force on the droplet as a whole.

B = 0

(a) (b)

B

M FF

Figure 1.11. Schematics of (a) an undeformed ferrofluid droplet and (b) deformed ferrofluid
droplet upon application of a uniform external magnetic field.

In Chapter 3 of this thesis, ferrofluid droplets are introduced into monolayers of biologi-
cal cells to establish a platform for investigating mechanotransduction. At this stage, we pro-
vide theoretical calculations of the maximum forces these droplets can exert on the surround-
ing cells. In the experiments described in Chapter 3, the ferrofluid droplets generate mag-
netic traction on adjacent cells across the phase boundary, depicted by the blue-highlighted
interface between the droplet and a representative cell in the schematic in Fig. 1.12, acting
normal to the interface, as described by Eq. (1.10).

M

B

M

D ≈ 20 μm

n

Figure 1.12. Schematic illustration of a ferrofluid droplet deformed under a uniform exter-
nal magnetic field, exerting magnetic traction on adjacent cells.
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To estimate the maximum force exerted on an individual cell, I assume the cell is posi-
tioned such that the local interface normal is approximately aligned with the applied mag-
netic field. For the ferrofluid formulation later used in the experiments (detailed in Chap-
ter 3), the maximum magnetic traction can be calculated from Eq. (1.33), using magneti-
zation data obtained via superconducting quantum interference device (SQUID) measure-
ments (MPMS XL, Quantum Design Inc.), shown in Fig. 1.13a. The corresponding force
on a single cell is then approximated by F ≈ pNA, where A ≈ π

(
D
2

)2 represents the es-
timated cell–droplet contact area, assuming a circular contact region with a cell diameter
of D = 20µm. The resulting force as a function of the applied magnetic field is shown in
Fig. 1.13b. It is important to note that the forces shown in Fig. 1.13b represent idealized
maximum values, as they are based on the simplifying assumption that the magnetization is
normal to the entire cell-droplet interface, without integrating the magnetic normal traction
over the interface area. Nevertheless, the estimated forces are substantially higher com-
pared to those generated by magnetic nanoparticles or micropropellers discussed earlier in
this chapter, owing also to the larger volume of magnetic material and the stronger magnetic
fields involved, highlighting the potential of this platform to apply forces over larger areas
on microscale objects.
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Figure 1.13. Force generation by homogeneous magnetic fields through ferrofluid droplets
acting on surrounding cells: (a) magnetic characterization of the ferrofluid phase (ferrofluid
silicon oil with lipids, formulation detailed in Chapter 3) used in the experiments of Chap-
ter 3, measured by SQUID magnetometry; (b) calculated magnetic traction and resulting
force exerted on a 20µm cell as a function of the applied magnetic field.
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1.5 Overview of Magnetic Force Generation at the Nano-
/Microscale for Biomedicine

I have evaluated the magnetic forces achievable using various magnetic strategies and as-
sessed the feasibility of magnetic targeting to cells both in vitro and in vivo. In particular, I
conclude:

(i) Forces generated by magnetic field gradients decay rapidly with distance, making their
effective range extremely limited. In particular, when using permanent magnets, the
target object, such as a particle, must be positioned very close to the magnet’s surface.

(ii) Gradient-based magnetic forces have been widely employed to guide nanoscale objects
to cells in both in vitro and in vivo settings. While such strategies may be effective
in carefully designed in vitro setups, their translation to in vivo applications remains
largely unfeasible due to anatomical constraints and the limited scalability of magnetic
gradients.

(iii) The proximity constraint to the permanent magnet can be partially bypassed by intro-
ducing a magnetizable body within the magnet’s field. However, the target object must
then be placed even closer to this magnetizable body to experience a significant force.

(iv) Thrust forces on helical propellers, generated by rotating magnetic fields, offer the key
advantage of being independent of distance. Since low-amplitude rotating fields can
be readily scaled to dimensions relevant to the human body, such systems represent
promising candidates for targeted therapeutic applications.

(v) Homogeneous magnetic fields can induce dipole forces on ferrofluid droplets. Although
such droplets are not suitable for incorporation into the human body, they can provide a
valuable platform for investigating mechanotransduction processes in cell cultures.



Chapter 2

Measurement of the Magnetic Moment
of a Single Particle in Liquid

Newtonian fluids provide an ideal system for analyzing and characterizing the motion of
nano- and microscale objects, owing to their well-defined and easily quantifiable properties,
such as viscosity. Their predictable behavior makes them an ideal medium for developing
new measurement techniques and for quantitatively comparing such results with those ob-
tained from other experimental approaches or theoretical models.

Author Contributions

I developed the experimental system to measure the magnetic moment of individual particles
described in this chapter. I also fabricated the monodisperse magnetic particles used in this
study, performed all magnetometry measurements presented in this chapter using a SQUID
magnetometer and acquired the SEM images. I established the full analytical framework,
and conducted the measurements and analyses on the monodisperse particles.

Later, together with Dr. N. Moreno Gómez, I extended the experiments to Janus particles
functionalized with polymerosomes, which were fabricated by Dr. V. Mihali, Prof. Dr. C.
Palivan, and colleagues at the University of Basel. We are currently preparing this work
for publication under the title ”Multiplex Modular Nanorobots with Programmable Self-
organization and Magnetic Control”.
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Scope of the Chapter

In this chapter, I describe a method for quantifying the magnetic moment of single parti-
cles, which is based on direct single-particle velocity tracking in a custom-designed setup
employing a magnetic field gradient. This method was used to characterize the magnetic
moment of commercial magnetic particles, monodisperse microparticles and Janus particles
functionalized with polymerosomes. For comparison, I also performed SQUID magnetom-
etry, and converted the result to the average moment per particle.

Motivation

Advancing the mechanistic understanding of biological systems requires a thorough under-
standing of the relationship between applied forces and biological responses. In this regard,
an essential prerequisite for accurately quantifying magnetic forces generated by any mag-
netic approach is the precise knowledge of the magnetic moment of the object of interest.

In order to establish a well-characterized platform that can support future developments
in biomedical applications, I initially acquired commercially available magnetic particles.
Specifically, I selected two types of 500-nm particles: SiMAG-Amine magnetic silica par-
ticles from Chemicell and cross-linked dextran iron oxide fluorescent composite particles
from Micromod. However, both particle types exhibited considerable variability in size and
morphology (Fig. 2.1a-b), resulting in substantial heterogeneity in their magnetic moments
at the single-particle level. Conventional magnetic characterization techniques, such as su-
perconducting quantum interference device (SQUID) magnetometry, provide only ensemble-
averaged estimates of magnetic properties (see Fig. 2.1c), offering limited insight into particle-
to-particle variability.

To develop a robust model system, particularly for use in more complex environments
beyond simple Newtonian fluids, two critical components are required: (i) monodisperse
magnetic particles with uniform magnetic moments, enabling predictable and reproducible
force responses; and (ii) a measurement method capable of determining magnetic moments
at the single-particle level, overcoming the limitations of bulk-averaged techniques like
SQUID magnetometry.
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Figure 2.1. Characterization of commercial 500-nm magnetic particles: scanning electron
microscopy (SEM) images of (a) SiMAG-Amine magnetic silica particles from Chemicell
and (b) cross-linked dextran iron oxide fluorescent composite particles from Micromod; (c)
SQUID measurements showing the average magnetic moment per particle as a function of
the applied magnetic field, converted from the bulk magnetometry data using manufacturer-
reported particle concentrations.
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2.1 Magnetic Particles Fabricated via Glancing Angle
Deposition

To ensure uniformity and reproducibility, I fabricated magnetic particles in-house using
glancing angle deposition (GLAD).

GLAD is a physical vapor deposition technique in which vapor-phase atoms condense
onto a substrate, similar to conventional thin-film deposition, but with the substrate tilted at
a steep (glancing) angle α relative to the incoming flux (see Fig. 2.2a), creating an oblique
deposition geometry [97, 98]. Upon reaching the substrate, atoms spontaneously form mi-
croscopic nuclei, preferentially at sites of defects such as impurities, point defects, and edge
defects [97,98]. Due to the high-vacuum conditions during growth, the atomic flux follows
nearly straight, unscattered trajectories, causing regions behind these initial nuclei to receive
significantly less material [97, 98]. As a result, the ballistic shadowing confines further de-
position to exposed surfaces, producing tilted columnar structures aligned with the incident
vapor direction [97, 98]. Moreover, by rotating the substrate (see the angle φ in Fig. 2.2a),
the column growth direction can be dynamically manipulated, allowing for the sculpting of
nanostructures into a variety of complex shapes [97,98]. Enhancing structural uniformity of
such structures requires precise control over the initial nucleation phase [97,98]. Predefined
nucleation sites and thus periodical shadowed regions can be achieved by introducing a reg-
ular microscale topography prior to deposition (see Fig. 2.2b) [97,98]. Such pre-patterning
can be performed on flat substrates using techniques such as Langmuir–Blodgett (LB) de-
position, which enables the assembly of monolayers composed of micro- or nanoparticles,
most commonly silica or polystyrene. Silica particles employed for LB patterning typically
range around ≈ 500 nm, but can be as small as ≈ 20 nm [99–101], while polystyrene par-
ticles are commonly used at sizes around 1µm, with smaller variants available for seeding
down to approximately 350 nm [102,103]. Alternatively, block copolymer micelle lithogra-
phy (BCML) enables the fabrication of well-ordered arrays of metal nanoparticles typically
ranging from 3 to 15 nm in size [104, 105], which can be enlarged up to ≈ 50 nm via an
electroless growth step [105–108]. By precisely engineering the geometry and periodicity
of these seed layers, one can fabricate highly ordered nanostructure arrays with accurate
control over both size and spatial arrangement [109].
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Crucibles with source materials
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Figure 2.2. Schematic illustration of microstructure fabrication using glancing angle de-
position (GLAD): (a) Vapor-phase atoms are emitted from crucibles and condense onto a
substrate tilted at a steep angle α with respect to the incident flux; (b) zoom-in of the deposi-
tion process on a pre-patterned 3D film. The oblique deposition geometry leads to ballistic
shadowing, confining material growth to the upper surfaces of the 3D structures while sup-
pressing deposition in shadowed regions.

To fabricate the monodisperse magnetic particles used in this study, I employed a hexag-
onally close-packed monolayer of silica beads with a diameter 2b ≈ 500 nm (see Fig. 2.3a)
as a templated seed layer, prepared via Langmuir–Blodgett deposition on a Si wafer by C.
Miksch, as described elsewhere [99]. The patterned substrate was then transferred to a vac-
uum chamber for glancing angle deposition (GLAD) at a base pressure of 10−6 mmHg. A
thin Ti adhesion layer was first grown, followed by Ni deposition with fast φ-rotation at a
glancing incidence angle of α = 80◦ (see Fig. 2.3b). The nominal Ni deposition length was
800 nm; however, due to the oblique incidence geometry at glancing angle α = 80◦, this
does not correspond to the actual deposited thickness, which is about 420 nm based on SEM
imaging (see Fig. 2.3c). The correction factor between the thickness registered by quartz
crystal and the film height is used to determine a ”tooling factor”.
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To further investigate the magnetic properties of the sample, I employed SQUID mag-
netometry. In order to extract the magnetic moment per particle, I utilized the fact that
the silica beads are arranged on the substrate in a hexagonal close-packed configuration.
In this lattice, each unit hexagonal cell effectively contains three particles, as illustrated in
Fig. 2.3a. Given the geometry of the hexagonal lattice, the area of a unit cell is given by
3
√
3(2b)2

2
, where 2b ≈ 512 nm is the center-to-center distance between adjacent beads. From

this, the areal density of particles,

NA =
3 particles

3
√
3(2b)2

2

≈ 4.4 · 106 particles/mm2. (2.1)

Using the known area of the sample measured in the SQUID, I computed the average mag-
netic moment per single particle (see Fig. 2.3d and e). In contrast to the irregular commercial
particles (Fig. 2.1), the monodispersity of my fabricated particles eliminates uncertainty as-
sociated with size distribution. Nevertheless, due to the large number of particles (millions)
measured simultaneously, collective effects such as interparticle interactions are inherently
included in the measured response.
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Figure 2.3. Characterization of monodisperse Ni particles fabricated via GLAD: (a)
schematic representation of a single Ni particle, consisting of a silica bead and a deposited
Ni segment (Ti adhesion layer not shown); (b) SEM image of Ni particles deposited on a Si
substrate; (c) SQUID magnetometry data showing the average in-plane magnetic moment
per particle as a function of applied magnetic field; (d) magnified view of the hysteresis loop
from (c).
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To access the magnetic behavior of individual particles while minimizing collective ef-
fects, I designed a custom magnetic field gradient setup, fitted onto the microscope stage of
an inverted fluorescence microscope. The system consists of a Helmholtz coil pair, which
in its basic configuration generates a homogeneous magnetic field between the coils. To in-
troduce a controlled magnetic field gradient, an iron core was inserted into one of the coils
(see Fig. 2.4a). The core transitions from a cylindrical shape within the coil to a truncated
conical tip directed toward the center between the coils, thereby concentrating the magnetic
field and producing a localized gradient at the midpoint. Although the truncation reduces the
maximum achievable field gradient, it also ensures a slower spatial variation of the gradient,
which facilitates more accurate force calculations during magnetic moment measurements.

(b)

Helmholtz coil pair

FM

(a)

Iron core

Magnetic field lines

Microscope objective

Magnetic particles
Sample in a gene frame

Figure 2.4. Schematic representation of the experimental setup used to determine the mag-
netic moment of individual particles: (a) a Helmholtz coil pair with an iron core, generating
a controlled magnetic field gradient; (b) enlarged view of the sample within the Gene frame,
illustrating particle motion along the direction of the applied magnetic gradient.

The magnetic field was generated by applying a DC voltage of 2.5 V to a power sup-
ply connected through a 10× voltage amplifier. Characterization of the magnetic field was
performed using a Hall probe mounted on a precision mechanical manipulator. The vertical
position corresponding to the intended sample location was first identified. Subsequently,
the probe was aligned horizontally with the tip of the iron core, and measurements were
taken while retracting the probe along the axis of the core. At each position, the magnetic
field was recorded. The magnetic field gradient was computed as the finite difference be-
tween consecutive field measurements. In addition, a fifth-degree polynomial was fitted to
the magnetic field data to produce a smooth, monotonically decreasing profile. This fitted
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curve was then also used to compute the gradient. Both the measured data and fitted curves
for the magnetic field and its gradient are shown as functions of distance in Fig. 2.5.
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Figure 2.5. Characterization of the magnetic gradient setup depicted in Fig. 2.4. The plot
shows the absolute magnitude of the magnetic field and its spatial gradient as functions of
the distance from the truncated tip of the iron core. Experimental data points are presented
alongside smooth curves obtained through polynomial fitting.

To magnetize the particles, a small section of the wafer was cut and exposed to an in-
plane magnetic field of 1.8T, generated by an electromagnet at its center. This magnetized
wafer piece was then placed in water and sonicated for 1 minute, allowing the magnetic par-
ticles to detach and disperse into the solution. The particle concentration of such a solution
was approximately 2 · 104 particles/µl to minimize aggregation. For observation, a cham-
ber was assembled using a base cover slip and a modified Gene frame. The standard (10
× 10 × 0.25) mm3 Gene frame was trimmed along the sides to reduce the distance between
the truncated conical tip and the observation area, yielding a final tip-to-sample spacing of
d = 6.5mm. A volume of 25 µl of the particle suspension was pipetted into the chamber,
after which a second cover slip was placed on top to seal the chamber.

The sample was subsequently mounted between the Helmholtz coil pair, positioned
above the microscope objective, using a custom-designed 3D-printed holder. Upon appli-
cation of the magnetic field, I recorded the directed motion of particles toward the truncated
conical tip using bright-field microscopy. Image acquisition was performed with a 63× ob-
jective lens and a high-resolution camera at a frame rate of 15 frames/s, integrated into the
microscope system.
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Particle velocity tracking was performed using the trackpy library in Python 3.10.9, as
described in detail elsewhere [110]. In brief, particle-like features were initially identified
in the first frame by estimating a characteristic size of approximately 27 pixels (Fig. 2.6a).
Subsequently, feature parameters such as brightness were refined to distinguish genuine par-
ticles from artifacts and bigger clusters (Fig. 2.6b). Subpixel localization accuracy was then
verified, and similar procedures were applied to detect features in all subsequent frames. To
construct particle trajectories, features were linked across frames with a maximum allowed
displacement of 15 pixels per frame, while accounting for the possibility of missed detec-
tions. Only trajectories persisting for a minimum of 10 consecutive frames were retained
for further analysis. Representative trajectories are shown in Fig. 2.6c.

Subsequently, I wrote a custom Python script to extract instantaneous velocities from
the recorded trajectories. For each particle, the velocity components in the parallel and or-
thogonal directions to the magnetic field were computed as the frame-to-frame positional
differences, multiplied by the frame rate and the conversion factor from pixel units to mi-
crometers. Given that the imaged region is small relative to the spatial scale over which
both the magnetic field and its gradient vary at a distance of d = 6.5mm from the truncated
conical tip, it is reasonable to approximate both the field and its gradient as uniform within
the field of view. The average velocity of each particle was subsequently determined in both
directions, and the resulting velocity distributions were visualized as histograms. The his-
togram of velocity components perpendicular to the magnetic field direction was symmetric
about zero (data not shown), indicating no net drift. In contrast, the velocity distribution
along the direction of the magnetic field reveals multiple distinct peaks (Fig. 2.6d). The
first peak, centered around zero, is attributed to immobile particles and stationary artifacts
within the imaging system.

Next, I analyzed the subsequent peaks in the velocity histogram, labeled v1, v2, v3, and v4
in Fig. 2.6d, which exhibit progressively decreasing heights. These peaks correspond to ve-
locity ranges of 6 µm/s–7 µm/s, 12 µm/s–13 µm/s, 17 µm/s–18 µm/s, and 24 µm/s–25 µm/s,
respectively. The consistent velocity differences between successive peaks, approximately
5 µm/s to 7 µm/s, suggest discrete steps in particle mobility. Given the high degree of
monodispersity of the magnetic particles, I hypothesize that the secondary peaks v2, v3 and
v4 correspond to clusters containing two, three, and four particles, respectively (Fig. 2.6e),
with their velocities scaling approximately with the total magnetic moment of the cluster.

To quantify the magnetic moments associated with the velocity peaks and to test this
hypothesis, I analyzed the balance of forces acting along the direction of the applied mag-
netic field, hereafter denoted as the y-axis. At low Reynolds numbers, the magnetic force is
balanced by the viscous drag force

FM,y + FD,vy = 0. (2.2)
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Substituting the expressions for the magnetic and drag forces from Eqs. (1.5),(1.6), and (1.7)
into Eq. (2.2), we obtain

m
∂By

∂y
= Avy, (2.3)

where m is the magnetic moment of the moving object, ∂By

∂y
is the magnetic gradient along

the magnetic field direction and vy denotes the velocity associated with a specific peak in
the velocity histogram (Fig. 2.6d). The particles are well approximated by ellipsoids, for
which the friction coefficient A in Eq. (2.2) has an established analytical expression [89].
In this context, I considered the friction coefficient for a prolate ellipsoid. However, unlike
the case of helix motion aligned with the major axis (as in Eq. (1.20)), the Ni particles are
magnetized in the in-plane direction, which corresponds to the minor axis of the ellipsoid.
As a result, the relevant friction coefficient A is given by [89]

A = AE =
32πµ (a2 − b2)

4a2−6b2√
a2−b2

ln a+
√
a2−b2

b
+ 2a

, (2.4)

where a and b the semi-major and semi-minor axes of the ellipsoid, respectively, and µ the
dynamic viscosity of the fluid. Using a magnetic gradient of ∂By

∂y
= 4.3T/m, obtained from

the magnetic field gradient fit in Fig. 2.5 at the distance d = 6.5mm from the truncated
conical tip, along with the water viscosity µ = 10−3 Pa s, and the geometric dimensions
2a = 700 nm and 2b = 512 nm, the magnetic moment m of the moving object correspond-
ing to each velocity peak can be directly calculated from Eq. (2.2).

In the following analysis, I first focus on the most prominent non-zero peak in the
velocity histogram, specifically the bin ranging from 6 µm/s to 7 µm/s, centered at v1 ≈
6.75µm/s (see Fig. 2.6d). Using this velocity in Eq. (2.3), I calculate the corresponding
magnetic moment as m1 = 8.7 · 10−15 Am2. This result can be directly compared to the
value obtained from SQUID magnetometry, shown in Fig. 2.3e. The average magnetic mo-
ment per particle measured atB = 31.1mT (the field magnitude at the distance d = 6.5mm

from the truncated conical tip, extracted from the magnetic field fit in Fig. 2.5) acquired us-
ing SQUID is mSQUID = 9.2 · 10−15 Am2. Given the close agreement between m1 and
mSQUID, I can reasonably conclude that the velocity peak at v1 = 6.75µm/s corresponds to
the motion of a single Ni particle. It is important to remember that while mSQUID is slightly
higher, this value represents an ensemble average over more than > 106 particles and thus
includes contributions from interparticle magnetic interactions. In contrast, the magnetic
moment m1, obtained via velocity tracking, reflects the behavior of an individual particle,
effectively isolating it from such interactions.
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Figure 2.6. Analysis of particle velocity tracking: (a) initial identification of particle-like
features in the raw image data; (b) refinement of detected features by filtering out imaging
artifacts and larger particle clusters; (c) reconstruction of particle trajectories; (d) histogram
of particle velocities along the direction of the magnetic field, with distinct peaks corre-
sponding to different cluster types, color-coded as in (e);
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Figure 2.6. (Continued) (e) schematic of a single particle and clusters (doublets, triplets,
quadruplets), used for classification and interpretation of velocity data; (f) classification of
particles into single units, doublets, triplets, and quadruplets, color-coded as shown in (e).

For the higher-order peaks in the velocity histogram, labeled v2, v3, and v4, Eq. (2.3)
shows that the velocity scales linearly with the magnetic moment, assuming a constant mag-
netic gradient and friction coefficient. Indeed, for elongated particle chains aligned along the
magnetic field direction (Fig. 2.6e), the total magnetic force increases proportionally with
the number of particles in the cluster, while the hydrodynamic drag remains approximately
constant, as it is primarily determined by the cluster’s cross-sectional area perpendicular to
the flow [111]. This implies that the velocity of such clusters is roughly proportional to
their total magnetic moment. The velocity peaks at v2, v3, and v4 thus likely correspond to
doublets, triplets, and quadruplets of particles, respectively. This interpretation is further
supported by the visual classification in Fig. 2.6f, where colored markers denote clusters of
increasing size corresponding to progressively higher velocity bins: 6 µm/s–7 µm/s (red),
12 µm/s–13 µm/s (green), 17 µm/s–18 µm/s (blue), and 24 µm/s–25 µm/s (yellow).

Overall, I demonstrated that monodisperse magnetic particles can be reliably fabricated
using GLAD, establishing a robust platform for future studies in complex media where
precise control of magnetic forces is essential. Furthermore, I developed and validated a
technique for measuring the magnetic moment at the single-particle level. In the following
section, this method will be applied to characterize more complex magnetic structures.

