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Abstract

Introduction and objective

For many diagnostic tasks the inherent soft-tissue contrast is sufficient to distinguish different
tissues on Magnetic Resonance Imaging (MRI) without the need for exogenous contrast
agent. However, the native contrast between different tissues is not always sufficient to
distinguish or characterize pathologic changes unambiguously. In order to enhance the
contrast between normal and diseased tissue, and hence to improve the likelihood of detecting
tumors or lesions associated with the tissue, MRI benefits from dedicated contrast agents.

By far the most commonly employed contrast media are based on the paramagnetic properties
of gadolinium (Gd). The distribution of this agent is the extracellular or interstitial space. Gd
based contrast media primarily affect longitudinal (T;) and transversal (T,) relaxation
mechanism and, hence, induce measurable changes in the image contrast. Often they are used
to reveal tissue perfusion characteristics by means of MRI.

Furthermore, exploiting the capability of certain cell types to ingest superparamagnetic iron
oxide (SPIO) nanoparticles through phagocytosis the in vivo labeling of macrophages has
been used for the detection and delineation of focal lesions associated with tissue. In contrast
to Gd based contrast agents, due to large magnetic moments, iron oxide particles generate
intense field inhomogeneities over fairly large distances. Thus, labeled cells have significant
effects on MRI signal dephasing induced in water molecules near the cells. In practice,
labeled cells are reflected either as low-intensity signal spots or signal voids, particularly in
T, -weighted gradient echo MRI. In addition to the administration of SPIO for organ-specific
MRI, the transplantation or transfusion of ex vivo labeled cells in living organism has led to a
growing research interest to monitor the cellular biodistribution in vivo by means of MRI
including stem cell migration.

The purpose of this work was to achieve a profound and systematic understanding of
magnetic susceptibility and relaxation effects of interstitial and intracellular contrast agents in
MRI. The emphasis was on the investigation of relaxation and field inhomogeneity effects
due to magnetically labeled cells and to exploit these effects to develop MR techniques for
cell detection.

Materials and methods

In vitro measurements of longitudinal (R;) and transversal relaxation rates (R, R,*) of
extracellular contrast agents in human blood plasma and cells labeled with intracellular



contrast agents were conducted. For the latter experiments, proper preparation techniques of
labeled cells in agar gel suspensions were developed and evaluated. This allowed studying
concentration effects of labeled cells on the magnetic field distribution and relaxation in
isolation. The measurements were performed on MRI whole-body systems operating at 0.2,
1.5, and 3 Tesla.

Magnetic field inhomogeneity effects of magnetic dipoles, magnetic material and labeled cells
were studied by means of a three-dimensional numerical model simulating magnetostatics.
This model was developed in order to study both microscopic as well as macroscopic
magnetic field distortions related to paramagnetic and superparamagnetic contrast media, and
magnetically labeled cells. Various geometries of intracellular particle distributions were
scrutinized and the extracellular field distortions were computed. Effects of the spatial
distribution of magnetic material on the intravoxel Larmor frequency distribution and static
MR signal decay were assessed. This comprised the investigation of magnetic field
perturbations in liver tissue after SPIO injection and in case of pathological liver iron
overload as well as in case of division of labeled cells.

Macroscopic magnetic field inhomogeneities due to aggregations of labeled cells were studied
by means of simulations and MR measurements. The effects on spatial accuracy and
sensitivity in MRI of labeled cells were addressed, and implications for the quantification of
labeled cells were worked out. A proper preparation technique was developed in order to
quantify effects related to aggregations of SPIO particles as well as cluster of magnetically
labeled cells under well-defined experimental conditions in vitro.

In further experiments, the inhomogeneous spectral broadening due to labeled cells was
exploited to achieve selective imaging of labeled cells by means of an alternative ‘positive
contrast’. For this purpose, the principle of spectral selective saturation was developed.
Frequency selective radiofrequency pulses with varying bandwidth were implemented in a
spin echo sequence. This technique was evaluated in vitro applying proper preparations of
samples containing low cell concentrations, reflecting a homogeneous cell distribution in
tissue, or cluster of labeled cells, reflecting tissue-specific cell aggregations.

Results

As measured in suspensions of magnetically labeled cells, a significant dependency between
cellular transverse relaxation enhancement and cell concentration was found for all field
strengths investigated. Specifically, a linear relationship could be revealed. The gradient echo
sequences demonstrated higher transverse cellular relaxivities as compared to spin echo
sequences. Similar results were found for extracellular contrast media.

As based on numerical simulations, the magnetic field created by a magnetically labeled cell
is sensitive to its shape and intracellular distribution of magnetic moments only in close
proximity to the cell. Far from the cell, the effects of the intracellular particle distribution are
less pronounced, but depend on the cell’s magnetization.

The effect of the intravoxel spatial distribution of a constant amount of magnetic material was
investigated. For larger randomly distributed magnetic aggregations non-Lorentzian
frequency distributions and non-monoexponential signal decay were found whereas, for



smaller aggregations, the frequency distribution was more Lorentzian and the signal decay
was well fitted monoexponentially.

The signal void characteristics, induced by aggregations of magnetically labeled cells, were
scrutinized systematically for fundamental sequence parameters including echo time, voxel
size, and image orientation, using numerical simulations based on magnetostatics. For all
variables examined significant changes in geometry as well as extension of signal void were
found. The diameter of signal void varied non-linearly with magnetization, cell concentration,
echo time, and voxel size. These dependencies were verified under in vitro conditions
applying proper experimental set ups. In addition, the quantification of magnetically labeled
cells with respect to the diameter of the induced image signal void was achieved in vitro.

Furthermore, the Larmor frequency shift near labeled cells was exploited to obtain bright
visualization applying spectral selective saturation pulses. This radiofrequency preparation
was used to suppress the on-resonance water signal. The off-resonance water signal
surrounding the labeled cells contributed to the MR image, so that only the fluid immediately
adjacent to the labeled cells was visible in the MR image. Positive contrast imaging was
achieved for volume elements containing labeled cells as well as for volume elements close to
cell cluster. This led to an alternative contrast and provided significant improvements in
image contrast.

Discussion and conclusions

This work contributes to the better understanding of relaxation and magnetic susceptibility
effects in MRI induced by extracellular or interstitial contrast agents and by cells labeled with
iron oxide nanoparticles. The relaxation effects and magnetic field distortions were studied
systematically for distances smaller than the MRI voxel size (i.e., the microscopic scale) as
well as for distances larger than the imaging voxel (i.e., the macroscopic scale). It was
demonstrated, that signal dephasing effects and Larmor frequency shifts can be exploited to
generate various kinds of image contrast in presence of interstitial and intracellular contrast
agents.

Relaxation effects of intra- and extracellular contrast agents were studied systematically for
various concentrations of contrast agents and at different magnetic field strengths. In order to
improve the image contrast or to optimize the sensitivity and the specificity of MRI to detect
magnetically labeled entities, such a systematic study is crucial to establish optimal
parameters for MR pulse sequences at each magnetic field strength.

Studying field inhomogeneity effects is of major importance in MRI, because field gradients
cause dephasing of the transverse magnetization. It was demonstrated, that different spatial
arrangements of magnetic material in combination with intracellular contrast agents produce
characteristic changes in the local magnetic field distribution and, hence, in MR signal
dephasing.

In addition, the present work contributes to the understanding of the geometry as well as the
extension of signal voids in gradient echo MRI induced by aggregations of magnetically
labeled cells. In order to study the physical characteristics of these signal voids, basic
sequence parameters like echo time, voxel size, and plane of view orientation have been
varied over a wide range in numerical simulations and in vitro MR measurements. The results



are considered to be of importance in optimizing MR sequence parameters with regard to
spatial accuracy and sensitivity to detect cluster of labeled cells in vitro or even in vivo.

The findings of this work, both experimental data and data obtained from numerical
simulations, are anticipated to be transferable to each type of cell, since the physics describing
magnetic susceptibility, relaxation and signal dephasing effects is indifferent to cell type.
Furthermore, the theoretical and the in vitro findings are anticipated to apply under in vivo
conditions, since the underlying physical principles are comparable.



Zusammenfassung

Einleitung und Zielstellung

Fur eine Vielzahl diagnostischer Fragestellungen ist der inharente Weichteilkontrast der
Magnetresonanztomographie (MRT) ausreichend, um gesunde Gewebe auch ohne eine
zusatzliche Medikation mit exogenen Kontrastmitteln differenzieren zu kénnen. Jedoch ist der
erreichbare Kontrast oft nicht ausreichend, um patholische Veranderungen im Gewebe
eindeutig charakterisieren zu konnen. Um den Bildkontrast in der MRT zwischen
Normalgewebe und krankhaft verdndernden Gewebe zu verbessern, werden oft dedizierte
Kontrastmittel eingesetzt.

Viele der Ublicherweise einsetzbaren MR Kontrastmittel basieren auf den paramagnetischen
Eigenschaften von Gadolinium (Gd). Die Verteilung derartiger Kontrastmittel erfolgt im
extrazelluléren oder interstitialen Raum. Gadolinium-basierende Kontrastmittel beeinflussen
die Relaxationsprozesse und fiihren zu einer Verkiirzung der Relaxations-Zeitkonstanten. Oft
finden diese Kontrastmittel Anwendung in der Charakterisierung der Gewebeperfusion
mittels MRT.

Zur Erhéhung der Spezifitat werden haufig superparamagnetische (SP1O; superparamagnetic
iron oxide) MR Kontrastmittel eingesetzt, welche sich nach intraventser Applikation in
speziellen Zelltypen des mononukledren phagozytierenden Systems der Leber, Milz,
Lymphknoten und des Knochenmarks anreichern. Es ist aber auch mdglich, verschiedene
Zelltypen (z.B. hdmatopoetische Stammzellen) bereits ex vivo mit SPIO zu markieren, um die
Migrationswege markierter Zellen mittels MRT nach Injektion oder Transplantation der
Zellen zu erfassen. Im Unterschied zu herkdmmlichen, hauptsdachlich Ti-verkiirzenden
Kontrastmitteln wie paramagnetischen Gd-Chelaten bewirkt das groRe magnetische Moment
superparamagnetischer Verbindungen eine relativ weit reichende Verzerrung des statischen
Grundmagnetfeldes. Diese Storungen der lokalen Feldverteilung fuhren bei entsprechender
Starke zu messbaren Verkiirzungen der Zeitkonstanten T, in Spinecho- und T, in
Gradientenecho-Sequenzen bzw. zu Signalausléschungen.

Das Anliegen dieser Arbeit war ein systematisches Verstdndnis der Einflusse der
magnetischen Suszeptibilitdit und der Relaxivitat interstitialer und intrazelluldrer
Kontrastmittel in der MRT. Schwerpunkte lagen auf der Untersuchung der Relaxations- und
Feldstorungseffekte in Gegenwart markierter Zellen und darauf basierender methodischer
Ansétze zu deren Nachweis.



Material und Methoden

In vitro Messungen longitudinaler (R;) und transversaler Relaxationsraten (R;, R2*)
verschiedener extrazellularer Kontrastmittel in menschlichem Blutplasma und magnetisch
markierter Zellen wurden durchgefihrt. Um Relaxations- und Feldstérungseffekte
verschiedener Konzentrationen markierter Zellen von anderen Einflussfaktoren isoliert
untersuchen zu koénnen, wurden geeignete Préparationen magnetisch markierter Zellen in
Gelsuspensionen hergestellt. Die Messungen erfolgten an MR Ganzkoérpertomographen der
magnetischen Induktion 0.2, 1.5, und 3 Tesla.

Magnetfeldinhomogenitdten durch magnetische Dipole, magnetischen Materials und
magnetisch markierte Zellen wurden in einem dreidimensionalen numerischen Modell der
Magnetostatik studiert. Dieses wurde etabliert, um mikroskopische als auch makroskopische
Feldstorungseffekte durch paramagnetische und superparamagnetische Kontrastmittel als
auch durch magnetisch markierte Zellen zu untersuchen. Verschiedene intrazellulare
Verteilungsmuster magnetischer Partikel wurden simuliert und die daraus resultierende
extrazellulare Feldverzerrung berechnet. Weitere Simulationen betrachteten die Einfllisse der
raumlichen Verteilung magnetischen Materials auf die Intravoxel-Verteilung der
Resonanzfrequenzen und den MR-Signalzerfall. Dies beinhaltete die Simulation der
Feldverteilungen in Gewebe nach SPIO Injektion, im Falle einer Eiseniiberbeladung im
Gewebe und im Falle der Zellteilung magnetisch markierter Zellen.

Makroskopische Magnetfeldinhomogenitdten durch Aggregationen markierter Zellen wurden
berechnet und mittels MR Messungen Oberpruft. Die Einflisse auf die
Abbildungsgenauigkeit, die Sensitivitdt und die Quantifizierung markierter Zellen wurden
herausgearbeitet. Dafur wurde eine geeignete Préparationstechnik zur systematischen
Untersuchung von Aggregationen magnetischer Partikel und magnetisch markierter Zellen
unter in vitro Bedinungen entwickelt.

Weitere Experimente nutzten die spektrale Verbreiterung der Wasserresonanz bei
Anwesenheit markierter Zellen zur selektiven Abbildung der Zellen mittels ,positivem
Kontrast’. Das Prinzip der spektral selektiven Sattigung wurde entwickelt und daflr geeignete
frequenzselektive Hochfrequenzspulse in eine Spinechosequenz implementiert. Die Methodik
wurde an passenden in vitro Prifkorpern evaluiert: gleichméRige Verteilungen markierter
Zellen, welche eine homogene Verteilung im Gewebe reprasentierten, und lokalisierte Cluster
markierter Zellen, welche spezifische Aggregationen magnetischen Materials im Gewebe
wiederspiegelten.

Ergebnisse

Die Messungen in Suspensionen magnetisch markierter Zellen zeigten bei allen untersuchten
Feldstérken eine signifikante Abhangigkeit transversaler Relaxation und Signaldephasierung
bezlglich der Zellkonzentration. Im Speziellen konnte dieser Zusammenhang im betrachteten
Konzentrationsbereich als linear dargestellt werden. Gradientenechosequenzen demonstrierten
dabei wesentlich héhere Werte transversaler Relaxivitat als Spinechosequenzen. Aquivalente
Ergebnisse ergaben sich in den Messungen mit extrazellularen Kontrastmitteln.



Die numerischen Simulationen zeigten, dass die Magnetfeldstorung markierter Zellen nur in
unmittelbarer Umgebung zur Zelle von der intrazellularen Verteilung der Partikel beeinflusst
wurde. Mit zunehmender Entfernung waren geringere Einfliisse der intrazelluldren
Partikelverteilung auf die extrazellulére Feldverzerrung nachweisbar.

Fur groRere, statistisch gleichverteilte Aggregationen magnetischen Materials zeigten sich
nicht-lorentzformige Frequenzverteilungen und nicht-monoexponentielle Signalzerfalle.
Dagegen konnten flr Kkleinere Aggregationen, bei gleicher Volumenkonzentration
magnetischen Materials im Voxel, in guter Naherung lorentzformige Frequenzverteilungen
und ein monoexpontielles Signalverhalten beobachtet werden.

Die MR Signalausléschungen wurden systematisch fur fundamentale Sequenzparameter wie
Echozeit, Ortsauflosung, und Schichtorientierung untersucht. Fr alle betrachteten Variablen
wurden signifikante Anderungen in Ausdehnung und Geometrie der Signalausloschung
aufgezeigt. Eine nicht-lineare Zunahme im Durchmesser der Signalausldschung mit der
Magnetisierung, der Zellkonzentration, der Echozeit und der VoxelgréRe wurde beobachtet.
Die in vitro Experimente ermoglichten eine Quantifizierung markierter Zellen tiber die Grofie
der Signalausléschung mittels geeigneter Praparation der Zellen in einem Probekérper.

Des Weiteren wurde die Verschiebung der Larmorfrequenzen durch markierte Zellen zur
Visualisierung der Zellen Uber eine Signalaufhellung in Sequenzen mit frequenzselektiven
Sattigungspulsen verwendet. Die Préparationspulse erlaubten, die unverschobenen
Frequenzanteile der Wasserresonanz zu unterdriicken. Dagegen konnten die durch markierte
Zellen verschobenen Frequenzanteile zum MR Signal beitragen, so dass die Volumenanteile
in unmittelbarer Nahe zur markierten Zelle selektiv im MR Tomogramm abgebildet wurden.
Positiver Kontrast wurde sowohl fur Volumenelemente mit markierten Zellen als auch fur
solche VVolumenelemente erzielt, welche sich in unmittelbarer N&he zu Zellaggregationen
befanden. Dies fihrte zu einer deutlichen Verbesserung im Bildkontrast unter in vitro
Bedinungen.

Diskussion und Schlussfolgerung

Diese Arbeit trdgt zu einem besseren Verstandnis der Einflusse der magnetischen
Suszeptibilitit und der Relaxation in der MRT durch extratelluldre oder interstitiale
Kontrastmittel und mit Eisenoxidpartikeln markierten Zellen bei. Relaxationseffekte und
Magnetfeldstérungen wurden systematisch innerhalb der Bildelemente (mikroskopische
Grolkenordnung) und auf der Ebene der Bildelemente und daruber (makroskopische
GroRenordnung)  untersucht. Es  konnte gezeigt werden, dass die durch
paramagnetische/superparamagnetische Kontrastmittel bedingte verstarkte
Signaldephasierung und die Verschiebungen der Resonanzfrequenzen zur Erzeugung von
Bildkontrasten ausgenutzt werden kdnnen.

Relaxationseffekte verschiedener Konzentrationen intra- und extrazellularer Kontrastmittel
wurden systematisch bei unterschiedlichen Feldstarken untersucht. Mit der Zielsetzung, den
Bildkontrast zu verbessern sowie die Sensitivitdat und Spezifitdt der MRT zum Nachweis
magnetisch markierter Zellen zu optimieren, ist eine derartige systematische Untersuchung
notwendig. Ziel ist dabei eine mdoglichst optimale Wahl der Sequenzparameter bei jeder
Feldstérke zu treffen.



Das Studium der Feldverzerrungen ist von grundlegender Bedeutung fur die MRT, da die
Prézessionsfrequenz der magnetischen Kermomente in Gegenwart von Feldgradienten
veréndert ist. Es wurde demonstriert, dass eine unterschiedliche Verteilung des magnetischen
Materials lokale Stérungen in der Magnetfeldverteilung bedingt. Damit verbunden sind
charakteristische VVerdnderungen in der Signaldephasierung.

Zusatzlich trégt diese Arbeit zum Verstandnis der Geometrie und der Ausdehnung der mittels
Aggregationen markierter Zellen induzierten Signalausléschungen in der Gradientenecho-
Bildgebung bei. Um die physikalischen Ursachen der beobachtbaren Signalausléschungen zu
verstehen, wurden Sequenzparameter wie Echozeit, VoxelgréRe und Schichtorientierung ber
einen grofRen Bereich variiert. Die numerischen Simulationen wurden mittels in vitro
Messungen verifiziert. Diese Ergebnisse werden als grundlegend erachtet, um
Sequenzparameter hinsichtlich Abbildungsgenauigkeit und Sensitivitdt im Nachweis von
Aggregationen markierter Zellen, sowohl in vitro als auch in vivo, zu optimieren.

Die auf theoretischen und experimentellen Untersuchungen basierenden Erkenntnisse dieser
Arbeit sollten fiir jeden Typ einer markierten Zelle zutreffend sein. Dies begriindet sich aus
den allgemeinen physikalischen Prinzipien, welche die Einflisse der magnetischen
Suszeptibilitat, der Relaxation und der Signaldephasierung in der MRT in Gegenwart
intrazellularer Kontrastmittel determinieren. Des Weiteren ist die Ubertragung der
Erkenntnisse auf in vivo Situationen grundsatzlich mdglich, da auch hier die zugrunde
liegenden physikalischen Phanomene in guter Naherung vergleichbar sind.
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Chapter 1

Introduction and objectives

The Nuclear Magnetic Resonance (NMR) phenomenon was observed in bulk matter
independently by Felix Bloch et al. at Stanford [Blo46] and Edward Purcell et al. at Harvard
[Pur46] in 1946. NMR involves atomic nuclei (spin # 0) of macroscopic objects, strong and
static magnetic fields (about 10* - 10° times the earth’s magnetic field), oscillating magnetic
fields, and the resonance phenomenon due to the interactions of the atomic nuclei with the
magnetic fields. Since then, two main applications of NMR have been evolved: NMR
spectroscopy and magnetic resonance imaging. NMR spectroscopy utilizes high field
spectrometer (up to a magnetic induction By of 21.1 Tesla, resonance frequency 900 MHz for

'H [Buck04]) for the chemical analysis of liquid and solid specimen.

Magnetic resonance imaging (MRI) is a tomographic imaging technique that produces
diagnostic images of inherent physical characteristics of an object from externally measured
and spatially encoded NMR signals [Dam71, Lau73, Man73]. MRI operates in the radio-
frequency range (wavelength ~ 10°-10* m, energy ~ 10°-10® ¢V). The imaging procedure
does not involve the use of ionizing radiation. Nevertheless, safety issues are important
aspects in MRI. Regulatory agencies such as the Food and Drug Administration (FDA) revise
proper safety limits with respect to potential bioeffects induced by static magnetic fields,

gradient fields and radiofrequency fields [US03].



MRI for clinical use is an ever-improving technology towards higher speed (ultra-fast
imaging, parallel imaging), higher resolution (microimaging), and more diagnostic
information due to combined anatomical, metabolic, and functional imaging. The
combination of MRI with other imaging modalities (e.g., positron-emission-tomography) is

aspired.

MRI can non-invasively produce images from any biological system revealing structure,
metabolism or function of internal tissues and organs. In general, the image signal intensity is
dependent on a host of intrinsic variables including nuclear spin density, the relaxation time
constants T (‘spin-lattice relaxation’) and T, (‘spin-spin relaxation’), molecular motion such
as diffusion and perfusion, chemical shift differences, and magnetic field inhomogeneities due
to magnetic susceptibility gradients. By the proper choice of the sequence design and the
sequence parameters the MR images can be weighted with respect to certain variables, such as

T;-weighted images or susceptibility weighted images.