2.2 Loaded Polymer Magnetic Janus Particles

Together with Dr. N. Moreno Gómez, I repeated the experiments using Janus particles
functionalized with polymerosomes loaded with the fluorescent dye, provided by our col-
laborators Dr. V. Mihali, Prof. Dr. C. Palivan et al.. These polymersomes were engineered
by the Palivan’s group to encapsulate diverse molecular payloads, including drugs and en-
zymes, making the resulting hybrid constructs attractive candidates for theranostic applica-
tions. The Janus particles feature a dual-lobed core synthesized via seeded emulsion poly-
merization, allowing selective functionalization of each lobe. One lobe was functionalized
with iron oxide nanoparticles to confer magnetic properties, while the other was conjugated
with single-stranded DNA. Polymersomes were assembled from amphiphilic block copoly-
mers in the presence of the fluorescent dye Atto488 and functionalized with complementary
single-stranded DNA. The final hybrid structures were formed through DNA hybridization,
resulting in magnetic Janus particles tethered to dye-loaded polymersomes.
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We first characterized the magnetic Janus particles without attached polymersomes. I
performed SQUID magnetometry, and the average magnetic moment per particle was esti-
mated based on particle concentrations obtained from dynamic light scattering (DLS) (see
Fig. 2.7b). The resulting magnetic moment per particle was approximately 25× lower than
that of GLAD-fabricated Ni particles and about 15× lower than that of commercial magnetic
particles (compare Figs. 2.1c and 2.3d), presenting a challenge for subsequent velocity track-
ing. Since the Janus particles exhibited no remanent magnetization, no pre-magnetization
step was required; particles were simply sonicated prior to the experiment. The particle mo-
tion under a magnetic field gradient was recorded using bright-field microscopy, and subse-
quent analysis performed in Python yielded the velocity distribution shown in Fig. 2.7c. To
determine the peak velocity, negative velocities — attributable to noise — were excluded,
and the remaining data were fitted with a truncated normal distribution. The peak velocity
was found to be vJ = 1.36µm/s, with a standard deviation of 1.42 µm/s. As the orientation
of the particles during motion was unknown (due to the absence of prior magnetization),
we considered two cases, both approximating the Janus particles as prolate ellipsoids with
dimensions 2a = 350 nm and 2b = 225 nm. Assuming motion along the minor axis 2b,
similar to the behavior observed for Ni particles (see Fig. 2.6f), the friction coefficient was
estimated using Eq. (2.4), yielding a magnetic moment of mb = 8.1 · 10−16 Am2. Alter-
natively, for motion along the major axis 2a, the corresponding estimate using Eq. (1.20)
resulted in mb = 7.3 · 10−16 Am2. Both estimates exceed the magnetic moment determined
by SQUID,mSQUID = 2.6 ·10−16Am2 at an applied field ofB = 31.1mT. We attribute this
discrepancy primarily to uncertainties in concentration estimates derived from DLS, which
are known to exhibit significant variability, often spanning up to an order of magnitude due
to factors such as particle aggregation and assumptions regarding scattering properties.

We then repeated the experiment and analysis for Janus particles attached to Atto488-
loaded polymersomes. Taking advantage of the fluorescence emitted by Atto488, we tracked
particle motion using fluorescence microscopy, which significantly improved signal clar-
ity and reduced background noise compared to the bright-field-based analysis performed
previously. Trajectories of five selected tracked particles are shown in Fig. 2.7d, and the
corresponding velocity distribution is presented in Fig. 2.7e. The velocity histogram was
fitted with a normal distribution, yielding a peak velocity of vJ−P = 3.45µm/s and a stan-
dard deviation of 1.03 µm/s. Interestingly, the velocity of the Janus–polymersome hybrids
(vJ−P) exceeds that of the Janus particles alone (vJ), which is counterintuitive given the in-
creased hydrodynamic drag associated with the larger particle size and unchanged magnetic
driving force. We attribute this effect to pronounced particle clustering, likely caused by the
omission of the sonication step prior to the experiment, which was avoided to preserve the
structural integrity of the sensitive hybrid particles.
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Figure 2.7. Magnetic characterization of Janus particles: (a) schematic illustration of hy-
brid Janus particles with attached Atto488-loaded polymersomes; (b) magnetometry results
showing the average magnetic moment per Janus particle (without polymersomes), mea-
sured using SQUID; (c) velocity histogram of Janus particles without polymersomes, fitted
with a truncated normal distribution; (d) fluorescence image showing trajectories of five rep-
resentative Janus particles with attached fluorescent polymersomes; (e) velocity histogram
of Janus particles with Atto488-loaded polymersomes, fitted with a normal distribution.
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2.3 Overview of Magnetic Moment Measurements
at the Single-Particle Level

After investigating methods to deduce the magnetic properties of individual magnetic par-
ticles, I conclude that:

(i) Themagnetic moment per particle can be evaluated using two complementary approaches.
Conventional SQUID magnetometry provides the average magnetic moment per parti-
cle, including interparticle interactions. In contrast, the method of velocity tracking in
a well-characterized magnetic field gradient that I developed allows estimation of the
magnetic moment at the single-particle level. Although this approach yields informa-
tion at a fixed value of the magnetic field used during the experiment, it is more relevant
for motion, as it characterizes particle behavior in solution and accounts for the hydro-
dynamic radius.

(ii) Commercial magnetic particles exhibit a broad size distribution, and consequently a
wide range of magnetic moments. This variability limits their applicability in experi-
ments that require precise control over magnetic forces. The continuous velocity distri-
bution in Fig. 2.8 reflects this heterogeneity, with the absence of discrete peaks indicating
the wide spread in magnetic properties among the particles.
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Figure 2.8. Histogram of particle velocities along the magnetic field direction for the cross-
linked dextran-coated iron oxide fluorescent composite particles from Micromod (refer to
Fig. 2.1b). The continuous velocity distribution reflects the polydispersity in size and mag-
netic moment of the particles.
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(iii) I fabricated monodisperse particles fabricated via glancing angle deposition (GLAD)
that display discrete velocity distributions, reflecting consistent and uniform magnetic
moments across individual particles. This high degree of uniformity enables well-controlled
experiments, where applied magnetic forces can be directly correlated with observed
particle transport behavior in more complex environments.

(iv) Magnetic velocity tracking remains feasible even for particles with relatively low mag-
netic loading, such as Janus particles bearing iron oxide nanoparticles on a single lobe.
However, the low magnetic signal complicates the separation of magnetically driven
motion from experimental artefacts, as the velocity histogram does not clearly separate
from zero velocity. Moreover, hybrid organic–inorganic structures, such as Janus par-
ticles functionalized with Atto488-loaded polymersomes, are prone to clustering and
likely exhibit collective motion, which precludes reliable determination of the magnetic
moment at the single-particle level. Nonetheless, we demonstrate that magnetic veloc-
ity tracking can still be performed using fluorescence microscopy, which enables se-
lective identification of magnetic, fluorescently labelled particles while excluding non-
magnetic debris.



Chapter 3

Magnetic Force Generation
in Cell Culture Environments

Externally controlled mechanical cell stimulation and manipulation are garnering interest
within the molecular and cell biology community, as they offer a means to advance the
mechanistic and physiological understanding of cellular processes. To influence biological
processes at the molecular level, particularly those involving membrane proteins, forces
on the order of several piconewtons are typically required. Higher force thresholds are
necessary for manipulating entire cells, especially within densely packed monolayers. In
addition, materials used for force generation must preserve cell viability and seamlessly
integrate with conventional cell culture conditions. Therefore, careful consideration must
be given to the design of both the actuation stimuli and the materials used for this purpose,
ensuring reliable performance without compromising the cellular environment.

Author Contributions

The first section of this chapter, detailing the synthetic magnetic cell platform, was done in
collaboration with Dr. S. Pashapour and Dr. J. De Lora, who developed the synthetic mag-
netic cells used in this study and who were leading the cell-based experiments. Together
with Dr. J. De Lora, we carried out droplet deformation experiments in various media and
performed measurements of interfacial tension and rheological properties using established
techniques. Independently, I adapted and characterized the magnetic setup for our spe-
cific applications and microscope, based on an original design and fabrication by Dr. B.
Miksch for a different purpose. With assistance from E. Oren, I characterized the tempo-
ral response of the magnetic setup. I also performed numerical simulations, carried out the
magnetic characterization of the system, performed droplet shape analysis, and analyzed
and interpreted material property data obtained through multiple characterization methods.
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I also performed estimations of the magnetic force and pressure acting on both the syn-
thetic magnetic cells and neighboring native cells. The manuscript detailing this work is in
its final stages and is titled, “Building mechanoresponsive hybrid cell cultures comprising
E-Cadherin functionalized synthetic magnetic cells (symcells) and natural cells”.

The second section of this chapter involves clearly defined contributions. The project
has been led by H. K. Senapati at the Max Planck Institute (MPI) for Medical Research.
Magnetic particles were synthesized and characterized by K. Noh and H. Joo at the Center
for Nanomedicine, Institute for Basic Science (IBS), South Korea. I conducted the finite
element simulations to evaluate various magnetic configurations, identifying the optimal
design based on both macro- and microscale spatial constraints. I also performed quanti-
tative estimations of the magnetic forces acting on cells within the selected configuration.
The magnetic setup was fabricated by the mechanical workshop at the MPI in Stuttgart.
Magnetometry measurements of the cobalt wire were performed by Prof. Dr. E. Goering
at the MPI for Solid State Research. All experiments investigating the control of sprouting
behavior using the developed magnetic system, including parylene coating, were carried out
by H. K. Senapati. The overall project design and results were discussed with S. Seneca,
Prof. Dr. P. Fischer, and, regarding the cellular aspects, with Dr. I. Platzman and Prof. Dr.
J. Spatz. This work will be included in a forthcoming manuscript led by H. K. Senapati.

Scope of the Chapter

This chapter explores two magnetic strategies for exerting mechanical stimulation and ma-
nipulation of cells in vitro.

The first strategy employs homogeneous magnetic fields in combination with ferrofluid-
based synthetic magnetic cells integrated within 2D cell culture systems. These synthetic
cells generate distributed mechanical forces at the cellular scale, enabling the application of
mechanical stress over larger areas. This approach contrasts with the previously described
technique using submicron-sized magnetic particles, which induce highly localized forces
(see Chapter 2). Initially, by examining droplet deformation within Newtonian fluids or elas-
tic gels under magnetic actuation, we quantitatively extract microscale mechanical proper-
ties of the surrounding environment, which are subsequently validated through conventional
rheological and interfacial tension measurements. Integration of synthetic magnetic cells
into cell cultures then permits the transmission of mechanical forces to neighboring natural
cells. Moreover, the introduction of a paramagnetic probe into the homogeneous field am-
plifies the local magnetic field and generates spatial gradients, further enhancing mechan-
ical stimulation. Collectively, this platform establishes a tool with the potential to probe
mechanotransduction and to elucidate cellular responses to controlled mechanical stimuli.
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The second strategy aims to design magnetic field gradients to modulate and direct
the sprouting behavior of cells that have internalized magnetic nanoparticles. To create
a microscale-localized magnetic field gradient, a suitably isolated cobalt wire is introduced
into a homogeneous magnetic field generated by a custom cylindrical Halbach array, op-
timized for integration with confocal microscopy. Furthermore, by incorporating multi-
ple wire segments, the setup enables the simultaneous observation of several independent
events. As such, the system provides a versatile platform for our collaborators to spatially
guide cellular sprouting to specific locations of interest, thereby advancing potential appli-
cations in tissue engineering.

Together, these approaches illustrate the capacity of magnetic fields to facilitate mechan-
ical stimulation and spatial manipulation of cells, advancing the ability to investigate and
engineer cellular mechanobiology.

3.1 Synthetic Magnetic Cells

Synthetic cells, in the context of this work, provide a versatile and biocompatible platform
for the controlled modulation of cellular behavior. These constructs are designed to repli-
cate selected structural and functional aspects of living cells, often featuring a lipid layer
that mimics the native cell surface and an interior for the encapsulation of natural organelles
or synthetic components [112]. The surface of synthetic cells can be functionalized with
proteins to enable interactions with surrounding cells. Importantly, synthetic cells can be
engineered to include remote-actuation mechanisms, such as photosensitive [113], magneti-
cally [114] or temperature-responsive modules [115], allowing precise external control over
their behavior.

While the presented study builds upon the work of F. Serwane et al. [96], who introduced
the use of inert, fluorocarbon-based ferrofluid oil droplets injected into tissue in vivo to
measure the material properties of such environments, their droplets consisted solely of
ferrofluid, fluorocarbon oil, and surfactant. Consequently, they were chemically inert and
lacked biological surface functionalization or cell-like adhesive properties, and therefore did
not qualify as synthetic cells.
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In this work, the synthetic magnetic cells were constructed from ferrofluid-based silicone
oil, enabling magnetically controllable actuation, while providing a soft matrix compatible
with cell culture environments. A lipid-stabilized surface was essential to form these syn-
thetic cells. To this end, the following protocol was established by Dr. S. Pashapour and
Dr. J. De Lora. A lipid mixture containing 85% 1,2-dioleoyl-sn-glycero-3-phosphocholine
(DOPC) or phosphatidylglycerol (PG), 5 % fluorescent Atto488-1,2-Dioleoyl-sn-glycero-
3-phosphoethanolamin (Atto488-DOPE), and 10 % Ni2+-NTA functionalized lipids (Avan-
tiLipids) was prepared at a total concentration of 6 mM. The solvent was then evaporated,
and the resulting lipid film was dried overnight in a desiccator. This dried film was re-
hydrated with custom silicone-oil ferrofluid (Ferrotec) to form the lipid-ferrofluid phase,
maintaining the total lipid concentration of 6 mM. For droplet formation, the lipid-ferrofluid
mixture was emulsified into an aqueous phase containing 5mM TRIS-HCl, 25 % glycerol,
and 25 mM cholesterol-polyethylene glycol (PEG) with an average molecular weight of
600 g/mol. The ferrofluid phase and aqueous phase were combined at a 1:100 ratio and
emulsified using a high-shear emulsifier, producing droplets ranging (10− 50)µm in diam-
eter. In addition, the droplets were incubated with His-tagged E-cadherin proteins, which
bind specifically to the Ni2+-NTA functionalized lipids at the droplet interface. E-cadherin,
a well-characterized mechanosensitive adhesion molecule, facilitates the formation of cell–
cell junctions and plays a crucial role in transducing mechanical signals across the mem-
brane, thereby influencing cellular behavior and signaling [116–119].

To enable both integration of the synthetic cells with natural cell lines and visualiza-
tion by fluorescence microscopy, human embryonic kidney (HEK293T) and human epider-
mal keratinocyte (HaCaT) cell lines were genetically engineered by Dr. S. Pashapour and
Dr. J. De Lora to express green fluorescent protein (GFP)-tagged E-cadherin. Through E-
cadherin-mediated interactions, the synthetic magnetic cells effectively integrated into these
cellular environments (see Fig. 3.1a), forming functional adhesive contacts with living cells
that could be visualized via fluorescence imaging.

His-tag E-cadherin

E-cadherin-GFP

Natural cellSynthetic magnetic cell

Cholesterol-PEG600

Lipids

Figure 3.1. A synthetic magnetic cell engaging in E-cadherin-mediated adhesion with a
natural cell.
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Synthetic magnetic cells were co-seededed with natural cells into the culture to generate
mechanical forces within cell monolayers. In a homogeneous magnetic field, the initially
spherical synthetic magnetic cells deform into ellipsoids, as detailed in Section 1.4 and pre-
viously described by Serwane et al. [96]. This deformation generates mechanical stresses on
adjacent cells, manifesting as a force dipole aligned parallel and antiparallel to the magnetic
field direction. Notably, the ferrofluid-oil formulation with lipid stabilization employed in
this study demonstrates nearly twice the magnetic saturation compared to that reported by
Serwane et al. [96], as illustrated by the hysteresis curve in Fig. 1.13a. Furthermore, unlike
the static actuation achieved with a permanent magnet array mounted on a motorized plat-
form in the previous work, our system enables dynamic, real-time actuation of the synthetic
magnetic cells, as further elaborated in the following subsection.

3.1.1 Setup to Generate Homogeneous Magnetic Fields

A homogeneous magnetic field was generated using an electromagnet powered by a DC
supply. The field was directed horizontally from the iron core through magnetizable steel
and two sets of iron pole pieces toward the 35-mm-cell culture dish, which was held in
place within the field by a custom 3D-printed holder (see Fig. 3.2). I mounted the whole
setup on a custom-built microscope stage on an inverted microscope (Zeiss Axio Observer
Z1) to enable observation of droplet deformation in real time. To maintain physiologi-
cal conditions while conducting experiments at long timescales, the setup was placed in a
temperature-controlled incubation chamber, with humidity passively maintained by a water-
soaked sponge.

The strength of the magnetic field, and consequently the degree of droplet deformation,
can be accurately modulated by varying the current supplied to the electromagnet. In the
configuration shown in Fig. 3.2, the maximum field reached approximately 63 mT, limited
by the saturation magnetization of the steel and iron components. The “first iron pole pair”
(see Fig. 3.2) consisted of two iron cylinders, each with a diameter of 40 mm and thickness
of 6.5 mm. The field strength could be further increased by modifying the geometry of this
pole pair—for instance, by reducing its diameter or reshaping the ends into truncated cones
converging toward the sample center. However, such modifications would lead to a trade-off
by decreasing the volume over which the field remains homogeneous.
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First iron pole pair

Second iron pole pair

Sample in a Petri dish

x
y

Coil

Objective

3D-printed holder

Steel

Figure 3.2. Schematic illustration of the experimental setup used to generate a homoge-
neous magnetic field across the cell culture dish during microscopy.

The spatial uniformity of the magnetic field within the region of interest was assessed
through finite element simulations using COMSOL Multiphysics 6.1. A 2D axis-symmetric
model replicated the experimental geometry, incorporating the exact arrangement and di-
mensions of the two pairs of iron pole pieces used in the setup. Rather than targeting ab-
solute magnetic field values, which can be inaccurate due to factors like heat dissipation
during electromagnet operation, the simulation focused on evaluating field homogeneity.
Specifically, I tested whether calibrating the magnetization of the iron components in the
simulation to match the experimentally measured magnetic field at the center of the region
of interest (measured as 63mT) would allow accurate predictions of field deviations in other
areas. This approach, if validated, would enable reliable magnetic field simulations for other
geometries without requiring full experimental mapping. Using the ”Magnetic Fields, No
Currents” module in COMSOL, the simulation predicted a field deviation of less than 1%

within the central 1-cm region (Fig. 3.3a).

Subsequently, experimental mapping of the magnetic field was performed using a mag-
netometer (MAGSYS HGM09s) mounted on a manual micromanipulator (Fig. 3.3c–d). The
measured field showed a high degree of uniformity (Fig. 3.3b–d), in strong agreement with
the simulation results (Fig. 3.3a). This correspondence confirms that the experimentally
calibrated simulation reliably captures the magnetic field distribution and can thus be con-
fidently applied for predicting fields in alternative geometries.
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Figure 3.3. Characterization of the setup designed to generate a homogeneous magnetic
field: (a) simulated magnetic field deviation across the region of interest, computed in the
vertical plane corresponding to the top surface of the glass in the Petri dish using COMSOL,
(b) experimentally measured magnetic field deviation in the same plane, (c) measured mag-
netic field, (d) zoomed-in view of the central region shown in (c), and (e) temporal decay of
the magnetic field after switching off the voltage, fitted with an exponential curve yielding
a time constant τ = 0.32 s.



62 Synthetic Magnetic Cells

To enable precise control over the magnetic field during stimulation experiments, I cal-
ibrated the relationship between the supplied electrical current and the resulting magnetic
field at the center of the region of interest. These calibration data were implemented in a
Python 3.10.9 script, which provided automated magnetic field cycling with programmable
timing, facilitating periodic activation and deactivation throughout the experiment.

In addition, we characterized the temporal response of the system to assess its suitability
for dynamic magnetic stimulation. A magnetometer was positioned at the center of the
region of interest to record the magnetic field when the supply voltage was switched off
(see Fig. 3.3e). The decay of the magnetic field was fitted with an exponential function
of the form Ae−(t−t0)/τ , where A = 63.4mT is the initial magnetic field amplitude, t0 =

1.63 s marks the onset of the decay, and τ = 0.32 s is the characteristic decay time constant.
The system exhibited a response time of just over 1 s from voltage deactivation to effective
field removal, thereby establishing the temporal resolution limit for dynamic stimulation
experiments.

Overall, the electromagnet configuration enables precise modulation of the magnetic
field, combining a high degree of field homogeneity, rapid switching dynamics, and ad-
justable force application. These capabilities render the system particularly suitable for
controlled, dynamic mechanical stimulation in cell-based experiments, offering a robust
platform for investigating mechanobiological processes with high spatiotemporal resolu-
tion.

3.1.2 Measurements of Interfacial Tension Using Ferrofluid Droplets

Initially, we aimed to test our platform in liquids and elastic gels. For the following experi-
ments, we employed the ferrofluid–silicone oil formulation containing lipids, but excluded
additional functional components such as His-tagged E-cadherin proteins. This decision
was motivated by both the high cost of the proteins and the practical limitations associ-
ated with forming a functionalized interface on injected droplets, as opposed to emulsified
droplets used in cell culture experiments. Since the interactive surface characteristic of
synthetic magnetic cells arises from post-synthesis functionalization and incubation of pre-
formed droplets, I refrain from referring to these droplets as “synthetic magnetic cells” in
the remainder of the text unless they possess such a bioactive interface within a cell culture
monolayer.
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As a first step, we characterized droplet deformation in Newtonian fluids, where the
viscosity remains constant and independent of shear rate [120]. Upon application of a ho-
mogeneous magnetic field, a spherical ferrofluid droplet of initial radius R deforms into an
ellipsoid characterized by its semi-axes a (minor) and b (major). The uniaxial strain along
the major axis of the deformed droplet is defined as ϵ = b−R

R
.

Assuming volume conservation during deformation [96] and applying a Taylor expan-
sion around b

a
→ 1, we obtain an expression for the strain in terms of the ellipsoidal semi-

axis [96]

ϵ =
2

3

(
b

a
− 1

)
. (3.1)

At mechanical equilibrium, where the deformed droplet shape remains stable, a thor-
ough analysis based on Eq. (1.32) (see also Fig. 1.10) yields the balance between magnetic
traction, as described in Eq. (1.33), and the capillary restoring stress pC [121]

pC = pM , (3.2)

where the governing expression pC can be further simplified, based on formulations of Tse-
bers [122] and Afkhami et al. [121] (specifically, Eq.(5) in [122] and Eq.(3.13) in [121])
using a Taylor expansion in the small strain limit ϵ → 0

pC = ϵ
6γ

R
, (3.3)

where γ is the interfacial tension between the droplet and the surrounding fluid.
Using Eqs. (1.33), (3.2) and (3.3), the surface tension can be expressed as [96]

γ =
µ0M

2R

12ϵ
. (3.4)

Based on Eq. (3.4), we aimed to determine the interfacial tension between a ferrofluid,
comprising silicone oil with dispersed lipids, and various Newtonian fluids, including glyc-
erol solutions, glucose solutions, and cell culture medium. For independent validation, we
also assessed the suitability by standard techniques, such as pendant drop tensiometry.

Ferrofluid droplets were generated within the continuous liquid phase in glass-bottom
cell culture dishes by pressure-driven injection using a microinjector (PLI-100A,Warner In-
struments LLC) in conjuction with glass microneedles of 20 µm outer diameter (BioMedical
Instruments). Owing to the higher density of the ferrofluid phase relative to the continuous
liquid, the droplets sedimented to the bottom of the dish. The droplet size was regulated
by varying the injection pressure between 100 kPa and 170 kPa. An example of a droplet
produced using this method is shown in Fig. 3.4a.
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Two major challenges were encountered during the experiments. First, the ferrofluid
droplets often exhibited negligible deformation upon application of the magnetic field, con-
trary to expectations based on the fluid’s viscosity and magnetic properties. Second, they
frequently drifted rapidly toward the nearest iron pole piece once the field was activated,
likely due to minor magnetic field gradients present even within an otherwise nominally
homogeneous field. This behavior was consistently observed across a range of liquid envi-
ronments, including 10 %–30 % v/v aqueous glycerol solutions and glucose solutions with
concentrations ranging from 2 M to 9 M. In these cases, the increased viscosity was intended
to reduce droplet mobility and mitigate drift induced by subtle magnetic gradients.

Further investigation revealed that the lack of deformation in many cases was due to
adsorption of the droplets onto the glass bottom of the cell culture dish. This occurred as a
result of the interfacial tension balance between the continuous liquid phase, the ferrofluid,
and the glass substrate, leading the droplet to adopt a sessile (i.e., surface-adhering and
flattened) rather than a spherical shape. While we could influence the initial droplet config-
uration by adjusting the vertical position of the glass capillary tip relative to the dish bottom
during injection, some droplets were still observed to transition into an adsorbed state upon
magnetic field activation. To ensure only correctly shaped droplets were included in the
analysis, the shape of each droplet was verified both before and after the application of
the magnetic field. This was achieved using confocal fluorescence microscopy to visualize
the Atto488-DOPE lipids localized at the droplet interface (see Fig. 3.4b), enabling reliable
identification of non-spherical or surface-adhering droplets.

To address the second problem, the drift of droplets in response to subtle magnetic
field gradients, we explored physical confinement strategies using different chamber de-
signs made of glass and plastic. However, these approaches often introduced new artifacts:
droplets in contact with the chamber edge exhibited asymmetric deformation, compromis-
ing the analysis of magnetic-induced shape changes. Ultimately, we overcame this issue
by employing a high-speed camera (Phantom 7.2, Vision Research) operating at 400 frames
per second, which allowed us to capture the droplet deformation before the droplet could
drift out of the field of view (see Fig. 3.4c). The droplet was considered to have reached
equilibrium deformation once its shape stabilized and no longer varied between consecutive
frames, despite ongoing drift.
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First, droplet deformation experiments were conducted in a 4 M glucose solution. A
total of 20 deformation events were recorded for droplets with radii ranging from 42 µm to
59 µm, subjected to magnetic fields between 38mT and 63 mT. The interfacial tension for
each droplet was subsequently calculated using Eq. (3.4). The droplet deformation (major
and minor axes) was determined from images acquired with an inverted microscope, while
the undeformed droplet radius was measured separately via confocal microscopy to avoid the
influence of residual magnetic fields (< 1mT) present in the system even in the absence of
applied magnetic actuation. The resulting dataset, comprising 20 interfacial tension values,
is presented in Fig. 3.4d, where the color of each point corresponds to the radius of the
respective droplet. The average interfacial tension across all measurements was found to be
19.2±0.4mN/m. Within this dataset, no clear dependence of interfacial tension on either the
applied magnetic field or droplet size was observed; however, due to the relatively narrow
range of both parameters, no definitive conclusions can be drawn.

Subsequently, the same procedure was applied to droplets injected into standard Dul-
becco’s Modified Eagle Medium (DMEM) supplemented with 1 % Penicillin-Streptomycin
and 10 % fetal bovine serum (FBS), as this represents the physiological medium in which
cells were cultured in this study. Determining the capillary restoring stress in this biologi-
cally relevant environment is critical for understanding droplet mechanics under conditions
that closely mimic those used during cellular experiments.

Deformation in DMEM cell culture medium was analyzed for 15 droplets with radii
ranging from 70 µm to 500 µm, across applied magnetic fields from 1.4mT to 28.9 mT. The
maximum magnetic field applied in this case was intentionally lower than that used in the
4M glucose experiments, due to the lower viscosity of DMEM cell culture medium. This
precaution was to avoid significant droplet deformation, thereby ensuring that the approxi-
mation b

a
→ 1, a requirement for the validity of Eq. (3.4), remained satisfied. Each droplet

was subjected to at least 8 different magnetic field strengths. The resulting dataset, compris-
ing over 140 interfacial tension values, is plotted as a function of magnetic field in Fig. 3.4e.
As expected, the interfacial tension exhibited no dependence on droplet radius. However, a
clear trend was observed: interfacial tension increased from values slightly above 0 mN/m
to approximately 5mN/m as the magnetic field was raised to 30 mT. In the low-field regime,
measurements obtained from larger droplets are considered more accurate due to more pro-
nounced deformations and a higher pixel resolution, which reduced uncertainty in aspect
ratio determination and, consequently, the derived interfacial tension.
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Figure 3.4. Measurement of interfacial tension between the ferrofluid–silicone oil phase
containing lipids and Newtonian fluids via magnetic droplet deformation: (a) schematic
and confocal image of an undeformed droplet in standard DMEM cell culture medium, (b)
radius measurement and verification of non-wetting behavior using confocal fluorescence
microscopy, based on the Atto488-DOPE signal at the droplet interface, (c) schematic and
corresponding image of a droplet in standard DMEM cell culture medium deformed under
a homogeneous magnetic field (11.6mT), imaged using an inverted microscope, (d) inter-
facial tension values for 8 droplets in 4 M glucose solution plotted against magnetic field,
(e) interfacial tension values for 15 droplets in standard DMEM cell culture medium plotted
versus magnetic field. The scale bar shown in (b) applies to images in (a)–(c).
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The influence of magnetic fields on interfacial tension has been previously investigated,
though the literature presents inconsistent findings. This ambiguity is partly attributed to
the confounding effects of magnetic pressure, which deform the magnetic phase along the
field direction and can mask genuine variations in surface tension [123,124]. Many theoret-
ical models continue to assume constant interfacial tension when analyzing the behavior of
ferrofluid droplets in magnetic fields [125]. While certain studies suggest negligible depen-
dence on the magnetic field [126], an increasing number of reports indicates that interfacial
tension tends to increase with magnetic field strength [121, 123–125, 127]. This trend im-
plies that field-dependent interfacial tension should be incorporated into analytical models
of ferrofluid dynamics. The underlying mechanisms for this magnetic influence remain the
subject of ongoing investigations. Upon the application of a magnetic field, dipole–dipole
interactions among magnetic nanoparticles promote the formation of chain-like aggregates.
However, for homogeneous ferrofluids with uniform magnetic properties, the dipole inter-
action term in the theoretical expressions for interfacial tension is typically deemed negligi-
ble and cannot account for the substantial discrepancies between theoretical predictions and
experimentally observed values [121, 123, 125]. Furthermore, when ferrofluids are mod-
eled as inhomogeneous composite systems, chain formation that has been shown to alter
the effective magnetic susceptibility should be already considered in magnetometry mea-
surements [121, 125]. Beyond changes in susceptibility, magnetic field-induced particle
chaining, along with interactions between magnetic nanoparticles and non-magnetic carrier
fluid molecules, can result in a redistribution of particles within the ferrofluid [121, 123].
Some studies propose that the magnetic nanoparticles behave similarly to surfactants and
move away from the interface in response to an applied field, thus causing an increase in
interfacial tension [121, 123]. This idea is supported by evidence showing that the surface
of a magnetized ferrofluid is compositionally different from the homogeneous bulk mate-
rial [128]. In particular, a lower concentration of nanoparticles has been observed at the in-
terface [128], and such surface depletion has been linked to variations in contact angle [129],
ultimately impacting the interfacial tension.
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3.1.3 Validation of Interfacial Tension Using Standard Methods

To assess the reliability of our interfacial tension measurements obtained via the droplet de-
formation method, we sought to compare our results with those acquired using established,
standardized techniques. Specifically, we aimed to determine the interfacial tension between
our ferrofluid droplet formulation (a silicon oil-based ferrofluid containing lipids) and the
fluids used for the aforementioned experiments (a 4 M glucose solution and standard DMEM
cell culture medium) using a pendant drop tensiometer. In the following, I first discuss the
limitations encountered with the pendant drop tensiometer and subsequently address con-
siderations related to the sessile drop method. Both methods were implemented using the
Optical Contact Angle 50 instrument in conjunction with the SCA20 software (DataPhysics
Instruments GmbH), which analyzes droplet shapes by fitting the Young–Laplace equation
to extract interfacial tension values. The interfacial tension was calculated from the droplet
profile based on fluid densities that we experimentally determined: 1.35 g/ml for the lipid-
stabilized silicon oil ferrofluid, 1.23 g/ml for the 4 M glucose solution, and 1.00 g/ml for the
supplemented DMEM cell culture medium.

Pendant Drop

The pendant drop method determines interfacial or surface tension by analyzing the shape
of a liquid droplet suspended from the tip of a capillary, where the balance between gravi-
tational forces and boundary tension dictates the droplet’s profile [130]. For these measure-
ments, the lipid-stabilized silicon oil-based ferrofluid was loaded into a capillary, which
was then submerged into a glass cuvette containing the liquid phase to be measured. To
prevent the ferrofluid phase from wetting the blunt needle, the needle surface was rendered
hydrophilic via oxygen plasma treatment prior to all interfacial tension measurements.

During attempts to quantify the interfacial tension between a 4M glucose solution and
the lipid-stabilized silicon oil-based ferrofluid, we observed an unexpected and pronounced
dependence of the measured values on droplet volume. Specifically, interfacial tension de-
creased from approximately 150 mN/m for a 25 µl droplet to around 25 mN/m for a 3 µl
droplet, with a consistent downward trend across five intermediate volumes. To my knowl-
edge, such a strong volume dependence is not reported in the literature, where interfacial
tension is expected to remain invariant with droplet size under equilibrium conditions.
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Upon visual inspection, all droplets appeared nearly spherical, regardless of their vol-
ume. This observation led me to consider the Bond number β, which quantifies the relative
importance of gravitational and surface tension forces, and is defined as [131]

β =
∆ρgR2

γ
, (3.5)

where γ is the interfacial tension between the two fluid phases, ∆ρ is their density differ-
ence, g is the gravitational acceleration, andR is the characteristic droplet radius. When β is
small, gravitational effects are negligible compared to surface tension, resulting in a droplet
profile that deviates minimally from a perfect sphere. In such cases, the pendant (or sessile)
drop technique becomes increasingly unreliable due to insufficient gravitational deforma-
tion [132]. Literature suggests that measurements become inaccurate for β < 0.2 [133].
Using the largest (25 µl) and smallest (3 µl) droplets, and assuming interfacial tensions of
approximately 150 mN/m and 25mN/m, respectively, along with a density difference of
∆ρ = 0.12 g/ml, the Bond number in both cases was calculated to be well below 0.1.
This confirms that the droplets were in a low-Bond regime, explaining the unreliable and
volume-dependent interfacial tension results obtained with the pendant drop method. Al-
though increasing the droplet size could, in principle, enhance the Bond number and improve
measurement reliability, the maximum sustainable droplet volume is restricted by gravita-
tional detachment from the needle [132]

Vmax =
πDNγ

∆ρg
, (3.6)

where DN is the needle diameter. For DN = 0.8mm, Eq. (3.6) yields theoretical max-
imum volumes of approximately 53 µl and 320 µl for interfacial tensions of 25mN/m and
150mN/m, respectively. The corresponding Bond numbers, β ≈ 0.26 and β ≈ 0.14, remain
at or below the threshold for reliable measurements, highlighting the intrinsic limitations of
the method for this system.

In contrast, measurements of the interfacial tension between the standard cell culture
medium and the lipid-stabilized silicon oil-based ferrofluid exhibited the opposite challenge:
the pendant droplets were excessively elongated under gravity and failed to attain a stable
equilibrium shape.
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Constrained Sessile Drop

The constrained sessile drop method enables the measurement of interfacial or surface ten-
sion by evaluating the equilibrium shape of a liquid droplet positioned on a circular pedestal
with a sharp knife edge, where the interplay between gravitational forces and interfacial ten-
sion once again governs the droplet’s profile [134, 135]. The knife edge acts as a physical
constraint, effectively preventing film leakage and allowing for reliable measurements even
at very low surface tensions below 1mN/m [134, 135].

Using the constrained sessile drop method, attempts to perform measurements in a 4 M
glucose solution again failed to produce reliable data. Droplets with volumes ranging from
30 µl to 60 µl exhibited an inverse trend relative to the pendant drop method, with the appar-
ent interfacial tension decreasing from 420 mN/m to 180mN/m as droplet volume increased.
Notably, the Bond number β remained well below 0.1 (see Eq. (3.5)), indicating a regime
in which gravitational effects are negligible relative to interfacial forces. Even assuming an
interfacial tension of approximately 20mN/m, as determined via the droplet deformation
method, a droplet with a volume of 30 µl would correspond to a Bond number near 0.2,
which approaches the limit of measurement reliability [133].

Instead, we focused on quantifying the interfacial tension between the cell culture medium
and the lipid-containing silicon oil-based ferrofluid. Due to the dominance of gravita-
tional forces observed during pendant drop measurements, resulting in destabilized droplet
shapes for this fluid combination, we employed an alternative approach using a reduced-
area pedestal setup. This configuration was implemented with a custom-designed J-shaped
needle (Fig. 3.5a), integrated into a tensiometer system (DSA-25 with constrained sessile
drop software upgrade for the ADVANCE software package). The reduced-area pedestal
facilitated measurements with small droplet volumes, effectively lowering the Bond num-
ber β (see Eq. (3.5)), and thereby decreasing the influence of gravity on droplet shape. The
J-shaped needle delivered ferrofluid directly from below onto the pedestal surface, signifi-
cantly reducing mechanical disturbances during droplet deposition. The pedestal featured a
sharpened edge that confined the droplet to the platform, enhancing droplet stability. Prior to
droplet inflation, the pedestal was fully submerged in at least 20 ml of cell culture medium,
which was contained in a precision glass cuvette (SC02,Krüss Scientific) featuring a built-in
brushed glass diffuser on one side to ensure uniform background illumination.

The exceptionally low interfacial tension between the ferrofluid and the cell culture
medium led to pronounced flattening of sessile droplets (see Fig. 3.5b). As a consequence,
even a minimal tilt of the suspended pedestal frequently caused the droplets to lose stability
and slip off the surface. Measurements were performed across a range of droplet volumes.
For each volume, the lowest interfacial tension value obtained from a reliable fit (see a rep-
resentative image in in Fig. 3.5b) is presented in Fig. 3.5c. The apparent dependence of the
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measured interfacial tension on droplet volume likely reflects the fact that larger droplets are
more susceptible to sliding off the pedestal, which prevents them from achieving an equi-
librium shape. Therefore, I consider the values obtained from smaller, more stable droplets
as more accurate representations of the actual interfacial tension. Importantly, these mea-
surements are in good agreement with interfacial tension values independently determined
using the droplet deformation method at low magnetic field strengths (see Fig. 3.4e).
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Figure 3.5. Measurement of interfacial tension between a lipid-containing ferrofluid–
silicone oil phase and cell culture medium using the constrained sessile drop method: (a)
schematic of the experimental setup, showing a droplet supported on a reduced-area pedestal
connected to a syringe via a J-shaped needle; (b) representative image of a constrained ses-
sile drop with a volume of 1.9µl, measured to have an interfacial tension of 0.63mN/m in
cell culture medium; (c) plot showing the minimum reliable interfacial tension values ob-
tained for various droplet volumes.

In experiments involving synthetic magnetic cells in cell culture (discussed in a later
section), performed under an applied magnetic field of 63mT, I adopt an interfacial tension
value of 5 mN/m. This value was selected because our data show that interfacial tension
increases with magnetic field strength (see Fig. 3.4e), a trend well documented in previous
studies [121, 123–125, 127]. Moreover, it has been shown that interfacial tension typically
saturates at field strengths well below those required to achieve ferrofluid saturation mag-
netization [121]. Although our data do not provide direct evidence of interfacial tension sat-
uration, the trend in Fig. 3.4e suggests the onset of a plateau between 4mN/m and 5 mN/m,
supporting the adoption of this value as a reasonable estimate for subsequent analyses.
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3.1.4 Measurements of Elastic Modulus Using Ferrofluid Droplets

When a ferrofluid droplet is subjected to a magnetic field within a surrounding medium that
exhibits elastic properties, the equilibrium condition for the tension can be expressed as

pM = pC + pE, (3.7)

where pE denotes the additional stress due to the elasticity of the surrounding medium. The
formulation for the elastic contribution pE can be adapted from the formulation by R. Style
et al. [136], particularly from their Eq. (7). In my analysis, I redefine the droplet strain as
ϵd = 2ϵ, reflecting the convention adopted in my earlier definition (see the discussion above
Eq. (3.1)). I then use the relations ϵzz = pM

E
and L = γ

E
, where E denotes the Young’s

modulus of the surrounding material, and scale the strain term by a factor of 1
4
, following

the approach outlined by P. Rowghanian et al. [137]. This leads to the final expression for
the elastic stress

pE = ϵ
12E

5
. (3.8)

By substituting the expressions for pC and pE from Eqs. (3.3) and (3.8), respectively, we
obtain

pM
ϵ

=
6γ

R
+

12E

5
(3.9)

which allows the elastic and capillary contributions to be decoupled through linear regres-
sion of pM

ϵ
versus 1

R
, in accordance with the method introduced by F. Serwane et al. [96].

To validate this technique, we injected lipid-stabilized silicon oil-based ferrofluid droplets
into two different elastic polyacrylamide (PAA) gels. The detailed preparation method fol-
lowed the procedure outlined in the literature [138] and will be described comprehensively
in the forthcoming manuscript. In brief, gels were formulated using either 2 % or 2.5 % acry-
lamide as the primary monomer, with 0.1 % N,N’-methylene-bis-acrylamide serving as the
crosslinker. Polymerization was initiated by the addition of 0.0075 % ammonium persulfate
(APS) and 0.0025 % N,N,N’,N’-tetramethylethylenediamine (TEMED) [138]. All compo-
nents were dissolved in Milli-Q water. Droplet deformation measurements were taken for
24 droplets with radii ranging from 106µm to 133µm for the 2% gel, and for 14 droplets
with radii from 95µm to 128µm for the 2.5% gel. The applied magnetic fields ranged from
34mT to 63mT for both polyacrylamide gels. The relationship between pM

ϵ
and 1

R
is shown

in Fig. 3.6. From the linear fits, the elastic moduli were determined to be (310± 40) Pa and
(1.0± 0.3) kPa for the 2% and 2.5% elastic polyacrylamide gels, respectively. The rela-
tively large uncertainty in the elastic modulus of the 2.5% gel is likely a result of both a
limited number of data points and the presence of spatial variations in the gel’s elasticity. In
particular, three data points around pM

ϵ
≈ 4800Pa, obtained from the same droplet at three

different magnetic stresses, significantly influenced the estimated elastic modulus, likely
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due to variations in local elastic properties at the measurement location within the gel. It is
also noteworthy that the data points in both plots of Fig. 3.6 tend to cluster in groups of two
or three. This grouping reflects data from the same droplet, where deformation measure-
ments were taken at two or three distinct magnetic stresses. Overall, this technique enables
the quantification of local elastic properties across the sample.
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Figure 3.6. Droplet deformation in elastic polyacrylamide gels. The relationship between
pM
ϵ

and the inverse of the droplet radius is shown: (a) the data for the 2% gel are fitted
to the equation pM

ϵ
= 0.27

R
+ 738; (b) the data for the 2.5% gel are fitted to the equation

pM
ϵ

= 0.34
R

+ 2458.

3.1.5 Validation of Elastic Modulus Using Oscillatory Rheology

The rheological properties of the 2% and 2.5% polyacrylamide gels used in the droplet de-
formation experiments were characterized using a rheometer (HAAKE™ MARS™Rheome-
ter, Thermo Scientific) equipped with a C60/1◦Ti L cone geometry. Initially, an ampli-
tude sweep was performed at an empirically selected constant normal force of 0.7 N and a
frequency of 1Hz to determine an appropriate measuring gap. Subsequently, a frequency
sweep was conducted (see Fig. 3.7) at the determined measuring gap and a strain amplitude
of 10%, which approximately matches the droplet deformations observed in the polyacry-
lamide gels during magnetic actuation. Over the frequency range of 0.1 Hz to 10 Hz, both
gels exhibited frequency-independent rheological behavior, with the storage modulus G′

consistently an order of magnitude greater than the loss modulus G′′, thereby confirming
their predominantly elastic character. For each gel, a single average value of the storage
shear modulus G′ was determined and converted to the elastic modulus E using the relation
E = 2G′ (1 + ν), where ν = 0.5 is the Poisson’s ratio for incompressible materials, as ref-
erenced in Eq. 1.3 of A. F. Liu [139]. The elastic moduli of the 2% and 2.5% polyacrylamide
gels were measured to be (108± 7) Pa and (458± 10) Pa , respectively. These values are
notably 2–-3 times lower than those derived from the droplet deformation approach.
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Figure 3.7. The frequency sweep of the storage modulus G′ and the loss modulus G′′ mea-
sured using a rheometer for (a) 2% and (b) 2.5% polyacrylamide gels.

I primarily attribute this discrepancy to the local compression of the polymer network
induced during droplet injection, which leads to a localized increase in the elastic modulus.
Analogous phenomena have been observed in fibrous gel networks incorporating stiff inclu-
sions, where the polymer fibers undergo densification and stretching in the vicinity of the
inclusions, thereby enhancing the local stiffness [140,141]. Additionally, other studies have
demonstrated that the incorporation of inclusions within soft gels results in a local augmen-
tation of gel stiffness [142], and that increasing the volume fraction of individual inclusions
within an elastomer matrix proportionally elevates the overall material stiffness [143]. This
stiffening mechanism is exploited to enhance the mechanical performance of composite ma-
terials [144].

In addition, the choice of testing methodology and the scale at which the material is an-
alyzed may also influence the measured mechanical properties. At the scale of microstruc-
tures and inhomogenities, materials often display scale dependence in their rheological be-
havior, which is a central topic in the field of microrheology. For instance, within a sin-
gle tissue type, elastic modulus values can vary by several orders of magnitude depend-
ing on the measurement scale (e.g., micro- versus macroscopic) [145]. I hypothesize that
the biofunctionalization of ferrofluid droplets with lipids could similarly affect the mea-
sured mechanical properties, potentially leading to scale-dependent characteristics. No-
tably, even polyacrylamide gels of identical formulation exhibit substantial variability in
elastic modulus, particularly for very soft gels [146, 147]. While this variability is of-
ten attributed to differences in sample preparation required for microscale techniques (e.g.,
atomic force microscopy) versus macroscale methods (e.g., rheology), significant variations
in measured mechanical properties have also been reported despite consistent preparation
protocols, when gels are characterized using different microscopic (AFM) and macroscopic
indentation techniques [147]. As a result, it has been emphasized that accurate assessment
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of cellular mechanosensing and mechanotransduction on soft culture substrates and hydro-
gels necessitates mechanical characterization at length scales commensurate with cell size,
as this scale governs the nature of cell–matrix interactions [148].

3.1.6 Force Generation via Homogeneous Magnetic Fields
in Cell Monolayers

We next embedded synthetic magnetic cells into monolayer cell cultures. J. De Lora and
S. Pashapour established transient E-Cadherin-GFP reporter cell lines (Hek293T-EGFP re-
ferred to as HEKE and HaCaT-EFGP referred to as HEE). Integration of synthetic magnetic
cells into the cell monolayers required surface grafting with E-Cadherin, as ungrafted syn-
thetic cells remained only on top of the natural cell monolayer. The hybrid co-culture was
seeded onto an elastic polyacrylamide traction hydrogel substrate, with a Young’s modulus
of 35 kPa, functionalized with fibronectin, prepared in 35-mm glass-bottom dishes compati-
blewith our 3D-printed holder of our custom microscope (see Fig. 3.2). The cell coculture on
this poly-acrylamide substrate in this configuration thus potentially enables combination of
our droplet deformation force generation with established techniques such as traction force
microscopy (TFM) and monolayer stress microscopy (MSM), highlighting the potential to
quantitatively assess mechanical responses under magnetic actuation.

I present a proof of principle for the remote application of mechanical forces to cells
via embedded synthetic magnetic cells. The undeformed, relaxed synthetic cell within
the HEKE cell monolayer is presented in Fig. 3.8a. Upon application of a homogeneous
magnetic field of 63 mT, the synthetic magnetic cell underwent uniaxial elongation (see
Fig. 3.8b), corresponding to a material strain of approximately ϵ ≈ 0.07. The applied mag-
netic field induces a magnetic traction at the surface of the synthetic cell, with the highest
traction pM ≈ 213Pa occurring at locations where the surface normal aligns with the di-
rection of the magnetic field. Based on the measured strain ϵ and an estimated interfacial
tension of γ ≈ 5mN/m (see the interfacial tension measurements between the ferrofluid
phase and cell culture medium presented earlier in this Section), I determined a correspond-
ing capillary stress of pC ≈ 62Pa. After subtracting this capillary contribution from the
total magnetic traction, we obtain a residual stress of approximately pM − pC ≈ 150Pa,
which I ascribe to the elastic response of the surrounding cells resisting deformation, in-
cluding the contributions from E-cadherin-mediated interactions. It is important to note that
this estimation assumes the synthetic magnetic cell is fully embedded within the cell mono-
layer, with a height at least comparable to that of the surrounding cells —a premise that may
be challenged by observations in Fig. 3.8. Consequently, a more comprehensive character-
ization is essential to confirm the extent of embedding and mechanical interaction between
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synthetic and natural cells. Interestingly, despite applying a higher normal magnetic trac-
tion compared to F. Serwane et al. [96], the measured strain ϵ is smaller. This discrepancy
is complex to resolve, I propose that it may arise from the additional elastic component con-
tributed by the interaction between the synthetic magnetic cells and the surrounding cells, a
factor not present in F. Serwane’s study with inert ferrofluid droplets [96].

Magnetic
field

(b)(a)

20 μm 20 μm

Figure 3.8. Magnetically induced deformation of a synthetic magnetic cell within a cellular
monolayer: (a) the synthetic magnetic cell in its initial, relaxed state; (b) upon application
of a homogeneous magnetic field of 63mT, the synthetic magnetic cell deforms along the
direction of the field, thus inducing mechanical stress on the adjacent natural cells.