There are numerous sources of magnetic field variation in the body. Some are problematic
such as those caused by internal susceptibility differences between tissues (e.g., tissue-air
interfaces in the lung), which may cause severe image distortions, precluding for the
extraction of diagnostic information in that case. On the other hand, local variations in
magnetic susceptibility refer to special properties or metabolic states of the body, including
the tissue structure and the oxygenation level of red blood cells [Paul36, Oga90]. The latter is
used as a measure for localized brain activity and characterization of tissue and tissue

compartments.

For many diagnostic tasks the inherent soft-tissue contrast is sufficient to distinguish different
tissues on MRI without the need for exogenous contrast agent. However, the native contrast
between different tissues is not always sufficient to distinguish or characterize pathologic
changes unambiguously. In order to enhance the contrast between normal and diseased tissue,
and hence to improve the likelihood of detecting tumors or lesions associated with the tissue,
MRI benefits from dedicated contrast agents. By far the most commonly employed contrast
media are based on the paramagnetic properties of gadolinium, with the agent being
distributed in the extracellular space. Furthermore, exploiting the capability of certain cell

types to ingest iron oxide nanoparticles through phagocytosis (i.e., intracellular contrast

(\S)



agents) the in vivo labeling of macrophages has been used for the detection and delineation of

focal liver lesions.

In addition to the application in organ specific MRI, superparamagnetic iron oxide
nanoparticles are currently used for the trafficking of labeled cells such as stem cells
[Stroh05]. Due to the limited spatial resolution, MRI is in fact not capable to visualize single
labeled cells in the body. However, the high magnetic moment of iron oxide particles
generates intense field inhomogeneities. Thus, in MRI ex vivo magnetically labeled cells
produce signal loss in regions where they are deposited or to which they have migrated
[Hoe02]. Whereas most of these experimental studies to date have been mere the ‘proof of
principle’, further exploitation of this technique will provide deeper insight into the dynamics
of cell homing, cancer cell migration, and the monitoring of stem cell based therapies. The
results of the first clinical trials using ex vivo magnetically labeled cells have been published

previously [DeVr05].
Thesis’ purpose

The application of iron oxide nanoparticles to monitor the migration pathways of ex vivo
labeled cells by means of MRI is an emerging field of research. However, a coherent
understanding of the various effects of labeled cells in MRI has not been achieved so far. The
objective of this work was to study magnetic susceptibility and relaxation effects of intra- and
extracellular contrast agents in magnetic resonance imaging, providing the basis for the

proper interpretation of experimental results under in vivo conditions.

The main emphasis was on the profound and the systematic understanding of magnetic field
inhomogeneity effects of magnetically labeled cells at both the microscopic and the
macroscopic scale. These effects were exploited to generate various kinds of image contrast in
MRI. A numerical model was developed in order to study magnetic field inhomogeneity
effects related to magnetic particles as well as magnetically labeled cells. Different techniques
to prepare proper cell phantoms were devised and in vitro MR measurements were conducted.
Furthermore, an alternative approach for generating contrast that is sensitive to magnetically

labeled cells was developed and demonstrated under in vitro conditions. Attention was paid to



attempts that aim to quantify the number of labeled cells and to improve the sensitivity as well

as the specificity to detect these cells.

Thesis’ structure

The principle of Nuclear Magnetic Resonance and the physical basics of signal formation in
magnetically inhomogeneous systems, including tissues partly consisting of magnetically

labeled cells, are described in the following chapter (Chapter 2).

Chapter 3 is concerned with the measurement of the longitudinal (T;) and the transverse
relaxation time constants (T,, T>*) of solutions of extracellular paramagnetic gadolinium
based contrast agents and suspensions of cells labeled with intracellular superparamagnetic

iron oxide nanoparticles.

Based on magnetostatics, the magnetic field distortions in homogeneous external magnetic
fields can be calculated for specimen and tissues with a well-defined spatial distribution of
magnetic susceptibility. A numerical model to compute magnetic field inhomogeneity effects
in presence of magnetically labeled cells is presented in Chapter 4. Various geometries
including the intra- and the extracellular iron particle distribution, different spatial
distributions of labeled cells as well as the effect of cell division of iron loaded cells on the

resonance frequency distribution and the static signal decay are studied.

The emphases of Chapter 5 are macroscopic field inhomogeneities due to aggregations of
labeled cells. Results from simulations and in vitro MR measurements are presented and the

effects on spatial accuracy, sensitivity and quantification of labeled cells are pointed out.
In Chapter 6, the magnetic field perturbations close to labeled cells are exploited to
selectively visualize cells and aggregations of cells in the MR image by means of a ‘positive

contrast MR technique’ employing frequency selective radiofrequency pulses.

Chapter 7 is devoted to the overall discussion and the conclusions of this work.



Chapter 2

Physical basics

2.1 Principle of Nuclear Magnetic Resonance

Nuclear Magnetic Resonance (NMR) is concerned with the interaction of atomic nuclei and
electromagnetic radiation, with the absorption and emission of electromagnetic radiation be-

ing observed when the nuclei are placed in a strong magnetic field.

One of the fundamental postulates in quantum mechanics is that the angular momentum or
‘spin’ 1 of protons ('H isotopes are considered throughout this work) cannot have an arbi-

trary value: the magnitude of I is quantized. The magnetic moment ji related to 1 is

i=v-1. 2.1)

The magnitude of [i is

w=y-h-J1-(1+1). (2.2)

For 'H the ‘gyromagnetic ratio’ is y = 42.58 MHz/T, the spin quantum number is I = %, and
hiis Planck’s constant (% = h/2m =1.054572-107* Js).
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In contrast to a given magnetic moment, the magnitude of the macroscopic magnetization
(i.e., the average magnetic dipole moment density) is not fixed, since it is the vector sum of

many proton spins.
SO (S
M= v DH, (2.3)

The set of spins N in volume V is referred to as a ‘spin ensemble’. In absence of a strong
magnetic field, due to thermal fluctuations, the direction of each magnetic moment within this
spin ensemble is distributed arbitrarily. Under these cirumstances there is no macroscopic

magnetization around an object that can be attributed to nuclear paramagnetism.

Applying a strong magnetic field with magnetic induction vector ]§0 =B, - ¢, causes Zeeman

splitting of the energy levels of the spin 2 system. Under this condition, the essential charac-
teristic of the quantum system is that the magnetic moment of Zeeman eigenstates is confined
to a discrete set of orientations determined by the magnetic quantum number m (Fig. 2.1).

Permitted orientations of the magnetic moment correspond to well-defined energy levels E.

E=-m-y-h-B,=—u,-B, (24)

z

m=-L-1+1,..,1

For a spin 2 system two different energy levels are permitted according to quantum mechan-
ics. Between these energy levels an oscillating magnetic field Erf may induces coherent di-

pole transtions with frequency
0, =7-B,. (2.5)

The resonance frequency v, is referred to as the ‘Larmor frequency’. This is the frequency a

magnetization vector precesses about the axis of the static magnetic field EO. In thermal equi-

librium, the number of spins n(E;) in a certain energy level E; is given according Boltzmann to



n(E, )= {_ b }-exp{—kffT}. (2.6)

At room temperature and for an external magnetic field with magnetic induction By = 1.5

Tesla the energy E;is E; << kg'T, and the macroscopic magnetization along the vector of the

B, field obeys Curie’s law.

*n7 N-1-(I+1) =
,=2 ( )-BO 2.7)
3.k, T

B,=0 B,> 0

Figure 2.1 Zeeman splitting of the energy levels for a spin % system in presence of a magnetic field

with magnetic induction B.
2.2 Bloch equations and relaxation

Quantum mechanics allow for probability predictions about the behavior of isolated nuclear
spins due to oscillating electromagnetic fields. According to the Ehrenfest-Theorem an appro-

priate large spin ensemble can be treated by means of classical physics. In presence of a mag-
netic field BO the magnetization vector M of the spin ensemble senses a torque, and the equa-

tion of motion of the magnetization vector for non-interacting spins in the spin ensemble

without relaxation terms is



M=y -MxB. (2.8)

= ="

In the NMR experiment an oscillating magnetic field fBrf is superposed perpendicularly to the
static magnetic field Iéo. Due to this electromagnetic field a rotational force rotates the mag-

netization vector M about an angle o with respect to ]§0 , providing the resonance condition

v ®V, is satisfied.

It is most advantageous to analyze the magnetization, and its differential equation, in terms of

parallel and perpendicular components defined relative to the static main magnetic
fieldB, =B, -&,. The parallel or ‘longitudinal’ component of the magnetization is M,. The

perpendicular or ‘transverse’ components are

M_=M_-é +M, &, . (2.9)

Breaking the radiofrequency irradiation at time t = 0, the components of M parallel and per-
pendicular to the BO field ‘relax’ differently in the approach to their equilibrium values. Since

the protons are considered to be in thermal contact with the lattice of nearby atoms and mole-
cules, a spin can exchange a quantum of energy with the lattice. Although the transverse
components can be ignored in discussing the energy, it follows that, as the longitudinal mag-
netization returns to its equilibrium value My, the transverse magnetization must vanish. Usu-
ally, the transverse magnetization vanishes more quickly due to dephasing of the magnetic
moments, because variations in the local fields lead to different local precession frequencies

and to the loss of phase coherence between the spins of the spin ensemble.

The magnetization M(t) in presence of a magnetic field and with relaxation terms can be
combined into one vector equation,
dM

i =y-MxB+R,-(M,-M,)-é, -R,-M (2.10)



This empirical vector equation is referred to as the ‘Bloch equation’. In a rotating frame and

in absence of radiofrequency pulses the complete set of solutions is

M, (t)=M_(0)-exp{-R, -t} (2.11a)
M, (t)=M,(0)-exp{-R, - t}+ M, -(1-exp{-R, - t}) (2.11b)

As displayed in Fig. 2.2, the equilibrium or steady-state solution can be found from the as-

ymptotic limit t — o of (2.11).

Mx(oo)z My(oo): 0
(2.12)
Mz(oo): M,

The relaxation rate R; characterizes so called ‘spin-lattice-relaxation’ (longitudinal relaxa-

tion), and the relaxation rate R, accounts for ‘spin-spin-relaxation’ (transverse relaxation).

1
— M)
— M_(®)
S ¥ =
= =
= = 05
\_/i\ :N
E =
-1 - : : : 0 , - - -
0 100 200 300 400 500 0 1000 2000 3000 4000 5000
t [ms] t [ms]

Figure 2.2 Evolution of the transverse (M,,) and the longitudinal (M.) magnetization components after

applying a 7/2, pulse. Bo=1.5T, T; = 1,000 ms, T, = 50 ms
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2.3 Magnetic susceptibility and magnetic field

inhomogeneities

2.3.1 Magnetic susceptibility

All magnetic fields can be characterized by the magnetic induction B and the magnetic field
strength H . The fieldHis a convenient vector quantity which would be identical (within a
constant universal factor o) to the field B if there is no material present. In the presence of
matter, however, these fields must be distinguished rigorously. Within a system with mag-

netic susceptibility y and permeability L.,

—

B=py (A +M,)=p,-(1+2) H=p,op, -H. (2.13)

Thus, knowing the magnetic susceptibility of a material is equivalent to knowing its relative

permeability and the two quantities are redundant.

The magnetic properties of any sample are determined by the inherent spatial composition of

subunits with well-defined values of magnetic susceptibility . The magnetic susceptibility is
a quantitative measure for the magnetization Mm of the sample due to the external magnetic

field and reflects a material’s tendency to interact with and distort an applied magnetic field.
The magnetic susceptibility is negative (y < 0), positive (y > 0), or zero (y = 0) for diamag-
netic, paramagnetic, or non-magnetic materials, respectively. The largest susceptibility values
(x >> 1) occur in materials which have unpaired electron spins on some or all of their atoms.
Some common, naturally occurring minerals such as magnetite or lodestone (FesO4) and
hematite (Fe,O3) can maintain permanent magnetic domains even over geological time spans.
Certain materials including iron, cobalt, and nickel have permanent domains of electron spin
magnetic moments which conspire to produce very strong macroscopic fields existing inde-
pendently of an external magnetic field (‘remanent magnetization’), providing the temperature

is not too high (the critical or Curie temperature T, for iron, for example, is T, = 744 °C, for

cobalt T, = 1131 °C, and for nickel T, = 372 °C [Mes06]).



The term ‘ferromagnetism’ is used as a generic term for an ordered phase of electron spins.
However, many distinct spin patterns occur in nature and it is convenient to distinguish those
using specific terms: for example ‘ferromagnetism’ (e.g., iron, cobalt, nickel), ‘antiferromag-
netism’ (e.g., chromium), or ‘ferrimagnetism’ (e.g., magnetite). The alignment of the mag-
netic domains is referred to as ‘magnetization saturation’ when it involves essentially all

magnetic domains, producing the maximum magnetic moment density. In some cases, par-
ticularly in strong fields, Mmdoes not vary linearly with By and higher order susceptibility

coefficients corresponding to terms in the magnetization proportional to quadratic, cubic and

higher powers of By are required.

Subdividing ferromagnetic material leads to particles that are each just one magnetic domain
behaving like a set of very large magnetic moments, producing ‘superparamagnetism’
[WangO1]. The magnetic susceptibility of a heterogeneous material containing small, single
domain magnetic particles dispersed in a non-ferromagnetic matrix (e.g., water, blood) differs
markedly from that of the bulk material. In absence of an external magnetic field, due to
thermal motion, such magnetic domains are free to rotate and are randomly oriented, which

leads to vanishing magnetization.

Thus, superparamagnetic suspensions lack remanent magnetization without an external mag-
netic field. In MRI, superparamagnetic particles create intense local fields and ferric oxide or
iron particles are used as a contrast agent to produce signal loss in regions where they are de-
posited [Dal03]. However, depending on the particle’s size (hydrodynamic diameter) and the
temperature of the surrounding matrix, the magnetic moments of superparamagnetic particles
become completely oriented at relatively low field strengths, because of the large magnetic

moment per particle.

The parameters ‘magnetic susceptibility’ and ‘magnetization’ determine, from a magnetic
standpoint, the suitability of a material for use in or near an MR imaging system. Bulk sam-
ples of hard (large remanent magnetization) and soft (large magnetic susceptibility) materials
experience strong magnetic forces in presence of intense magnetic field gradients, and should

be excluded from the vicinity of MRI systems for safety reasons [Shel06].



Table 2.1 Magnetic susceptibilities of selected magnetic materials. The values were taken from
[Sch96]. The susceptibility spectrum extends from y = - 1 for superconductors to y > 100,000 for soft
ferromagnetic materials. In the absence of pathological iron deposition, the magnetic susceptibilities

of the various human soft tissues are estimated to be within = 20% of Ywaer.

material density atomic or molecular magnetic susceptibility
[10° kg/m’] weight

superconductors -1
water (37 °C) 0.933 18.015 -9.05x10°°
human tissues ~1.00-1.05 ~(-11.0 to - 7.0)x10°
hemoglobin molecule 1.335 64,650 0.15x10°
(deoxygenated)
air 0.00129 28.97 0.36x10°
ferritin molecule 1.494 929,850 520%10°°
a-Fe 05 (hematite) 5.277 159.70 1,460x10°°
Fe;0,4 (magnetite) 5.18 231.54 70
cobalt 8.9 58.93 250
nickel 8.9 58.69 600
stainless steal (magnetic) 8.0 400-1,100
iron 7.874 55.847 200,000
supermalloy 8.77 1,000,000
(16% Fe, 5% Mo, 79%

Ni)

The magnetic susceptibilities of materials vary over several orders of magnitude. A suscepti-
bility spectrum, including magnetic susceptibility characteristics of biological entities relevant
for MRI, is given in Table 2.1. Objects such as the human body are composed of various sub-
units with different values of magnetic susceptibility. Since human tissues contain 65-99 %
water, the susceptibility of most of human tissues is close to that of water, which is y = -
9.05x10® at 37 °C [Sch96]. Since susceptibility measurements on tissue specimens are diffi-
cult, because of the heterogeneous tissue structure, many susceptibility studies have been

conducted in tissue extracts and biochemical components such as lipids, hemoglobin and fer-

ritin [Paul36, Sch96].



However, paramagnetic or ferromagnetic structures or entities within the body cause suscep-
tibility gradients and uttermost complex patterns of magnetic field distribution. A single
paramagnetic molecule (e.g., O,) or ion (e.g., Fe*", Fe’) can cancel the diamagnetism of
thousands of water molecules [Sch96]. Iron is about 30 times more abundant in the human
body than all the other paramagnetic ions combined. Thus, the paramagnetic component of
the magnetic susceptibility of human tissues is generally determined by the tissue iron con-
centration which is essentially entirely concentrated in certain tissues: in the blood as hemo-

globin, the red bone marrow, the liver, the spleen, and the basal ganglia of the brain.

2.3.2 Magnetic field inhomogeneities

During MRI examinations the specimen are positioned within a static magnetic field with
high magnitude of magnetic induction By. Advanced superconductive coils and a secondary
compensating magnetic field generated by so called ‘shim coils’ allow for high spatial and
temporal homogeneity of the static magnetic field in appropriately small measurement volu-
mina. However, any sample under investigation cause magnetic field inhomogeneities. In
MRI these field inhomogeneities manifest themselves as signal changes in both magnitude

and phase images.

There are numerous sources of magnetic field variation in the body. Some are problematic
such as those caused by internal susceptibility differences between tissues (e.g., tissue-air in-
terfaces in the lung). These can cause image distortions and MR signal loss, especially in gra-
dient echo imaging [Liid85, Rei97]. On the other hand, local or temporal variations in mag-
netic susceptibility refer to special properties or states of the body, including the oxygenation
level of red blood cells [Bel91], iron deposits (ferritin) in the liver [Jen02], and bone structure

evaluation relying on the susceptibility difference between bone and marrow [Ford93].

Furthermore, high susceptibility materials can affect tissue water and several potential con-
trast agents have been proposed and developed for MRI. These include paramagnetic or su-
perparamagnetic contrast media such as gadolinium chelates or suspensions of iron oxide
nanoparticles [Bul04]. Microscopic air bubbles, as used for ultrasound image contrast en-
hancement, have also been proposed as potential MR agents because they differ in their sus-

ceptibility relative to tissue or blood [Alex96].
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It is most convenient to categorize the relative scale of magnetic field inhomogeneity com-
pared with the MR imaging voxel into macroscopic and microscopic inhomogeneities. The
‘macroscopic scale’ refers to magnetic field gradients over distances that are larger than the
imaging voxel. These arise from magnet imperfections, tissue-air interfaces in the body, or
high concentrations of paramagnetic material (e.g., after contrast media administration). ‘Mi-
croscopic field inhomogeneities’ refer to changes in the magnetic field over distances that are

comparable to molecular and cellular size, that is, over distances smaller than the voxel size.

Magnetic field inhomogeneities and relaxation mechanism affect the MRI signal. Fluctuating
fields on the atomic and the molecular scale lead to irreversible signal dephasing (R, relaxa-
tion) and also longitudinal magnetization changes (R relaxation). In practice, there is an addi-

tional dephasing of the magnetization introduced by microscopic and macroscopic magnetic

field inhomogeneities. In that case, the reduction in the magnetization vector Mxy can be

characterized by a separate relaxation rate R,* (apparent transverse relaxation) in gradient

echo experiments.
2.4 Diffusion regimes

In addition to the intensity of microscopic magnetic field inhomogeneities, the diffusion of
nuclear spins within magnetic field gradients affects the MRI signal. Diffusion of water mole-
cules through microscopic inhomogeneous magnetic fields can rival and even dominate the
intrinsic irreversible signal dephasing. Whereas spin echo sequences can correct the static
dephasing due to the variations in the magnetic field experienced by different molecules at
different positions, the change in position of a given molecule, because of diffusion, cause

more complex signal dephasing effects in MRI.

It can be shown that signal dephasing effects are dependent on both the intensity of the field
inhomogeneities within tissue and the strength of spin diffusion [Yab94]. The following para-
graph deals with the additional term in the Bloch equation required for the consideration of
spin diffusion. In the second paragraph, Brownian motion models (‘diffusion regimes’) are
analyzed for the transverse relaxation effects due to both the microscopic fluctuations in the
local magnetic field experienced by a nuclear spin and in the spatial position of the spin due

to diffusion effects.



2.4.1 Bloch — Torrey equation

Brownian motion of the spin magnetic moment arises from the random transport of the proton
from one region to another. In magnetically inhomogeneous tissues or in external magnetic
field gradients, the magnetic field may have slightly changed in that region. The diffusing
spin undergoes random walk fluctuations in its position and, hence, in its phase, due to the
rapid changes in the magnetic field it experiences. In the rotating frame the Bloch equation

(2.8) must be expanded by an additional diffusion term.

(2.14)

Note that relaxation terms have been neglected in (2.14). In order to solve this partial differen-
tial equation, it is convenient to assume macroscopic linear field gradients. This allows for the
treatment of diffusion sensitive field gradients in ‘diffusion weighted MRI’. In isotropic me-
dia the diffusion coefficient D is a scalar. Otherwise, due to tissue boundaries, the diffusion

may be anisotropic and D is a tensor [Enn06].

2.4.2 Characterization of diffusion regimes

In tissue, the actual field distribution is generally unknown and the signal dephasing effects
due to diffusion of spins through microscopically inhomogeneous magnetic fields rely on sta-
tistical approaches [Yung03]. It is convenient to treat the heterogeneous medium as a system
composed of randomly distributed stationary magnetic objects such as magnetic spheres sur-
rounded by proton spins undergoing unrestricted, isotropic diffusion motion (Fig. 2.3). The
restriction to spherical geometries is no major limitation since it characterizes several mag-
netic objects including paramagnetic/superparamagnetic particles, magnetically labeled cells,
and red blood cells. Within these models only signal dephasing caused by magnetic field in-
homogeneity and diffusion effects within the effective range of the dipole field is considered,

whereas the dipole-dipole interaction among the spins is generally neglected. In the literature
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the analytical predictions of those models agree quite well with simulation and experiments,

implying that the model comprises the dominant physical processes [Ken94, Yab94, Yung03].

magnetic sphere diffusing spin
By
equatorial field translational correlation
distortion time
o0 = 7B, (R) T, = R¥D

Figure 2.3 Sketch of the ‘diffusing spin’ — ‘magnetic sphere’ system. Based on the relative magnitudes
of the magnetic field distortion and the spin diffusion relative to the sphere, it is convenient to catego-

rize the system’s relaxation behavior into so-called ‘diffusion regimes’.