We employed confocal laser scanning microscopy to show that the synthetic magnetic
cells are part of the monolayer and to examine various cellular components after longer
magnetic field stimulation on 35-mm glass bottom dishes. Specifically, we imaged nuclei
(Fig. 3.9a), E-Cadherin-EGFP expression in natural cells (Fig. 3.9b), and the actin cytoskele-
ton (Fig. 3.9c). Synthetic magnetic cells were actuated with a 63 mT magnetic field, applied
for 1min and followed by 4min off, over a total culture duration of 6h. Although we did
not observe significant changes in cellular organization following magnetic field actuation,
this approach demonstrates that HEE cells co-cultured with synthetic magnetic cells remain
viable. Notably, the spatial arrangement of synthetic magnetic cells within the monolayer
is visualized in the Z-projections shown in Fig. 3.9d. There is an indication that natural
cells may partially extend beneath the synthetic magnetic cells. Nevertheless, this work
provides the first demonstration of synthetic cell integration into natural cellular assemblies
via E-Cadherin-mediated interactions, known to mediate mechanical forces at intercellular
junctions, and thus influence cell behavior and tissue organization [149,150].
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Figure 3.9. Confocal micrographs showing the integration of synthetic magnetic cells
within a natural cell monolayer following actuation with a homogeneous magnetic field: (a)
nuclei staining; (b) E-Cadherin-GFP expression; (c) actin staining; (d) overlay with bright-
field image, including Z-projections for the beige box, with Z-X horizontal and Y-Z vertical
inlays. Scale bar: 50µm.

The magnitude of mechanical stress required to modulate cellular behavior within mono-
layers remains an open question in the current literature. A stress of approximately 200 Pa
applied to a cell within a confluent monolayer slightly exceeds the range of traction forces
typically exerted by individual cells during collective processes such as migration, where
values generally peak around 100 Pa, as determined through traction force microscopy [151–
153]. However, in confluent monolayers, mechanical stresses accumulate with increasing
distance from the leading edge due to force transmission through intercellular junctions.
This results in cumulative stresses that can rise to several kilopascals when integrated across
multiple rows of cells [151]. Importantly, it was reported that external mechanical cues
sufficient to elicit cellular responses often represent only a small fraction of the internal
cytoskeletal pre-stress, with threshold strains around 1 − 5 % for intracellular structures
such as proteins and chromatin [154]. For example, applying a low-strength electric field
of 0.5 V/cm was sufficient to initiate collective migration in an epithelial monolayer, ac-
companied by a modest increase in traction forces of a few pascals and a rise in monolayer
stress of approximately 150 Pa [155], suggesting that the level of mechanical input we apply
may indeed be biologically relevant. To further evaluate the effect of magnetic actuation,
we attempted to detect stress patterns in the surrounding monolayer using monolayer stress
microscopy. However, the induced forces were below the detection threshold, indicating
that higher mechanical inputs may be necessary to reveal discernible mechanobiological
responses, such as localized changes in E-cadherin expression.
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Although our current experimental configuration did not reveal significant changes in
cell behavior within a confluent monolayer, alternative cellular arrangements may provide
increased sensitivity to mechanical perturbations. In particular, the ability of cells to exert
or endure mechanical stress is strongly dependent on both the cell type and the mechan-
ical properties of their substrate [156]. Moreover, the mechanical properties of cells are
profoundly influenced by their collective organization; for example, epithelial monolayers
exhibit elastic moduli that are nearly two orders of magnitude greater than those of indi-
vidual, isolated cells [157, 158]. At the single-cell level, even relatively subtle mechanical
loads can induce substantial biological responses. For example, extremely small forces cor-
responding to stresses of just a few pascals, applied via techniques such as optical tweezers,
are sufficient to activate mechanosensitive signaling pathways, including intracellular cal-
cium fluxes [159]. Similarly, applying an external stress of approximately 20 Pa to mouse
embryonic stem cells was found to enhance their spreading behavior, increase cytoskeletal
prestress, augment substrate traction forces, and promote cell differentiation [154,156]. Re-
markably, single leukocytes exposed to mechanical stresses in the tens-of-pascals range ex-
hibit marked changes in morphology and motility [160]. Furthermore, stresses near 100 Pa
have been shown to induce structural rearrangements in the cytoskeleton, such as actin fil-
ament alignment in the direction of applied force [161]. Consequently, a more pronounced
mechanobiological response could be induced by targeting a limited number of cells instead
of the entire cell monolayer. To further influence processes such as collective migration of
a cell monolayer, positioning the stimulated synthetic cells at the leading edge would be
beneficial.

To enhance the mechanical stimulus delivered to surrounding cells, it would be advan-
tageous for the synthetic magnetic cells to closely match the height of the epithelial mono-
layer. This alignment would allow greater stress transmission, particularly from the droplet
center, where deformation is maximal. Furthermore, magnetic traction could be increased—
potentially by up to a factor of two, as suggested by the magnetic hysteresis measurements
shown in Fig. 1.13a and estimations in Fig. 1.13b, through the application of a stronger ex-
ternal magnetic field. Such an enhancement could be achieved, for instance, by modifying
the geometry of the ”first iron pole pair”, as previously discussed. In addition, increasing the
magnetic nanoparticle concentration in the ferrofluid would further raise its magnetization,
thereby enabling even higher levels of applied stress.
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3.1.7 Setup to Generate Microscale Magnetic Field Gradients

We further explore the potential for enhancing mechanical stress exerted by synthetic mag-
netic cells by introducing a paramagnetic element within the homogeneous magnetic field
in proximity to the region of interest, thus creating a localized magnetic field gradient at the
microscale. The resulting increase in mechanical stress exerted by the synthetic magnetic
cell onto adjacent natural cells arises from two distinct mechanisms: (i) the presence of a
magnetic field gradient generates a magnetic force on the nanoparticles within the ferrofluid
phase, as described by Eq. (1.6), and (ii) the local perturbation of the otherwise uniform mag-
netic field enhances its intensity near the paramagnetic body, thereby amplifying the force
dipole acting on the synthetic magnetic cell according to Eq. (1.33).

The magnetic field gradient was generated using a 75–µm thick iron wire affixed to a dia-
magnetic copper probe, which was mechanically supported by a carbon fiber reinforcement
(see Fig. 3.10). The probe was mounted on a precision mechanical manipulator, allowing
controlled adjustment of its position and thereby enabling spatial modulation of the local-
ized magnetic field gradient. In the absence of the probe, the setup generated a baseline
homogeneous magnetic field of up to 83mT, achieved by employing a thicker (15 mm) pair
of ”first iron poles” relative to the configuration illustrated in Fig. 3.2.

Before proceeding with the demonstration involving cells, I first evaluated whether
COMSOL simulations could reliably predict the magnetic field gradient and thus the mag-
netic force exerted on a synthetic magnetic cell. For this validation, I utilized 5 µm magnetic
polystyrene beads from microParticles GmbH. The motion of the beads was observed in an
80% (v/v) glycerol solution, which served to slow down their movement, within a magnetic
field gradient generated by perturbing an initially homogeneous 83 mT field (see Fig. 3.11a).

In contrast to the analysis in Chapter 2, the magnetic field gradient in this setup varies
on the microscale across≈ 200µm. As a result, the assumption of a constant magnetic field
gradient, and thus uniform velocities along the direction of the homogeneous field and the
inserted wire, is no longer valid. Instead, I calculated the velocity of each particle at its spe-
cific location, and interpolated these values across a grid covering the entire imaging area.
The magnetic force on each particle was determined by balancing magnetic and viscous
drag forces (see Eqs. (2.2) and (2.3)), using the friction coefficient for a sphere, A = 6πµRS

(Eq. (1.4)). This allowed calculation of the magnetic force at every observed location. The
resulting force profile along the axis of the wire is shown in purple in Fig. 3.11b. Areas near
the actual particle trajectories are evaluated with higher confidence, while regions further
away rely more on interpolation and thus have greater uncertainty. Notably, due to the high
velocities near the tip of the wire, particle tracking was not feasible in this region (see the
absence of trajectories near the tip in Fig. 3.11a). Thus, the magnetic force within ≈ 45µm
from the tip (delineated by the dashed line in Fig. 3.11b) cannot be determined reliably.
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Figure 3.10. Schematic representation of the experimental setup used to introduce a mi-
croscale magnetic field gradient into an initially homogeneous magnetic field, as described
in Fig. 3.2: (a) a paramagnetic wire is attached to an otherwise diamagnetic probe, locally
focusing the magnetic field (field lines shown in yellow) and generating a gradient upon
application of the external homogeneous field.; (b) the resulting magnetic gradient is con-
fined to the microscale: a synthetic magnetic cell near the wire is attracted toward the wire
tip due to the gradient and undergoes enhanced deformation as a result of the locally aug-
mented magnetic field, whereas a synthetic magnetic cell positioned farther from the tip is
influenced only by the uniform magnetic field, as discussed in Section 1.4.

In addition, I repeated the analysis without neglecting particle acceleration (see the dis-
cussion on velocity tracking in Chapter 2). As anticipated under low Reynolds number
conditions, the results were consistent, indicating that inertial effects are negligible and sup-
porting the validity of my force calculations under these experimental conditions.

Next, I performed magnetic simulations inCOMSOL using a 2D axisymmetric geometry
and the ”Magnetic Fields, No Currents” module. As with the configuration used to generate
a homogeneous magnetic field, the magnetization of the ”second iron pole pair” was adjusted
to reproduce the same initial homogeneous field observed experimentally. Subsequently, a
paramagnetic wire with a thickness of 75 µm and a length of 1 mm was introduced into the
geometry, aligned with the direction of the homogeneous field. Using a refined mesh around
the wire, I calculated the magnetic field, the magnetic field gradient, and the resulting mag-
netic force acting on a single 5 µm bead. In this analysis, I employed an approximation by
not integrating the force over the entire volume of the magnetic bead. Instead, I estimated
the force by multiplying the bead’s volume with its magnetization and the magnetic field
gradient evaluated at its center. I argue that this simplification does not significantly affect
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the accuracy of the calculated force. Although the magnetic field gradient varies consider-
ably with distance from the tip, this approximation is justified given the bead’s size relative
to the spatial scale of gradient variation. The resulting force on a 5 µm bead is shown in
green in Fig. 3.11b.

A comparison between the results from velocity tracking (purple curve in Fig. 3.11b) and
the COMSOL simulation (green curve in Fig. 3.11b) reveals that that the simulation predicts
a higher magnetic force, approximately five times greater at a distance of 100 µm where the
experimental velocity measurements are considered reliable (in contrast to regions near the
wire tip, as discussed previously). This discrepancy can be attributed in part to experimental
imperfections. Specifically, the wire in the experimental setup is not perfectly horizontal,
and therefore not fully aligned with the external magnetic field. Moreover, the wire tip is
not ideally sharp but rather irregularly shaped (see Fig. 3.11a), which leads to asymmetri-
cal field gradients and enhanced particle accumulation on one side. Additional sources of
deviation may include inaccuracies in the material properties used in the simulation, par-
ticularly the hysteresis behavior of soft iron used for both the magnetic pole pieces and the
wire model. Furthermore, the magnetic properties of the particles were approximated using
a hysteresis curve of similar materials, introducing further uncertainty. In conclusion, for
the subsequent experiments in cell culture, it is important to account for the possibility that
the actual magnetic force may be up to five times lower than the simulated values.
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Figure 3.11. Behavior of 5 µm magnetic beads in a microscale magnetic gradient generated
by a paramagnetic wire exposed to a homogeneous magnetic field of 83 mT. (a) Represen-
tative image showing bead trajectories overlaid on a tracking frame, illustrating the directed
motion of the beads toward the wire tip. (b) Quantitative comparison of the magnetic force
acting on the beads, derived from velocity tracking (purple) and numerical simulation using
COMSOL (green). The dashed line delineates the region near the wire tip where experimen-
tal force estimation is unreliable.
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3.1.8 Force Generation via Magnetic Field Gradient
in a Cell Monolayer

Next, we demonstrate targeted magnetic actuation of synthetic magnetic cells embedded
within a HEKE monolayer using a microscale magnetic field gradient. To achieve effective
magnetic actuation, it is essential to position the wire tip in close proximity to the target
synthetic magnetic cell. To facilitate this, we seeded the hybrid culture into a removable
two-well culture insert from ibidi, which, upon removal, created a defined cell-free gap
commonly used in migration assays. This setup enabled us to approach the wire, attached to
the probe, from a region free of cells, thereby minimizing disruption to the surrounding cell
monolayer (see Fig. 3.12a–c). Owing to spatial constraints imposed by the adaptation of
the system to a standard 35-mm culture dish, the maximum achievable initial homogeneous
magnetic field in this configuration was 72mT.

In this experiment, an external homogeneous magnetic field of 29 mT was applied. As
the wire tip was incrementally brought closer to the selected synthetic magnetic cell, we ob-
served a corresponding increase in droplet deformation, along with a lateral displacement of
the cell within the monolayer toward the wire tip (Fig. 3.12a–c). The original circular con-
tour of the droplet at its initial position is indicated in red in each corresponding image. The
precise distance between the wire tip and the targeted synthetic magnetic cell is annotated
in each panel, enabling direct correlation between proximity and the extent of deformation.

I adapted theCOMSOL simulations previously used for 5 µm magnetic beads. Fig. 3.12d
and its detailed view provided in Fig. 3.12e illustrate the spatial profiles of both the magnetic
field and its gradient as a function of position along the central axis of the wire. For both
the 29 mT field used in the cell deformation experiments (Fig. 3.12a–c) and the maximum
achievable homogeneous field of 72mT, the simulations reveal a pronounced enhancement
of the magnetic field in the immediate vicinity of the wire tip. This localized amplifica-
tion rapidly decays with increasing distance, approaching the baseline value of the applied
uniform field within approximately 400 µm. Similarly, the magnetic field gradient exhibits
a sharp peak within the first few tens of micrometres from the wire tip and diminishes to
negligible levels beyond the same spatial range.

The magnetic force acting on a synthetic magnetic cell with a diameter of 2R = 47µm,
such as the one depicted in Fig. 3.12a–c, under both field configurations is shown in Fig. 3.12f,
with a detailed view in Fig. 3.12g (solid lines). It is important to note that, for simplicity,
the calculations were performed using the magnetic field and field gradient values at the
center of the droplet, rather than integrating these values over the entire cell volume. This
simplification does not account for the spatial variation of the field and gradient across the
droplet, which is significant given that the droplet size is comparable to the scale over which
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these quantities change. As a result, when assessing the force at a given distance y from the
wire tip (see Fig. 3.12h), it is more accurate to interpret the results as representative for the
interval (y−25µm, y+25µm), rather than as an exact value at a single point. Additionally,
based on previous experimental observations (see discussion in Fig. 3.11b), the actual force
experienced by the synthetic cell in practice is expected to be up to five times lower than
the simulated values, due to experimental factors and limitations of the model.

In this context, I quantify the maximum pressure pM exerted on the cells located imme-
diately in front of the synthetic magnetic cell, on the side facing the wire. This pressure is
estimated to act on a plane orthogonal to both the principal axis of the wire and the plane
of the glass substrate (see solid lines in Fig. 3.12f and the detailed view in Fig. 3.12g). The
value of pM is estimated by dividing the force by an effective area, defined as 1

3
· 4πR2.

Here, the factor 1
3

is used to estimate the portion of the cell surface that is perpendicular to
the applied force, under the assumption that the synthetic cell is surrounded on all sides by
native cells. Due to intercellular adhesion mediated by E-cadherin, the synthetic magnetic
cell remains mechanically coupled to its neighboring native cells. As a result, the applied
force is transmitted not only to the cells directly in front of the synthetic cell (relative to the
wire) as a compressive load, pushing them toward the wire, but also to the cells behind it as
a tensile load, effectively pulling them toward the wire. Thus, the 1

3
factor accounts for the

fact that, in three dimensions, two out of six possible surface orientations will be aligned
to experience the force from the wire, providing a practical approximation of the effective
area over which the pressure is applied. At close proximity to the wire tip (approximately
25µm), the pressure pM reaches its maximum, indicating a highly localized mechanical ef-
fect. However, as the distance increases, the magnetic normal traction pN (see Eq. (1.33)),
which results from the enhanced magnetic field rather than its gradient, becomes the domi-
nant mechanical factor (compare dashed and solid lines in Fig. 3.12f–g). This is also the case
for the situation captured in Fig. 3.12a–c. The directionality of the corresponding forces is
distinct: pM is oriented toward the wire, whereas pN acts outward from the surface of the
synthetic magnetic cell (see schematic in Fig. 3.12h). Furthermore, the relative magnitudes
of these pressures depend on the local values of the magnetic field and its gradient at each
specific position. The superposition of these two pressure components leads to asymmetric
deformation of the magnetic synthetic cell, reflecting the complex interplay of mechanical
forces generated by the localized magnetic field and its gradient.
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Figure 3.12. Characterization of magnetic synthetic cell behavior in a microscale-localized
magnetic field gradient setup, as described in Fig. 3.10: (a)–(c) microscopy images showing
the 75–µm thick wire approaching the selected magnetic synthetic cell (its original, unde-
formed shape at its initial position is indicated in red for reference); (d) magnetic field and
magnetic field gradient as a function of distance from the wire tip, measured for the config-
urations within external homogeneous magnetic fields of 29 mT and 72 mT; (e) magnified
view of (d); (f) estimated magnetic force acting on the selected synthetic cell from (a)–(c),
along with the corresponding maximum pressure pM exerted on adjacent cells and the max-
imum magnetic normal traction pN; (g) magnified view of (f);
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Figure 3.12. (Continued) (h) schematic illustration of the deformed synthetic magnetic
cell, indicating the directions of the maximum pressure pM (arising from the magnetic field
gradient) and the magnetic normal traction pN (arising from the enhanced magnetic field).

In summary, we have demonstrated that a microscale-localized magnetic field gradient
can be used to selectively exert a larger force on an individual synthetic magnetic cell, pro-
vided it is spatially isolated from other synthetic cells in the vicinity. The interplay between
this localized pressure and the magnetic normal traction, arising from the enhanced magnetic
field, produces a greater mechanical effect on cells situated directly in front of the targeted
cell, on the side facing the wire. This approach offers a powerful tool for spatially precise
mechanical actuation within cell monolayers, and could be leveraged to control collective
behaviors such as cell migration in engineered tissue systems.

3.2 Guidance of Cellular Sprouts

The vascular system is composed of a complex, branched network of blood vessels that en-
sures the delivery of oxygen and nutrients, thereby maintaining the physiological function
of all tissues and organs [162, 163]. The formation of new blood vessels occurs predomi-
nantly through sprouting angiogenesis, a process in which endothelial cells from pre-existing
vessels undergo a series of coordinated events, including basement membrane degrada-
tion, sprout initiation, proliferation, migration, lumen formation, and stabilization [162,
164]. Sprouting angiogenesis plays a central role not only in embryonic and organ devel-
opment but also in wound healing, tissue regeneration, and the integration of engineered
tissues [165–167]. Consequently, gaining control over this process is a major goal in tis-
sue engineering and regenerative medicine. By manipulating angiogenic mechanisms, it
may become possible to control the formation of complex vascularized tissue structures and
restore function in damaged organs [167, 168]. At the same time, abnormal angiogenesis
contributes to numerous pathological conditions, including cancer and retinal diseases such
as diabetic retinopathy and age-related macular degeneration [169–171]. In these cases,
targeted control of abnormal sprouting could lead to more effective treatments. Effective
therapeutic strategies targeting these diseases require a deeper understanding of how to in-
hibit or normalize excessive sprouting [169–171]. Achieving such control over sprouting
angiogenesis requires a comprehensive understanding of the intracellular mechanisms that
govern critical processes such as the initiation of new sprouts, the selection of leading tip
cells, the regulation of sprout number, and the collective migratory behavior of endothe-
lial populations [164]. While it is established that angiogenesis is regulated by an interplay
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between biochemical and biophysical cues, the precise signaling pathways and molecular
mechanisms underlying these processes remain incompletely understood [166]. In this con-
text, studying mechanotransduction, the conversion of mechanical signals from the cellular
microenvironment, including neighboring cells, into biochemical responses, may offer valu-
able insights into the regulatory pathways involved in endothelial sprouting [166].

In this study, we investigated the ability to guide sprouting behavior using controlled
magneto-mechanical forces. Specifically, magnetic field gradients were applied to endothe-
lial cells that had internalized superparamagnetic nanoparticles, allowing for spatially de-
fined mechanical stimulation.

3.2.1 3D in vitro Cellular Models to Study Sprouting Dynamics

To investigate sprouting behavior using magneto-mechanical forces as a guiding stimulus,
two well-defined in vitro models were implemented, both employing cells pre-incubated
with magnetic nanoparticles:

(i) Collagen 3D invasion assay: Endothelial cells were seeded on top of a 3D collagen ma-
trix and allowed to invade the gel, following the model developed by Bayless et al. [164].
This was accomplished using an imaging chamber (inner diameter of 9mm) with two
openings, where collagen was injected through one hole and, after polymerization, cells
were seeded onto the matrix surface via the second opening (see Fig. 3.14b; wire inser-
tion is discussed later).

(ii) Spheroids embedded in collagen: Spheroids were generated from human umbilical vein
endothelial cell using Aggrewell microwell plates (Stemcell Technologies) and subse-
quently embedded in collagen matrices to allow outgrowth of endothelial cell sprouts
originating from each spheroid (see Fig. 3.14c; wire insertion is discussed later). The
protocol was adapted from established methods previously reported in the literature [172,
173].

3.2.2 Characterization of Nanoparticle-Loaded Cells

To enable magnetic manipulation, endothelial cells were incubated with superparamagnetic
nanoparticles provided by collaborators at the Center for Nanomedicine, South Korea. The
nanoparticles consisted of a zinc-doped ferrite core (Zn0.4Fe2.6O4) with a diameter of ap-
proximately 15 nm. The core was encapsulated in a silica (SiO2) shell, followed by surface
functionalization with fluorescein and a final polyethylene glycol (PEG) coating. The re-
sulting hydrodynamic diameter was approximately 22 nm.
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For the purpose of evaluating magnetic forces acting on individual cells within a mag-
netic field gradient, magnetometry data obtained from a nanoparticle ensemble was con-
verted to represent the average magnetic moment per single nanoparticle (see Fig. 3.13).
This value was then scaled to estimate the magnetic moment per cell (see Fig. 3.13), based
on an estimated internalization of 2 ·106 nanoparticles per cell, as quantified by H. K. Sena-
pati using inductively coupled plasma mass spectrometry.
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Figure 3.13. Magnetometry measurements showing the average magnetic moment per
nanoparticle and per cell, assuming an internalization of 2 · 106 nanoparticles per cell.

3.2.3 Magnetic Gradient Setup to Guide Sprouting

The magnetic setup used to generate the magnetic field gradient was designed to meet several
key criteria:

(i) Sufficient force: The magnetic setup was required to accommodate both 3D in vitro
models and generate a magnetic field gradient strong enough to exert biologically rel-
evant forces on endothelial sprouts. The magnitudes of mechanical forces reported to
influence cellular behavior vary widely across the literature. For example, Bongaerts
et al. [174] demonstrated that forces within the low piconewton regime are sufficient
to induce migratory responses. In contrast, Kunze et al. [175] observed that cellular
migration in response to mechanical cues can require forces on the order of several hun-
dred piconewtons per cell. In addition, the polarization of key biochemical pathways
within cells, linked to the regulation of directed cell behaviors, has been achieved using
mechanical forces ranging from a few piconewtons [176] to several nanonewtons [177].
Based on these findings, the setup needed to be capable of producing tunable forces up
to several hundred piconewtons per cell.
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(ii) Microscale dimensions: To enable live-cell imaging under a microscope, the magnetic
field gradient had to be generated in the horizontal direction. This imposed constraints
on the microscale geometry of the setup, as direct contact between the cells and magnetic
components had to be avoided to preserve cell viability.

(iii) Macroscale dimensions: The setup needed to accommodate a standard 35 mm Petri dish
commonly used for cell culture. Additionally, to ensure compatibility with the incubated
confocal laser scanning microscope (ZeissLSM 980), the outer diameter of the setup was
constrained to a maximum of 60 mm.

(iv) Experiment scalability: After the initial fabrication of the main setup, only minimal
preparation should be required before each individual experiment, enabling efficient
and reproducible operation across multiple experiments.

To meet these criteria, I evaluated a variety of designs for generating magnetic field gra-
dients using finite element simulations in COMSOL Multiphysics. The analyzed designs
included permanent magnets of various shapes and wires of differing diameters, introduced
into external magnetic fields produced by distinct methods. Due to the spatial limitations
imposed by the microscope stage and the mismatch in scale between conventional magnets
and microscale biological systems, I selected a configuration that produces a homogeneous
magnetic field using a Halbach array, with a magnetic gradient introduced by placing a wire
within this field. The Halbach array is composed of 12 cubic neodymium magnets (grade
N50), each with a side length of 8 mm, arranged in a circular configuration (see Fig. 3.14a).
This design accommodates a standard 35mm Petri dish at its center while remaining com-
pact enough to fit within the constraints of the Zeiss LSM 980 confocal microscope stage.
Simulation results indicate that the magnetic field at the center of the dish reaches approxi-
mately 88 mT and is highly uniform before the wire is introduced (see magnetic field lines
in Fig. 3.14a).