The relaxation behavior of the spin-sphere system can be categorized in so-called ‘diffusion
regimes’, which are determined by the magnetic, geometric and dynamic properties of the
system. These are classified based on the relative magnitudes of two competing relaxation
mechanism: the dynamic frequency scale and the magnetic frequency scale [Ken94]. The dy-

namic frequency scale is the inverse of the translational diffusion correlation time
T, =R*/D, (2.15)

where R is the radius of the microscopic magnetic sphere and D is the translational diffusion
coefficient of the spins relative to the stationary spheres. The magnetic frequency scale ac-
counts for the variation in the Larmor frequency at the equator surface due to the field pertur-
bation caused by the sphere, as sensed by nearby spins. It is defined as the equatorial field

OB¢q(R) evaluated on the surface of the particle in frequency units, to read
dw=7v-3B,(R). (2.16)
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Outersphere regime and fast diffusion regime

In the ‘outersphere regime’ (603 <1/t d) [Gill87] the relaxation effect due to spin diffusion
exceeds the relaxation effect due to magnetic field variation. Thus, the motion of spins aver-
ages out the effects of individual perturbers such as metallic complexes or free radicals with a
few nanometers. In the ‘fast diffusion regime’ (Sco <1/t d) [Weis94], for slightly larger per-
turbers, the solvent spins appear to move slower than in the outersphere regime. However,
since the motion is fast enough it is expected that the relaxation is still dominated by the

1/t, mechanism. In both the outersphere and the fast diffusion regime, the gradient echo R,*

relaxation rate is expected to be about the same as the spin echo R, relaxation rate.
R2
RzzR;=1<~f-(ésm)2-3 (2.17)

Here f is the volume fraction of spherical perturbers in the medium and k is the proportional-
ity constant, which is k = 16/235 for the outersphere regime [Gill87]. For the fast diffusion

regime it is anticipated that k > 16/235 since motional averaging is less effective.

30 . . .
---- gradient echo
—— spin echo P
RS 201 J,*' SDR
o ;
o 10]
OSR%
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Figure 2.4 Dephasing of the transverse magnetization vector due to the diffusion of spins in inhomo-
geneous magnetic fields. The enhancement in spin echo (R;) and gradient echo (R,*) relaxation versus
diffusion correlation time t,;is displayed. The relaxation rates were calculated according to Anderson
and Weiss [And53] and Kennan et al [Ken94]. Mean square frequency fluctua-
tion <a)j > = I,OOO(rad/ S)Z, TE = 50 ms. Outersphere regime (OSR), fast diffusion regime (FDR), slow

diffusion and static dephasing regime (SDR).



Slow diffusion regime and static dephasing regime

In the situation when & >1/t, (‘slow diffusion regime’), the spins appear to move very

slowly, so that the diffusive effect is minimal and the relaxation mainly comes from the loss
of phase coherence due to magnetic field inhomogeneities. This occurs when the perturber
size is relativey large and the magnetic field distortion is relatively strong. For the spin echo

case in the slow diffusion regime [Yung03],

R,=f- (2.18)

e

In the gradient echo case the R,* relaxation is expected to be in similar function to that of the

static dephasing regime.

In case of large magnetic objects and intense magnetic field gradients, the spins move very
slowly and appear to be stationary, so that diffusion has practically no effects on signal
dephasing. As described by Yablonskiy and Haacke [Yab94] the system is in the ‘static
dephasing regime’ (80) >>1/1 d) in that case. For the spin echo experiment the magnetic field
inhomogeneity effects are completely recovered by the formation of the spin echo, because
the loss of phase coherence is entirely restored due to the 180° refocusing pulse, yielding R, =
0. On the other hand, in the gradient echo case this loss of phase coherence is not recovered

due to the lack of refocusing pulses, yielding maximum R;* relaxation [Bro61]

R)="".f80. (2.19)

Intermediate regime

In the region of compromise where the competing relaxation mechanisms of 1/t4 and of o
are equally effective, the system is in the ‘intermediate regime’. The coherent analytic under-
standing of signal dephasing is lacking in that case, and the problem is usually treated by

Monte Carlo simulations [Har89, Ken94, Wei94]. Moreover, it is generally unknown before-
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hand in which particular diffusion regime one system might fall, making interpreting either

simulation or experimental data difficult.

A limited number of approaches focus on the whole dynamic range. Assuming a Gaussian
probability distribution of the phase angle over time, Anderson and Weiss [And53] developed
the ‘mean field theory’, in which diffusion leads to modulations in the local fields experi-
enced by the protons (Fig. 2.4). This theory was introduced in MRI by Kennan et al. [Ken94]
and Sukstanskii and Yablonskiy [Suk03].

When 14 is short compared to TE there is little difference between the gradient echo and spin
echo signal decay rates. However as 14 is increased the spin echo relaxation reaches a maxi-
mum, and then begins to decrease as refocusing becomes more effective. In contrast, the gra-
dient echo relaxation approaches the static limit. Another approach approximates the diffusion

dynamics by stochastic transition dynamics (‘strong collision approximation’) [Zie05a].
2.5 MR signal formation in the static dephasing regime

Simulations indicated that for magnetic objects above some critical size, diffusion effects
quickly become less important. In those cases signal dephasing and relaxation is dominated
by the magnetic field inhomogeneity effects. Several models have been developed in conjunc-
tion with MR imaging to investigate the static dephasing regime under the influence of differ-
ent sources of static field inhomogeneities including line broadening in lung tissue [Case87],
contrast agent studies [Pint06a], magnetically labeled cells [Pint06¢], bone marrow [Ford93,

Sch96], and blood vessel networks [Ken94].

In the last paragraph, it was pointed out that motion averaging plays an important role for
small magnetic objects. Apparently the outersphere theory is not valid for the larger ferro-
magnetic particles due to their relatively strong fields over fairly large distances, implying
that the field superposition effects of neighboring magnetic centers must be accounted for. In
fact, in microscopic MR images of magnetite particles (average size 3.5 um) Lauterbur et al.
[Lau86] observed the characteristic dipole field indicating that the criterion of motion averag-
ing fails. This dipole pattern was also observed for cells labeled with superparamagnetic iron

oxide (SPIO) nanoparticles [Pint05b]. Thus, for magnetically labeled cells considered in this
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work, signal dephasing is dominated by their magnetic field inhomogeneity effects and for

aggregations of labeled cells it is reasonable to neglect spin diffusion effects.

The most pronounced susceptibility induced effect is due to static line broadening in a gradi-

ent echo experiment when dw-t, >>1 (‘static dephasing regime’). In general, the signal ob-

tained from within a voxel at echo time TE is

S(TE)=S, (exp{-i-®, ) =S, (exp{-i-y-B,, TE}). (2.20a)
S(TE): S - Tp(Bim ) exp{—i-y-Bim 'TE}dBim (2.20b)

The brackets in (2.20a) denote the spatial average over the entire voxel and Bi, denotes the
microscopic field generated by the heterogeneous susceptibility variation. The phase shifts
due to spin precession in By for time TE are denoted ¢;. In practice the precise microscopic
field distribution p(Biy) is in general unknown. However, for statistical reasons it is conven-

ient to consider Gaussian or Lorentzian field distributions (Fig. 2.5).
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Figure 2.5 contrasts the static signal decay resulting from Gaussian and Lorentzian frequency distri-

butions with unit variance.
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If the magnetic field distribution within a voxel is random with a ‘Gaussian’ distribution

1 B,.
B, = ——n 2.21
p( int )Gauss \/R exp{ 2 . GBz } ( )

than the average in equation (2.20) can be evaluated over all values of Bijy.

1 B °
S(TE)=S, -——— —i-y-B. -TE! — it _L4B. 2.22
( ) 0 m:[oexp{ 1 Y int } exp{ 2'GB2} int ( a)
2 2 2
S(TE)=S§, - exp{— M} (2.22b)

The effective transverse relaxation rate due to static line broadening produced by a Gaussian

field distribution with variance ogis [Ken94]

— 72 'TE'GB2

R; 5

(2.23)

If the magnetic field distribution within a voxel is random with a ‘Lorentzian’ distribution

1
p(B int )Loremz = ; ) |:G—B:| (224)

c5B2 + Bint2
the signal at TE for a gradient echo is

0

S(TE)=S, -2 [exp{-i-v B, ~TE}~[%JdBim (2.25a)
n GB +Bint

—00

S(TE)=S, -exp{—y o, - TE}. (2.25b)

This gives a relaxation rate of [Ken94]



R} =v-0,. (2.26)

Only in the limit of no diffusion the signal decay rate will represent the true field distribution
p(Bin). For a distribution of the Gaussian form, the relaxation rate R,* varies linearly with
TE, whereas for a distribution of the Lorentzian form, R,* is independent of TE. In absence of
diffusion, Lorentzian distributed frequency components within the voxel lead to a monoexpo-
nential signal decay, whereas for non-Lorentzian frequency distributions, a non-
monoexponential signal decay is observed. Generally, in presence of magnetic field inho-
mogeneities, the frequency distribution is of a mixed ‘Lorentzian-Gaussian’ type. In that case
the precise magnitudes and the relationship of gradient echo and spin echo decay depend on
factors such as the intensity and the geometry of the magnetic field inhomogeneities, the field

strength, and the echo time.
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Chapter 3

Relaxivities of intra- and extracellular

contrast agents

3.1 Physical and biological background

Magnetic field inhomogeneities affect the signal acquired in Magnetic Resonance Imaging.
Fluctuating atomic and molecular magnetic fields lead to irreversible signal dephasing (R
relaxation) and also to longitudinal magnetization changes (R; relaxation). In addition,
dephasing of the magnetization may be due to magnetic field inhomogeneities and
susceptibility gradients within the sample, particularly in gradient echo imaging (so-called

R,* relaxation).

This work seeks to determine the longitudinal and transverse relaxation rates as well as the
relaxivities for extracellular gadolinium (Gd) contrast agents and cells labeled with
superparamagnetic iron oxide nanoparticles. Various concentrations of Gd contrast agents in
human blood plasma were investigated under well-defined experimental conditions

(temperature, albumin protein concentration, etc.) at different magnetic field strengths.

Furthermore, magnetically labeled cells were suspended in agar gel. In vitro samples of

single labeled cells were prepared successfully employing proper labeling and suspension



techniques. This allowed for the systematic examination of the relaxation and signal
dephasing effects due to magnetically labeled cells. Such systematic studies of both Gd
contrast media and labeled cells are crucial to establish optimal parameters for MR

sequences at each magnetic field strength.

3.1.1 Interstitial or extracellular contrast agents

For many diagnostic tasks the inherent soft-tissue contrast is sufficient to distinguish
different tissues on MRI without the need for exogenous contrast agent. However, the native
contrast between different tissues is not always sufficient to distinguish or characterize
pathologic changes unambiguously. In order to enhance the contrast between normal and
diseased tissue, and hence to improve the likelihood of detecting tumors or lesions associated

with the tissue, MRI benefits from dedicated contrast agents.

Although a number of different types of contrast agents are available today for a variety of
MRI applications, by far the most commonly employed agents are based on the
paramagnetic properties of gadolinium. These are clear, colorless fluids, formulated with
bacteriostatic additives for intravenous administration. The distribution of the agents is the

extracellular and interstitial space.
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Figure 3.1 The safety basis of the gadolinium chelates rests with the ability of the chelate to hold
extremely tightly the gadolinium ion. The word ‘chelate’ comes from the Greek root ‘chelos’,
meaning claw. (a) Cyclic chelates demonstrating higher in vivo stability and thus a theoretical safety

margin [DeHa99]. (b) Chemical structure of gadobenate dimeglumine.
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Gd is a member of the transition elements (atomic number 64) and as such extremely toxic in
Gd’* elemental form. The safety basis of the Gd chelates rests with the ability of the chelate
to hold extremely tightly the Gd** (Fig. 3.1). This assures an almost complete excretion
using renal and hepatobiliary pathways. Although the complex can dissociate into metal ion
and ligand in an aqueous solution, the dissociation constant of the complex is in the order of
107 — 107, so that free metal ions cannot appear in concentrations which would induce

adverse toxic side effects under in vivo conditions.

Fig. 3.2 High-resolution whole-body MR image
(a), and contrast-enhanced MR angiography
(b). (University Hospital Tiibingen, Department
of Diagnostic Radiology).

Lesion enhancement occurs by disruption of the blood-brain barrier or lesion vascularity.

Due to the paramagnetism of the ion, gadolinium contrast agents induce local magnetic field
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fluctuations and reductions in the tissue relaxation time constants T; and T,. In T; weighted
MR images this is visualized as an increase in signal intensity. In clinical practice, the
contrast enhancement due to Gd contrast agents is used for lesion detection and

characterization as well as for contrast-enhanced MR angiography (Fig. 3.2).

Gd-DTPA (gadopentetate dimeglumine) was the first to be approved for clinical use in 1988.
By slight changes in structure, agents with improved relaxivity and altered distribution have
been developed. These gadolinium agents have different molecular structures but similar
pharmacokinetic profiles and physicochemical properties (Table 3.1), and, in most cases,
few differences can be discerned when these agents are used in routine clinical practice at

equivalent dose [Kir03].

Table 3.1 Physicochemical properties of low-molecular-weight gadolinium-based extracellular MR
contrast agents, approved for clinical use in Europe. The values are reported according to the

manufacturers [Hup04, DeHa99].

INN code Gadopentetate ~ Gadobutrol Gadobenate Gadodiamide Gadoteridol
dimeglumine dimeglumine
Gd-DTPA Gd-BT-DO3A  Gd-BOPTA Gd-DTPA- Gd-HP-DO3A
BMA
Trade name Magnevist Gadovist Multihance Omniscan Prohance
Manufacturer Schering AG Schering AG Bracco Amersham Bracco
Health
Molecular weight 938.0 - 1,058.2 573.6 558.7
Concentration 0.5 1.0 0.5 0.5 0.5
[M]
Osmolarity 1,960 1,603 1,970 780 630
[mOsmol/kg H,O
@ 37 °C]
Density 1.21 - 1.22 1.13 1.14
[g/ml @ 20 °C]
Viscosity 2.90 4.96 5.30 1.9 1.3
[mPA s @ 37 °C]
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Just two of these agents (Gd-BT-DO3A [gadobutrol] and Gd-BOPTA [gadobenate
dimeglumine]) have features that distinguish them from the remaining agents. In the case of
Gd-BT-DO3A, the distinguishing feature is that it is commercially available as a 1.0 M
formulation rather than as a 0.5 M formulation. Unlike Gd-DTPA and Gd-BT-DO3A, the
Gd-BOPTA molecule interacts weakly and transiently with serum albumin resulting in a
slowing of the tumbling rate of the Gd complex, which allows for a longer rotational
correlation time with inner shell water protons [Ban91] and a more efficient energy
exchange with respect to the surroundings. This leads to a significant enhancement of both
longitudinal and transverse relaxation compared to the relaxation observed with other

gadolinium agents [Cav97, Roh05, Pint06d, Lau06].

The purpose of the present study was to accurately determine the relaxation enhancement of
a range of concentrations of Gd-DTPA, Gd-BT-DO3A, and Gd-BOPTA in human blood
plasma (37 °C) under identical experimental conditions at 0.2 T, 1.5 T, and 3 T.

3.1.2 Intracellular contrast agents - Magnetically labeled cells

Cellular imaging is the ‘non-invasive and repetitive imaging of targeted cells and cellular
processes in living organism’ [Bul04]. Over the past decade, the use of MRI for cellular
imaging has been subject of extensive research since it provides anatomical, functional, and
biochemical information as well as excellent image quality. Furthermore, MRI enables to
acquire diagnostic images in arbitrary slice orientation and depth of penetration. The main
objective of the current research is to combine these unique features of MRI with the

specificity of dedicated contrast agents.

Due to its limited spatial resolution, MRI is in fact not capable of visualizing single cells.
However, due to magnetic moments greater than 10° to those of paramagnetic contrast
agents [Bul99], cells labeled with superparamagnetic iron oxide nanoparticles (SPIO) cause
intense magnetic field distortions over fairly large distances. Thus, SPIO labeled cells
become detectable due to their significant effects on MRI signal dephasing induced in water
molecules near the cells. In practice, labeled cells are reflected either as low-intensity signal

spots or signal voids, particularly in T, -weighted gradient echo MRI. The high sensitivity of
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RELAXIVITY MEASUREMENTS

MRI to SPIO induced field inhomogeneities even allows for the in vitro [Zha05, Pint06b]
and the in vivo [Sha06, Heyn06] detection of single labeled cells.

SPIO agents include a wide range of physico-chemical preparations with the most of them
still being in experimental study stages or clinical trials. The particles consist of an iron
oxide crystal, which vary in size from agent to agent (their size is generally between 4-10
nm), and a coating material such as dextran or carboxydextran. The hydrodynamic diameter
of SPIO particles differs between 20 nm and 300 nm, as stated by the manufacturers
[WangO1]. The iron is biocompatible and can be recycled by cells using the normal

biochemical pathways for iron metabolism.

Figure 3.3 Light microscopic (a, b) and electron microscopic images (c, d) of SK-Mel28 human
melanoma cells, labeled by means of incubation with SH U 555A. The incubation time was 24 hours,
and the iron concentration was 100 ug Fe / ml. Fig. (a) was acquired before washing the cells. The
blue dots indicate the iron oxide label (iron blue staining). After incubation the cells were washed
with phosphate-buffered saline in order to separate labeled cells from unbound fractions of iron
oxide (b). Electron microscopy (c, d) revealed that the major fraction of iron oxide nanoparticles was

taken up in the lysosomes within the cells.

Exploiting the capability of certain cell types to ingest small particles through phagocytosis

the in vivo labeling of macrophages has been used for the detection and delineation of focal
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liver lesions and to image inflammatory processes such as atherosclerosis. The imaging of
macrophage activity is the most significant application of SPIO agents, in particular for
tumor staging of the liver [Sta88] and lymph nodes [Wei90]. Following injection, SPIO is
rapidly ingested by liver Kupffer cells, which are specialized macrophages, so that normal
liver tissue appears hypointense in the image even though the Kupffer cells containing the
particles comprise only 2 % of the mass of the liver. In presence of primary liver tumor or
liver metastasis, liver tissue lacks of Kupffer cells and the signal intensity remains unaltered

and thus contrasts to the surrounding tissue that turns hypointense.

Cell labeling can be also performed by incubating cells with the contrast agent in vitro. The
labeled cells can be easily detected by light and electron microscopy (Fig. 3.3). The
transplantation or transfusion of labeled cells in living organism has led to a growing
research interest to monitor cellular dynamics in vivo by means of MRI including cell

migration and homing [Hoe02].

Whereas most of these studies to date have been mere the ‘proof of principle’, further
exploitation of this technique will provide deeper insight into the biodistribution of cells and
also at monitoring stem cell based therapies. The reports of first clinical trials using ex vivo
labeled cells have been published [DeVr05]. As described in the current work, attention
should be paid to attempts that aim to quantify the number of labeled cells, and improve the

sensitivity as well as the specificity to detect magnetically labeled cells.

In order to establish a reliable calibration standard for the in vivo and ex vivo quantification
of labeled cells, numerous groups investigated the effects of concentration of SPIO labeled
cells on the MRI signal decay [Mat05, Dal03, Metz04]. In these studies, concentration
effects were analyzed for large cellular aggregations by measuring the observable signal
voids in the MR images. Further, a fixed magnetic field strength was used, or the
experiments were performed for either spin echo or gradient echo sequences [Sim05,
Bow02]. No studies have been performed to accurately quantify the cellular relaxation
enhancement of low concentrations of labeled cells on the microscopic scale. Those
concentration effects on both spin echo and gradient echo transverse relaxation within the

entire range of clinical magnetic field strengths up to 3 T have not been addressed so far.
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In the present work, the effect of the concentration of SH U 555A labeled SK-Mel28 human
melanoma cells on the cellular transverse relaxivity was systematically studied for both spin
echo and gradient echo sequences. Proper labeling and suspension techniques allowed for
the examination of homogeneously suspended cells in agar gel phantoms. The experiments

were carried out at 0.2 T, 1.5 T, and 3 T using clinical MR whole body scanners.

3.2 Measurement of relaxation rates and relaxivities

Relaxation rate measurements in MRI involve the generation of an image, in which each
pixel holds the mean signal intensity value given as the complex summation over all nuclear
spin magnetic moments confined to the corresponding volume element (‘voxel’). If several
images are obtained with different sets of sequence parameters, for a specific imaging voxel
the mean signal intensity values are weighted related to the local relaxation time constants

assigned to that voxel.

The finite volume of the imaging voxel, however, suggests that even those relaxation rate
maps, demonstrating the distribution of relaxation rates within the object of interest, can
suffer from partial volume effects. These arise when the imaging voxel contains tissue
fractions with a range of relaxation rate values so that only a weighted mean value of the
relaxation rate is assigned to the imaging voxel. It is anticipated that partial volume effects
are negligible in the current work since samples containing homogeneous solutions of

extracellular contrast media and homogeneous suspensions of labeled cells were examined.

3.2.1 Measurement of the longitudinal relaxation rate R

Imaging techniques based on ‘inversion recovery’ and ‘variable flip angles’ were considered
for the measurement of the R; dependent MR signal intensity for solutions of extracellular

Gd contrast agents.



Inversion recovery sequence

The inversion recovery sequence begins with a preparatory 180° pulse (Fig. 3.4). This pulse
inverts the initial magnetization M, within the selected slice, which is then left to relax with

the relaxation rate R; [Kal93]. In abbreviated form, the sequence is written as

180°—TI—90°—%—180°—%—SE (3.1)

where TI is the ‘inversion time’ and, due to the second 180° pulse, the acquired signal is a

spin echo (SE).

180° 90° 180° 180°
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Figure 3.4 Pulse diagram for a 2d spin echo sequence with inversion recovery preparation. The
acquisition of several images with different inversion time Tl (while other sequence parameters are
kept constant) allows for the calculation of the longitudinal relaxation time constant T;. G,: slice

selective magnetic field gradient, G,: phase encoding gradient, G,: read out gradient.



The image signal intensity Sjr is proportional to the fraction of the magnetization that has
managed to relax during the TI interval. Sir is a function of the R; relaxation rate and the

pulse timing parameter TI1 [Mac87], to read
S(TD)=A-[1-k-exp{~R, - TI}+exp{~R, - TR}]. (3.2)

In this equation the parameter A accounts for both the thermal equilibrium magnetization M,
and the signal decay due to transverse R, relaxation within the TE interval. In practice, due
to an inaccurate adjustment of the sequence flip angle, the inversion of the magnetization can
be insufficient. The parameter k in eq. 3.2 accounts for those deviations from the 180°

inversion over the entire imaging slice, for which k = 2.

In addition, TR must be several times longer (i.e., TR = 5xT)) than the maximal T; values
(T; = 1/R;) of the samples, so that the perturbed magnetization returns to its thermal
equilibrium value prior to the next inversion pulse. However, in MRI this requirement is
rarely met, since the imaging time would be unacceptable long. In eq. 3.2 the second

exponential term eXp{— R, -TR} corrects for the partial recovery of the magnetization.

If several images are obtained with different TI (while other sequence parameters are kept

constant) the R; relaxation rate can be extracted by a non-linear fit of Sir(TI) against TI.
Variable flip angle

In this approach, a radiofrequency pulse with variable flip angle a is applied to perturb the
magnetization [Fram87]. After excitation the magnetization is left to partially relax back to
its thermal equilibrium value during the short repetition time TR. In dependence on the angle
o, only a fraction of magnetization is ‘flipped’ into the transverse plane. The signal intensity
S.ta 18 then a function of the flip angle o and the amount of longitudinal relaxation that has

occurred during the TR interval.

sina. - [1 - exp(— R, -TR)]
1-cosa- exp(— R,-TR)

Sy (@)= A" (3.3)



In this equation, the parameter A’ accounts for both the thermal equilibrium magnetization
My and the decay of the transverse magnetization due to an effective relaxation time constant
T,". The echo signal recorded is a gradient echo. A three-dimensional (3d) approach was
applied (Fig. 3.5) because in a two-dimensional sequence the adjusted flip angles are present

only in the central partitions inside the excited slab, rather than over the entire slice.
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Figure 3.5 Pulse diagram for a 3d gradient echo sequence. A spoil gradient pulse provides
dephasing of the remaining magnetization prior to the next sequence repetition. The generation of a
T; map requires at least two repetitions of the imaging sequence with different values for the flip

angle a of the excitation pulse, whereas TE is kept constant.

322 Measurement of the transverse relaxation rates

R2 and Rz*

Multi echo sequences may be used to obtain weighted data related to R, or R,". An echo
signal is formed as a result of the refocusing of a large number of dephased spins and it
peaks when the isochromats reach new phase coherence. The acquired echo signal can be

generated either by multiple 180° radiofrequency pulses or gradient reversal. Signals of the

(98]
(OS]



former type are termed ‘spin echoes’ and the latter ‘gradient echoes’. Thus, an echo train
may be created by dephasing and rephasing the signal in a controlled fashion using

subsequent application of refocusing pulses and gradient switching, respectively.
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Figure 3.6 Multi echo spin echo (a) and multi echo gradient echo (b) sequence timing scheme. After
an excitation pulse the isochromats lose phase coherence due to spin-spin interactions and magnetic
field inhomogeneities.

(a) A 180° pulse applied to the spin system at time t recreates phase coherence at time 2t. During
spin echoes (SE) time-invariant magnetic field inhomogeneities will be refocused, providing the spins
are in a stationary state.

(b) Phase coherence may be achieved by the application of dephasing and rephasing magnetic field
gradients. The phase dispersal introduced by the negative gradient is gradually reduced over time
after the positive gradient is turned on. In gradient echoes (GRE), phase shifts due to static field
inhomogeneities superimposed to the imaging gradients are not refocused and induce significant

signal dephasing.

Fig. 3.6 illustrates the formation of the echo signal for both multi echo spin echo and multi
echo gradient echo sequences. During spin echoes, time-invariant magnetic field
inhomogeneities will be refocused, providing the spins are in a stationary state and spin
diffusion effects can be neglected. Although each side of an echo carries a R, decay, the

amplitude of a spin echo is R, weighted.
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In contrast, for gradient echo techniques the loss of phase coherence within the ensemble of
magnetic moments resulting from random field fluctuations is irreversible, and the gradient
echoes amplitudes show a R,” decay. The presence of magnetic field inhomogeneities
superimposed to the imaging gradients allows the spin system not to be completely rephased

by the gradient reversal.

Anticipating a monoexponential decay, the signal intensity S(TE) in a spin echo experiment

is related to the echo time TE according to [Mac87]:
S(TE)= A, -exp-R, - TE)+A,. (3.4)

In this regression, A, refers to the equilibrium magnetization prior to sequence repetition,
while A, refers to the level of the noise. In the gradient echo case, the signal decay is related

to the relaxation rate R,*.

323 Determination of relaxivities of contrast media

The longitudinal r; and transverse r, relaxivities of a contrast media complex are defined as
the enhancement of the relaxation rates R; and R, respectively, induced by 1 mmol of the
paramagnetic center (bound to one water molecule) per liter [Aime99]. Usually it is
measured on a range of concentrations and is defined as the slope of the regression line of
relaxation rates R; and R,, respectively, against concentration. However, this description
implies a constant relaxivity that is independent of the concentration (i.e., a linear relaxation

rate — concentration response).

One aim of the present study was to determine, whether this standard definition applies for
the dependency of relaxation rate and concentration over a large concentration range. The
investigations were performed for each of the three gadolinium contrast agents examined and

also for iron oxide labeled cells at magnetic fields 0.2 T<By <3 T.



RELAXIVITY MEASUREMENTS

3.3 Materials and methods
3.3.1 Relaxivity of gadolinium contrast agents in human blood
plasma

Preparation of blood plasma samples

Commercially-available formulations of 0.5 mol/L Gd-BOPTA, 0.5 mol/L Gd-DTPA, and
1.0 mol/L Gd-BT-DO3A were mixed with samples of human blood plasma in small tubes
(11 x 1.6 cm) to obtain final concentrations of 0.01, 0.02, 0.03, 0.06, 0.13, 0.25, 0.5, 1, 2, 4,
8, 16, 32 and 64 mM. These tubes were placed in a circulating water bath at a constant
temperature of 37 + 0.5 °C (Fig. 3.7). The blood plasma samples were obtained from two
healthy individuals and pooled to obtain a single plasma sample for use in all subsequent
MR measurements. Aliquots of the plasma sample were drawn for subsequent mixing with

contrast agent formulations. The total plasma protein concentration was 78 mg/ml.

Figure 3.7 The blood plasma samples were placed in a circulating water bath (left image) that was

engineered to be accommodated in the head coil (right image) during MR measurements.

MR measurements

All measurements were performed using clinical whole body MR scanners operating at 0.2

Tesla (Magnetom Concerto®, Siemens Medical Solutions, Erlangen, Germany), 1.5 Tesla
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(Magnetom Sonata®), and 3 Tesla (Magnetom Trio®). Signal detection was achieved in each
case using the respective receiver head-coils, while radiofrequency transmission was
performed using a body coil on the 0.2 Tesla and 1.5 Tesla systems and the transmit/receive

head coil on the 3 Tesla system.

Measurement of the longitudinal relaxation rate R,

An inversion recovery (IR) imaging technique with fast spin-echo readout was used for
reliable assessment of R; data for all contrast agent concentrations examined. The inversion
time TI was varied in 19 steps between 23 ms and 8 s. For derivation of R; the MR signal
intensity Sir was registered as a function of TI. It was not necessary to introduce a variable
parameter to account for an inaccurate inversion since the inversion was performed using an
adiabatic inversion pulse without slice selection. This procedure led to a 180° inversion over

the entire slice imaged.

In addition, TR was several times longer (i.e., TR was adjusted to 5000 ms + TI) than the
maximal T, values of the samples, even for low concentrations of contrast agent. The large
number and the selection of sampled TI values allowed for an accurate determination of the
longitudinal relaxation rates over a large range of values and contrast agent concentrations.
The other sequence parameters were as follows: TE = 16 ms (0.2 T) or 9 ms (1.5 T, 3 T),
bandwidth = 200 Hz/pixel, field of view (FoV) = 192x192 mm?, matrix size = 192x144,
slice thickness = 8 mm (0.2 T) or4 mm (1.5 T, 3 T).

The longitudinal relaxation rate of human blood plasma in the absence of contrast agent was
determined by extrapolating the relaxation rate values of the measured samples. Given the
wide range of concentrations and the fact that the measured relaxation rate for the lowest
concentration (0.01 mM) would be expected to be not much greater than that of human
plasma itself, this was considered a valid approach. Subsequent demonstrations of linearity
between relaxation rate and concentration for each of the three contrast agents up to a

concentration of 1 mM confirmed the validity of this approach.

Confirmation of the extremely short T, determined using the IR technique for samples with

Gd concentrations higher than 4 mM was achieved by additionally measuring the flip angle



dependent signal intensities using a 3D gradient echo sequence with short echo times (TE) of
8.6 ms (0.2 T),2.6 ms (1.5 T) or 3.2 ms (3 T). The other sequence parameters were adjusted
accordingly, as follows: TR = 18 ms (0.2 T) or 10 ms (1.5 T, 3 T), bandwidth = 90 Hz/pixel
(0.2 T) or 260 Hz/pixel (1.5, 3 T), FoV = 192x192 mm?, matrix size = 192x192, slice
thickness = 2 mm. Several images were acquired with unchanged TR and receiver

adjustments while the flip angle was varied in steps of 5° from 10° to 90°.

The longitudinal relaxation rates determined using flip angle dependent signal intensities
were in good agreement with those determined using the IR technique for both the 8 mM and
16 mM concentrations. This justified the use of the IR datasets to calculate representative
values for the longitudinal relaxation rates for the contrast agent formulations and the

specific concentrations.

Measurement of the transverse relaxation rate R,

The transverse relaxation rate R, was assessed using multi echo sequences with spin echo
readout. The sequence parameters at 0.2 Tesla were as follows: TR = 3000 ms, bandwidth =
130 Hz/pixel (0.2 T) and 250 Hz/pixel (1.5 Tesla, 3 Tesla), FoV = 192x192 mm?, matrix size
= 192x192, slice thickness = 8 mm. The echo time TE used for calculation of relaxivity
values was varied in 32 equidistant steps between 13.1 ms and 419.2 ms. Confirmation of
the R, relaxation rate observed at lower Gd concentrations was achieved with TE times
between 20 ms and 640 ms. The transverse relaxation rate of the native human blood plasma

was determined by extrapolating the relaxation rate values of the measured samples.

Assessment of relaxivities rl1 and r2

On the basis of the findings of the study, a linear relationship between relaxation rate and
concentration was found for Gd-DTPA, Gd-BT-DO3A, and Gd-BOPTA up to a
concentration of 1 mM. This permitted the relaxivity to be determined as the slope of the
regression line of relaxation rate against concentration for each contrast agent. For Gd-
BOPTA concentrations higher than 1 mM the relationship between relaxation rate and
concentration was clearly non-linear. To determine relaxivity at these concentrations, the

specific relaxation gain according to the standard definition of relaxivity was calculated, i.e.,



r(c)=—"——= (3.5)

for both longitudinal (i=1) and transverse (i=2) relaxation for each concentration greater than
1 mM. The relaxation rates for the native solvent R;(0) were determined by extrapolation, as

described above.
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Figure 3.8 Longitudinal (a) and transverse (b) relaxation curves obtained at 0.2 T, 1.5 T, and 3 T in
human blood plasma (37 °C) for a contrast agent concentration of 0.5 mM. SI signal intensity, TI

inversion time, TE echo time.

Estimation of measurement uncertainty

All signal decay curves were assessed by means of individual measurements. The deviation
of a data point from the fitted exponential curve was used for assessment of measurement
uncertainty. The first regression process was performed to plot signal intensities versus TI or
TE, respectively, in order to characterize the longitudinal and transverse relaxation (Fig.
3.8). The obtained deviation was regarded as the measurement uncertainty for determining
R, and R, within our individual study design. The analytical description of error propagation

is only possible under the assumption of independent errors. Instead, errors associated with
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the determination of all calculated best-fit parameters in the present work were estimated

taking into account the full variance-covariance matrix as calculated from the actual data.

Comparable measurements on all MR systems were performed using the same
methodological approach. Thus, while pulse sequences and timing were optimized as fully as
possible to avoid recalled magnetization from earlier excitations, any systematic errors
deriving from non-ideal pulse profiles should at least have been similar for the different field

strengths.

3.3.2 Relaxivity of iron oxide labeled human melanoma cells

Preparation of cell samples

SPIO labeled human melanoma cells (SK-Mel28, average cell size 20 pum) were used as a
cell model. The cells were cultured in Dulbecco’s modified Eagle’s Medium supplemented
with 10 % fetal calf serum, 1 % penicillin-streptomycin, and 1 % L-glutamine at 37 °C in a
humidified atmosphere of 5.8 % CO, / 94.2 % air in an incubator (Heraeus, Hanau,
Germany). The cells were grown in flat-bottom flasks and labeled by means of incubation
with SH U 555A (Resovist®, Schering AG, Berlin, Germany). The incubation time was 24
hours, and the iron concentration in the culture medium was 100 pg Fe / ml. SH U 555A is a
clinically approved SPIO based contrast media formulation. The SPIO particles are
characterized by a crystalline iron oxide core of 4-6 nm and a carboxydextran coating. The

hydrodynamic diameter is 63 nm as stated by the manufacturer.

Previous experiments revealed that the use of additional transfection agents yields a higher
labeling efficiency. However, agglutination of cells causing inhomogeneities in labeling was
observed. Consequently, no additional transfection agents were used in the current study.
After incubation, the cells were washed with phosphate-buffered saline (PBS) in order to
separate labeled cells from unbound fractions of SPIO particles. The cells were counted

electronically (CASY, Schirfe System, Reutlingen, Germany).

Various numbers of approximately 5-10%, 25-10%, 5:10°, 1-10°, 2:10°, and 4-10° SPIO labeled

cells were homogeneously suspended in 50 ml of agar gel (volume concentration agar per
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water 1 %; Sigma Chemicals, Germany). Assuming a homogeneous distribution of cells
throughout the samples, the preparation resulted in a concentration of N = 1, 5, 10, 20, 40,
and 80 SPIO labeled cells / plgr. The potential aggregation of cells in the samples was
checked using light microscopy. Those samples showing strong cell clustering were
excluded from MR measurement. Only samples with non-agglutinated cells in suspension

(Fig. 3.3) were selected for MRI experiments.

In general, SPIO particles are aggregated on the nanometer scale within the labeled cells.
Due to the limited resolution of a light microscope (typically 1 pm or somewhat less), the
intracellular distribution of SPIO particles cannot be resolved, whereas the spatial
distribution of cells can be identified. To investigate the intracellular SPIO distribution

electron microscopy was used, which is also shown in Fig. 3.3.

The suspension was filled into plastic tubes. Care was taken to avoid air bubbles in the
samples. The control consisted of agar gel (1 %) without any SPIO labeled cells. Prior
studies indicated no differences in spin echo and gradient echo signal decay between plain
gel and gel mixed with unlabeled cells at the above mentioned concentrations. Under these
experimental conditions, the effects of unlabeled cells on water diffusion and magnetic field

inhomogeneity were negligible.

Photometry

Superparamagnetic iron oxide crystalline structures have the formula Fe,” OsFe*" 0, where
Fe”" is the divalent iron ion which was assessed using photometric studies. After incubation
with SH U 555A, the cells were washed 3 times with PBS, harvested, counted and the cell
pellet was dried for 2 hours at 80 °C. Afterwards, the samples were incubated overnight at
room temperature and another 2 hours at 60 °C in perchloric and nitric acid at a 3:1 ratio to
completely digest the cells and expose the iron oxide from the carboxydextran coated iron
oxide nanoparticles. For the photometric assessment of the iron content, a Ferrozine-based
spectrophotometric assay (Eisen Ferene S Plus®, Rolf Greiner Biochemica, Flacht,
Germany) was used. The Fe** forms a blue complex with Ferene which can be measured

spectroscopically at an absorption wavelength of 595 nm. The extinction of the sample



relates directly to the iron concentration, calculated with the help of a defined standard

curve. The average iron content was determined to 20 pg Fe / cell by means of photometry.

Spin echo and gradient echo signal decay

In a spin echo experiment the signal loss at an echo time TE is characterized by the
relaxation rate R,. This constant includes both signal dephasing from transverse relaxation
due to spin-spin interactions as well as signal dephasing arising from the diffusion of spins in
inhomogeneous magnetic fields. The free induction signal decay (relaxation rate R,’) in
gradient echo images as a function of the echo time is affected by both transverse relaxation
and signal dephasing due to magnetic field inhomogeneities inside the picture elements.
Cells loaded with SPIO affect both transverse relaxation and signal dephasing due to
magnetic field inhomogeneities. Comparing relaxation rates measured in samples containing
SPIO labeled cells to those of unlabeled control samples, the enhancements AR, and AR," of

the respective relaxation rate constants R, and Rz* were determined.

MR measurements

MR measurements were carried out to study the spin echo and gradient echo signal decay for
various concentrations of homogeneously suspended SPIO labeled cells. The volume of the
MR imaging voxel was 1 pl. Isotropic spatial dimensions (1.0x1.0x1.0 mm?) were chosen.
According to the experimental set-up with a homogeneous distribution of cells throughout
the sample, cell concentrations of N = 1, 5, 10, 20, 40, and 80 SPIO labeled cells per

imaging voxel were examined.

During the MR examination the samples were accommodated in a water bath at room
temperature (20 °C). All measurements were performed using clinical whole body MR
scanners operating at 0.2 T (Magnetom Concerto®, Siemens Medical Solutions, Erlangen,
Germany), 1.5 T (Magnetom Sonata®), and 3 T (Magnetom Trio®). The signal was detected
in each case by means of the respective receiver head-coils, while the radio frequency
transmission was performed using the body coil on the 0.2 T and 1.5 T systems and the

transmit/receive head coil on the 3 T system, respectively.
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Multi-echo spin echo and multi-echo gradient echo sequences were implemented for the
measurement of the echo time dependent signal decay. The transverse relaxation rate R, was
determined using multi-echo sequences with spin echo readout, whereas the apparent
relaxation rate R," was measured using multi-echo sequences with gradient echo readout.
For all field strengths the sequence parameters were as follows: field of view (FoV) 256x256
mm?, matrix 256x256, slice thickness 1.0 mm, repetition time TR 4.000 ms, flip angle 90°,
two averages. In the spin echo sequence the echo time TE was varied in equidistant steps
between 12 ms and 240 ms. In the gradient echo case the echo time TE was varied in

equidistant steps between 10 ms and 100 ms.

For each TE value, the signal intensity was measured in an appropriately large region-of-
interest within the samples. Monoexponential functions were fitted to the measured signal
decay curves using a least-square regression algorithm. The relaxation rate constants R, and
Rz* as well as the cellular relaxation enhancements AR, and ARz* were calculated. For all
field strengths the values AR, and AR, were found to be linearly dependent on cell

concentration. The slope of the regression line was used as a measure for cellular relaxivity.

Statistical analysis

Overall, three samples of agar gel and three samples of agar gel doped with a particular
concentration of SPIO labeled cells were prepared separately. The cell fractions were
obtained from the same population of SPIO labeled cells. For all samples the arithmetic
mean and the standard deviation of the measured relaxation rate constants (Ra, R;") as well

as the cellular relaxation enhancements (AR, ARQ*) were determined.

It should be noted that the preparation technique used might not result in an exact
homogeneous distribution of cells. The signal decay was measured in an appropriately large
region-of-interest that contained a large number of voxels. Consequently, effects due to an
inhomogeneous cell distribution were more than likely averaged out throughout the chosen
volume. Furthermore, samples showing strong cell clustering were excluded from MR

measurement and only non-agglutinated cells in suspension were selected.



3.4 Results of relaxivity measurements

3.4.1 Relaxivity of gadolinium contrast agents in human blood

plasma

At the highest contrast agent concentrations (32 mM and 64 mM) very fast signal decay
resulted in large measurement uncertainties. Since reliable determination of relaxation rates
and relaxivities was not possible for these contrast agent concentrations, determination of the
R, and R; relaxation rates for each contrast agent was performed only for concentrations up

to and including 16 mM.
Relaxation rates of native human plasma

The R; and R; relaxation rates of human blood plasma alone, as assessed by extrapolating
relaxation rate data points for contrast agent concentrations up to and including 1 mM, are

shown in table 3.2.

Table 3.2 Relaxation rates of human blood plasma (37 °C) at 0.2 T, 1.5 T, and 3 T as determined by

extrapolation. Values represent mean * standard deviation for determinations with the three contrast

agents.
By [T] Ry [s"] Ry[s"]
0.2 0.8+0.1 2.8+0.2
1.5 0.5+0.1 25+0.1
3 04+0.1 2.8+0.1

Dependence of the relaxation rates on contrast agent concentration

The R; and R; relaxation rates of human blood plasma plotted against concentration of Gd-
DTPA, Gd-BT-DO3A and Gd-BOPTA are shown in Figs. 3.9 and 3.10, respectively, for
each magnetic field strength. At concentrations up to 1 mM the relaxation rates of all three

contrast agents varied in an approximately linear manner as a function of concentration.
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Higher concentrations of contrast agent resulted in higher overall R; and R, relaxation rates

RELAXIVITY MEASUREMENTS

for each of the agents under consideration.
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Figure 3.9 Longitudinal relaxation rate R; of human blood plasma (37 °C) for different
concentrations of Gd-DTPA, Gd-BT-DO3A and Gd-BOPTA at field strengths of 0.2 T (a, b), 1.5 T (c,

d), and 3 T (e, f). Relaxation rates were plotted versus contrast agent concentration up to 1 mM (a, c,

e) and up to 16 mM (b, d, f).
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Figure 3.10 Relationship of transverse relaxation rate R, of human blood plasma (37 °C) to

200
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concentration of Gd-DTPA, Gd-BT-DO3A4 and Gd-BOPTA at 0.2 T, 1.5T, and 3 T.