The magnetic field gradient is established by incorporating a cobalt wire with a diameter
of 500 µm. Cobalt was selected for its superior magnetization under the total magnetic field
present in the setup compared to nickel, as well as its greater corrosion resistance relative
to iron. To mitigate cytotoxic effects, the wire was coated with a 10 µm layer of parylene
directly within the Petri dish [178]. This coated wire can then be embedded into the collagen
matrix for use in both 3D in vitro cellular models (see Fig. 3.14b–c), allowing the distance
to the targeted cells to be minimized to less than 200 µm.
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Figure 3.14. Magnetic gradient setup for guiding cellular sprouting: (a) magnetic field
and field lines generated by a Halbach array designed to fit the confocal microscope and
accommodate a 35 mm Petri dish in the central homogeneous field region; (b) 3D in vitro
model with surface-seeded cells invading a collagen matrix, with a cobalt wire used to guide
sprout direction; (c) 3D in vitromodel with endothelial spheroids embedded in collagen, also
guided by a cobalt wire; (d) magnetic field gradient as a function of distance from a 500 µm
thick cobalt wire, based on magnetometry measurements of the actual wire; (e) calculated
magnetic force acting on a single cell versus distance from the wire tip in this configuration.
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For the calculations of the magnetic field gradient presented in Fig. 3.14d, I used mag-
netometry data measured from the actual cobalt wire. This approach yielded a magnetic
gradient approximately two times lower than simulations based on bulk cobalt properties
with high magnetic remanence (data not shown). According to simulations using the mea-
sured magnetic properties of the cobalt wire, the magnetic field gradient remains above
≈ 200T/m within 200 µm of the wire tip. This gradient corresponds to magnetic forces ex-
ceeding 300 pN on a single cell (see Fig. 3.14e), as calculated using the magnetization data
shown in Fig. 3.13. In these calculations, I assumed, as a simplification, that all nanopar-
ticles are located at the same position within the cell. By incorporating multiple wire seg-
ments, it is possible to observe several independent events simultaneously (see Fig. 3.14b–
c). Moreover, the magnetic forces can be increased by using thinner wires, provided the
distance to the target cells can be further reduced. As discussed previously, decreasing the
wire diameter results in a higher magnetic field gradient, but the peak of the gradient mag-
nitude shifts closer to the wire tip (see also Fig. 1.7b).

While the magnetically induced drift of an individual nanoparticle remains significantly
smaller than its thermally driven displacement over the same time period (e.g., in water: drift
velocity ≈ 1.4µm/s as estimated from Eq. (1.4), compared to a root mean square displace-
ment of≈ 8µm due to diffusion over 1 s from Eq. (1.16)), our objective is not to manipulate
isolated particles. Rather, we are interested in the collective mechanical stress arising from
a large ensemble of magnetic nanoparticles within the cell. Under our experimental condi-
tions, the total magnetic force per cell reaches the hundreds of piconewtons range, which has
previously been shown to be sufficient to influence cellular behavior [174–176]. Although
these forces are lower than the nanonewton-scale forces reported by Tseng et al. [177], our
system offers the advantage of high throughput due to straightforward sample preparation
and the ability to perform live observations using a confocal microscope. If compatibility
with live confocal imaging were not required, the magnetic forces could be substantially
increased, for example by using larger magnets in the Halbach array. This could result
in approximately a fivefold increase in magnetic force at an external field of 0.5 T, while
keeping the microscale experimental configuration unchanged.
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3.3 Overview of Magnetic Manipulation of Cells

After reviewing the literature and designing several magnetic setup configurations intended
for cell stimulation and manipulation, the main findings of generating stimuli on cells can
be summarized as follows:

(i) Mechanical forces required to elicit cellular responses span several orders of magnitude
in existing literature, ranging from a few piconewtons to nanonewtons per cell.

(ii) Maximum magnetic force generated in presented experimental setups:

• Synthetic magnetic cells + homogeneous magnetic field (electromagnet coil):
The maximum pressure exerted at the region of highest droplet curvature is ≈
200 pN/µm2.

• Synthetic magnetic cells + magnetic field gradient and field enhancement (iron
wire, electromagnet coil):
At distance 100 µm from the wire, the maximum pressure reaches ≈ 600 pN/µm2

(due to gradient attraction) and ≈ 700 pN/µm2 (due to field enhancement), both
measured at the region of maximal droplet deformation.

• Cells with internalized magnetic nanoparticles + magnetic field gradient (cobalt
wire, Halbach array):
At distance 100 µm from the wire, forces around 350 pN per cell are expected.

(iii) While synthetic magnetic cells are theoretically capable of generating forces up to sev-
eral tens of nanonewtons per natural cell at the region of highest droplet curvature, the
actual mechanical stimulus delivered to the cell monolayer is likely substantially re-
duced in practice. This reduction is primarily attributed to geometric mismatches, as the
synthetic magnetic cells employed in this study were typically much taller than the cell
monolayer, thereby limiting efficient force transmission across the monolayer.

(iv) The design of the magnetic setups in this study was primarily constrained by the require-
ment that all components be compatible with specific inverted microscope platforms
used for real-time cellular observation. These spatial and geometric limitations substan-
tially restricted the range of possible magnetic configurations, making it challenging
to achieve the force magnitudes reported in studies, where real-time observation is not
required.





Chapter 4

Transport Through Vitreous Substitutes
and Native Ocular Tissue

The transport of nanoscale materials within tissue presents significant challenges due to the
intricate and inhomogeneous tissue environment. Beyond the intrinsic viscoelastic proper-
ties of the tissue, the movement of any nanoobject is influenced by a range of additional
factors, such as molecular adhesion, including mechanisms like electrostatic interactions,
as well as the presence of biological barriers with a microstructure that prevents transport of
objects above a critical size. The complexity is further compounded by the frequent reliance
on various animal ex vivo models, which introduce species-specific and experimental vari-
ables that may not accurately reproduce the physiological conditions of the human tissue
in vivo. Specifically, in the field of ophthalmology, critical questions remain regarding the
effective transport of nanoscale therapeutics and the precise constraints imposed by tissue
architecture and barrier properties, highlighting the need for further systematic studies.

In pathological conditions or following surgical procedures, the replacement of native
biological structures with biomimetic substitutes may be necessary to restore anatomical
and functional integrity. The eye is one example, where substitutes such as hydrogels can
be used to mimic the properties of the vitreous body. Efficient drug delivery through these
materials post-implantation necessitates a comprehensive understanding of material trans-
port at the micro- and nanoscale. Although hydrogels typically provide a more homogeneous
and predictable medium compared to native tissue, they still impose significant constraints
on transport due to factors such as higher viscosity compared to water, surface adhesion and
porosity. These properties directly impact the mobility of therapeutic agents and must be
carefully characterized to optimize their delivery.
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Scope of the Chapter

The first part of this chapter, Section 4.1, provides an overview of ocular anatomy, current
therapeutic approaches for a range of ophthalmological disorders, and emerging treatment
strategies along with their associated challenges. It also reviews the state of the art in re-
search closely aligned with the focus of our work presented later in the chapter.

The second part of this chapter, Section 4.2, focuses on hydrogels composed of hyaluronic
acid, a promising class of vitreous humor substitutes. We begin by evaluating their porosity
using two sizes of monodisperse magnetic particles I fabricated, whose penetration is driven
by magnetic field gradients generated by permanent magnets. Subsequently, we employ ro-
tating magnetic fields to propel various microhelices through these hydrogels, demonstrating
the theoretical feasibility of targeted drug delivery within such biomimetic environments.

In the third part of this chapter, Section 4.3, we shift focus to native ocular tissue and
advance the development of an innovative therapeutic strategy, envisioned for non-viral and
minimally invasive delivery of genetic material to retinal cells. We propose the use of helical
magnetic micropropellers as a novel delivery vector. We envision that these micropropellers
could be introduced into the vitreous humor and guided precisely towards the retina. To
successfully reach the target retinal cells, the micropropellers must traverse several ocular
barriers, with the inner limiting membrane (ILM) presenting the most significant challenge.
We first address the permeability of this layer and its size exclusion limit as discussed in
the existing literature by investigating the range of sizes supposedly capable of permeating
the ILM. Experimentally, we investigate retinal explants mounted in diffusion chambers,
known as Ussing chambers, to assess passive and electrically enhanced diffusion. Although
high voltage can enhance diffusion across the retinal tissue, the combined effects of electri-
cal stimulation and mechanical stress associated with mounting the explants in the chamber
was found to result in substantial tissue damage, indicating that electric fields and ionic cur-
rents may compromise tissue integrity. We therefore developed a new sclero-retinal explant
model that minimizes retinal damage during handling. Following this, we first determined
the size threshold of nanocomponents capable of crossing the ILM unaided. Subsequently,
we studied their penetration after enzymatic ILM digestion, introduced also as a part of
Dr. F. Peter’s doctoral thesis [179]. To promote the transport of larger nanoparticles while
maintaining tissue integrity, we show that conjugating collagenase enzymes to microbeads
allows for a localized and controlled enzymatic activity, thereby lowering the total enzyme
dosage required to degrade the ILM. By bringing these collagenase-functionalized particles
into direct contact with the ILM, we achieve targeted and localized enzymatic degradation
of the membrane, enhancing the transport of larger particles through the ILM. We envision
that integrating all these findings will ultimately enable the development of micropropellers
capable of delivering therapeutic cargo across the ILM to retinal cells.



96 Ophthalmic Background and Therapeutic Challenges

4.1 Ophthalmic Background and Therapeutic Challenges

Vision loss is a rapidly growing public health concern. More than 1.1 billion people across
the globe are currently living with some form of vision impairment, including 43 million
with complete blindness and 295 million with moderate to severe vision loss [180, 181].
These numbers have more than doubled over the past three decades and the projections
indicate that they will continue to increase within the next three decades, impacting up to
1.8 billion people by 2050 [180–182], in part due to a global increase in diabetes and an
aging population.

The treatment of vision-threatening ocular diseases varies based on the underlying pathol-
ogy and typically involves pharmacological therapies, laser interventions, or surgical pro-
cedures. Although these methods have led to significant advances in disease management,
they frequently offer only partial or transient therapeutic benefit, may be associated with
adverse effects or procedural risks, and are often insufficient to reverse established tissue
damage. As a result, clinical outcomes remain suboptimal in many cases. There is a pressing
need for innovative therapeutic strategies that extend beyond current treatment paradigms.
Although clinical needs are well recognized and promising therapeutic concepts exist in the-
ory, their practical implementation remains limited by unresolved technical, biological, and
translational challenges.

For context, I begin with a concise overview of the ocular anatomy.

4.1.1 Eye Anatomy

The anatomy of the eye, illustrated in Fig. 4.1, highlights the key structures involved in vi-
sual perception. Light first encounters the cornea, a transparent, curved structure that plays a
crucial role in refracting it [183,184]. The light then passes through the pupil, an adjustable
aperture controlled by the iris, which modulates its diameter to optimize light intake based
on ambient conditions [183,184]. Following this, the lens further refines the focus to project
a sharp image onto the retinal surface [183, 184]. The neurosensory retina is located deep
within the eye, shielded by multiple anatomical layers, specifically the sclera, choroid, and
retinal pigment epithelium (RPE), the latter serving as a critical barrier maintained by its
intercellular tight junctions. Within the retina, photoreceptors (rods and cones) absorb in-
coming photons and convert them into electrical impulses [185]. The macula, which spans
only ≈ 4% of the total retinal area, is densely populated with cone photoreceptors and is
essential for most human vision [186]. These electrical signals are processed through a
network of retinal interneurons and ultimately transmitted by retinal ganglion cells, whose
axons converge to form the optic nerve [187]. This neural pathway conveys all visual in-
formation from the eye to the brain, shaping our perception of the visual world [187].
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Figure 4.1. Anatomy of the human eye: (a) schematic overview of the eye globe and
(b) magnified cross-sectional view illustrating the spatial organization of ocular layers and
internal structures.

The vitreous body, while not active in light perception beyond permitting light transmis-
sion, contributes significantly to maintaining the eye’s mechanical and molecular homeosta-
sis [188]. Composed predominantly of water (98–99%), the vitreous body also contains col-
lagen fibers noncovalently bound to hyaluronic acid, forming a polymer scaffold [188]. This
structure stabilizes the lens and retina, while dissipating external mechanical forces [188,
189]. Additionally, the vitreous facilitates molecular exchange with adjacent structures,
which is essential for maintaining its metabolic function and integrity [188].

The inner limiting membrane (ILM) is a basement membrane at the vitreoretinal inter-
face and consists of a dense, three-dimensional matrix of extracellular proteins, including
collagen IV, laminin, and proteoglycans [190, 191]. The ILM undergoes age-related thick-
ening, measuring approximately (300− 350) nm in individuals around 20 years of age and
exceeding 1500 nm by the age of 80 [192]. Although the ILM is essential during early reti-
nal development, its physiological function in the adult eye remains unclear [193]. Conse-
quently, ILM peeling has become a common surgical practice in the treatment of conditions
such as macular holes [193]. The impact of ILM removal on retinal function remains a sub-
ject of debate: whereas some studies report no significant changes post-peeling, others have
observed reductions in retinal sensitivity [194].
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4.1.2 Vitreous Replacement After Vitrectomy

Vitrectomy is a common surgical intervention involving the removal of the vitreous body and
is employed in the treatment of various vision-threatening ocular conditions [188,189,195].
Indications include retinal pathologies (e.g., retinal detachment, diabetic retinopathy, mac-
ular holes), intraocular infections and inflammation, ocular trauma, vitreous opacification,
and age-related vitreous liquefaction [188,189,196–199].

Following vitrectomy, the vitreous does not regenerate. Instead, the vitreous cavity fills
with aqueous fluid, which lacks the structural and biochemical properties of the native vitre-
ous [188]. To preserve ocular homeostasis and function, an appropriate vitreous substitute
is therefore required [188].

An ideal vitreous substitute should closely mimic the native vitreous in both struc-
ture and function. Essential characteristics include optical transparency, biocompatibil-
ity, chemical inertness and the ability to maintain intraocular pressure for preserving the
anatomical positioning of ocular structures [188, 189, 200, 201]. It should also exhibit vis-
coelasticity similar to the natural vitreous for effective buffering of mechanical forces, long-
term stability, and hydrophilicity to ensure uniform tamponade throughout the vitreous cav-
ity [188,189,201]. Additionally, sufficient surface tension is important for facilitating retinal
break closure, along with injectability through small-gauge instruments, physiological pH,
and a porous microstructure that supports nutrient diffusion and may enable targeted drug
delivery [188,189,200].

Currently used vitreous substitutes in clinical practice provide temporary mechanical
support but lack key physiological properties of the natural vitreous [201]. Gases offer tem-
porary tamponade through surface tension and expansion but are quickly absorbed and lack
viscoelasticity, sufficient density, and optical clarity [188]. Silicone oils provide longer-
lasting tamponade but are limited due to their significantly different refractive index com-
pared to water, causing reduced visual acuity, and because they provide insufficient tampon-
ade in the inferior retina [188]. Their hydrophobic nature increases the risk of emulsification
and related complications, requiring removal within months [188,189]. Perfluorocarbon liq-
uids are limited to intraoperative use due to their high density, mismatched refractive index,
lack of elasticity, and risk of inflammation [188].
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Polymer-Based Vitreous Substitutes

As none of the vitreous substitutes currently employed in clinical practice adequately repli-
cate the structure and function of the native human vitreous, significant research efforts
have focused on the development of polymer-based alternatives. These materials offer sev-
eral compelling advantages, including high water content, the potential for uniform reti-
nal tamponade via controlled viscosity and swelling pressure, and tunable rheological and
porous properties [188]. Particularly, the adjustable porous matrix presents a significant im-
provement over traditional vitreous substitutes by enabling the encapsulation and controlled
release of therapeutic agents, such as bioactive molecules and therapeutic cells [200]. An
additional benefit of hydrogel-based substitutes is that they typically do not require surgi-
cal removal after implantation, thereby addressing a major drawback of many conventional
vitreous substitutes [202]. A wide range of natural and synthetic polymers has been in-
vestigated for this purpose, including hyaluronic acid, collagen, gellan, chitosan, alginate,
polyvinyl alcohol methacrylate, poly(ethylene glycol), acrylic acid and acrylamide [189].
However, the clinical translation of many polymeric vitreous substitutes developed in the
past decade has been limited by challenges such as insufficient optical transparency, refrac-
tive index mismatch, degradation, limited biocompatibility, and cytotoxicity associated with
certain crosslinking agents [189].

Among natural polymers, hyaluronic acid and collagen have received particular atten-
tion due to their excellent biocompatibility and their presence as key components of the
native vitreous [200, 202, 203]. However, these materials generally provide poor tampon-
ade and short residence times in vivo, primarly due to rapid degradation and low viscos-
ity [202]. Hyaluronic acid has been employed in its native form, as well as in derivatives
such as sodium hyaluronate, or in combination with other natural compounds like gellan or
silk [200, 202, 203]. Depending on the formulation, it has been used without crosslinking,
chemically crosslinked via methods such as UV irradiation and dihydrazide chemistry, or in-
corporated into thermoresponsive systems—particularly in conjunction with gellan—where
in situ gelation is induced by physiological temperature and ionic conditions [188,202,203].
Nevertheless, rapid degradation and the consequent changes in mechanical and optical prop-
erties remain a major limitation for hyaluronic acid-based hydrogels [200, 202, 203]. This
drawback is particularly critical, as ideal vitreous substitutes require long-term stability to
ensure sustained functionality [202]. To address this, enzymatically crosslinked hyaluron
acid–silk composite hydrogels have been developed, demonstrating improved stability and
slower degradation profiles in situ [204].
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4.1.3 Retinal Gene Therapy

A substantial proportion of the visual impairments causing blindness, including age-related
macular degeneration and diabetic retinopathy, originate from pathological changes in the
retina, particularly affecting photoreceptor cells and RPE cells (see Fig. 4.1) [205–207].
While gene and cell therapies offer significant promise for treating retinal diseases at their
genetic roots, including recent advances in pediatric patients [208], achieving efficient, tar-
geted and safe delivery to the affected retinal cells remains a major obstacle [209]. These
delicate retinal layers are protected by several anatomical barriers, which both shield them
from external harm and pose challenges for therapeutic intervention [210]. Among these,
the RPE itself forms a critical barrier, and, together with the underlying choroid and sclera,
limits the penetration of substances from outside the eye. Coming from the other side, the
penetration is limited by the vitreous humor and particularly by the ILM [190,191].

Current clinical trials for retinal gene therapy predominantly employ subretinal injection,
a surgical procedure that introduces therapeutic agents into the space between the photore-
ceptors and the underlying RPE (see Fig. 4.2a), with viral vectors most commonly used as
the delivery vehicles [209]. This approach results in a partial retinal detachment and carries
risks of serious complications, including permanent retinal detachment or the formation of
retinal holes [211]. Furthermore, the therapeutic effect is generally limited to the immediate
vicinity of the injection site, thereby restricting the extent of the treated retina [212]. Be-
yond the risks associated with the procedure, the use of viral vectors can provoke adverse
immune responses, posing significant safety concerns. Therefore, advancing research into
non-viral vectors and exploring less invasive delivery methods is essential to improve the
safety, efficacy, and accessibility of gene therapy for retinal diseases.

In this context, intravitreal injection has gained attention as a promising less invasive
alternative to subretinal delivery (see Fig. 4.2b), aiming to reduce procedural risks while
providing broader retinal access [213]. However, its efficacy is significantly limited by
intraocular barriers. Our group has previously shown that magnetic helical micropropellers
can successfully traverse the vitreous humor [214], yet the ILM remains a principal obstacle.
Its densely organized extracellular matrix significantly impedes the penetration of nanoscale
therapeutics, thereby restricting access to underlying retinal cells [190, 191].
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Figure 4.2. Schematic depiction of principal therapeutic strategies for retinal diseases: (a)
subretinal injection of therapeutics into the space between the retinal pigment epithelium
(RPE) and the photoreceptor layer; (b) intravitreal injection of therapeutics directly into the
vitreous body.

4.1.4 Nanoscale Crossing of the Inner Limiting Membrane

Although retinal gene delivery has garnered considerable scientific interest, the characteris-
tics, such as size and type, of nanoscale materials capable of crossing the human ILM remain
inconclusive in the existing literature. Multiple factors account for this ambiguity:

(i) The poor correlation between in vitro experiments and in vivo conditions [215].

(ii) Post-mortem tissue degradation and the cessation of physiological functions in ex vivo
experiments [216, 217].

(iii) Structural differences in the ILM across species, which challenge the direct translation
of results from animal models to humans [218].

Some of these limitations can be partially addressed, yet complete elimination remains be-
yond reach. Current guidelines therefore recommend prioritizing large animal models that
more closely replicate human ocular structure, as well as integrating ex vivo approaches dur-
ing early experimental stages [215]. Nonetheless, in vivo experimentation at these stages is
often constrained by ethical concerns, limited access to suitable models, and high financial
costs. Therefore, ex vivo approaches remain essential in the field, with particular emphasis
on reducing the post-mortem interval to better maintain physiological relevance [219].

In this context, the following discussion focuses on findings from large animal models,
including both ex vivo and in vivo results.
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The determination of the ILM size cut-off has been explored using a range of experi-
mental models; however, despite its importance for retinal drug delivery, the findings remain
inconclusive. The vitreous contains a high concentration of negatively charged molecules,
which retain positively charged nanomaterials and hinder their diffusion, thus restricting
their effectiveness [220–222]. Consequently, most research has shifted towards assessing
the permeability of negatively charged molecules or nanoparticles, as they are capable to
traverse these electrostatic traps.

Based on standard 8-mm porcine retinal explants, P. S. Apaolaza et al. found that while
the majority of 20 nm gold nanoparticles accumulated on the surface of the ILM, those
conjugated to hyaluronan could traverse the ILM and reach deeper retinal layers [223]. In
interpreting such findings, it is crucial to account for the possibility that particles could
inadvertently move around the explant and diffuse through the retina from the opposite,
more permeable RPE side, which could complicate the interpretation of results. This is
particularly relevant in the context of retinal explant experiments, where nanoscale materials
are typically applied to the surface of the explant in culture medium and are therefore not
prevented from diffusing around the tissue.

To address this limitation, several research teams have adopted the use of the Ussing
chamber, which allows retinal explants to be placed between two isolated compartments,
thereby controlling the diffusion direction. For example, T. L. Jackson et al. used this system
with FITC-dextrans of different molecular sizes, consistently identifying a size barrier of
about 6 nm across ILMs from humans, pigs, cows, and rabbits [224]. Likewise, a custom-
designed Ussing chamber was employed by Y. Tao et al. to quantitatively evaluate the
permeability thresholds of different porcine retinal layers, and their findings indicate that
the ILM restricts the passage of nanomaterials larger than approximately 8 nm [225]. In
addition, studies conducted by H. M. Kim et al. utilizing the Ussing chamber indicated
that brimonidine, with a molecular weight of 292Da (about 2 nm), successfully crossed the
rabbit ILM; in contrast, bevacizumab, a larger molecule at 149 kDa (approximately 10 nm),
was largely impeded from permeating this membrane [226].

To preserve the integrity of the vitreoretinal interface, K. Peynshaert et al. proposed
an alternative ex vivo model that retains the vitreous attached to the retinal explants [227].
Using this approach, they determined an ILM permeability size threshold of approximately
40 nm using carboxylated polystyrene particles, thus substantially lower than the 100 nm
cut-off observed in their conventional retinal explants [227]. In subsequent work, the same
research group demonstrated that although hyaluronic acid functionalization improved the
intravitreal mobility of 125 nm lipoplexes, this coating did not enable these larger com-
plexes to traverse the ILM in bovine vitreoretinal explants [228]. Consistent with these
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observations, S. Tavakoli et al. demonstrated that 50 nm liposomes with either negative or
neutral surface charge were able to penetrate bovine vitreoretinal interface, whereas 100 nm
liposomes failed to cross this barrier [229].

In an in vivo experiments conducted on rhesus monkeys, J. Mordenti et al. reported
that following intravitreal administration, a 48 kDa antibody (≈ 7 nm) reached the RPE
layer [230]. In contrast, a larger 148 kDa antibody (≈ 10 − 15 nm) did not diffuse to this
region [230].

Overall, these findings indicate that there is no consistent agreement regarding the ILM size
exclusion cut-off in large animal models as the results indicate thresholds ranging from be-
low ≈ 10 nm to below ≈ 100 nm. It should also be noted that several experiments were
conducted on explants over many hours, which is likely to cause additional degradation ef-
fects or may damage the ILM through handling the explant.

4.1.5 Enhancing Transport Across the Inner Limiting Membrane

The smallest transfection agents employed in retinal gene therapy fall within the broad and
uncertain permeability range of the ILM, estimated between 2 nm and 100 nm. Among
these, adeno-associated viral vectors are a widely used platform for delivering genetic ma-
terial to retinal cells, with capsid sizes measuring about 22 nm [231–236]. Non-viral de-
livery systems, including compacted DNA nanoparticles created by complexing a single
DNA molecule with a pegylated CK30 peptide, have been have been tailored to similar size
range [179, 237]. These nanoparticles, which can accommodate larger genetic sequences,
measure between 8 and 45 nm depending on the cargo and the conformation of the nanopar-
ticle [179, 237]. Given that even the smallest of these vectors approach or surpass the es-
timated size exclusion limit of the ILM, passive diffusion across this barrier is unlikely to
enable efficient delivery. This emphasizes the need for sophisticated delivery approaches
to achieve effective transfection of retinal cells.

A range of strategies has been explored to improve the delivery of particles across the
ILM. Some methods are designed to apply external forces, such as magnetic or electrical
fields, to drive particles through the ILM. Other approaches focus on increasing the per-
meability of the ILM itself, either through physical means (e.g., light-based disruption) or
biochemical methods (such as enzymatic digestion). Surgical removal of the ILM is an-
other technique that has been shown to substantially increase transfection efficiency [235].
However, this method requires a vitrectomy, making it less desirable due to its invasiveness.
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In one example of force-based delivery, S. Ahn et al. used permanent magnets to
guide adeno-associated viruses that were conjugated to commercially available particles
(≈ 200 nm in diameter) in ex vivo porcine retinal explants and whole eyes [238]. Never-
theless, the relatively weak magnetic forces generated by the magnets raise questions about
the actual contribution of magnetic guidance to the observed delivery efficiency. Another
approach, described by E. Eljarrat-Binstock et al., involved applying a low electric current
to enhance the penetration of positively charged nanoparticle suspensions (20–45 nm) into
rabbit retinas in vivo [239].

More recently, K. Peynshaert et al. developed a light-based method for ILM ablation by
irradiating indocyanine green (ICG) bound to the ILM with short laser pulses [240]. This
technique enabled effective ILM disruption in both bovine and human retinal explants, fa-
cilitating the entry of 126 nm pegylated carboxylated nanoparticles and lipid nanoparticles
containing luciferase mRNA in bovine tissue. In a subsequent study, the same group encap-
sulated ICG within nanoparticles to achieve more localized ILM disruption in bovine retinal
explants [241].

Enzymatic digestion of the ILM is another investigated method, employing enzymes
such as pronase E, hyaluronan lyase, chondroitin ABC lyase, heparinase III, and collagenase
VII [231,242,243]. While these enzymes can increase ILM permeability, higher concentra-
tions have been associated with damage to nerve fibers and ganglion cells, and most studies
to date have been limited to rodent models. Among enzymatic agents, ocriplasmin (brand
name Jetrea), a recombinant protease derived from human plasmin, was the only one ap-
proved for intraocular use [244,245]. Although not primarily intended for ILM degradation,
it aimed to facilitate vitreous liquefaction and posterior vitreous detachment to treat symp-
tomatic vitreomacular adhesion and traction [245]. Despite initial clinical promise, ocriplas-
min was later withdrawn from the market for commercial reasons, likely compounded by
low success rates, which limited its widespread clinical adoption [244,246].

Although these approaches show promise for improving the delivery of therapeutic agents
to the retina, further research is necessary to optimize their effectiveness and, importantly,
to minimize potential damage to surrounding retinal tissue.
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4.2 Transport Through Vitreous Substitutes

We first address the need for improved vitreous substitutes, which are implanted follow-
ing vitrectomy for various clinical indications. In this context, we investigate hyaluronic
acid-based hydrogels as model materials, evaluating their suitability for potential targeted
delivery within the vitreous cavity. Specifically, we assess whether active transport through
these substitutes is feasible using magnetically actuated helical nano- and micropropellers.
While no drugs are involved in this study, such propellers could, in future applications, serve
as carriers for therapeutic agents.

The hyaluronic acid-based gels utilized in this study are currently in preparation for
patent filing by our clinical collaborators (Dr. med. M. Hammer’s research group). Three
different stock compositions, differing in hyaluronic acid concentration and molecular weight,
were tested, no further information can be disclosed due to the ongoing patenting process.
For the purpose of this thesis, I will refer to these stock compositions as follows:

(i) Lower hyaluronic acid concentration with a lower molecular weight (low c, low Mw);

(ii) Higher hyaluronic acid concentration (twice that of the low-c compositions) with a lower
molecular weight (high c, low Mw);

(iii) Lower hyaluronic acid concentration with a higher molecular weight (low c, high Mw).

Subsequent experiments were conducted on diluted forms of these stock gels in order to
investigate transport behavior across a range of viscosities and structural properties.

4.2.1 Porosity Examination Using Magnetic Field Gradients

Before evaluating the ability of helical propellers to generate sufficient thrust for propulsion
through hyaluronic acid-based gels, we first examined the penetrability of the gel matrix
using monodisperse magnetic particles of comparable sizes, mobilized via strong magnetic
field gradients. Although magnetic field gradients are not ideally suited for actuation in
vivo, they offer a more straightforward method in vitro compared to helical propellers. This
investigation based on magnetic field gradients was designed to characterize the effective
pore size within the gel network and to determine whether structures on the order of hundreds
of nanometers could be transported through the matrix.
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Monodisperse Magnetic Particles

To enable a reliable assessment of porosity, we employed monodisperse magnetic particles
that I fabricated via glancing angle deposition (GLAD) at a glancing angle α = 80◦. Two
distinct particle sizes were utilized:

(i) Particles with a diameter of ≈ 500 nm, as presented in Section 2.1 and characterized in
Fig. 2.3. Briefly, 500 nm silica beads were initially coated with a thin titanium adhesion
layer, followed by nickel deposition, resulting in a total Ni thickness of ≈ 420 nm.

(ii) Particles with a diameter of≈ 250 nm, their smaller counterparts. These were fabricated
using a hexagonally close-packed monolayer of ≈ 250 nm silica beads, prepared via
Langmuir–Blodgett deposition by C. Miksch. Both the titanium adhesion layer and the
nickel layer were deposited using GLAD with rapid azimuthal (φ) rotation. Due to the
glancing incidence angle of 80◦, the resulting vertical Ni thickness was ≈ 230 nm.
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Figure 4.3. Characterization of the smaller monodisperse Ni particles fabricated via GLAD:
(a) Schematic illustration of a single Ni particle composed of a 250 nm silica bead and a de-
posited Ni segment (Ti adhesion layer not shown); (b) SEM image of sonicated Ni particles
on a silicon substrate. The SEM image acquired by Dr. F. Peter.

Experimental Setup Based on a Permanent Magnet

In order to generate magnetic force on the magnetic particles, we utilized a NdFeB perma-
nent magnet (grade N48, height h = 8mm, radius R = 1.5mm) sourced from Webcraft
GmbH [43] (see Fig. 4.4a and Section 1.2.1). The magnetic field and its gradient along
the vertical axis z were analytically calculated using Eqs. (1.10) and (1.11), with the results
shown as the beige curves in Fig. 4.4b–c.

Complementing the theoretical calculations, I conducted experimental measurements of
the magnetic field above two identical magnets of the specified grade and dimensions using a
Hall probe affixed to a precision mechanical manipulator. Starting with the probe in contact
with the magnet surface, it was retracted along the magnet’s axis. Because the Hall sensor’s
active element is located approximately 0.715mm from the probe surface, the recorded
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measurements were offset accordingly, beginning at z = 0.715mm (see the purple curves
in Fig. 4.4b). I determined this offset distance of 0.715mm experimentally by identifying
the zero magnetic field position between two identical magnets oriented antiparallel to each
other (i.e., repelling configuration). Subsequently, I calculated the magnetic field gradient
data as the finite difference between consecutive magnetic field measurements, with the
results shown as purple curves in Fig. 4.4c. The experimental results are in good agreement
with the analytical calculations.
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Figure 4.4. Characterization of the permanent magnet used for porosity assessment in
hyaluronic acid-based gels: (a) schematic illustration of the magnet with specified dimen-
sions; (b) magnetic field above the magnet obtained from both analytical calculations and
experimental measurements; (c) magnetic field gradient above the magnet, derived analyti-
cally and from experimental data.

Due to the rapid decay of the magnetic field gradient with increasing distance from the
magnet, it was essential to develop an experimental setup that allows the magnetic particles
to be positioned in close proximity to the magnet while enabling assessment of their pene-
tration through the hyaluronic acid-based gels. To achieve this, a thin #0 precision coverslip
from Thorlabs, with the nominal thickness of (100± 15) µm, was used as a base substrate
(see Fig. 4.5a). A Gene frame (1 cm × 1 cm, thickness 250 µm) was then affixed onto the
coverslip to create a sample chamber. A small section (approximately 3mm × 5mm) of
a wafer containing magnetic particles was cut and magnetized in an out-of-plane magnetic
field of 1.8 T generated by an electromagnet at its center. This magnetization aligned the
individual dipole moments within each particle to produce a net magnetic moment m ori-
ented along their longest dimension (see schematic in Fig. 4.3a), thereby ensuring directed
particle motion along this axis. The magnetized wafer piece was then immersed in ≈ 200µl
of Milli-Q water and sonicated for one minute, facilitating detachment and dispersion of the
magnetic particles into the solution. The sonicated magnetic particle suspension was subse-
quently mixed, in varying ratios, with one of the three ungelled stock hyaluronic acid-based
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compositions, resulting in samples with varying final concentrations derived from the orig-
inal stocks. A total volume of 25 µl of the resulting suspension was pipetted into the Gene
frame, after which the chamber was sealed with another cover slip (Fig. 4.5a). The assem-
bled sample underwent gelation under controlled conditions (see Fig. 4.5b). Upon gelation,
the gel-containing sample was placed directly atop a permanent magnet (see Fig. 4.5c), sta-
bilized within a 3D-printed holder (not depicted in the schematic). The holder ensured direct
contact between the magnet and the coverslip, thereby minimizing the gap between the mag-
net and the embedded particles. Exposure durations varied depending on gel concentration,
ranging from 30min for lower concentrations to 180 min for higher concentrations.

#0 cover slip
(thickness ≈ 100 µm)

Ni particles dispersed in 
hyaluronic acid-based gel Gene frame

Cover slip

Permanent magnet

30-180 min

Particle accumulation
at the bottom

(a) (b) (c)

Gelation

Figure 4.5. Step-by-step schematic of sample preparation for porosity assessment: (a) mag-
netic particles dispersed in the two components of the hyaluronic acid-based gel are pipetted
into an observation chamber formed by a #0 coverslip and a Gene frame, and subsequently
sealed with a second coverslip; (b) the sample undergoes gelation under controlled condi-
tions; (c) a permanent magnet is placed in contact with the sample. If the gel’s porosity
permits, magnetic particles migrate and accumulate along the rim of the magnet.

Particle penetration through the gel was evaluated using an inverted microscope after
removal of the magnet. Successful penetration was evidenced by particle accumulation in
a circular pattern at the bottom of the gel, immediately above the coverslip, mirroring the
shape of the underlying magnet (see Fig. 4.5c and Fig. 4.6a–b). This accumulation arises due
to the presence of both vertical and lateral components of the magnetic field gradient. While
the vertical component drives particles downward through the gel, the lateral component
acts on particles located away from the magnet’s central axis, drawing them radially toward
the magnet’s edge where the horizontal gradient is strongest. Additionally, the particles
assembled into linear chains, a characteristic behavior resulting from dipolar interactions
between individual particles (see Fig. 4.6c). This chaining effect further confirms that all
particles possess a uniform magnetization direction following their initial alignment in the
applied magnetic field.
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Figure 4.6. Representative bright-field images showing successful penetration of 250 nm
particles through the 10 % formulation of the high c, low Mw hyaluronic acid-based gel
(notation used to describe the formulation is explained later in the text): (a) accumulation
of particles in a circular pattern defined by the magnet’s shape, imaged with a 5× objective;
(b) magnified view of a section of the pattern, imaged with a 10× objective; (c) chain-like
structures formed by particles due to dipolar interactions, imaged with a 63× objective.
Images acquired by F. Hecht and I. Wittmann.

Assessment of Particle Penetration Across Diluted Gel Formulations

To evaluate particle penetration, we examined a series of diluted formulations derived from
the three stock hyaluronic-acid gels described earlier in this chapter. For example, a for-
mulation designated as 30 % (low c, low Mw) refers to a mixture in which 30 % of the total
pre-gelation volume consisted of the stock composition with lower hyaluronic acid concen-
tration and lower molecular weight. The remaining 70 % of the volume consisted of mag-
netic particles suspended in Milli-Q water. The two components (the ungelled hyaluronic
acid-based composition and the magnetic particle suspension) were thoroughly mixed just
prior to sample preparation and subsequent gelation.

The results of particle penetration across the various gel formulations are summarized
in Table 4.1. Penetration was assessed qualitatively and is reported as “yes,” “no,” or “–”
(not tested due to the time-intensive nature of the experiments).

For the stock low c, low Mw hyaluronic acid-based gel, 500 nm particles were able to
penetrate formulations up to 60%, whereas 250 nm particles penetrated up to 70 %. While
the absence of penetration beyond these thresholds could result from either insufficient mag-
netic force relative to viscous drag or reduced pore size, we attribute it primarily to pore size
limitations. This interpretation is supported by the observation that smaller particles, despite
experiencing a lower magnetic-to-drag force ratio, penetrated denser formulations more ef-
ficiently than the larger ones. This can be rationalized by considering that the drag force in
a homogeneous medium scales linearly with particle radius (Eqs.(1.4) and (1.5)), whereas
the magnetic force scales with the cube of the radius of the magnetic component (Eq. (1.7)).
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low c, low Mw high c, low Mw low c, high Mw

Gel content Particles 500 nm Particles 250 nm Particles 250 nm Particles 250 nm
10% - - yes -
20% - - yes -
25% - - yes -
30% yes - yes yes
35% - - yes -
40% yes yes yes no
45% - - yes -
50% yes yes no no
60% yes yes - -
70% no yes - no
80% no no - -
90% no no - -

Table 4.1. Summary of particle penetration results for two particle sizes (250 nm and 500
nm) across various dilutions prepared from three hyaluronic acid-based stock gel formu-
lations. Dilution percentages refer to the volume fraction of the stock gel in the final for-
mulation, which also includes the magnetic particle suspension. Particle penetration was
evaluated qualitatively and reported as ”yes”, ”no”, or not tested (”-”).

Based on this, we anticipated that 250 nm particles would penetrate the high c, low Mw

stock gel formulation up to 35 %, corresponding to the same absolute hyaluronic acid content
as the 70 % formulation of the low c, low Mw stock gel. Interestingly, penetration was
observed up to the 45 % formulation, suggesting that factors beyond total concentration of
hyaluronic acid also influence the final pore size.

In the case of the low c, high Mw hyaluronic acid gel, penetration of 250 nm particles
was observed only up to the 30% formulation, consistent with the expectation that higher
molecular weight polymers form denser networks with smaller effective pore sizes.

Overall, these threshold values define the maximum gel concentrations that remain perme-
able to 500 nm and 250 nm particles, which correspond to typical sizes of potential drug
delivery vectors for vitreous substitutes. In the following subsection, we investigate the
directed motion of helical propellers with comparable dimensions through these, or less
concentrated, gel formulations.
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4.2.2 Directed Motion of Helical Propellers

Actuation by rotating magnetic fields offers particular advantages for in vivo applications,
as such fields can be readily generated over larger length scales (tens of cm), unlike mag-
netic field gradients, which are technically challenging to maintain across similar distances.
Magnetically actuated helical propellers thus present a compelling strategy for the targeted
delivery of therapeutic agents within the human body. Our group has previously demon-
strated that such propellers can effectively navigate the native vitreous humor in porcine
eyes [214]. Since vitreous substitutes are implanted after vitrectomy to restore ocular struc-
ture and function, it is desirable that these materials also allow for controlled transport to
support post-surgical treatment. Demonstrating effective navigation of helical propellers
through these vitreous substitutes would thus enhance their potential by enabling magneti-
cally guided drug delivery in clinical scenarios involving vitreous replacement.

Magnetic Helical Propellers

To investigate propulsion through hyaluronic acid-based gels, three distinct magnetic helical
propellers were fabricated, varying in both composition and size (see Fig. 4.7a–c). The pro-
peller dimensions perpendicular to the direction of motion matched the particle sizes used in
the porosity assessment described previously. All propellers were fabricated via GLAD at
a glancing angle of 85°, employing hexagonally close-packed monolayers of silica spheres
with diameters of 250 nm or 500 nm. The studied propellers are described as follows:

(i) Nickel-containing propellers with a diameter of≈ 500 nm (see Fig. 4.7a, d). The helical
structures were grown from silica, resulting in a two-turn helix. Subsequently, a titanium
adhesion layer was deposited, followed by a nickel layer deposited with rapid azimuthal
rotation. This process yielded monodisperse propellers, with the magnetic nickel layer
reaching a thickness of approximately 200 nm and a total propeller length of 2000 nm.
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(ii) Iron-platinum-containing propellers with a diameter of ≈ 500 nm (see Fig. 4.7b, e).
These propellers incorporate the magnetically superior L10 phase of FePt instead of
nickel. FePt is biocompatible [31], unlike many magnetic materials such as cobalt or
nickel, and the L10 phase exhibits exceptional nanoscale magnetic properties, including
an energy product exceeding that of NdFeB magnets [247] and significantly higher re-
manent magnetization than nickel or iron [31]. Since propulsion experiments utilize low
rotating magnetic fields (< 10mT), remanent magnetization critically dictates the mag-
netic moment and thereby influences the propulsion behavior as described by Eq. (1.25).
Our group previously fabricated L10 phase FePt propellers [31, 103]. In this study, I
fabricated FePt propellers on silica beads with a diameter of ≈ 500 nm by first growing
the silica helix body, producing approximately 1.4 helical turns. Subsequently, a tita-
nium adhesion layer was added, followed by co-deposition of Fe and Pt at a 1:1 atomic
ratio, maintaining the same azimuthal rotation as for the helical body. This yielded pro-
pellers approximately 1800 nm in length with a FePt layer thickness near 200 nm. To
induce the ordered L10 phase, the wafers were cut into thin pieces upon removal from
the deposition chamber. Dr. F. Peter sealed these pieces in quartz ampules under argon
atmosphere, and annealed them at 700 °C for one hour with subsequent rapid cooling in
an ice bath [179].

(iii) Nickel-containing propellers with a diameter of ≈ 250 nm (see Fig. 4.7c, f). For these
smaller structures, I used silica beads with a diameter of 250 nm and implemented several
design optimizations. To prevent fusion of neighboring propellers, previously observed
due to closely spaced helical tails, I deposited the magnetic material at the propeller
head. This configuration was achieved by first depositing a titanium adhesion layer,
followed by nickel with high azimuthal rotation, and then capped with an additional
titanium layer to support subsequent helical growth. To enhance visibility under opti-
cal microscopy, I replaced silica with titanium dioxide as the helical material, owing
to its significantly higher refractive index [248]. The TiO2 thickness was deposited
with increased azimuthal rotation to suppress the formation of broad, merging helices
encountered in earlier attempts, resulting in approximately 2.2 helical turns. The final
propellers exhibited a total length of 1000 nm, with a nickel layer thickness of approxi-
mately 100 nm.
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Figure 4.7. Characterization of magnetic helical propellers used in propulsion experiments
within various hyaluronic acid-based vitreous substitute formulations: (a) schematic of a
Ni propeller with a diameter of ≈ 500 nm, with (d) showing a corresponding SEM image
of multiple such Ni propellers prior to release from the wafer; (b) schematic of an FePt
propeller with a diameter of ≈ 500 nm, with (e) showing its corresponding SEM image;
(c) schematic of a smaller Ni propeller with a diameter of ≈ 250 nm, with (f) showing its
corresponding SEM image acquired by Dr. M. Alarcón-Correa. Thin titanium adhesion
layers are not depicted in the schematics.

Propulsion Experiments Across Diluted Gel Formulations

The objective of these experiments was to identify which hyaluronic acid-based gel formu-
lations allow effective propulsion of magnetic helical propellers, and to determine the most
efficient propeller design for navigation through such environments. These findings aim to
guide the selection of suitable formulations for use as vitreous substitutes.
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For each selected gel formulation and propeller type, propellers on a small wafer piece
(≈ 2mm × 2 mm) were first magnetized in-plane using an electromagnet producing a central
magnetic field of 1.8 T. The magnetized propellers were then immersed in Milli-Q water and
released from the wafer via sonication. Gel formulations were prepared following the same
protocol as in the magnetic particle penetration experiments, with propellers suspended in
water instead of particles. Experiments were conducted using formulations based on the
low c, low Mw and low c, high Mw hyaluronic acid stock compositions. For each experi-
ment, 25 µL of the ungelled composition containing suspended propellers was pipetted into
an observation chamber composed of a standard cover slip and a Gene frame (1 cm × 1 cm,
thickness 250 µm), and sealed with a second cover slip. The assembled chamber was then
subjected to gelation under controlled conditions.

Actuation experiments were performed using three orthogonally arranged pairs of custom-
built Helmholtz coils, as described previously [249]. These coils, mounted on the stage of an
inverted optical microscope, allowed generation of rotating magnetic fields in three dimen-
sions. The fields were controlled via a Matlab-based custom program interfaced through
a DAC and a 10× amplifier. All propellers were initially tested in water to verify their
propulsion ability before being evaluated in hyaluronic acid-based gel formulations. Mag-
netic field strengths ranged from 5mT to 8 mT, with rotation frequencies between 5 Hz and
70Hz. When subjected to rotating magnetic fields, the propellers advance forward up to the
so-called step-out frequency, beyond which the viscous drag exceeds the magnetic torque,
resulting in a loss of synchronous rotation [249]. As step-out frequency inversely correlates
with medium viscosity [249], a reduction in the maximum frequency supporting propulsion
was expected in more viscous gel environments.

We first investigated the propulsion of magnetic micropropellers in hydrogel formula-
tions based on a low c, low Mw hyaluronic acid composition (see Table 4.2). Propulsion
tests were performed using all three propeller geometries (see Fig. 4.7), revealing four dis-
tinct types of behavior within the gels: (i) active propulsion under rotating magnetic fields,
(ii) alignment of the propeller’s magnetic moment with the applied magnetic field with-
out propulsion—indicating that the generated magnetic torque was insufficient to overcome
viscous drag, (iii) minimal motion without a clear response to the magnetic field, and (iv)
complete immobilization within the gel. In the most dilute formulation (10 % of the stock
composition), all propeller types exhibited active propulsion. However, significant differ-
ences emerged at higher concentrations, particularly in the 30 % formulation. The 250 nm
Ni propellers were unable to align with the magnetic field, while the 500 nm Ni propellers
could align but were unable to propel. Only the 500 nm FePt propellers achieved effective
propulsion in this gel formulation, driven by a rotating magnetic field of 7mT at 45 Hz.
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Propellers
500 nm Ni 500 nm FePt 250 nm Ni

10% Propulsion Propulsion Propulsion
30% Alignment to the field Propulsion Minimal motion
50% Minimal motion Minimal motion No motion
70% - - No motion
90% No motion - -

low c, low Mw

gel content

Table 4.2. Summary of propulsion performance in various hydrogel formulations, all based
on a low c, lowMw hyaluronic acid-based stock composition. Results are presented for three
distinct propeller geometries. The reported dilution percentages indicate the volume fraction
of the ungelled low c, low Mw stock hyaluronic-acid based solution in the final formulation,
which also contains the magnetic propeller suspension. The table categorizes the behavior
into four conditions: active propulsion; alignment of the propeller’s magnetic moment with
the external magnetic field without propulsion; minimal motion without systematic response
to the magnetic field; and no observable motion. Cells marked with “–” indicate conditions
that were not tested.