Determination of relaxivities

The linearity of the plots for Gd-DTPA, Gd-BT-DO3A, and Gd-BOPTA up to and including

the 1 mM concentration permitted determination of the r; and r, relaxivities over this range




of concentrations (table 3.3). With increasing Gd-BOPTA concentration, significant

concentration-dependent reductions of both r; and r, relaxivity were noted (table 3.4).

Dependence of the relaxation on magnetic field strength

For each contrast agent the highest values for R; relaxation rate and r; relaxivity were
obtained at the lowest field strength of 0.2 Tesla. Progressively lower R, relaxation rates and

r; relaxivities were noted with increasing magnetic fields of 1.5 and 3 Tesla.

Table 3.3 The r; and r; relaxivities in human blood plasma (37 °C) for Gd-DTPA, Gd-BT-DO3A, and
Gd-BOPTA at By = 0.2 T, 1.5 T, and 3 T. The relaxivities were calculated for concentrations up to
and including 1 mM.

r; [Lxmmol ' xs™] 1, [Lxmmol ' xs™]
Gd-DTPA Gd-BT- Gd-BOPTA Gd-DTPA Gd-BT- Gd-BOPTA
Bol1] DO3A DO3A
0.2 57103 6.6+£0.3 10.9£0.4 92103 10.7£0.3 18.9£0.6
1.5 39+£0.2 47+02 79+04 53402 7.5+0.2 189+£0.5
3 39+0.2 45+02 59104 52403 63+0.3 17.5£0.5

Table 3.4 The r; and r; relaxivities in human blood plasma (37 °C) for Gd-BOPTA at By=0.2 T, 1.5
T and 3 T.

Concentration Gd-BOPTA

Relaxivity By[T] <ImM 2 mM 4 mM 8§ mM 16 mM
0.2 10.9+0.4 92+04 86103 74£0.3 59£03

Longitudinal
1.5 79104 72+03 6.6+0.3 64+0.3 54£03

r; [Lxmmol ' xs™]
3 59+04 5.8£03 56+03 50£03 41%03

0.2 18.9+0.6 18.9+0.6 20.1+£0.6 20.4+0.6 17.5+0.6

Transverse
1.5 18.9£0.5 16.4+0.4 125+04 124+04 10.2+04
1, [Lxmmol ' xs™]
3 17.5%0.5 152+04 14.0+0.4 12.7+£0.4 9.8+0.4
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3.4.2 Relaxivity of iron oxide labeled human melanoma cells

For all samples examined, the MR signal intensity was homogeneous throughout the sample.
Representative MR spin echo and gradient echo images, acquired at different TE, are given
in Fig. 3.11. The signal decay could be fitted monoexponentially. A representative example
for the spin echo and gradient echo signal decay at magnetic field strengths of 0.2 T, 1.5 T,
and 3 T are depicted in Fig. 3.12 for a concentration of 40 SPIO labeled cells / plger.

GRE
TE TE
50 30
100 50
200 100

N=0 N=1

Figure 3.11 MR images of samples containing no (N = 0) and a single (N = 1) SPIO labeled cell per
microliter agar gel. The images were acquired at 1.5 Tesla using spin echo (SE) and gradient echo
(GRE) sequences at echo times TE 50 ms, 100 ms, and 200 ms (SE; from top to bottom) and TE 30
ms, 50 ms, and 100 ms (GRE).

The arithmetic mean of the measured relaxation rate constants (Rj, Rz*) as well as the
cellular relaxation enhancements (AR,, AR,") are summarized in table 3.5. The transverse
relaxation was significantly enhanced in samples containing labeled cells (N > 1 cell / plger)
as compared to samples without labeled cells (N = 0 cells / plg). In particular, for a
concentration of a single labeled cell per plg increases in R, and Rz* of 12.2 % and 21.4 %
at 0.2 T, and 22.9 % and 65.7 % at 1.5 T and 3 T, respectively, as compared to the unlabeled

control samples were found.
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Figure 3.12 Representative examples of the MR signal decay as measured in a sample containing 40
SPIO labeled cells / uly... The measurements were performed at 0.2 T, 1.5 T, and 3 T using multi-

echo spin echo (a) and multi-echo gradient echo (b) sequences.

Table 3.5 Mean of the experimental transverse relaxation rates (R, R,") and cellular transverse
relaxation enhancements (AR, AR,) for samples containing various concentrations (N > 1 cells /

Ulge) of SPIO labeled cells as compared to unlabeled control samples (N = 0).

* *

N R, R, AR, AR,
[ul'] [s] [s7] [s] [s]
02T 15T 30T 02T 15T 30T 02T 15T 30T 02T 15T 30T
0 41 41 42 42 42 43 - - - - - -

1 46 50 5.1 6.1 7.0 7.1 0.5 0.9 0.9 1.9 2.8 2.8
5 50 52 54 8.1 94 9.8 0.9 1.1 1.2 3.9 52 5.5
10 58 64 6.6 10,6 128 133 1.7 23 24 6.4 8.6 9.0
20 74 82 84 149 18.6 19.2 33 4.1 4.2 10.7 144 149
40 9.7 11.1 114 247 317 325 5.6 7.0 7.2 205 275 282
80 154 185 19.0 47.0 61.6 63.7 113 144 148 428 574 594

For all field strengths and all cell concentrations examined the values of AR, were higher
than those of AR,. Fig. 3.13 displays a linear relationship between AR, respectively AR,"
and the cell concentration. This linearity was found for all field strengths examined. In the
spin echo case the calculated cellular relaxivities (i.e., d(AR,) / dN) were 0.12 s™/(cell/pl) at
0.2 T,0.16 s'l/(cell/pl) at 1.5 T, and 0.17 s'l/(cell/pl) at 3 T. In the gradient echo case the
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cellular relaxivities (i.e., d(ARz*) / dN) were 0.51 s™/(cell/ul) at 0.2 T, 0.69 s/(cell/ul) at 1.5
T, and 0.71 s™'/(cell/ul) at 3 T.

AR, [s7]

B | i i
0 10 20 40
N ]

Figure 3.13 Plots of the mean + standard deviation of cellular relaxation enhancements AR, and

AR’ for various cell concentrations, magnetic field strengths, and sequence types (a: spin echo, SE;
b: gradient echo, GRE).
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3.5 Interpretation of the results

3.5.1 Relaxivity of gadolinium contrast agents in human blood

plasma

The present study revealed significant differences between Gd-BOPTA, Gd-DTPA and Gd-
BT-DO3A in terms of their potential to enhance longitudinal and transverse relaxation in
human blood plasma at 37 °C. The relaxivity of conventional gadolinium based MR contrast
agents has been described previously as the slope of the linear regression relaxation rate
constants R; and R, versus concentration. Hence, the relaxivities have been considered
constant values [DeHa99]. The results of our study confirm that the relaxation behavior of
Gd-DTPA, Gd-BT-DO3A, and Gd-BOPTA follow this concept within the range of
concentrations up to and including 1 mM. The measured data are in reasonable agreement
with findings from previous studies [DeHa99, Roh05]. Remaining differences of the data can
be most likely attributed to inaccuracies of concentration determination and / or species-
dependent influences of the blood plasma samples. Furthermore, the data are in consensus
with data published previously by Laurent et al. [Lau06], who investigated temperature,
concentration and field strength dependencies of the relaxivities of clinical low molecular

weight Gd contrast agents.

In the case of Gd-BOPTA, the longitudinal and transverse relaxation and derived relaxivities
are not linearly dependent on concentration because of weak, transient interactions of this
chelate with serum proteins [Cav97, VanO1]. Recently, a dependence of the relaxation rate of
Gd-BOPTA on the concentration of human serum albumin has been demonstrated [Gie06].
In the present study any potential effects of varying albumin content in the samples was
minimized by the use of a single pooled sample of blood plasma, drawn from just two

individuals. Aliquots from this single bulk sample were used for all MR measurements.

It has been shown previously that the bound fraction of Gd-BOPTA has significantly
stronger relaxation effects than the unbound fraction due to the larger size and resulting
longer rotational correlation time of the molecule [Port05]. Although the precise mechanism

has still to be elucidated, it is clear that the ratio of bound to unbound Gd-BOPTA at any



given moment is concentration dependent. Thus, as the number of protein molecules in
blood plasma is limited, the protein — contrast agent interaction becomes saturated at very

high concentrations of Gd-BOPTA.

Although previous reports have cited values for R; and R, relaxation rates for Gd-BOPTA
[DeHa99], the manner in which these values have been determined has varied considerably
and no attempts have been made to address possible issues of concentration dependency. In
this study a linear relationship between relaxation rate and concentration of contrast agent
was demonstrated at three magnetic field strengths for all three contrast agents for eight
concentrations over the range between 0.01 and 1.0 mmol/L. Because the relaxation rates in
our study were determined over the range of physiologically-relevant contrast agent
concentrations for which a linear dependence of relaxation rate on concentration was
demonstrated, the calculated values for relaxivity are realistic for these three contrast agents.
Conversely, since the relationship between relaxation rate and concentration is non-linear for
higher concentrations of protein-interacting contrast agents it is not possible to define a
single relaxivity value that is valid for these higher concentrations. Similar results have been
reported by Laurent et al. [Lau06]. Thus, the relevant parameter to define the magnitude of

contrast enhancement is relaxation rate rather than relaxivity.

At 0.2 Tesla the R,/ R; ratios are approximately 2 for all contrast agents at concentrations
below 1 mM. For Gd-DTPA and Gd-BT-DO3A this ratio was similar also at higher field
strengths of 1.5 T and 3 T, because both the longitudinal and transverse relaxation rates
decrease roughly simultaneously at higher field strengths. Conversely, whereas the
longitudinal relaxation rate of Gd-BOPTA shows very strong dependence on the field
strength, the transverse relaxation shows only minimal dependence. Therefore, the R, / R;
ratio increases for Gd-BOPTA at higher field strengths up to values near 3.5 at a
concentration of 1 mM. This feature should therefore be considered in the choice of
sequence for clinical applications: very short echo times should be selected in order to avoid
undesired signal loss due to transverse relaxation in regions with high concentration of
contrast agent. Although the other contrast agents examined are less demanding in this
respect, modern MR scanners usually offer fast three-dimensional angiographic gradient

echo sequences with very short echo times of less than 2-3 milliseconds.
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3.5.2 Relaxivity of iron oxide labeled human melanoma cells

In order to optimize the sensitivity and specificity of MRI to detect SPIO labeled cells under
in vivo conditions, the analysis of fundamental parameters that affect the observable MR
signal in the presence of labeled cells is of crucial importance. In the current work the most
relevant variables like cell concentration and magnetic field strength as well as MR sequence
type and sequence parameters have been scrutinized. Various concentrations of
homogeneously suspended SH U 555A labeled SK-Mel28 human melanoma cells have been
studied in terms of cellular transverse relaxation enhancement in both spin echo and gradient
echo sequences for different magnetic field strengths. Such a systematic study is helpful in
order to understand the source of image contrast in tissues with an almost uniform

distribution of labeled cells.

In contrast, concentration effects have usually been studied for huge cellular aggregations by
measuring the SPIO induced signal voids so far. However, the strong magnetic field
distortions caused by high local SPIO concentrations led to signal voids that are far larger
than the size of the labeled area (see chapter 5). This prevents for a clear discrimination
between the contributions of the cell concentration and the extension of the labeled area to
the observable signal void in MR images. The area of signal void depends solely on the local
total magnetic moment. Hence, identical image signal voids might be attributed to either
high local cell concentration or the same amount of cells distributed over a larger area. Using
a sample preparation technique as described in the current work, only concentration effects
rather than the spatial distribution of labeled cells contributed to the observed signal decay.

This allowed studying concentration effects in isolation.

A linear relationship between the cellular relaxation enhancements AR, and ARz* and cell
concentration was found. This can be related to the numerical results of Fisel et al. [Fis91] as
well as Hardy and Henkelman [Har89], who investigated the changes in MR signal caused
by increasing volume fractions of magnetic dipoles. It is anticipated that SPIO loaded cells
behave as magnetic dipoles, since the magnetic field created by any SPIO loaded cell is
sensitive to its shape and intracellular distribution of magnetic moments only in close
proximity to the cell (see chapter 4). In the present experiments the total volume fraction of

SPIO labeled cells (i.e., << 1 % for N = 80 cells / ply1) was small as compared to the size of



the MRI voxel (i.e., 1 pl). Thus, the majority of water molecules that contributed to the
signal decay experienced only the magnetic dipole field outside the SPIO labeled cells.

For all field strengths examined the gradient echo transverse cellular relaxivities were higher
as compared to the spin echo transverse cellular relaxivities. For a certain concentration of
labeled cells, the enhancements in gradient echo R,* are superior to the enhancements in
spin echo R,, and gradient echo sequences are anticipated to be more sensitive to SPIO
loaded cells than the spin echo sequences. The enhanced R, relaxation with increasing SPIO
concentration was primarily due to increasing magnetic field inhomogeneities. In contrast,
enhancement of the R, relaxation with increasing SPIO concentration is expected to be
caused by diffusion of spins through these magnetic field inhomogeneities. Non-linear
saturation effects of the cellular relaxation rate—concentration relationship were not found
within the range of SPIO concentrations investigated. However, at higher concentrations and

higher cell magnetizations, a saturation effect might be possible [Roch99].

In the current work the cellular transverse relaxation enhancement was measured for various
concentrations of SPIO loaded cells. It should be noted that cellular relaxivity data cannot be
adequately compared to the common relaxivity values obtained from measurements in liquid
solutions. Furthermore, as reported by Simon et al. [Sim06], free extracellular ferumoxtran-
10 ultrasmall superparamagnetic iron oxide (USPIO) particles have shown a higher R,
relaxivity as opposed to intracellular compartmentalized USPIO. These findings might be
explained with regard to the numerical simulations described in chapter 4. These
demonstrate faster static MR signal decay in case of uniformly distributed magnetic dipoles
(e.g., SPIO in liquid solution) as compared to compartmentalized magnetic dipoles (e.g.,

SPIO ingested in cells).

The marginal increases in spin echo and gradient echo cellular transverse relaxivity observed
at 3 T as compared to 1.5 T are thought to be due to saturation effects of the SPIO
magnetization. The magnetization saturation for magnetic fields beyond 1.5 T implies that
higher field strengths will not necessarily cause more intense magnetic field inhomogeneities
and higher susceptibility contrast. For example, Falkenhausen et al. [Falk05] reported that
SH U 555A enhanced MR liver imaging at 3 T in comparison to 1.5 T did not result in an
increase in contrast between liver and liver lesions. Moreover, Simon et al. [Sim06] found

the transverse relaxivity of USPIO to be only moderately higher at 3 T compared to 1.5 T.
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In order to optimize the MR sensitivity to quantify effects of magnetically labeled cells, well
suited tissue specific models can be derived on the basis of the proposed quantification. The
magnetic field distributions and the relaxation rate constants on a microscopic scale under in
vivo conditions are anticipated to be different from those of the homogeneous agar gel
phantom. However, since the underlying physical principles are identical for both situations,
the quantitative assessment of the spin echo as well as the gradient echo cellular transverse
relaxivity in dependence on the concentration of SPIO loaded cells under in vivo conditions
is possible. The results reported herein should be transferable to other cell types, as the
physics describing cellular relaxation enhancement is indifferent to cell type. In conclusion,
the proposed preparation technique is a simple and reliable approach to quantify effects of

magnetically labeled cells.
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Chapter 4

Microscopic intra- and extracellular

magnetic field inhomogeneities

4.1 Physical and biological background

Cells loaded with superparamagnetic iron oxide (SPIO) cause relatively strong magnetic field
distortions, implying that magnetic field superposition effects of neighboring SPIO loaded
cells must be accounted for. Thus, magnetically labeled cells cause complex intravoxel mag-
netic field distributions. However, a coherent understanding of the various effects of labeled
cells on the resonance frequency distribution and the MR signal decay has not been achieved

so far.

In the current study, the magnetic field perturbations due to magnetically labeled cells were
studied using a three-dimensional (3d) numerical model. The effects of the intracellular dis-
tribution of magnetic moments on the resulting extracellular magnetic field were scrutinized.
Various geometries including the homogeneous intracellular SPIO distribution, the allocation
of SPIO within magnetic subcompartments, and the attachment of SPIO to the cell’s surface
were considered. The magnetic field distortions, the intravoxel resonance frequency distribu-

tion, and the MR signal decay were computed in all of these cases.
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START

INPUT

- number of magnetic dipoles in the
‘dipole containing space®

- radius and magnetization of the dipoles
- 3d dipole distribution

- external field direction (parallel to z-axis)

use dipole formula to compute the field component 8B,
of each magnetic dipole with respect to z-axis

summation over all magnetic dipoles

use Larmor equation to compute the 3d frequency
distribution

OUTPUT
3d frequency distribution

END

Figure 4.1 Program flow chart used for the computation of the 3d magnetic field and frequency dis-
tribution in presence of magnetic dipoles. Computing the frequency at each location demanded sum-

mation over the contributions from all magnetic dipoles.

The question how the spatial distribution of SPIO labeled cells affects the magnetic field dis-
tribution is still an open one. This study was aimed at a deeper understanding of how the spa-
tial distribution of SPIO loaded cells affects the resonance frequency distribution and hence
the MR signal. Different spatial distributions of magnetically labeled cells might be attributed
to well-defined physiologic and pathologic processes as well as to differences in the individ-

ual migration behavior of cells after transplantation or injection.

This fact is of critical importance for the in vivo quantification of SPIO loaded cells since in
tissues with different spatial distributions of identical SPIO concentrations different signal
decays might be observed. Magnetically labeled cells were treated as magnetic dipoles in a

homogeneous external magnetic field and the effect of spatial distribution of magnetic dipoles
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on the Larmor frequency distribution and the related MR signal decay was investigated. The

simulations were performed under the conditions of the static dephasing regime.

In addition, microscopic field variations related to cell division have been addressed. The low
toxicity of SPIO nanoparticles allows for cellular iron loads up to 100 pg Fe / cell without
significant adverse side effects on the cell viability [DeVr05, Bow02, Metz04]. Furthermore,
the effects of SPIO on cell proliferation and differentiation have been under investigation.
Himes et al. [Him04] have shown that embryonic stem cells loaded with SPIO compared to
unlabeled cells had similar viability and proliferation profiles for up to 14 days. Arbab et al.
[Arb05] have demonstrated that labeling cells with ferumoxides [Jung95] did not inhibit the
function nor differentiation capacity of hematopoitetic or mesenchymal stem cells. It is an-
ticipated that the spatial distribution of iron oxide loaded cells within the target tissue follow-
ing the transplantation of ex vivo labeled cells is affected by cell division. It is reasonable to
assume that the sharing of the parent cell’s SPIO load among an increasing number of daugh-

ter cells, due to cell division, affect the local magnetic field distribution.

4.2 3d numerical model

The field distribution in the presence of magnetic dipoles as placed in a homogeneous exter-
nal magnetic field was studied using a 3d numerical model. The program was written in C++
(Microsoft Visual C++). The model based on expertises derived from previous numerical
simulations [Bha92, Mue04, Mue05] and was adapted to compute the field distribution in the
presence of magnetically labeled cells [PintO6a]. All simulations were performed under static
conditions and the position of each computational unit was fixed with respect to the 3d vol-

ume grid. Diffusion effects of water molecules were not considered in the model.

The program flow chart developed is shown in Fig. 4.1. Within the model, varying numbers
of magnetic dipoles were assigned to a 3d volume grid, which was referred to as the ‘dipole
universe’ (i.e., the dipole containing space). For the calculation of the magnetic field distribu-
tion in the region-of-interest (ROI) as the center part of the ‘dipole universe’, the local mag-
netic field distortions originating from adjacent and surrounding volume elements must be

taken into account (Fig. 4.2).
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Figure 4.2 (a) Schematic representations of magnetic dipoles distributed in the “‘dipole universe’ (i.e.,
the dipole containing space). To avoid boundary effects in the computation of the 3d magnetic field
distribution within the region-of-interest (ROI), the field contributions of all magnetic dipoles in adja-
cent and surrounding volume elements were taken into account.

(b) The ROI consisted of a grid of identical computational units (‘water protons’). For each of the
computational units the magnetic field component was computed with respect to the external magnetic
field.

To prevent for the influence of boundary effects, which may arise if the magnetic fields from
adjacent voxels are not considered, the overall size of the dipole containing space was chosen
to 5XROI in each dimension (Cartesian coordinates X, y, z). The size of this ‘dipole universe’
was allowed to vary from 3xROI to 9xROI and subsequently no significant changes in the
computed frequency distribution within the ROI were found by letting this region be larger
than 5xXROI. To compute the field distribution due to ng magnetic dipoles within the ROI, for
the present simulation parameters, a number of 5*xnq4 dipoles had to be distributed throughout

the ‘dipole universe’.

The field perturbation 8B, of a magnetic dipole with respect to the axis of the external mag-

netic field (i.e., the z-axis) is given by the dipole formula [Sch96].

8Bz(r,(D):4_I:[—“fr3-(3-cosz(D—l) . 4.1)
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In this equation py, is the magnetic moment, r is the distance from the dipole center, and @ is
the angle with respect to the main magnetic field f%o =B, -¢,. This dipolar field is identical to

the field inhomogeneity outside (r > a) a spherical object, and dB, is given by [Sch96]

SBZ(r,(p)=%-(%j -(3-coszq)—1) . 4.2)

Here, ‘M’ is the difference in the bulk magnetization with respect to the surroundings and ‘a’
is the radius of the spherical object. A representative example of the magnetic dipole field is

given in Fig. 4.3 and Fig. 4.4.
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Figure 4.3 Magnetic dipole field around a magnetic sphere computed with respect to the external
homogeneous EO -field. (a, b) 3d plots of the magnitude of field distortion. The field is enhanced at the

poles (a) and diminished at the equator (b). Note that in (a) the magnetic field is enhanced for a

paramagnetic sphere. Minor simulation artefacts are visible in that region. (c) Cross section through

the 3d field distribution. (d) Field distortion along profiles parallel and perpendicular to ]§0.
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For computing the overall field distribution due to arbitrarily shaped magnetic material, the
induced field must be added to the homogeneous external magnetic field. However, to assess
the changes in the Larmor frequency distribution, only the magnitude of the additional field

caused by the magnetic dipoles is to be computed in the 3d volume grid.

For each computational unit in the ROI volume grid, the corresponding shift in the resonance

frequency 6v was calculated according the Larmor equation
dv=y-0B, (4.3)

with y the gyromagnetic ratio (y = 42.58 MHz / Tesla for 'H). Frequency histograms as the

sum over each voxel in the ROI were calculated and postprocessed in MatLab® (Version 6.5,

The Mathworks, Natick, MA, USA). Lorentzian functions (variance o3°) according to

p(SV)Lorentz = 1 |:G—B:| (44)

_ 2
T |G, +ov’

were fitted to the calculated frequency histograms using a least square algorithm.

For practical reasons the transverse relaxation resulting from the spin-spin interactions was
not modelled. The aim of this numerical model was to investigate the signal dephasing due to
the magnetic field inhomogeneities for various spatial distributions of magnetic dipoles re-

spectively magnetic spheres.

In MRI each tissue is characterized by the distribution of dephasing frequencies p(w). The

signal obtained from within a voxel is
S(t)= J.p(co)-[Mx(m)+i-My(co)]'eimtdco. 4.5)

For a gradient echo sequence such as FLASH (Fast Low Angle SHot), the response profile

Mx(m)+i-My((o) is a constant [ZieO5b] in absence of transverse relaxation and the free in-

duction signal decay (FID) of the signal S(t) is the Fourier transform of the frequency distri-
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bution (for appropriate long T,). To assess the FID, the frequency histograms were trans-
formed using a discrete Fourier transformation with 2'? = 4096 equally spaced data points in
the range of -425.8 Hz < dv < +425.8 Hz. Monoexponential functions were fitted to the calcu-
lated FID. This work focuses on the form of the distribution p(®) due to different types of

spatial distribution of magnetically labeled cells.

a o= 0° b=10°
+
| %
By &4
b
;}l
w0
o
;N
W

distance along profile distance along profile distance along profile

Figure 4.4 (a) Orientation of two magnetic dipoles with respect to the external homogeneous Bo-field.
(b) The magnetic field inhomogeneities along the interdipolar vector between the centers of the two
magnetic dipoles are displayed. The ‘dipole-dipole coupling’ along the interdipolar vector vanishes
for the “‘magic angle’ (@ =54.7 °).
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4.3 Materials and methods
4.3.1 Magnetic field distortion around magnetically labeled cells

General considerations

The magnetic susceptibility is a measure for the magnetization M of an object in presence of a

magnetic field. Cells labeled with SPIO induce intense magnetic field inhomogeneity effects.

The ,effective magnetization’ M of a labeled cell is given by the entirety of the magnetic
moments of the SPIO particles used for labeling this cell. Assuming the SPIO particles to in-
duce field distortions comparable to those of magnetic dipoles, the magnitude of the ‘mag-

netic moment’ of the dipole pp, is given by
p, cM-a’. (4.6)

Here ‘M’ is the magnetization of the particle and ‘a’ is its radius. For n magnetic particles the

‘total magnetic moment’ P, is
P =n-p_ocn-M-a’. (4.7)

Assuming a spherical cell containing a number of n magnetic dipoles (i.e., Py, is assigned to

that cell), the total magnetic moment of the cell is
P acM-3°. (4.8)

Here a is the ,effective radius’ of the cell and M is its ,effective magnetization’. The com-
bination of equations (4.7) and (4.8) yields an expression for the effective magnetization of

the magnetically labeled cell.

l\N/Izn-M-(iJ . (4.9)

63



The present approach allows studying the effect of the intracellular iron oxide particle distri-
bution on the extracellular magnetic field. The ,total magnetic moment’ Py, of the labeled cell

is regarded as a constant.

Geometries of magnetic material inside cells

Various geometries including the homogeneous intracellular magnetic particle distribution,
the allocation of magnetic particles in magnetic subcompartments, and the attachment of par-
ticles to the cell’s surface (e.g., due to receptor-mediated labeling) were modelled. The SPIO
particles were treated as magnetic dipoles. These were confined to a sphere with radius a
(i.e., the cell) and arranged according to well-defined geometries, which reflected the cell la-
belling characteristics. The geometrical considerations used to model these effects are sum-

marized in Table 4.1 below.

Table 4.1 Magnetic dipole characteristics considered for the simulation of the extracellular magnetic
field around cells labeled with magnetic nanoparticles. Radius and magnetization of the particles are
given in units of an ‘effective radiusa ’ and an ‘effective magnetization M *. This are the radius and

the magnetization, respectively, of a magnetic reference sphere with the same total magnetic moment.

For all dipole geometries simulated, the total magnetic moment P, was constant, to

readP.ocn-M-a’=M-a°.

magnetic particles

cell label characteristics model number radius magnetization
n a M
a) intracellular particle regular distribution of mag- 52 1/8a 985M
distribution netic particles
12 /4 a 5.33M
b) magnetic particles ag- magnetic particle assigned 1 1/4 & 64 M
gregated to magnetic sub- to the sphere’s center
compartments 1 12 3 &M
c) particles at the cell’s distribution of magnetic 20 18 & 25.6 M
surface particles on the sphere’s
surface
d) magnetic reference sphere 1 a M
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The numerical model, as described above, was applied. The volume grid consisted of
100x100x1 computational units. The direction of the plane-of-view was parallel to EO. The
simulation parameters radius and magnetization assigned to the magnetic particles are given

in units of @andM , respectively, in Table 4.1. The total magnetic moment of the ‘labeled
cell” was treated as a fixed quantity: The total magnetic moment was constant for all dipole
geometries simulated. Furthermore, the magnetic field around a magnetic sphere with the

same magnetic moment was computed. This reference sphere had radius a2 and magnetiza-

tion M .

Relative field difference

The magnetic field distribution computed for specific particle geometries was compared to the
magnetic field due to a magnetic reference sphere with the same total magnetic moment. The

‘relative field differences A’ in the respective field distributions were evaluated on a voxel-by-

voxel basis.

sphere particles
. 5B, 3B,

‘BB particles (4 1 0)

Here 8B, ™™™ and 8B, are the magnetic field distortions around a magnetic sphere and

around well-defined geometries of magnetic particles, respectively.

4.3.2 Spatial distribution of magnetic material

Random distribution of magnetic dipoles

The 3d frequency distribution was studied for various spatial distributions of magnetic di-
poles. For all simulations the 3d volume grid in the ROI was chosen to 100x100x100 = 10°
equally sized computational units. The “dipole universe” consisted of 5°x10° computational
units. For all simulations the volume fraction (total volume of magnetic dipoles / 3d volume)
was kept constant at 0.01 %. The magnetization M specifies the volume density of magnetic

moments and was 2 mT.
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. magnetically labeled cell

tic sph
O magnetic sphere MR voxel

Figure 4.5 The distribution of magnetically labeled cells within an imaging voxel. The cells may be
uniformly distributed or may aggregate to cell clusters. The degree of cell aggregation increases from
(a) to (d). Uniformly distributed cells are shown in (a), whereas all cells are aggregated within a cell
cluster in (d). Variations in the intravoxel magnetic field distributions related to the formation of ag-
gregations of magnetically labeled cells were studied. Aggregations of labeled cells were considered

as magnetic spheres with varying number and volume, but constant magnetization.

The frequency distribution caused by a varying number, but a constant volume fraction of
magnetic dipoles, was analyzed (Fig. 4.5). The number of magnetic dipoles in the ROI was
varied from ng = 1 to ng = 65,536 in logarithmic steps. For a single magnetic dipole (ng = 1)
the radius was a(ng = 1) = 2.8 computational units. Maintaining the constancy of volume frac-

tion, for an increasing number of magnetic dipoles, the radius a(nq) was given according to

4.11)

)=
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The dipoles were distributed randomly throughout the 3d volume grid using a suitable subrou-
tine created by Press et al. [Pre92] to generate random numbers with uniform distribution. The
initialization of the random number generator was varied using different initial values, and no

significant changes in the computed frequency distribution were found.

Effects of cell division

Assume that cells (supposed to be a sphere) with a magnetic moment p,, were injected for
therapy. The magnetic moment of each ‘parent cell’ is given according to eq. (4.6). If cell
division occurs, in the first generation this leads to two identical daughter cells (radius aq)
with half the SPIO load per cell. It is assumed that equal shares of SPIO are allocated to the
daughter cells. Thus, due to cell division, a constant magnetic moment py, of the parent cell is

allocated to an increasing number of daughter cells.

The initial point is a single parent cell. For the N generation, the number of identical daugh-
ter cells is 2" and the magnetization M(N) of each daughter cell is M(N) = M, / 2", where M
is the parent cell’s magnetization. This concept is illustrated in Fig. 4.6, along with experi-

mental data demonstrating the proliferation of iron-oxide labeled cells in vitro.

1000 : : : : 155 : : ‘ : . 15

500

n'n
[
cells /ml

0 2 4 6 8 10
daughter cell generation N days

Figure 4.6 (a) Theoretical increase in cell number n/ny due to cell proliferation. For iron oxide loaded
cells: the higher the generation of daughter cells, the less the iron load per cell and, as the result of
this, the less the cell’s magnetization M/My. (b) Proliferation profile of KG-1a cells labeled with iron
oxide nanoparticles (SHU 555A). The average iron label per cell was determined by means of pho-

tometry.
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In order to model magnetic field inhomogeneity effects related to cell division the 3d mag-
netic field distribution was studied for various spatial distributions of magnetic dipoles, which
were treated as iron oxide labeled parent cells and labeled daughter cells. The dipoles were
distributed randomly throughout the 3d volume grid. For all simulations the 3d volume grid in
the ROI was chosen to 100x100x100 = 10° equally sized computational units. The radius of

each magnetic sphere (i.e., parent cell, daughter cells) was 3.0 computational units.

The magnetization M, of the mother cell was My = 3 mT. The simulations were performed up
to and including the 6 generation of ‘daughter cells’ and concentrations of n =1, 2, 4, §, 16,
32, and 64 magnetic dipoles per ROI were studied. The magnetic sphere’s magnetization was

adapted accordingly for each generation of daughter cells under investigation.

4.4 Numerical simulations

4.4.1 Magnetic dipole field

The magnetic dipole field distribution is displayed in Fig. 4.3 and Fig. 4.4. In dependence on
the orientation of the point of view with respect to ]§0, this dipolar field induces both areas in

which the external homogeneous magnetic field is diminished (i.e., the equator) and areas in

which it is enhanced (i.e., the poles).

4.4.2 Magnetic field distortion around magnetically labeled cells

The magnetic field distortions simulated for specific geometries of magnetic particles are de-
picted in Fig. 4.7. The magnetic field around a magnetic sphere with the same total magnetic
moment is also shown. Within the spherical arrangement of particles considered (r <@ ), dif-
ferences in the magnetic field distortions were found. Outside the cell (r > ), the field distor-

tion was that of a single magnetic dipole.

The induced magnetic fields were compared to the magnetic field around a spherical particle
with the same magnetic moment. The relative field difference A was a function of the distance

with respect to the dipole geometry with radiusa and converged towards zero for increasing
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distances. The values of 8B, as well as of A were evaluated in the plane-of-view for directions
parallel and perpendicular to the vector of the main magnetic field ]§0. Close to the particle
geometries (r >a ) the field difference was A < 0, and the magnitude of the magnetic field

distortion ‘SB pailes for the

was higher than those of the magnetic reference sphere‘Sstthere

same distance.

The distances d from the cell surface for which the magnitude of the relative field difference

was found to A =25 %, A =10 %, and A =5 %, respectively, are given in Table 4.2 for orien-
tations parallel and perpendicular to the vector f%o. The distances are specified in units of cell

radiusa . At the same distance to the cell, the highest values of field difference A were found

for magnetic particles located at the cell’s surface.

Table 4.2 Distances d from the cell surface for which the magnitude of the relative field difference was

found to A4 =25 %, A= 10 %, and 4 = 5 %. The distances are specified in units of cell radiusa .

parallel B, perpendicular By
model L dA25%)  d(A=10%)  d(A=5%) | d(A=25%)  d(A=10%)  d(A=5%)
o A) 3] (a1 i [&] 3] 3]
a L 07 1.7 28 07 1.7 2.8
a L 07 1.7 28 107 1.7 2.8
by 03 A=0ford>0.3 | A=0ford>0
b, L 03 A=0ford>03 | A=0ford>0
c ! 1.1 23 39 107 2.1 3.8

The frequency distributions p(v) computed in the plane-of-view and the static signal decay
curves are shown in Fig. 4.8. For all dipole geometries no significant differences in the com-
puted frequency distributions were found for the chosen simulation conditions and modelling
parameters. However, non-Lorentzian frequency distributions were revealed. Thus, the calcu-

lated signal decay curves showed non-monoexponential characteristics.
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Figure 4.7 Magnetic field distributions computed for various geometries of magnetic particles. The
magnetic field is displayed color-encoded and is evaluated for directions parallel and perpendicular

to the vector of the main magnetic field I§0. The computed magnetic field was compared to the field

induced by a magnetic reference sphere with the same magnetic moment. The ‘relative field differ-

ences’ were evaluated on a voxel-by-voxel basis.
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Figure 4.8 (a) Frequency distributions p(v) of resonance frequencies v in the plane-of-view. (b) The

respective static signal decay curves were obtained by Fourier transforming p(v).

443 Effect of spatial distribution of magnetic material

The frequency distributions computed for a constant volume fraction of magnetic material,
but for an increasing number of randomly distributed magnetic dipoles are given in Fig. 4.9a.
Note that representative examples of the computed frequency distribution and the calculated
signal decay are shown. For a small number of cell clusters (ng < 64), the calculated frequency
distribution was neither symmetrical with respect to 6v = 0 nor Lorentzian distributed. Fur-

thermore, the maximum of frequency distribution was shifted towards positive frequencies.

The related signal decay curves are displayed in Fig. 4.9b. Fourier transforming these fre-
quency distributions led to non-monoexponential signal decay curves for ng < 64. In increas-
ing the number of dipoles, two observations were made: Firstly, a spectral broadening and
hence faster signal decay, and secondly, a more symmetrical frequency distribution, which
was found to be Lorentzian distributed with respect to dv = 0 Hz. In that case, monoexponen-

tial signal decay was found.
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Figure 4.9 (a) Spectral distribution of resonance frequencies, computed for a constant volume frac-

tion (0.01 %) of magnetic material but a different number ny of magnetic dipoles, which were distrib-

uted randomly throughout the ‘simulation universe’. (b) Related signal decay curves. Lorentzian func-

tions were fitted to the computed frequency distributions, whereas monoexponential functions were

fitted to the calculated signal decays. Highly clustered magnetic dipoles (magnetically labeled cells)

caused non-Lorentzian frequency distributions. This resulted in non-monoexponential signal decay.

In addition, the division of magnetically labeled cells was simulated and the changes in the

magnetic field distribution were pointed out. The 3d frequency distribution computed for in-

creasing concentrations of daughter cells (i.e., less magnetized dipoles) is given in Fig. 4.10,

together with the respective signal decay curves.

Representative examples (cell number n = 1, 4, 16, and 64) of the frequency distribution and

the static signal decay are depicted. In increasing the number of magnetic dipoles and sharing

a constant total magnetic moment among these dipoles, two main observations were made:

Firstly, a spectral broadening and hence faster signal decay, and secondly, the tendency to-

wards Lorentzian frequency distribution and monoexponential signal decay.
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Figure 4.10 Effects on frequency distribution and static signal decay corresponding to the division of

magnetically labeled cells. Within the model, due to cell division, the magnetic moment p, of the par-

ent cell (n =1) is allocated to an increasing number n of identical but less magnetized daughter cells.

(a) cross section through the magnetic field distribution in the ROI, (b) resonance frequency distribu-

tion, (c) static signal decay.
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4.5 Interpretation of the results

4.5.1 Magnetic field distortion around magnetically labeled cells

The key finding was that the magnetic field distortion created by any SPIO loaded cell is sen-
sitive to its shape and intracellular distribution of magnetic moments only in close proximity
to the cell. It was demonstrated that outside this region the magnetic field cannot be distin-
guished from the field inhomogeneities created by a spherical particle with the same total
magnetic moment. This magnetic moment depends on the number of intracellular SPIO parti-
cles, whereas the cell’s ‘effective magnetization’ accounts for the density of the particles per
volume of cell. Saturation effects of the SPIO magnetization at clinically field strengths

should be taken into consideration [Kal00].

Under the conditions of the static dephasing regime, the signal obtained from within an imag-
ing voxel is affected by the intravoxel magnetic field distribution and the respective distribu-
tion p(v) of resonance frequencies. Several approaches to calculate transverse relaxation for
certain p(v) characteristics have been developed [Bow02, Yab94, Zie05a, Zie05b, Bau99,
Kis99]. Ziener et al. [Zie05a] investigated transverse relaxation of a cell labeled with mag-
netic nanoparticles by taking into account the magnetic dipole field around the labeled cell,
which was treated as a magnetic sphere. In the present study, several geometries of intracellu-
lar distribution of magnetic moments were studied and their effects on the extracellular mag-
netic field inhomogeneities were scrutinized. As based on the findings of this study, it is an-
ticipated that the field distortions caused by magnetic spheres characterize the magnetic field
around iron oxide loaded cells precisely, providing the volume fraction of labeled cells per

imaging voxel is sufficiently small.

No significant differences in the frequency distribution p(v) computed in the plane-of-view
were found. For all dipole geometries, non-Lorentzian probability distributions p(v) were re-
vealed. Furthermore, the simulation of p(v) was in good agreement with the results of Cheng
et al. [Che01] and Seppenwoolde et al. [Sep05], who reported the spectral characteristics due
to various spatial distributions of magnetic susceptibility including spherical magnetic ob-
jects. As a result of the non-Lorentzian frequency distribution, the calculated static signal de-

cay was non-monoexponential.
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In practice, cells are labeled with a very large number of SPIO particles (up to 10° in each
cell). For moderate iron loads, no adverse side effects to the labeled cell population have been
reported so far. In the current study, such high numbers of particles were not taken into ac-
count. This was no major limitation since it was revealed that far from the labeled cell, where
the magnetic field inhomogeneity effects are most effective, the magnetic field distribution is
determined by the cell’s ‘effective magnetic moment’ rather than the number of particles that

carry this moment.

It was demonstrated further that in case of small volume fractions of labeled cells per imaging
voxel the majority of tissue molecules will experience only the magnetic dipole field outside
the SPIO labeled cell. This assumption is anticipated to be valid for iron loaded liver Kupffer
cells, which comprise only about 2-4 % of the mass of the liver [Har89]. For higher volume
fractions of labeled cells this assumption is less certain, and the magnetic field distribution
and the respective MR signal formation are likely a function of the intracellular SPIO distri-
bution. For example, assuming an isotropic imaging voxel of 0.1 mm side length, a single
labeled cell (diameter 50 um) occupies 6.5 % of the volume of this voxel. It is reasonable to
assume, that for higher volume fractions of labeled cells, the intravoxel field and frequency
distributions are more complex as compared to a magnetic sphere and strongly depend on the

intracellular SPIO distribution.

4.5.2 Effect of spatial distribution of magnetic material

Under static dephasing conditions, the gradient echo signal decay reflects the local frequency
distribution. In the present work, the effect of the spatial distribution of magnetic material on
the Larmor frequency distribution was studied. The field superposition effects of neighboring
dipoles were taken into account. The key finding of the study was that the spatial distribution
of magnetic material such as magnetically labeled cells is an important factor that determines

the resonance frequency distribution and the static MR signal decay.

As discussed above, the magnetic dipole field has shown to be an appropriate model for the
field distortion around SPIO loaded cells. While the actual field close to the cell will certainly
be very different from that of a magnetic dipole, far from the cell where the field inhomogene-
ity effects are most effective, the field distribution will closely resemble that of a magnetic

dipole.
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Diffusion effects were neglected and only the static frequency distribution was computed.
This was supposed to be a reasonable approach as the large magnetic moment of SPIO loaded
cells produces a strong enough dipolar field around the cell such that spin diffusion has a
minimal effect on the MR signal decay. In fact, Bowen et al. [Bow02] have found SPIO
loaded cells to satisfy the predictions of the static dephasing regime developed by Yablonskiy
and Haacke [Yab94]. However, even for SPIO loaded cells, spin diffusion cannot always be
neglected [Gil02]. If R is the cell radius (supposed to be a sphere) diffusion is negligible only
if the diffusion time, i.e. R¥D, is larger than 0.81 / (y-M) in Gaussian units, with y the proton
gyromagnetic ratio and M the cells magnetization. It is reasonable to assume, that this ine-
quality could be satisfied for highly magnetized cells [Bow02], but could also be dissatisfied

for extremely weakly magnetized cells.

The strong dependence of the frequency distribution on the spatial distribution of magnetic
dipoles is likely to be of critical importance in optimizing and interpreting the results of iron-
oxide contrast agents targeted to cells such as liver Kupffer cells [Wang01]. In fact, deviation
from monoexponential signal decay in liver tissue has been observed following the intrave-
nous injection of iron oxide nanoparticles, which turned into faster and monoexponential sig-
nal decay post injection. Briley-Saebo et al. [Bri04] have shown that iron oxide nanoparticles
were taken up in liver Kupffer cells following injection, whereas liver hepatocytes did not
take up the injected iron oxide particles. In the same study, light-microscopic studies did,
however, indicate an increased iron load, presumably as ferritin/hemosiderin (i.e., liver iron
storage proteins) within the hepatocytes 24 h post injection. Moreover, non-monoexponential
signal decay has been observed in patients with liver iron overload; with the excess iron pri-

marily accumulated in liver Kupffer cells [Jen02].