A representative propulsion experiment in the 30 % formulation was recorded, and five
selected frames are shown in Fig. 4.8, with the trajectory of the propeller overlaid using
particle tracking in ImageJ. Initially, the FePt propeller reorients along the x-axis when the
magnetic fields are applied in the y- and z-directions (Fig. 4.8a). It subsequently aligns with
the y-axis as the fields are applied in the x- and z-directions (Fig. 4.8b), propelling along
the y-axis during continuous field rotation about the y-axis (Fig. 4.8c). Finally, the field is
rotated about the x-axis (Fig. 4.8d), resulting in propulsion along the x-axis (Fig. 4.8e).

5 µm

(a) (b) (c) (d) (e)

y

x
z

Figure 4.8. Propulsion of a 500 nm FePt propeller in a 30% dilution of the low c, low Mw

hyaluronic acid-based gel, driven by a rotating magnetic field of 7 mT at 45 Hz: (a) align-
ment along the x-axis; (b) alignment along the y-axis; (c) propulsion along the y-axis; (d) re-
orientation along the x-axis; (e) propulsion along the x-axis. Video acquired by I. Wittmann
and F. Hecht.
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These results indicate that the inability of the 500 nm and 250 nm Ni propellers to achieve
directed motion in the 30 % dilution of the low c, low Mw hyaluronic acid-based gel is not
due to restricted pore size, as the 500 nm FePt propeller can still propel under these condi-
tions. Instead, we attribute this behavior to insufficient magnetic moments in the Ni pro-
pellers, which fail to generate enough magnetic torque to overcome viscous drag. Effective
propulsion is achieved only with the superior magnetic properties of the L10 FePt propellers.

We next investigated propulsion in hydrogel formulations based on a low c, high Mw

hyaluronic acid stock composition (see Table 4.3). Given the comparable size but superior
performance of the 500 nm FePt propellers over their Ni counterparts, experiments were
conducted only with 500 nm FePt and 250 nm Ni propellers. While the 500 nm FePt pro-
pellers were unable to propel even in the least concentrated 5% formulation, the smaller
250 nm Ni propellers successfully navigated both the 5 % and 10 % dilutions.

Propellers
500 nm FePt 250 nm Ni

5% Alignment to the field Propulsion
10% Alignment to the field Propulsion
15% - Minimal motion
20% No motion -

low c, high Mw

gel content

Table 4.3. Summary of propulsion performance in various hydrogel formulations, all based
on a low c, highMw hyaluronic acid-based stock composition. Results are presented for two
distinct propeller geometries. The reported dilution percentages indicate the volume fraction
of the ungelled low c, highMw stock hyaluronic-acid based solution in the final formulation,
which also contains the magnetic propeller suspension. The table categorizes the behavior
into four conditions: active propulsion; alignment of the propeller’s magnetic moment with
the external magnetic field without propulsion; minimal motion without systematic response
to the magnetic field; and no observable motion. Cells marked with “–” indicate conditions
that were not tested.



Transport Through Vitreous Substitutes 117

A representative propulsion experiment with the 250 nm Ni propellers in the 10 % for-
mulation was recorded under rotating magnetic fields of 7 mT at 60 Hz. Five selected frames
are shown in Fig. 4.9, with the trajectory overlaid via particle tracking in ImageJ. The pro-
peller follows a square-like path: moving from its initial position (see Fig. 4.9a) along the
y-axis (Fig. 4.9b), then the x-axis (see Fig. 4.9c), followed by motion along the negative
y-axis (see Fig. 4.9d), and finally along the negative x-axis (see Fig. 4.9e). As expected,
the maximum effective frequency in the gel (60 Hz) was lower than that observed in water
(70Hz), consistent with the increased viscosity.

5 µm

(a) (b) (c) (d) (e)

y

x
z

Figure 4.9. Propulsion of a 250 nm Ni propeller in a 10% dilution of the low c, high Mw

hyaluronic acid-based gel, driven by a rotating magnetic field of 7 mT at 60 Hz, following
a square-like trajectory: (a) initial position; (b) propulsion along the y-axis; (c) along the
x-axis; (d) along the negative y-axis; (e) along the negative x-axis. Video acquired by I.
Wittmann and F. Hecht.

The ability of the 250 nm Ni propellers to propel in the 10 % formulation, while the larger
and magnetically stronger 500 nm FePt propellers remained immobile, only aligning with
the magnetic field, suggests that propulsion of the 500 nm FePt propellers is limited by the
gel pore size, not the magnetic torque. As the 250 nm propellers exhibited motion without
responding to the magnetic field in the 15 % formulation, we anticipate that propulsion in
this and denser gels may be enabled by 250 nm propellers with higher magnetic moments,
such as those based on the L10-phase FePt.

Overall, these findings demonstrate that for the low c, low Mw hyaluronic acid-based gel,
targeted propulsion, and thus potential drug delivery, can be achieved in formulations with
up to 30 % dilution using 500 nm FePt propellers. In contrast, for the low c, high Mw gel,
effective propulsion is feasible up to 10 % dilution using 250 nm Ni propellers. Propulsion
at higher dilutions may be attainable with 250 nm propellers incorporating the high-moment
L10-phase FePt.
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4.3 Transport Through Retina

The overarching vision of this research is to enable non-invasive gene delivery to the retina
via the intravitreal route, using non-viral vectors. In this long-term perspective, beyond
the scope of the present study, we propose the use of helical magnetic micropropellers as
delivery vehicles. Our group has previously demonstrated several steps toward achieving
this goal:

(i) Helical microrobots can be guided through the porcine vitreous body via weak rotating
magnetic fields, as shown by Z. Wu et al. [214].

(ii) Magnetic actuation can be achieved with biocompatible FePt alloys, which exhibit ex-
cellent magnetic properties, surpassing conventional hard magnetic materials such as
NdFeB [247]. The fabrication and propulsion of FePt-based micropropellers have been
shown by V. Kadiri et al. [31].

(iii) The helical structures of these microrobots can be fabricated from biodegradable MgZn
alloys, which gradually dissolve into magnesium and zinc ions, naturally occurring el-
ements in the human body. The propulsion of such degradable microrobots has been
demonstrated by F. Peter et al. [103].

While these design strategies for propulsion and material selection are well-developed, a
significant challenge remains. The size exclusion limit of the ILM, estimated between 2
nm and 100 nm, may prevent these microrobots from crossing this barrier to deliver thera-
peutic cargo to retinal cells. Additionally, the propulsion forces generated, estimated to be
on the order of a few piconewtons, as discussed in Chapter 1, are insufficient to mechani-
cally penetrate the ILM [179]. To address these constraints, the present study first focused
on systematically investigating the size range of particles capable of traversing the ILM.
Establishing this threshold is a critical first step in assessing the feasibility of microrobotic
delivery systems for retinal applications. Looking ahead, we envision combining micro-
robotic transport with localized enzymatic disruption of the ILM, as suggested in Dr. F.
Peter’s doctoral work [179]. To minimize the risk of retinal damage from high enzyme con-
centrations, a targeted approach is conceptualized, involving the attachment of collagenase
IV directly to the surface of the micropropellers [179]. As a proof of concept, we investi-
gate enzyme-functionalized microbeads to assess their ability to facilitate ILM digestion and
enhance nanomaterial penetration. Altogether, this long-term vision combines targeted en-
zymatic modulation with magnetic propulsion and degradable materials, aiming to develop
microrobotic systems capable of crossing the ILM and delivering therapeutic payloads to
retinal cells.
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4.3.1 Transport Across the ILM in Ussing Chamber Experiments

To advance the understanding of the ILM permeability to nanoscale materials, our initial
objective was to establish a robust and reproducible system for assessing the penetration of
materials of varying sizes. To closely replicate the physiological conditions of gene delivery
to human retinal cells, we employed a porcine eye model due to its anatomical similarity to
the human eye. The Ussing chamber was selected as our starting platform due to its promise
to maintain distinct environments on either side of the tissue sample, thereby enabling con-
trolled and quantitative analysis of transmembrane transport.

Porcine retinal explants with a diameter of 8 mm were prepared based on established
protocols [250,251]. In brief, fresh porcine eyes were collected from a local slaughterhouse
and kept at 4°C immediately after enucleation, ensuring that all dissections were performed
within four hours post-mortem. Following eye desinfection, a scleral incision permitted
gentle removal of the cornea, lens, and vitreous. The eyecup was divided into three to four
sectors, and circular explants were punched out in supplemented Neurobasal-A medium
(Life Technologies). Each explant was placed with the ILM facing upward on a Millicell
insert and cultured in a 12-well plate until Ussing-chamber experiments, initiated within
48 h of culture.

The next step involved mounting the retinal explants in the Ussing chamber in a way
that ensured a secure seal between the two compartments while minimizing mechanical
pressure on the tissue, as direct compression was found to compromise retinal integrity. To
address this, we developed a sealing approach where the retina’s periphery was sealed using
wax and a plastic foil rather than mechanical clamping. First, filter paper with a pore size of
(3−5)µmwas coated by applying a ring of molten wax, leaving the central area free of wax
(see Fig. 4.10a). The Millicell insert containing the retinal explant was trimmed precisely
around the tissue, and the retinal explant was transferred onto the wax-coated filter paper so
that the center of the retina rested within the wax-free center (see Fig. 4.10b). Next, a plastic
foil with a 4mm central aperture was placed over the explant (see Fig. 4.10c). This assembly
was mounted into the Ussing chamber such that only the waxed filter paper and the foil were
clamped between the chamber halves, avoiding any direct pressure on the retina itself (see
Fig. 4.10d). Each chamber compartment was filled with 5ml of fluid, as described later. To
promote transretinal transport, the setup was further equipped with electrodes allowing the
application of an electrical potential across the explant, thereby offering the possibility to
enhance diffusion rates when desired (Fig. 4.10d).

Some of our results have been published as part of the bachelor’s thesis of E. Schmitt [252].
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Passive Transretinal Diffusion in the Ussing Chamber System

We initially investigated passive diffusion across the retinal explant using materials spanning
several orders of magnitude in diameter:

(i) Water (molecular diameter ≈ 2.8Å): One chamber compartment, flushed with argon to
reduce exposure to atmospheric water vapor, was filled with heavy water (D2O), while
the opposing compartment contained Milli-Q water. At defined intervals, aliquots were
collected from both sides, and samples from theD2O compartment were transferred into
argon-flushed NMR tubes. The concentration of H2O in the D2O-filled compartment
was quantified by Nuclear Magnetic Resonance (NMR) spectroscopy, exploiting the
distinct resonance frequencies of 1H and 2H nuclei [253]. The experiment was conducted
in duplicate, yielding consistent results with a diffusion rate of ≈ 0.5M/h over the first
10 hours (Fig. 4.10e). Given a compartment volume of 5 ml and a circular exposed
retinal area with a diameter of 4mm, this corresponds to a rate of ≈ 0.2mmol/(mm2h).
A more detailed analysis of the water diffusion experiments is provided in the bachelor’s
thesis of E. Schmitt [252]. It should be noted that using water instead of a physiological
medium such as phosphate-buffered saline (PBS) may have affected retinal cell viability.

(ii) Rhodamine B (molecular diameter ≈ 1.6 nm): One chamber compartment was filled
with a ≈ 420µM Rhodamine B solution in PBS, while the opposing compartment con-
tained pure PBS. At various time points, aliquots were collected from both sides and
analyzed via UV-Vis spectrophotometry. Absorbance values were converted to concen-
tration. The experiment was repeated nine times, consistently yielding an initial diffu-
sion rate of ≈ 0.5µM/h (Fig. 4.10f), corresponding to a rate of ≈ 0.2 nmol/(mm2h).

(iii) FITC-dextrans (molecular weights: 3–5 kDa, 10 kDa, 40 kDa and 150 kDa; correspond-
ing hydrodynamic diameters of approximately 2.8 nm to 9 nm): A 125µM FITC-dextran
solution in PBS was added to one compartment of the chamber, with the opposing side
filled with PBS alone. Samples were collected at various time points and analyzed us-
ing either fluorometry or UV-Vis spectrophotometry, with fluorescence intensity or ab-
sorbance values converted to concentration (Fig. 4.10g). No consistent correlation be-
tween molecular weight and diffusion rate was observed; in some cases, larger molecules
exhibited unexpectedly higher diffusion rates. The integrity of the retinal explant may
have been compromised in some experiments.

(iv) Fluorescent carboxylated polymethacrylate particles, micromer®-redF from micromod
Partikeltechnologie (diameter 25 nm): A 100µg/ml suspension in PBS was added to
one chamber compartment, with PBS alone in the opposite side. The experiment was
repeated six times. The resulting diffusion profiles, analyzed via fluorometry, are shown
as blue curves in Fig. 4.10h.
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Across most passive diffusion experiments, we observed a recurring phenomenon: after
an initial period of slow, gradual or even negligible transport, the measured concentration
exhibited a sudden and pronounced increase, contrary to the expected trend of decreasing
diffusion rate over time. We ascribe these abrupt jumps to mechanical rupturing of the retinal
explant, resulting in compromised tissue integrity that resulted in uncontrolled passage of
material. This explanation was supported by visual inspection after opening the chamber.

Overall, for small molecules such as water and Rhodamine B, diffusion through the in-
tact retina could be consistently detected prior to any rupture, confirming their ability to
permeate the tissue under passive conditions. In contrast, for 25 nm carboxylated nanopar-
ticles, the signal increase was typically abrupt, with minimal or no evidence of gradual
transport beforehand. This suggests that the intact retina, particularly the ILM, acts as a
strong barrier to particles of this size. Even in rare cases where particle passage appeared
to occur, the transport was markedly slow, highlighting the need for alternative strategies to
facilitate effective delivery of therapeutic gene vectors across the ILM.

Electrically Facilitated Transretinal Diffusion in the Ussing Chamber System

To enhance and control the diffusion of nanoscale materials across the ILM, we introduced
an externally applied electric field in the Ussing chamber setup (see Fig. 4.10d). This ap-
proach aimed to generate a tunable driving force for charged particles across the retinal
explant.

We selected 25 nm fluorescent carboxylated polymethacrylate nanoparticles (micromer®-
redF,micromodPartikeltechnologie) for these experiments, which carry a net negative charge
due to their surface carboxylation—a modification previously shown to facilitate intravitreal
mobility [220–222]. The presence of surface charge is also a critical factor enabling their re-
sponse to the applied electric field. Zeta potential measurements in Milli-Q water confirmed
their negative surface charge at physiological pH, yielding values around −40 mV [252].
Due to the presence of ions in phosphate-buffered saline (PBS), which interfere with the ap-
plied field, all electrically assisted experiments were performed in Milli-Q water. It should
be again noted that the pure water may in itself also affect the integrity of the retina. A
100 µg/ml particle suspension was introduced into one compartment, while the opposing
side contained only Milli-Q water. The electric field was generated using a high-voltage
power supply, with the positive electrode positioned behind the compartment containing
Milli-Q water and the negative electrode behind the suspension of negatively charged par-
ticles, thereby directing electrophoretic movement across the explant (see Fig. 4.10d). As
a proof of concept, we first verified that application of the electric field promoted particle
migration across a simple filter membrane in the absence of retinal tissue [252], confirming
the basic functionality of the setup.
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Figure 4.10. Retinal permeability, including the ILM, assessed using the Ussing chamber
system: (a)–(c) schematic representation of the sealing protocol: (a) filter paper is coated
with a peripheral wax ring to define the sealing region; (b) the retinal explant is carefully
placed onto the center of the filter paper; (c) a plastic foil with a central aperture is positioned
above the explant; (d) schematic illustration of the Ussing chamber setup, enabling voltage
generation across the membrane via inserted electrodes; (e) time-dependent penetration of
water through the retina, quantified by NMR spectroscopy (data also reported in Ref. [252]);
(f) time-dependent penetration of Rhodamine B through the retina, measured using a UV-
Vis spectrophotometer (data also partially reported in Ref. [252]);
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Figure 4.10. (Continued) (g) time-dependent penetration of FITC-dextran molecules of
varying molecular weights through the retina over time, assessed via fluorometry or UV-Vis
spectrophotometry; (h) time-dependent penetration of 25 nm fluorescent carboxylated poly-
methacrylate nanoparticles through the retina, measured using a fluorometer; (i) cryosec-
tioning and imaging of post-experiment tissue reveals significant structural disruption of
the retina.

In retinal experiments, a voltage of 500V was applied across electrodes spaced 5 cm
apart, producing an electric field strength of ≈ 100V/cm. Most explants subjected to this
field exhibited significant tissue damage. In one rare case where structural integrity ap-
peared preserved, solution samples were collected at three time points during field appli-
cation (see the red curve in Fig. 4.10h), followed by continued sampling after the field
was turned off (see the adjoining blue curve in Fig. 4.10h). While the application of the
electric field appeared to enhance transretinal transport, post-experimental cryosectioning
followed by DAPI staining and fluorescence imaging revealed significant tissue disruption
(see schematic in Fig. 4.10i), likely caused by the high field strength. Comparable tissue
damage was also observed at lower field strengths, suggesting that the retina is highly sen-
sitive to electrical stress.

Histology of Retinas Following Passive Diffusion in the Ussing Chamber System

In parallel, we examined retinal tissue from passive diffusion experiments using the same
histological methods. While some level of tissue disruption was also evident, it was gen-
erally less severe than in the electrically assisted cases. However, interpretation of these
results is complicated by the mechanical stress introduced during sample disassembly, par-
ticularly the removal of the sealing foil in direct contact with the retinal periphery prior to
sectioning. This procedural step introduces artifacts that hinder reliable assessment of ILM
permeability at the cellular level. These methodological limitations highlight the need for
alternative experimental models that allow accurate and reproducible evaluation of transreti-
nal permeability with cellular resolution while minimizing mechanical perturbation of the
tissue.
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4.3.2 Transport Across the ILM Using a Novel Sclero-Retinal Model

To address these challenges, we developed an experimental model designed to preserve the
retina in its native structural context for as long as possible. This model facilitates the con-
trolled application of nanomaterials to the vitreal side of the ILM and enables reliable post
hoc evaluation at cellular resolution. Specifically, we established a porcine sclero-retinal
model in which the retina remains attached to the underlying sclera throughout the experi-
ment. This configuration maintains the integrity of a large eye segment, thereby providing a
more physiologically relevant platform for assessing nanomaterial penetration. Importantly,
this approach limits diffusion from the retinal pigment epithelium (RPE) side, known to be
more permeable, thus mitigating potential artifacts and improving the assessment of the
results.

Eye Dissection and Sample Preparation

As with our previous experiments, fresh porcine eyes were collected from a local slaugh-
terhouse and stored at 4°C after enucleation until dissection, which was carried out within
four hours post-mortem. Extraocular tissues were carefully removed, followed by disin-
fecting the eyes in 70% ethanol and rinsing with sterile PBS. The dissection was initiated
by puncturing the sclera with a surgical scalpel (Fig. 4.11a), creating an entry point for the
insertion of surgical scissors, which were then used to excise the anterior segment of the eye
(Fig. 4.11b). The vitreous humour was gently removed by tilting the eye cup and carefully
extracting it with tweezers (Fig. 4.11c). The posterior segment of the eye cup was then bi-
sected, with particular care taken to ensure that the optic nerve remained at the margin of
one of the resulting sections (Fig. 4.11d), thus resulting in two ex vivo sclero-retinal models
from each eye (Fig. 4.11e). Each sclero-retinal model was secured onto a Styrofoam plate
using needles, ensuring preservation of the central tissue architecture and preventing struc-
tural collapse (Fig. 4.11f). A suspension containing nanomaterials or enzyme-functionalized
beads in Hank’s balanced salt solution (HBSS) supplemented with Ca2+ ions was admin-
istered to the tissue surface using a pipette (Fig. 4.11g), ensuring that the pipette tip did
not come into contact with the tissue. Calcium ions were essential for enzyme activity; to
maintain consistency, HBSS containing Ca2+ was also used in control experiments with-
out enzymes. The samples were placed for 1 h (unless stated otherwise) in an incubator set
to 37°C to mimic in vivo physiological temperature conditions (Fig. 4.11h). After incuba-
tion, a central section of each model was carefully cut out with surgical scissors (Fig. 4.11i),
transferred into an aluminum foil mold containing Tissue-Tek O.C.T. compound (Sakura
Finetek), and subsequently embedded with an additional layer of Tissue-Tek (Fig. 4.11j).
For rapid and uniform freezing, molds containing eye sections were placed on an aluminum
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foil raft floating atop liquid nitrogen, thereby preventing direct contact between the molds
and the liquid nitrogen (Fig. 4.11k). After freezing, the samples were kept at −80 °C until
further processing by cryosectioning.

3. Tissue Tek

1. Tissue Tek

2. Excised eye section

Liquid nitrogen
Aluminum cup

(a) (b) (c) (d)

(e) (f) (g) (h)

(i) (j) (k)

Nanoparticles /
Collagenase

Excised eye section

Needles

Styrofoam plate

Incubator
Vitreous

Figure 4.11. Step-by-step schematic overview of the eye dissection and sample preparation
protocol: (a) initial incision of the eyeball; (b) removal of the anterior segment; (c) extrac-
tion of the vitreous humor; (d) bisection of the posterior eye cup; (e) generation of two ex
vivo models from each eye; (f) stabilization of the tissue sample on a Styrofoam plate us-
ing needles; (g) application of nanomaterials or collagenase; (h) incubation of the sample;
(i) excision of the central tissue region; (j) embedding of the sample in Tissue-Tek O.C.T.
compound within an aluminum foil mold; (k) rapid freezing of the embedded sample in liq-
uid nitrogen.



126 Transport Through Retina

Cryosectioning, Fixation, Staining and Confocal Imaging of Sclero-Retinal Explants

Sclero-retinal explants embedded in molds were sectioned at a thickness of 12 µm, unless
stated otherwise, using a CryoStar NX50 cryostat (Thermo Scientific). The resulting sec-
tions were collected onto SuperFrost® Plus adhesion glass slides (R. Langenbrinck GmbH).
Immediately after sectioning, tissue slices were fixed in methanol for 10 minutes. Next, the
slides were washed in Tris-buffered saline for at least 10 minutes. Cell nuclei were stained
with DAPI, and fluorescence preservation was ensured by applying FluorSave™ reagent
prior to coverslip mounting. Imaging was carried out using either a standard fluorescence
and bright-field microscope DMi8 (Leica) with a 10× air objective or a 63× oil-immersion
objective, or an LSM 880 confocal microscope (Zeiss) with a 20× air objective.

Retention and Permeability of Size-Defined Nanomaterials at the ILM

We investigated the transport properties of various negatively charged nanomaterials using
the ex vivo sclero-retinal model:

(i) Fluorescent carboxylated polystyrene and polymethacrylate particles (micromer®-redF,
micromod Partikeltechnologie) with diameters of 25 nm (polymethacrylate) and 50 nm,
100 nm, and 250 nm (polystyrene).

(ii) Carboxylated gold nanoparticles conjugated with Alexa Fluor 555 (Nanopartz Inc) in
sizes of 5 nm, 15 nm, and 25 nm.

(iii) Carboxylated quantum dots (Qdot™ 655 ITK™ Carboxyl, Invitrogen) with core sizes
2–10 nm.

(iv) Goat anti-Rabbit IgG secondary antibody labeled with Alexa Fluor 488 (Invitrogen),
with approximate dimensions of 14 nm × 8 nm (dimensions depicted in a schematic
shown later; see Fig. 4.15).

For the polystyrene and polymethacrylate particles, no penetration through the ILM was
observed under any of the tested conditions. As shown in Fig. 4.12a, particles, depicted in
red to represent their fluorescence signal, remained localized at the ILM, with cell nuclei
shown in blue due to DAPI staining. For polystyrene particles (50–250 nm), experiments
included an extended pre-incubation period of 4 h prior to particle exposure for 1 h, a condi-
tion expected to increase retinal permeability. In contrast, polymethacrylate particles were
incubated directly with the sclero-retinal explants for 1 h. All images were acquired using
an inverted Leica DMi8 microscope equipped with a 10× air objective, with fluorescence
signals overlaid on phase contrast images as shown in Fig. 4.12. In all cases, however,
the detected fluorescence signal within the retinal tissue appeared as a uniform band ap-
proximately 12 µm thick, consistent across all particle sizes (25–250 nm). We believe that
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genuine nanoparticle penetration through the ILM and subsequent diffusion into the retina
would likely result in a more dispersed signal rather than a sharply defined band that cor-
relates with the edge of the ILM. Notably, a fluorescent signal was observed in the lower
regions of some sections, between the retina and choroid, particularly for the 50 nm and
100 nm particles (Fig. 4.12c–d). However, this signal likely originates from particles en-
tering through the lateral edges of the explant or potentially via the puncture sites where
the tissue was pinned to the Styrofoam during incubation. This signal can be clearly dis-
tinguished from the targeted ILM penetration, as no fluorescence was detected within the
retinal layers between the ILM and choroid, where it would otherwise be expected if the
particles had penetrated from the ILM side.