According to the histological findings and the results of the present work, one can suppose
that the non-monoexponential signal decay observed in liver tissue following SPIO injection
and iron overload, respectively, is likely to be associated with iron clustering in the liver
Kupffer cells. However, using tissue compartment models, as predicted by Bulte et al.
[Bul97] and investigated in vitro by Tanimoto et al. [Tan01], these observations cannot be
explained satisfactorily. Thomsen et al. [Thom92] found that the relative amplitudes of the
two terms of a bi-exponential fit varied significantly with the iron concentration, implying

that the terms cannot be clearly associated with specific tissue structures. This is a major ar-
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gument against the explanation of non-monoexponential signal decay in the iron loaded liver

using tissue compartment models.

In the present work it was demonstrated numerically that this non-monoexponential signal
decay is likely to be a direct consequence of the magnetic dipole clusters in presence of the
SPIO accumulation within liver Kupffer cells and the associated strong magnetic field inho-

mogeneities.

Stem cells have shown to maintain their proliferation capacity and differentiation outcome
even after labeling with iron oxide nanoparticles (10 — 30 pg Fe / cell) [Arb05]. Assume that
labeled cells with a specific iron load were injected for therapy. If we want to track these cells
and cell division occurs, in the first generation, we would have twice the cells (daughter cells)
with half the SPIO load per cell (mother cell). In the current study the changes in the Larmor
frequency distribution and signal decay characteristics due to division of iron loaded cells
were scrutinized using a numerical model. Cell division was modelled by sharing a constant
magnetic moment (mother cell) among an increasing number of less magnetized magnetic
dipoles (daughter cells). As based on the numerical results, the possible outcomes of cell divi-
sion are likely a local alteration in the magnetic field distribution and the corresponding tran-
sition from non-monoexponential to monoexponential signal decay, while the signal decay is

accelerated.
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Chapter 5

Macroscopic extracellular magnetic

field inhomogeneities

5.1 Physical and biological background

Cellular imaging by means of Magnetic Resonance Imaging (MRI) has become very attrac-
tive since it provides anatomical, functional, and biochemical information as well as excellent
image quality. Due to its limited spatial resolution, MRI is in fact not capable of visualizing
single cells. However, cells labeled with superparamagnetic iron oxide (SPIO) particles cause
intense magnetic field distortions over fairly large distances. Thus, SPIO labeled cells become
detectable due to their significant effects on MRI signal dephasing induced in water mole-

cules near the cells [Yab94, Zie0O5a].

The ability of MRI to visualize aggregations of thousands to millions SPIO labeled cells has
attracted much attention in the past few years [Dal03, Him04, Hoe02, Jen03]. Aggregations of
cells labeled with SPIO are reflected either as low-intensity signal spots or signal voids, par-
ticularly in Tz*-weighted gradient echo MRI. It is important to know that localized MR signal
loss can be also attributed to tissue-specific magnetic field inhomogeneities, mimicing the
appearance of labeled cells under in vivo conditions. In order to separate both effects, it is of
critical importance to understand the physical basis as well as the effects of sequence parame-
ters on the signal voids in MRI induced by aggregations of magnetically labeled cells.
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The aim of the current work was to achieve a profound understanding of signal voids in static
dephasing MRI caused by spherical aggregations of SPIO loaded cells by means of numerical
simulations and MR measurements. A preparation technique for the ex vivo examination of
SPIO containing solutions and SPIO labeled cells was developed. The effects of fundamental
variables on the signal dephasing close to cell cluster were investigated systematically:
Firstly, variables attributed to the aggregation of SPIO labeled cells including their spatial
distribution and the concentration of labeled cells as well as the iron label per cell were stud-
ied. Secondly, geometry and extension of the image signal voids were examined in depend-

ence on elementary sequence parameters including echo time, voxel size, and orientation of
the plane of view (i.e., the image orientation) with respect to the main field BO. The first pa-

rameters are relevant for the SPIO induced magnetic field inhomogeneities, whereas the latter

parameters define how these field inhomogeneities affect the MR image.

5.2 Materials and methods

5.2.1 Numerical simulations

General considerations

MRI signal voids may be attributed to both, signal dephasing in voxels containing labeled
cells (i.e., microscopic effects) and signal dephasing near cell aggregations (i.e., macroscopic
effects). Studying geometry and extension of signal voids with respect to magnetization and
sequence parameters demanded for modelling of the macroscopic magnetic field inhomoge-

neities around cell cluster.

In the current study, a cluster of labeled cells was considered as a homogeneous magnetic
sphere, and the field distortion was assumed to be equivalent to that caused by a magnetic
dipole with the same total magnetic moment. The size of the cell aggregation was presumed
to extend over several imaging voxels. Recent studies have shown that labeled cells can ag-
gregate in spherical cluster [Dal03, Jen03, Pint05a] and, hence, the present restriction to
spherical geometries is anticipated to be no major limitation. A homogeneous distribution of

labeled cells throughout the spherical volume was assumed.
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Effects of cell concentration and iron load per cell were studied in terms of magnetization
(i.e., the volume density of magnetic moments). To account for the huge spread in cell con-
centration (up to 10° cells/ul) as well as in cell iron label (1-100 pg Fe/cell; [Bul04, Heyn06]),
the signal voids due to aggregations of labeled cells were studied in an appropriate wide range

of magnetization.

For each imaging voxel within the volume around a cell cluster, the respective phase gradient
d¢ depends linearly on both the intravoxel magnetic field gradient 8B, and the echo time TE
according to6¢ oc TE - 6B, . The considerations were limited to linear field gradients and lin-

ear phase gradients across the imaging voxel. This was no major restriction since for aggrega-
tions of labeled cells the voxel size is small compared to the extension of the magnetic field

perturbation.

Intravoxel signal dephasing is affected by the geometry and the size of the imaging voxel. For
the sake of simplicity, isotropic volume elements were assumed. Although the magnetic di-

pole field is symmetric with respect to rotation about the z-axis (i.e., the axis of the main

magnetic field ]§0 ), the magnetic field distribution in the plane of view depends on the angle

of this plane relative to EO. This implies that the plane of view orientation also affects the ob-

servable signal void.

Magnetic dipole field

The magnetic field distortions around spherical cell aggregations were treated as those of a
magnetic dipole (Fig. 5.1). Note that a more detailed discussion of the respective magnetic
field distortions is given in chapter 4. In order to model different concentrations of labeled
cells as well as different iron loads per cell, the magnetic moment p,, was varied and the re-

spective dipole field was computed.
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Figure 5.1 Geometry of the field perturbation induced by a magnetic dipole in a homogeneous exter-
nal magnetic field I§0 =B, -€, . Iso-surfaces of the 3d magnetic field distribution are shown. The ex-

ternal magnetic field is enhanced (+) or weakened (-) in a direction parallel (€,) or perpendicular

(€,,€,)t0B;.

Numerical model

By means of a 3d numerical model, geometry and extension of the MRI signal void were

studied in dependence on magnetization, echo time, voxel size, and orientation of the plane of

view with respect to the main field EO. Briefly, the field distortion of a magnetic dipole in a

homogeneous main magnetic field BO was computed. The magnetic dipole was placed in the
center of the ‘simulation universe’, which was discretized to identical computational units. To
reproduce isotropic voxel side lengths commonly selected for cellular MRI the side length of
the computational units was varied from 0.1 um to 0.4 um. The magnetic moment of the di-
pole was varied. The field perturbation 8B, induced by the magnetic dipole was computed for

each computational unit within the ‘simulation universe’.
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Figure 5.2 By rotating the plane of view (dashed line) with respect to the external I§O field, the ge-

ometry and the extension of the signal voids in this plane of view were studied. The normal vector of
the plane of view points parallel to the image plane. The angle @ describes the orientation of the

plane of view with respect to the external magnetic field vector.

Signal dephasing due to magnetically labeled cells is attributed to the intensity of the mag-
netic field inhomogeneities and the strength of diffusion of water molecules through these
field inhomogeneities. As pointed out in chapter 2, diffusion effects become negligible in case
of intense magnetic field distortions and large magnetic perturbers (i.e., diffusion correlation
frequency << frequency dispersion due to magnetic field inhomogeneities). As confirmed by
Bowen et al. [Bow02] these static dephasing conditions are well satisfied for aggregations of
magnetically labelled cells, thus enabling to find a relationship between field distortions and

static signal dephasing in gradient echo MRI.

The simulations were performed under static dephasing conditions for which the position of

each computational unit was fixed with respect to the 3d volume grid. The program code
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permitted choosing the plane of view (as a cross section through the 3d volume grid) arbitrar-
ily. The orientation of the plane of view was varied with respect to the xz-plane. As displayed
in Fig. 5.2, the plane of view was rotated around the x-axis with well-defined settings of the

angle ®.

Computation of signal void

The computed 3d magnetic field distributions were postprocessed by a home-built code writ-
ten in MatLab® (Version 6.5, The Mathworks, Natick MA, USA). The computational units
were treated as imaging voxels in this regard. At a given intensity of the magnetic field gradi-

ent per imaging voxel, the respective phase gradient is

5¢p=y-TE-8B,, (5.1)

with y proton gyromagnetic ratio and TE the echo time.

Kingsley [King95] recognized that a complete intravoxel signal dephasing requires at least a
linear phase gradient 6¢ > 2w parallel to one side of an isotropic imaging voxel. In the present
model, the area of signal void in the plane of view was presumed to comprise all computa-

tional units for which the dephasing condition 6¢ - 2t > 0 was satisfied.

The plane of view was rotated stepwise about the x-axis within an angular range of 0° < ® <
90°. For each orientation, the phase gradient was calculated on a voxel-by-voxel basis and
was evaluated for orthogonal directions denoted ay, and ay as specified in the plane of view.
The dashed vertical line in Fig. 5.2, labeled as the plane of view, corresponds to the y-z axis
denoted ay, in Fig. 5.6. The direction ay, accounts for the extension of the computed signal
void in the yz-plane, whereas the ay-direction specifies the extension of the signal void along

the x-axis.

Dependence of signal void on magnetization

The extension of the signal void was determined in dependence on the magnetization M of a
spherical particle respectively the magnetic moment py, of the dipole, which is by definition

the product between the sphere’s magnetization and the volume to read
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p, =M-(4/3)-m-a’. (5.2)

All simulations considered spherical cell aggregations with constant radius ag = 500 pm and
diameter Dy = 1.0 mm. This physical extension reflected experimental conditions adequately

[Hoe02, Him04, Pint05a].

To account for the spread in both the local cell concentration and the average iron label per
cell, the value of M was varied logarithmically in a domain ranging from 5 pT to 20,480 uT.
The extension of the signal void was evaluated for an isotropic voxel size of 100 um, an echo

time TE = 20 ms, and plane of view orientations within the angular range of 0° < ® < 90°.

Dependence of signal void on plane of view orientation

The magnetic field in the plane of view depends on the angle @ of this particular plane rela-
tive to the main field Iéo. Thus, the respective signal voids were anticipated to depend on this
orientation. The magnetic field distribution was computed for various plane of view orienta-
tions (i.e., ® =0, 15, 30, 45, 54.74, 60, 75, and 90°) as illustrated in Fig. 5.2. Due to the sym-
metry of the dipole field with respect to rotation about the z-axis as well as mirroring with
respect to the xy-plane, the investigation of these orientation effects were confined to 0° < @
<90°. For these simulations, an isotropic voxel size of 100 um and TE = 20 ms were selected.

The magnetization was varied between 5 uT and 20,480 uT.

Dependence of signal void on echo time

The intravoxel phase distribution within the spin ensemble is determined by the fundamental
sequence parameter echo time TE. The value of TE was varied from 5 ms up to and including
80 ms in steps of 5 ms, and the geometry as well as the extension of the respective signal
voids were scrutinized. Within the numerical simulations performed, isotropic voxel side

lengths of 100 um, magnetizations M = 160 uT, 640 uT, and 2,560 uT, as well as plane of
view orientations parallel (& = 0°) and perpendicular (® = 90°) to the f%o field were consid-

ered. In order to assess the relative changes in the diameter D of signal voids for echo times

TE > 5 ms, the ratio between D(TE) and D(TE = 5 ms) was calculated for each TE data point.
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Dependence of signal void on voxel size

The signal void characteristics were assessed in dependence on voxel size. Utilizing dedicated
small-animal MRI scanners operating at high magnetic field strength facilitates high-
resolution MR cellular imaging with 3d isotropic spatial resolutions up to 100 um [Heyn06,
Sha06]. For numerical simulations, isotropic voxel sizes with side lengths R = 100 um, 200
um, and 400 um were evaluated. The simulation parameters included magnetization values of

M = 160 uT, 640 uT, and 2,560 uT, an echo time of TE = 20 ms, and plane of view orienta-

tions ® = 0° and @ = 90° with respect to f%o .

5.2.2 MR measurements

Preparation of the agar gel phantoms

Various concentrations of SPIO containing solutions and SPIO labeled cells were accommo-
dated within an agar gel matrix. This was considered to provide the suitable homogeneous
environment necessary for the measurement of the magnetic field inhomogeneity effects in-
duced by aggregations of SPIO. An agar gel solution (1 %) was boiled and subsequently
cooled down slowly in a water bath. This procedure minimized air bubble inclusions in the
agar matrix, which lead to intense susceptibility gradients and magnetic field distortions, and
mimic the appearance of SPIO in the MR image due to additional image artefacts. Before
becoming stable the agar gel solution (200 ml) was embedded in non-ferromagnetic boxes. A
series of identical cone shaped cavities was created in the agar matrix by means of a specially
designed stamp (Fig. 5.3). Precise and careful handling of the stamp while impressing and
removing was essential for the proper creation of cavities with well-defined geometry and

size, and without damage to the surrounding homogeneous gel matrix.

Different concentrations of SPIO containing solutions and suspensions of magnetically la-
beled cells were investigated (Table 5.1). SK-Mel28 human melanoma cells were used as the
cell model. The cells were labeled by means of incubation with SH U 555A (Schering AG,
Berlin, Germany). The standard cell labeling protocol as described in chapter 3 was used. The
iron concentration in the medium was 400 pug Fe / ml and the incubation time was 48 h. The

average iron concentration per cell was determined to 50 pg Fe / cell by means of photometry.
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Both, the SPIO solutions and the labeled cells, respectively, were mixed (1:1) with gelatine
(concentration 8 %). A volume of 10 pl of the final suspension was implanted into the cone
shaped cavities within the agar matrix. After solidification of the gelatine, the hollows were
closed with agar (1 %). The samples with the well defined spatial distribution of SPIO within

the homogenous agar matrix were used for MR measurements.

Figure 5.3 A series of cone shaped cavities was created in an agar gel matrix by means of a specially
designed stamp. SPIO containing solutions and labeled cells were implanted into these cavities. This
preparation strategy with a well-defined spatial distribution of magnetic material in an agar gel phan-
tom produced reliable results of signal voids in MR examinations and appears clearly superior com-
pared to set-ups with randomly distributed material in glass tubes. For MR measurement the boxes

were placed in the dedicated transmit/receive wrist coil.

MR measurements

The MR measurements were conducted on a clinical whole-body MR scanner operating at 3
Tesla (Magnetom Trio®, Siemens Medical Solutions, Erlangen, Germany). The dedicated
wrist coil was used for radiofrequency excitation and signal acquisition. For MR imaging a
gradient echo sequence with low flip angles was implemented (fast low angle shot, FLASH
[Haa86]). The constant sequence parameters were: repetition time TR 35 ms, flip angle 20°,
field of view 128x128 mm?, read out bandwidth 260 Hz / pixel. The isotropic in-plane resolu-
tion was varied between 0.25 mm and 0.6 mm (side length of voxel). Furthermore, the echo

time TE was varied between 5 ms and 25 ms.
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Table 5.1 Concentrations of SPIO containing solutions and SPI1O labeled cells in the agar gel matrix
as used for MR measurements.

SPIO containing solutions SPIO labeled cells
iron concentration in solution iron in matrix cells in matrix iron in matrix
[umol Fe/ml] [mg Fe/ml] [ug Fein 10 pl] [x10%in 10 pl] [ug Fein 10 pl]
26.79 1.5 15.0 1,000 50.0
17.86 1.0 10.0 800 40.0
13.39 0.75 7.5 600 30.0
8.93 0.5 5.0 500 25.0
5.36 0.3 3.0 400 20.0
3.57 0.2 2.0 300 15.0
2.68 0.15 1.5 200 10.0
2.23 0.125 1.25 150 7.5
1.79 0.1 1.0 100 5.0
1.34 0.075 0.75 75 3.75
50 2.5
25 1.25

Extension of signal void

The diameter of image signal void along the ]§0 field was assessed in dependence on the local

iron concentration, the echo time and the in-plane spatial resolution. For this purpose, the sig-
nal intensities of each MR image were determined on a pixel-by-pixel basis using a home-
built code written in MatLab® (Version 6.5, The Mathworks, Natick MA, USA). The diameter
of signal void D was defined as full width half maximum (FWHM) (Fig. 5.4). Appropriate
threshold values were selected in order to correct for image encoding artefacts in read out
direction (parallel to By). The dependence of the diameter D on the local iron concentration

was assessed empirically using various types of mathematical functions including polynomial

and logarithmic functions.
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Figure 5.4 The diameter of the MR image signal void in I§0 direction induced by aggregation of iron
oxide loaded cells was defined as full width half maximum (FWHM). Appropriate threshold values

were selected in order to correct for image encoding artefacts in read out direction (parallel to I§0 ).
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5.3 Numerical and experimental results
5.3.1 Simulations on geometry and extension of signal voids in
MR images

Dependence of signal void on magnetization

The dependence of the diameter of signal void D(M) on the magnetization M is displayed in

Fig. 5.5. For both directions evaluated (ay,, a,; Fig. 5.6) the diameter of signal void rose with

increasing magnetization. Relative enhancements in D(M) up to a factor of 9 as compared to

the physical diameter Dy of the spherical aggregation were found. A non-linear dependency of

D(M) on M was revealed: the higher the magnetization, the smaller the slope d(D(M)) / dM.
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Figure 5.5 Effects of cell concentration on the signal void in the plane of view were studied in terms of

magnetization. For both directions evaluated (ay, a;) the diameter of the image signal void D(M), as

compared to the physical diameter Dy, of the spherical aggregation, increased with magnetization M.

A non-linear dependency D(M) on M was demonstrated.
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Dependence of signal void on plane of view orientation

The orientation of the plane of view was varied with respect to ]§0, and the effects on geome-

try and extension of the signal void were studied. Representative geometries of the plane of
view-dependent magnetic field distributions as well as respective signal voids are shown in
Fig. 5.6. The signal void geometries as well as extensions exhibited a significant dependence
on the orientation of the plane of view. Since the plane of view was rotated around the x axis,
the diameter of the signal void along ay direction was independent of their orientation. In con-
trast, the diameter of the signal void along the ay, direction was a function of the orientation of
the plane of view with respect to the external By field. For the “magic angle” of ® = 54.74°

the signal void in the ay, direction was found to be Dy = 1.0 mm.

® =0° ® = 15° ® =30°
a . *
X I'
a
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oo o i=

® =75° ® =90°

Figure 5.6 The magnetic field distribution and the signal void geometries in the plane of view depend
on the angle @ of the plane of view with respect to the main field I§0 . Cross sections through the com-

puted 3d magnetic dipole field (color-encoded) and the respective signal voids (black) in the plane of

view are depicted.
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Dependence of signal void on echo time

The diameter D(TE) of the signal void in the ay, direction was evaluated for echo times in the
interval 5 ms < TE < 80 ms. As depicted in Fig. 5.7 the extension of signal void increased
significantly with longer TE. Furthermore, a non-linear dependency of D(TE) on TE was
demonstrated. The slope of the simulated data (i.e., d(D(TE)) / dTE) decreased for higher TE.
The ratio D(TE) / D(TE = 5 ms) increased with TE. This ratio was found to be independent of

magnetization.
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Figure 5.7 (a, b) The diameter of the signal void in dependence on the echo time TE.
(c, d) The ratio between D(TE) and D(TE = 5 ms) was calculated for each TE data point. This ratio

was found to be independent of local magnetization.
Dependence of signal void on voxel size

Finally, geometry and extension of signal void were computed for isotropic computational
units scaled to R = 100 um, 200 um, and 400 pm, respectively, in order to account for effects
due to voxel size. The calculated values of D(R) in the ay, direction are plotted against R in

Fig. 5.8. For each sphere magnetization examined, the bigger the voxel size the larger the ex-
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tension of the signal void. In general, D(R) was found to be several times larger than the

physical diameter Dy of the magnetic sphere. In case of the plane of view orientation ® = 90°
with respect to EO these enhancement effects were less pronounced as compared to an orien-

tation of ® = 0°.

a O =0 b @ =90°
o T . H " H : :
9@ 61
& 4
a

—& M=160 uT

A o M= 640 uT
0 : —{1- M = 2560 ].LT ! ! ' !
0 100 200 300 400 0 100 200 300 400
voxel size R [pm] voxel size R [umn]

Figure 5.8 The diameter D(R) of signal void in the plane of view in dependence on the voxel size R.

5.3.2 Quantitative investigation of SPIO containing solutions and

SPIO labeled cells

Dependence of signal void on echo time and voxel size

Homogeneous agar gel samples with embedded SPIO containing solutions and SPIO labeled
cells were used for MR measurements. Characteristic signal voids in the MR gradient echo
images were observed for all samples examined. Representative image signal voids in de-

pendence on echo time TE and voxel size are shown in Fig. 5.9.