(a) (b) 250 nm

INL

Choroid

ILM

Particles

ONL

GCL

100 μm

(c) 100 nm (d) 50 nm (e) 25 nm

Figure 4.12. Retention of fluorescent carboxylated polystyrene and polymethacrylate parti-
cles at the ILM across a size range from 250 nm to 25 nm: (a) schematic illustration showing
particles (red) localized on the ILM surface, with cell nuclei stained by DAPI (blue), GCL
indicating ganglion cell layer, INL inner nuclear layer, ONL outer nuclear layer; represen-
tative fluorescence micrographs overlaid on phase contrast images depicting the absence of
particle penetration through the ILM for: (b) polystyrene particles of 250 nm, (c) 100 nm,
(d) 50 nm, and (e) polymethacrylate particles of 25 nm diameter. The scale bar shown in (b)
applies to all images.

We further investigated the origin of the uniform fluorescent band, approximately 12 µm
thick, consistently observed across all particle sizes. We hypothesized that the band arises
from the cryosectioning process rather than particle penetration through the ILM. To test this
hypothesis, sections of the same sample were prepared at varying thicknesses (6 µm, 12 µm
and 30 µm). Upon imaging using an inverted Leica DMi8 microscope equipped with a 60×
oil immersion objective, the apparent depth of the fluorescent signal was found to corre-
spond directly with the section thickness (see Fig. 4.13). This clear correlation supports the
hypothesis that the observed fluorescent band results from the sectioning procedure itself,
likely due to compression of the particle layer on the ILM during sectioning, rather than from
genuine particle infiltration into the retinal tissue. Consequently, our findings demonstrate
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that carboxylated polystyrene and polymethacrylate particles do not spontaneously traverse
the ILM under the experimental conditions tested.

(a) section thickness 6 μm 

50 μm

(b) section thickness 12 μm (c) section thickness 30 μm 

≈ 6 μm
≈ 12 μm

≈ 28 μm

Figure 4.13. Representative fluorescence micrographs overlaid on phase contrast images
demonstrating the correlation between the thickness of the observed red fluorescent band at
the ILM (arising from particle fluorescence) and the section thickness: (a) 6 µm section; (b)
12 µm section; and (c) 30 µm section. The scale bar shown in (a) applies to all images.

Subsequently, we tested even smaller nanomaterials, specifically carboxylated quantum
dots with core sizes in the 2–10 nm range. No penetration through the ILM was observed
(Fig. 4.14). Instead, the quantum dots were retained at the ILM surface, as visualized by flu-
orescence signals overlaid on phase contrast images acquired with an inverted Leica DMi8
microscope equipped with a 10× air objective.

(a)

INL

Choroid

ILM

Quantum dots

ONL

GCL
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2-10 nm

(b)

Figure 4.14. ILM retention of carboxylated quantum dots: (a) schematic illustration show-
ing carboxylated quantum dots (red) localized at the ILM surface, with cell nuclei stained
by DAPI (blue); GCL, INL, and ONL denote the ganglion cell layer, inner nuclear layer,
and outer nuclear layer, respectively; (b) representative fluorescence micrograph overlaid
on a phase contrast image demonstrating the absence of quantum dot penetration through
the ILM.
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In contrast, the fluorophore-labeled goat anti-rabbit IgG secondary antibody (size ≈
14 nm × 8 nm, as depicted in Fig. 4.15a) traversed the ILM and diffused throughout the
retinal layers within 1 h of incubation. This is clearly visualized in the confocal microscopy
image in Fig. 4.15b, where the green fluorescence corresponds to the labeled antibody.

To minimize interference from tissue autofluorescence, which was found to vary be-
tween samples and can obscure detection of weak fluorescence signals, an additional detec-
tion channel was employed during imaging. This channel captured emissions at significantly
longer wavelengths than those of the fluorophore of interest, using the same excitation laser.
Since the autofluorescent background signal should be largely independent of the detection
wavelength, the difference between the channel intensities was used to subtract the back-
ground, allowing isolation of the specific fluorescence signal associated with the antibody.
The resulting signal is displayed in green in Fig. 4.15b.

To verify that the green fluorescence observed within the retina originated from ILM
penetration rather than from diffusion through the lower layers, we analyzed the fluores-
cence distribution across the retinal depth in more detail. In earlier experiments (Fig. 4.12c–
d), signals above the choroid were attributed to particle entry through the lateral edges of the
explant or at puncture sites. Similarly, in Fig. 4.15, fluorescence above the choroid appears
stronger than in the ganglion cell layer (GCL) and inner nuclear layer (INL), necessitating
a careful analysis to discern whether the signal within the GCL and INL results from true
ILM penetration or from diffusion originating at the choroid side. To determine the direc-
tion of the antibody penetration, the average fluorescence intensity across the retinal depth
from Fig. 4.15b, including both the DAPI signal and the background-corrected antibody
fluorescence, normalized to their respective maxima, is plotted in Fig. 4.15c. The antibody
signal exhibited a prominent peak at the ILM, while DAPI fluorescence peaked at the inner
(INL) and outer nuclear layer (ONL). Notably, the antibody fluorescence beneath the ILM
(at GCL) was higher than at the ONL, confirming penetration from the ILM side. The anti-
body signal observed beyond the ONL likely reflects entry through lateral edges or puncture
sites, without significant diffusion into inner retinal layers such as the ONL, INL, or GCL.

Overall, these findings suggest that the ILM imposes a size exclusion threshold for neg-
atively charged particles between approximately 8 nm and 25 nm. However, particle size
alone does not fully determine the ability to penetrate the retina from the vitreoretinal inter-
face, suggesting that additional factors, such as chemical interactions, may also influence
retinal entry. Notably, the smallest transfection agents currently available for gene ther-
apy approach or exceed this threshold, implying that passive diffusion is unlikely to en-
able efficient delivery. These results highlight the necessity for advanced, targeted delivery
strategies to facilitate the transport of transfection agents across the ILM and to enhance the
overall efficacy of retinal gene therapy.
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Figure 4.15. Investigation of ILM permeability to a fluorescently labeled goat anti-rabbit
IgG secondary antibody: (a) schematic illustration depicting antibody (green) penetration
into deeper retinal layers, with cell nuclei stained by DAPI (blue); GCL, INL, and ONL
indicate the ganglion cell layer, inner nuclear layer, and outer nuclear layer, respectively;
(b) representative fluorescence micrograph overlaid on a bright field image showing anti-
body penetration throughout the retinal layers; (c) normalized fluorescence intensity pro-
files, with green representing the fluorescently labeled antibody signal and blue indicating
DAPI-stained nuclei.

4.3.3 Enhanced Transport across the ILM after Enzymatic Digestion

To enable the delivery of larger nanoscale materials (approximately > 10 nm) across the
ILM, we explored the strategy to increase ILM permeability through enzymatic digestion,
as initially described in Dr. F. Peter’s doctoral work [179]. Specifically, we employed
collagenase type IV (Sigma-Aldrich), an enzyme known to selectively degrade type IV col-
lagen [179,254], the principal structural constituent of the ILM [190,191].

As demonstrated in Dr. F. Peter’s thesis [179], incubation of sclero-retinal models with
50 µg and 100 µg of collagenase IV in Hank’s balanced salt solution (HBSS) supplemented
with Ca2+ for 1 h led to effective ILM digestion. This increased permeability allowed the
passage of 25 nm carboxylated polymethacrylate nanoparticles [179], which are otherwise
unable to cross the ILM under passive conditions (see Fig. 4.12e). However, as discussed
in Dr. F. Peter’s thesis and reported in other studies, high concentrations of enzymes may
not only digest the ILM, but also negatively impact the structural integrity and function of
the underlying retinal tissue [179, 242]. Additionally, the use of such high enzyme concen-
trations in human eyes in vivo would likely cause deleterious effects on the vitreous body,
which contains collagen fibers.
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To enhance the transport of larger nanoparticles while preserving retinal integrity, we
explored minimizing the required collagenase IV dose by immobilizing the enzyme on silica
beads. These collagenase-functionalized beads were co-incubated with 25 nm carboxylated
polymethacrylate nanoparticles atop sclero-retinal explants (Fig. 4.16a). As established pre-
viously, the 25 nm nanoparticles are unable to penetrate the intact ILM unaided (Fig. 4.16b).
Therefore, by delivering collagenase to the ILM surface via the functionalized beads, we
aimed to achieve targeted, localized enzymatic digestion of the ILM (Fig. 4.16c). This local-
ized enzymatic digestion was anticipated to selectively enhance ILM permeability, thereby
promoting the subsequent diffusion of nanoparticles into the retinal tissue (Fig. 4.16d).

Collagenase-functionalized
beads

(a)

(b) (c) (d)
25 nm 

particles

Sclero-retinal model

Collagenase IVPolymer brushes

Silica bead
ILM

Retina

Localized ILM degradation

Figure 4.16. Schematic illustration of localized enzymatic degradation of the ILM: (a)
collagenase-functionalized beads are incubated together with 25 nm carboxylated poly-
methacrylate nanoparticles atop sclero-retinal explants; (b) 25 nm particles cannot penetrate
the retina unaided; (c) localized ILM degradation mediated by collagenase immobilized on
silica beads via polymer brushes; (d) enhanced diffusion of 25 nm particles into the retina.

The collagenase IV was immobilized onto silica beads (1.5 µm diameter) by Dr. F. Pe-
ter and Dr. M. Alarcón-Correa, and only a brief description is provided here. Collagenase
was localized to silica beads via surface-grafted polymer brushes, prepared according to
the protocol described by Marcelino et al. [255]. Briefly, silica particles were dispersed in
ethanol and functionalized with an APTES-ATRP initiator by refluxing with APTES for
1 h. After sequential washing with ethanol/toluene mixtures of increasing toluene con-
tent, the particles were redispersed in toluene and reacted overnight with triethylamine
and α-Bromoisobutyryl bromide. Subsequent washes with toluene/ethanol mixtures of in-
creasing ethanol content were performed before final redispersion in ethanol. Polymeriza-
tion was achieved by combining the functionalized particles with CuSO4, (+)-sodium L-
ascorbate, tris[2-(dimethylamino)ethyl]amine and 2-(diethylamino)ethyl methacrylate, fol-
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lowed by agitation for 6 h. The resulting particleswere dialyzed intowater (MWCO 12 500 Da)
for 3 days, washed in pH 1 phosphate buffer, sonicated, and resuspended in pH 6 phos-
phate buffer. For enzyme immobilization, the particles were incubated with collagenase IV
(100 µg enzyme/mg particles) for 1 h or overnight at 4 °C, followed by multiple washes.

To evaluate the efficacy of localized enzymatic ILM degradation to facilitate nanoparti-
cle transport, we examined the transport of 25 nm fluorescent carboxylated polymethacrylate
nanoparticles co-incubated with polymer brush-grafted silica beads carrying immobilized
collagenase (Fig. 4.17c). These findings were directly compared to two control conditions,
specifically nanoparticles applied alone without beads (Fig. 4.17a), and nanoparticles co-
incubated with silica beads grafted with polymer brushes but lacking immobilized enzymes
(Fig. 4.17b). For this purpose, sclero-retinal ex vivo models were prepared as previously
described (see Fig. 4.11) and incubated for 1 h with the respective materials (i.e., 25 nm
nanoparticles alone or in combination with 2 mg beads, with or without collagenase). Fol-
lowing incubation, central regions of the samples were excised, cryofixed, cryosectioned,
and stained with DAPI. Confocal microscopy was then used to evaluate nanoparticle pene-
tration (Fig. 4.17d–f). In both control conditions, the red fluorescence from the nanoparticles
remained confined to a superficial 12 µm region adjacent to the ILM (Fig. 4.17d–e). In con-
trast, samples treated with collagenase-functionalized beads demonstrated deeper penetra-
tion of red fluorescence into the retinal tissue, indicating facilitated trans-ILM permeability
(see representative image in Fig. 4.17f).

Closer inspection of the sections treated with collagenase-functionalized beads revealed
multiple beads retained at the retinal interface, corresponding to the ILM location (Fig. 4.18a).
Additionally, the interface in these samples appeared visibly roughened, consistent with lo-
calized enzymatic degradation and the associated increase in trans-ILM nanoparticle pene-
tration. This contrasts with the smooth ILM profile observed in control samples (compare
Fig. 4.18a with Fig. 4.17d–e, Fig. 4.13, and Fig. 4.12e).

To characterize the retinal interface at higher resolution, high-resolution electron mi-
croscopy was performed and analyzed by Dr. I. Wacker and E. R. Curticean from the re-
search group of Prof. Dr. R. Schröder. Explants incubated with 1.5 µm silicon beads, with
or without immobilized collagenase, were prepared as previously described (up to step (i)
in Fig. 4.11). Subsequent processing by E. R. Curticean and Dr. I. Wacker involved fixation
of the central explant region, dehydration, resin infiltration, embedding in molds, and poly-
merization. Sample blocks were then sectioned with diamond knives to obtain individual
sections averaging 100 nm in thickness, which were mounted on silicon wafers and imaged
using a Zeiss ULTRA 55 electron microscope.
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Figure 4.17. Localized enzymatic degradation of the ILM facilitates nanoparticle penetra-
tion into retinal tissue: (a) schematic illustrating nanoparticles alone, which remain con-
fined to the ILM, with the corresponding representative microscopy image shown in (d);
(b) schematic depicting nanoparticles co-incubated with silica beads grafted with polymer
brushes but lacking collagenase, which also remain localized at the ILM, alongside the rep-
resentative microscopy image in (e); (c) schematic showing nanoparticles incubated with
silica beads grafted with polymer brushes carrying immobilized collagenase, resulting in
enhanced nanoparticle diffusion into the retina, with the corresponding representative mi-
croscopy image in (f). The scale bar shown in (d) applies to all microscopy images. Two of
the microscopy images were preselected from our extensive image dataset by Dr. F. Peter.
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Electron microscopy of explants treated with collagenase-functionalized beads revealed
multiple beads retained at the retinal surface, specifically at the ILM (Fig. 4.18b). In con-
trast, no beads were detected at the interface in control samples lacking collagenase. Al-
though no beads were observed within the retinal layers in either condition, the consis-
tent retention of collagenase-functionalized beads at the ILM, unlike the non-functionalized
beads, provides further support for localized enzymatic activity. While the 1.5 µm beads
themselves did not penetrate the retina, we argue that their accumulation at the ILM facil-
itated localized degradation, thereby promoting transport of smaller, 25 nm nanoparticles
across the ILM, as previously shown in Fig. 4.18a.

10 μm

100 μm

Collagenase-functionalized beads

(a) Optical microscopy

(b) SEM

Figure 4.18. Retinal interface following localized ILM degradation by collagenase immo-
bilized on 1.5 µm silica beads: (a) optical microscopy image showing red fluorescence from
co-incubated 25 nm nanoparticles penetrating the retina (preselected from our extensive im-
age dataset by Dr. F. Peter); (b) SEM image depicting collagenase-functionalized beads
adhered to the retinal surface (acquired by Prof. Dr. R. Schröder’s group).

Overall, these results demonstrate the promising potential of a non-invasive strategy
for delivering nanomaterials into retinal cells. Unlike the detrimental effects observed with
enzyme application in bulk solution for ILM degradation, localized enzymatic activity is
achieved by immobilizing collagenase on microscale beads. Importantly, using the same
total amount of enzyme (≈1µg per sclero-retinal explant) dispersed in solution without lo-
calization did not enhance nanoparticle diffusion across the ILM. This contrast highlights
that collagenase immobilization on beads enables more efficient ILM degradation, particu-
larly when compared to the substantially higher enzyme concentrations (50 µg and 100 µg)
required in our previous ILM digestion experiments using collagenase solution, as detailed
in Dr. F. Peter’s thesis [179].
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4.4 Overview of Nano-/Microscale Transport
for Opthalmological Applications

A range of strategies to study and enhance nanoparticle transport within ocular substitutes
and native tissue have been explored. These included magnetic techniques, methods for
characterizing passive diffusion, as well as electrical and chemical approaches to actively
promote penetration through tissue. In particular, my key conclusions are as follows:

(i) Directed transport using helical propellers actuated via rotating magnetic fields is fea-
sible in various hyaluronic acid-based gels developed as a replacement for the vitreous.
We identified compatible gel formulations and optimal propeller designs, paving the
way for smart vitreous substitutes suitable for targeted drug delivery.

(ii) In lower molecular weight hyaluronic acid-based gels, larger FePt propellers enabled
propulsion at higher polymer concentrations than smaller Ni propellers, limited primar-
ily by magnetic torque rather than pore size.

(iii) In contrast, in higher molecular weight hyaluronic acid-based gels, smaller Ni propellers
performed better, suggesting pore size restrictions dominate. Further improvements may
be achieved using smaller propellers with enhanced magnetic moments, such as those
made from FePt in the L10-phase.

(iv) Although intravitreal injection is less invasive than subretinal delivery, nanoparticle
transport is limited by the ILM, whose permeability remains unclear. Using Ussing
chambers, we confirmed passive diffusion of small molecules (e.g., water, rhodamine B
≈1.6 nm) but observed inconsistent or negligible diffusion for larger probes (e.g., FITC-
dextran, 25 nm particles). Mechanical stress and tissue damage from high-voltage en-
hancement further indicated that Ussing chambers are unsuitable to reliably assess ILM
permeability.

(v) We developed ex vivo sclero-retinal models for assessing trans-ILM diffusion. While
negatively charged nanoparticles (25 nm–250 nm) and quantum dots (2 –10 nm) failed
to penetrate the ILM, goat anti-rabbit IgG secondary antibody (14 nm × 8 nm) did. This
suggests a size threshold between 8 nm and 25 nm, with chemical interactions also in-
fluencing ILM permeability.

(vi) Since most transfection agents exceed this ILM’s permeability limit, strategies to en-
hance penetration are essential. We showed that immobilizing collagenase IV on silica
microbeads enables localized ILM degradation, allowing 25 nm particles to enter retinal
tissue. Unlike a solution of free enzymes at high concentration, this approach improves
delivery while minimizing tissue damage.





Conclusion and Outlook

This thesis explored various magnetic strategies for generating forces at the nano- and mi-
croscale, aiming to characterize the magnetic properties of objects at this scale, probe the
mechanical properties of surrounding media, stimulate and manipulate cells, and enable
transport through complex environments such as vitreous substitute materials. Forces were
applied through magnetic field gradients, deformation of elastic magnetic bodies by homo-
geneous magnetic fields, and rotating magnetic fields, each tailored to specific experimen-
tal contexts. In addition to magnetic approaches, this thesis addressed nanoscale transport
through ocular tissues by investigating passive diffusion and introducing an enzymatically
driven strategy to enhance the penetration of nanomaterials across the inner limiting mem-
brane of the eye, a major barrier to effective retinal delivery.

Magnetic field gradients generated by permanent magnets can exert forces on nanoscale
and microscale objects; however, these forces decay rapidly with increasing distance from
the magnet. Despite this limitation, such gradients are predictable and straightforward to
produce, thus particularly well-suited for quantitative studies under controlled laboratory
conditions. In this thesis, magnetic field gradients were employed to develop a reliable
method for evaluating the mesh size of hydrogels proposed as smart vitreous substitutes.
This approach enabled the identification of hydrogel formulations that could, in principle,
permit the penetration of materials with defined sizes.

For applications where placing a permanent magnet in close proximity to the biological
target is impractical due to spatial constraints and rapid decrease of the gradient, the use
of magnetizable microscale bodies introduced into a homogeneous magnetic field offers a
compelling alternative. These bodies locally perturb the field to produce strong gradients
in their immediate vicinity, enabling localized force application. This concept was imple-
mented using a paramagnetic probe to exert magnetic forces on ferrofluid droplets embedded
in cell cultures within a coil-generated magnetic field, thereby enhancing their capability to
mechanically stimulate cells. Although cellular biochemical responses were not analyzed,
the platform presents a promising tool for investigating mechanotransduction. A similar
approach, using a Halbach array to generate the external field, was designed to study the
sprouting behavior of cells that had internalized magnetic nanoparticles. This tool is cur-
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rently being used in biological experiments by our collaborators and may provide insights
into cellular signaling pathways, thereby advancing research in tissue engineering and re-
generative medicine.

Homogeneous magnetic fields can also serve as a source of magnetic stimuli in systems
containing ensembles of magnetic particles, such as ferrofluid droplets in diamagnetic en-
vironments. Although the droplet material and size are not suitable for in vivo applications,
these constructs can be effectively used to probe material properties and elicit cellular re-
sponses to mechanical cues in in vitro or ex vivo settings. In this thesis, the platform was
initially employed to characterize the mechanical properties of fluids and gels by integrat-
ing the electromagnetic coil generating the homogeneous field onto a microscope stage.
Subsequently, the system was adapted for use with cell monolayers, enabling simultaneous
mechanical stimulation at multiple sites within the culture dish. Although the applied stim-
ulus did not produce detectable changes in cell behavior, potential improvements, such as
reducing the ferrofluid droplet height or employing stronger magnetic fields, are expected
to enhance mechanical stimulation.

Rotating magnetic fields can generate relatively strong propulsive forces on chiral ob-
jects, such as helical propellers. The low-amplitude rotating fields required for their actua-
tion can be produced over relatively large distances, making this approach particularly well-
suited for biomedical applications within the human body. In this work, helical propellers
are proposed as targeted drug delivery vehicles capable of navigating through vitreous sub-
stitute materials, which are essential for treating various eye diseases. Targeted delivery
through these novel materials has the potential to significantly improve treatment efficacy
and enhance the patient quality of life. This thesis demonstrates the feasibility of directed
transport using helical propellers in these gels and identifies the most suitable hyaluronic
acid-based formulations along with optimal propeller designs for efficient propulsion.

Retinal gene therapy could also benefit from targeted delivery using helical propellers
actuated by rotating magnetic fields. A major challenge in this context is the safe and effec-
tive transport of therapeutic genes to retinal cells, whose pathological changes underlie many
forms of vision loss. Delivery via magnetically driven helical propellers injected into the
vitreous humor could offer a less invasive and safer alternative to the surgical procedure cur-
rently used in clinical practice. While transport through vitreous using helical propellers has
been previously demonstrated by our group, the major obstacle in reaching the retinal cells
has been the inner limiting membrane, separating the vitreous from neurosensory retina. To
address this, the thesis first examined the permeability of this barrier to nanoscale materials.
After determining that the materials capable of passive diffusion are smaller than transfec-
tion agents available for retinal gene therapy, we demonstrated that localized degradation of
the inner limiting membrane can be achieved by immobilizing the enzyme collagenase IV
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onto silica microbeads, thereby facilitating the passage of larger nanoscale materials. We en-
vision that functionalizing helical propellers with both collagenase IV and therapeutic genes
could enable safe, targeted delivery to retinal cells (see Fig. 5.1). Additionally, fabricating
these propellers from degradable MgZn alloy and incorporating biocompatible magnetic
FePt alloy (see Fig. 5.1), as previously demonstrated by our group, would further enhance
the system’s suitability for in vivo applications. To support this development, collagenase-
functionalized silica beads and magnesium–zinc helical propellers are currently undergoing
long-term biocompatibility testing in pigs in vivo in a collaboration with Dr. med. M. Ham-
mer’s research group.

Collagenase

ILM

Retina
Localized

MgZn
Therapeutic

genes

FePt

MgZn
degradation

Gene deliveryILM degradation to the retina

Rotating
magnetic

fields

Magnetic
propellers

Figure 5.1. Illustration of a conceptual approach for targeted retinal gene therapy using
helical micromagnetic propellers. Therapeutic genes and the enzyme collagenase IV are
envisioned to be co-functionalized onto the surface of the propellers, which would be fabri-
cated from a degradable MgZn alloy [103] and incorporate biocompatible FePt as the mag-
netic component [31]. Following intravitreal injection, the propellers would be guided to
the diseased retinal region using externally applied rotating magnetic fields. Upon reaching
the inner limiting membrane (ILM), collagenase IV would induce localized degradation of
the barrier, while the MgZn structure gradually dissolves. This process would facilitate the
diffusion of therapeutic genes across the ILM, allowing for targeted transfection of retinal
cells. Figure concept adapted from a presentation by Dr. F. Peter.

Overall, by integrating physical principles and chemical approaches with biomedical ap-
plications, this work introduces novel strategies that advance both the tools for investigating
mechanobiology, as well as micro- and nanoscale tools for targeted delivery in ophthalmol-
ogy.
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