The extension of signal void varied with echo time and in-plane spatial resolution (Fig. 5.10).
For the present experimental conditions, the sensitivity to detect the magnetic label was
maximized using TE = 25 ms. In contrast, the area of signal void was minimized using TE =5
ms and an isotropic spatial resolution of 0.25 mm. In the latter case the image signal void in-

dicated the area of magnetic material most precisely.
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Figure 5.9 Signal void in gradient echo MRI induced by local aggregations of iron oxide nanoparti-
cles. The dependence of the image signal void on echo time (a; voxel size 0.3 mm) and voxel size (b;
TE 20 ms) is shown.
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Figure 5.10 The diameter of image signal void in I§0 direction in dependence on the in-plane spatial

resolution and the echo time TE. Iron concentration 15 xg Fe / 10 4, By = 3 Tesla.
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Dependence of signal void on iron concentration

The relationship between the diameter of signal void D and the iron concentration (mass m of

iron per 10 pl) in solution was properly described according to

D(m)leo 'loglo[gj- (5.3)
m

0

In case of SPIO labeled cells the functional relationship between the diameter of signal void

and the number of cells n/ 10 pl had a similar form:

D(n): D, 'loglo(i) (5.4)
n

0

The values of my, ny, and Dy were obtained by fitting Eq. (5.3) and Eq. (5.4), respectively, to
the measured data (Fig. 5.11).

For all TE and voxel sizes considered, the diameter of signal void increased beyond a concen-
tration threshold. This threshold characterized the lower limit of iron concentration that pro-
duced a measurable image signal void. According to the present experimental set-up, the de-
tection of concentrations as low as 75 pg Fe / ml in SPIO containing solution or 125 pg Fe /
ml in suspensions of SPIO labeled cells was certainly possible. A non-linear dependency of
D(m) on m was revealed: the higher the iron concentration, the smaller the slope d(D(m)) /

dm.

The regression parameter (i.e., mg, ny, and Dj() were affected by the choice of the echo time
as well as the in-plane spatial resolution. The increase in D(m) and D(n) with TE affected Dy
as well as my and ny. By increasing TE, reductions in my and ny were found. In contrast, Dy

increased with TE in that case.

SPIO containing solutions and SPIO labeled cells produced different signal voids in case of
identical local iron concentrations. For iron concentrations > 5 pg Fe / 10 ul, SH U 555A la-
beled SK-Mel28 human melanoma cells produced larger signal voids as compared to the

same iron concentration of SPIO in solution.
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Figure 5.11 Diameter of signal void induced by various concentrations of SPIO labeled SK-Mel28
human melanoma cells and various concentrations of SPIO (SH U 555A) in solution. A non-linear
relationship of the diameter D of signal void and iron concentration was revealed: D(m) =

Dio-logio(m/mg). 3d FLASH sequence: TE = 20 ms, 0.3 mm isotropic spatial resolution (voxel side

length), Bo = 3 Tesla.

5.4 Interpretation of the numerical and the experimental

results

54.1 Spatial accuracy in MRI of magnetically labeled cells

MR imaging of certain biological processes including stem cell homing and cancer cell mi-
gration requires tracking aggregations of magnetically labeled cells with high spatial accuracy
in the recorded MR image: a proper spatial correlation between the signal void recorded and
the cell cluster. As demonstrated, this spatial accuracy is of inferior quality the longer the

echo time and the larger the size of the imaging voxel, respectively.

In the present study, MRI signal voids were anticipated to comprise the aggregation of labeled
cells as well as the signal dephasing region around those aggregations. The effects of se-
quence parameters including echo time, voxel size, and plane of view orientation to the ge-
ometry and the extension of this dephasing region were studied using numerical simulations
and MR measurements. The results imply that in static signal dephasing MRI at TE ~ 20 ms a

particular cell aggregation may be visible in the MR image as an image signal void enlarged
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by a factor of approximately 1.5 compared to the real size of the cell cluster. It is anticipated
that longer TE might prevent a clear localization of labeled cells in the MR image and may

cause a significant overestimation of the volume of labeled cells under in vivo conditions.

In order to benefit from high spatial accuracy to detect aggregations of labeled cells, the echo
times should be as short as possible and high spatial resolution (i.e., small voxel size) is pref-
erable. Very short TE can be achieved using advanced MR scanners, which usually offer fast
3d gradient echo sequences with TE of less than 2-3 milliseconds [Sch05]. Limitations in
minimizing the voxel size definitely arise from the corresponding reduction in the signal-to-
noise ratio (SNR). However, gradient coil inserts [Heyn06], inductively coupled radiofre-
quency coils [Graf03] or dedicated animal scanners that are operated at high magnetic field
strengths [Stroh05] allow for spatial resolutions of less than 100 pum combined with excellent

SNR.

A plane of view with an angle around 54° (the “magic angle™) to the external By field has no
additional magnetic field inhomogeneity and signal dephasing effects along one direction.
This property is anticipated to be advantageous for the detection of cell cluster with high spa-
tial accuracy, since the image signal void directly reflects the size of the cellular aggregation
in that case. For this purpose, proper orientation of the MR image is recommended. The

physical diameter of the cell cluster was denoted Dy in the present paper.

542 Sensitivity in MRI of magnetically labeled cells

The increase in the image signal void with echo time and voxel size may allow the detection
of even lower concentrations of labeled cells. Under experimental conditions, an increase in
the regression parameters Do, my, and ny with TE as well as voxel size were revealed. It is

anticipated that this corresponds to an increase in the sensitivity to monitor labeled cells.

In order to benefit from high MR sensitivity in the detection of aggregations of labeled cells,
appropriate T, -weighted pulse sequences with sufficiently long TE should be applied. Gradi-
ent echo sequences provide superior sensitivity to the SPIO induced magnetic field perturba-
tions as compared to spin echo approaches [Yab94, Bow02, Pint06b]. The results of the pre-
sent numerical simulations demonstrate that the diameter of the signal void approximately

doubles if TE increases from 5 ms to 60 ms. Notably, the relative enhancement of the signal
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void with TE is independent of magnetization. It was revealed that this effect is even inde-

pendent of the cell concentration under experimental conditions.

Furthermore, extension and geometry of the image signal void were found to depend on the

orientation of the plane of view with respect to EO. Applying slice orientations containing the
axis of the EO field, the observable signal void should resemble the characteristic magnetic

dipole field pattern. It is anticipated that for transverse slices perpendicular to EO the induced

signal void will show circular geometries.

54.3 Relevance for cell quantification

The area of signal void increases with local magnetization, which was considered the physical
quantity of choice to study concentration effects of magnetically labeled cells. In both nu-
merical simulations and MR measurements the dependency between the diameter of signal
void and the iron concentration respectively the magnetization of the spherical particle was

non-linear and was found to obey an empirical logarithmic function.

The proposed preparation strategy with a well-defined spatial distribution of magnetic mate-
rial in an agar gel phantom produced reliable results. Standardized measurement conditions,
as a critical prerequisite to obtain reproducible results, could be achieved. This allowed for the
systematic investigation of the relationship between signal extinction and local iron concen-

tration for various concentrations of SPIO labeled cells as well as SPIO containing solutions.

The proposed preparation strategy appears clearly superior compared to set-ups with ran-
domly distributed magnetic material in glass and plastic tubes. The latter have caused an al-
most undefined spatial distribution of magnetic material and have induced signal voids biased
by phantom-related susceptibility artefacts [Him04, Dal03, Dal05], as based on the inaccurate

choice of phantom material and geometry.

The effectiveness of stem cell migration may be assessed by quantifying labeled cells. The
demonstrated concentration dependency of the diameter of signal void represent a potential
calibration standard for the quantitative assessment of labelled cells and possibly the iron load

per cell in vitro and even in vivo. In order to optimize pulse sequences as well as sequence
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parameters appropriate tissue models might be derived, on the basis of the proposed quantifi-

cation.

It is anticipated that a certain concentration of labeled cells cause comparable signal voids
under both in vitro as well as in vivo conditions, since the physical principles describing sig-
nal dephasing are identical. Thus, investigating the dependency of the signal void on cell con-
centration in vitro may allow quantifying aggregations of labeled cells in vivo. It is important
to know that those calibrations must be separately performed for each sequence and each set
of sequence parameters that is being used for the measurement of the SPIO induced signal

void.

544 Limitations of the numerical model

It is worthwhile reviewing the limitations resulting from the assumptions and approximations
upon which the numerical model is based. Firstly, signal dephasing in the vicinity of spherical
aggregations of SPIO labelled cells was studied. For the calculation of the magnetic field in-
homogeneities the magnetic dipole approach was used. For spherical aggregations of mag-
netically labelled cells this assumption should be valid. For arbitrarily shaped cell aggrega-
tions, however, the validity of this assumption is less certain because the actual magnetic field
distribution close to the cell cluster depends on their shape and the distribution of SPIO
loaded cells.

In addition to spherical aggregations of labeled cells, cells can aggregate arbitrarily. Several
studies have shown that cells loaded with SPIO compared to unlabeled cells had similar vi-
ability and proliferation profiles and also maintained their differentiation capacity [Him04].
One may suppose, that the in vivo distribution of labeled cells is determined by the tissue
structure, in which cells have been transplanted or to which cells have migrated. In contrast to
spherical cell aggregations, no analytical description of the magnetic field perturbation is
available in case of arbitrarily shaped cell cluster. Studying those geometries was beyond the

scope of the present work.

Secondly, aggregations of labeled cells induce intense magnetic field gradients over fairly

large distances. A linear field gradient over the imaging voxel was assumed since the voxel
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size is usually small compared to the extension of the field distortion. Thirdly, the MR imag-

ing voxels were approximated to be isotropic.

Fourthly, a phase dispersion criterion 6¢ > 2m parallel to one side of an isotropic imaging
voxel was used as the criterion to compute the image signal void. Under experimental condi-
tions, however, considerable signal loss may occur prior to this numerical criterion is accom-
plished. This introduces measurement uncertainties in the experimental determination of the
extension and in the delineation of the signal voids, and thus represents another limitation in

the comparison of numerical results and MR measurements.

Finally, water diffusion effects were neglected in the numerical model. Given the size of the
aggregation and the intense magnetic field inhomogeneities caused by thousands to millions
of labelled cells, solvent spins move so slowly that they appear to be stationary, meaning that
diffusion has practically no effect on signal dephasing. Thus, considering this static dephasing

regime, a relationship between field distortion and MRI signal dephasing could be found.
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Chapter 6

Positive contrast in MRI of magneti-

cally labeled cells

6.1 Introduction

Contrast agents incorporating superparamagnetic iron oxide (SPIO) nanoparticles have shown
much promise as a means to visualize small volumes corresponding to labeled cells using
MRI. Cells labeled with SPIO cause magnetic field inhomogeneities within picture elements
as well as on the macroscopic scale. The magnetic field distortions induce significant signal
dephasing and an enhanced signal decay regarding water molecules near the cell. In practise,
labeled cells are reflected either as low-intensity signal spots or signal voids, particularly in

T, -weighted gradient echo MRI [Pint05a].

With the signal void as the principle for detection, SPIO particles behave as ‘negative con-
trast’ agents. This is opposed to ‘positive contrast’ agents such as gadolinium chelates that
increase the MR signal intensity by shortening the longitudinal relaxation time constant T, of
the surrounding tissue so that the tissue appears bright in T;-weighted MRI. In contrast to
longitudinal relaxation, the signal dephasing effects benefit from the use of higher magnetic
fields, because of stronger susceptibility induced magnetic field gradients. However, the satu-

ration of the SPIO magnetization must be taken into account [Kal00].
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Positive tissue contrast with SPIO using appropriate T, weighted MR sequences is achievable
employing ultrasmall superparamagnetic iron oxide (USPIO) particles with hydrodynamic
diameters of less than 20 nm. Since USPIOs are not immediately recognized by the hepatic
and splenic mononuclear phagocytotic system, the blood half lives of USPIOs are relatively
long as compared to those of larger SPIO particles. Proper blood half lives and the inherent
property to shorten T; have allowed USPIOs to be used as MR angiography contrast agents.
However, for larger particles [Tau03] as well as magnetically labeled cells [Sim06], the ratio
of longitudinal to transversal relaxivity (r;/r;) decreases. Under those circumstances the gen-
eration of positive tissue contrast (i.e., bright visualization) by exploiting the T; effects of iron
oxide nanoparticles is usually inefficient because of competing T; and T,/T,* relaxation ef-

fects (Table 6.1).

Table 6.1 Physical properties and relaxivities of superparamagnetic iron oxide nanoparticles. The
values were taken from the literature and were obtained at By = 0.47 Tesla. PEG: polyethylenglycol,

ri: longitudinal relaxivity, r,: transverse relaxivity.

substance hydrodynamic coating I I /15
particle size material [L mmol ™ s™'] [L mmol ™ s™']
[nm]
SH U 555A 50-100 carboxydextran 25 164 0.15
[Law97]
AMI-25 80 - 150 dextran 30 100 0.3
[Jung95]
AMI-227 20 -40 dextran 31 78 0.39
[Tan98]
NC100150 20 amylum/PEG 20 35 0.57
[Sae98]
SH U 555C 20 carboxydextran 18 41 0.44
[Kno98]
VSOP-C184 8 citrate 19 29 0.66
[Wag02]

A fundamental drawback of negative contrast agents is that the agent cannot be distinguished
from signal voids in the image reflecting areas of low proton density. Furthermore, various
other sources of hypointensities can be present or the magnetic field background can be in-

homogeneous in MR images. Due to the negative contrast, it is often difficult to accurately
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determine the presence of magnetically labeled entities under in vivo conditions, and the dif-
ferentiation of iron labeled cells and an inherent tissue structure is often problematic. Thus
locating labeled cells by means of signal loss is challenging in areas with low proton density

and significant T,* relaxation effects.

In addition, negative contrast agents suffer from partial volume effects. These arise when the
imaging voxel contains tissue fractions with a range of relaxation rate values and only the
weighted mean value is assigned to the imaging voxel. Furthermore, as demonstrated in pre-
vious chapters, the characteristic of the signal void induced by aggregations of magnetically

labeled cells depends critically on the spatial resolution (i.e., the voxel size) of the image.

Selective imaging with positive contrast techniques is a highly promising solution [Sep03,
Bak06, Cun05, Mani06, Pint05b, Zur06]. For better localization of SPIO labeled cells, it
would be preferable to achieve positive contrast that will provide increased signal-to-noise
(SNR) and contrast-to-noise ratios (CNR). This may allow for greater certainty in identifying

labeled cells and determining their spatial distribution.

The purpose of this work was to develop a MRI method which allows for ‘positive contrast
MR imaging’ of magnetically labeled cells. The Larmor frequency shift near labeled cells as
well as near aggregations of labeled cells was exploited to obtain bright visualization applying
spectral selective saturation pulses. This radiofrequency preparation was used to suppress the
on-resonance water signal. The off-resonance water signal surrounding the labeled cells con-
tributed to the MR image, so that only the fluid immediately adjacent to the labeled cells was
visible in the MR image. Positive contrast imaging was achieved for volume elements con-
taining labeled cells as well as for volume elements close to cell cluster. The results of these

investigations were published previously [Pint05b].

6.2 Materials and methods

6.2.1 Frequency selectivity of a radiofrequency pulse

In the NMR experiment, an oscillating magnetic field fBrf (t) is superposed perpendicularly to

the static magnetic field EO. The term ‘radiofrequency (rf) pulse’ is generally used as a syno-
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nym for the B (t) field, because the field is turned on relatively short (few microseconds to
milliseconds) and it oscillates in the radio frequency range (e.g., 42.6 MHz for protons at 1
Tesla). Often the B (t) field is ‘linearly polarized’. Modern MRI whole-body systems allow

for ‘circularly polarized’ fields directly, with the advantage of reduced rf power deposition in

the tissue.

The main parameters characterizing the rf pulse include the pulse envelope function B.(t), the
excitation carrier frequency oy, and the initial phase angle. As pointed out in chapter 2, the
excitation frequency is determined by the resonance condition (Larmor equation). The enve-

lope function B;f(t) specifies the duration of an rf pulse, and thus its spectral excitation profile.

Proper design of frequency selective rf pulses allows for the spatial localization of the MRI
signal during the slice selective excitation procedure. Due to the temporary application of a
controlled magnetic field gradient during the imaging process, the spin resonance frequency is
made position-dependent, and thus the frequency selective rf pulse becomes spatially selec-
tive. Furthermore, frequency selective rf pulses are applied for the suppression / excitation of

resonances such as water and lipids in MR spectroscopy and chemical-shift selective MRI.

The generation of rf pulses with an appropriate frequency selectivity is an important subject
of MRI. The central issue are the characteristics of the pulse envelope function B,(t). The
‘Fourier approach’ is a convenient approach for selective rf pulse design (note that this ap-
proach is only valid for small flip angles, as discussed below). The primary assumption is that
the pulse envelope function B,«(t) is related to the respective spectral excitation profile p(v) by

the Fourier transform.

The application of rectangular-shaped (i.e., ‘boxcar’ functions) excitation profiles

p(V)=H[V_V°j 6.1)

would be most convenient for both slice selection as well as frequency selective suppression /

excitation. Making use of the Fourier transform relationship
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Figure 6.1 Sinc (a) and Gaussian pulses (b) are shown. The pulse’s time domain profiles were taken
from the MRI system software IDEA (Siemens Medical Solutions). In the basic setting, the pulse con-
sists of 512 data points with a time interval of 10 ps (i.e., the dwell time) between two following data
points. This corresponds to a pulse bandwidth (BW) of 1,666 Hz for the sinc pulse and 375 Hz for the
Gaussian pulse. Maintaining the number of data points and varying the dwell time allows specifying
the pulse bandwidth. Representative spectral excitation profiles of sinc (¢) and Gaussian (d) pulses, as

calculated by the Fourier approach, are displayed.

Although the Fourier approach is rather simple to design rf pulses, the resulting pulse enve-

lope function is not entirely accurate, because the nuclear spin system behaves non-linearly
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during the excitation process and relaxation effects must be accounted for. The most precise
approach is to solve the Bloch equations numerically. Nevertheless, under the small flip angle
assumption, the Fourier approach predicts the spectral excitation profile properly. However,

the validity of the Fourier approach breaks down for large flip angle excitations.

Eq. (6.3) implies that a rectangular excitation profile requires an infinitely long ‘sinc pulse’.
However, such a pulse is not physically realizable. Firstly, a practical pulse will necessarily
start at t = 0. Secondly, it lasts only a finite period of time: the pulse duration t,. Due to the
finite length of the pulse, the excitation profile is more complicated and deviates from the
rectangular excitation profile (Fig. 6.1). In case of a sinc pulse, this ‘pulse truncation effect’

can be minimized by integrating as many sidelobes into the pulse as possible.

Sinc and Gaussian pulses of finite length were exported from the Siemens MRI scanner soft-
ware IDEA and are displayed in Fig. 6.1. To assess the spectral excitation profile, the time
domain pulses were Fourier transformed. Generally, the shorter the pulse the broader the
spectral excitation profile. On the other hand, longer pulses (> 10 ms) will produce excitation
of a narrower frequency bandwidth. In the current work the frequency selective rf pulses illus-
trated in Fig. 6.1 were implemented in a two-dimensional (2d) spin echo sequence and were

used for the spectrally selective saturation of the on-resonance water signal.

6.2.2 Principle of spectrally selective saturation

Because of the difference in the bulk magnetic susceptibility with respect to the background
tissue, cells labeled with SPIO cause magnetic field inhomogeneities on the microscopic scale
within the MR voxel. Furthermore, aggregations of labeled cells induce macroscopic mag-
netic field distortions and magnetic field gradients over distances that are larger than the im-
aging voxel. According to the Larmor equation, these field variations cause spins within vox-
els to precess at different frequencies, leading to intravoxel spectral broadening of the reso-
nance frequency distribution. Fig. 6.2 displays intravoxel frequency distributions computed

for various concentrations of magnetically labeled cells.
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Figure 6.2 Frequency distributions computed for increasing concentrations of magnetically labeled
cells. The numerical model described in previous chapters was applied for computation purposes. The
number of cells (identical magnetic spheres) was varied from n = 4 to n = 64. Simulation parameters:
magnetization M = 150 T, radius of sphere = 4.0 computational units, region-of-interest (voxel)
100x100x100 = 10° computational units. Note that for n = 4 and n = 8 the magnitude p() is trun-

cated.
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Figure 6.3

(a) Frequency distributions for increasing concentrations of magnetically labeled cells, computed with
the numerical model described in previous chapters. Simulation parameters: number of cells (mag-
netic spheres) n = 1, 5, 10, 20, 40; magnetization M = 50 uT, radius of sphere = 5.0 computational
units, region-of-interest (voxel) 100x100x100 = 10° computational units. Note that the magnitude
p(v) is truncated.

(b) While applying a saturation pulse with bandwidth (BW) on frequency v = 0 only a certain volume
fraction of spins may contribute to the MR signal. This volume fraction depends on both the concen-
tration of cells within the voxel and the bandwidth of the pulse applied. Saturation pulses with a rec-

tangular excitation profile (i.e., a boxcar function) were assumed.
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The Larmor frequency shift near labeled cells was exploited to obtain bright visualization
applying spectrally selective saturation pulses. The principle of spectrally selective saturation
was to suppress the overall signal from all proton spins precessing at the spectrometer refer-
ence frequency vy (i.e., the on-resonance water signal) by means of a frequency selective
pulse prior to each sequence repetition. In contrast to the on-resonance spins the off-resonance
spins, which have a resonance frequency shift with respect to vy, were not affected by the
preparation pulse. Since the proton spins surrounding the labeled cells are anticipated to have
a shifted Larmor frequency, only the fluid immediately adjacent to the labeled cells should be
visible in the MR image after spectrally selective saturation. Figure 6.3 displays data from
numerical simulations demonstrating the contributions to the MR signal from off-resonance

spins after on-resonance saturation.
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Figure 6.4 Spectral broadening of the resonance frequency distribution due to magnetically labeled
cells. The principle of spectrally selective saturation was to suppress the signal originating from all
proton spins precessing near the spectrometer reference frequency v, by means of a frequency selec-
tive saturation pulse. Spins with a shifted Larmor frequency, due to magnetic field inhomogeneities,
are not affected by the saturation pulse and thus contribute to the MR image. v, spectrometer refer-
ence frequency, Av: frequency shift, BWsy: bandwidth of saturation pulse, BW,,: bandwidth of slice-

selective excitation pulse
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Spectrally selective saturation with different bandwidth BW, was employed (Fig. 6.4). Spin
ensembles with resonance frequency shifts =Av with respect to vy were allowed to contribute
to the spin echo signal formation as long as the saturation pulse bandwidth BW,; was smaller
than 2-Av and the bandwidth BW of the slice-selective excitation pulse was sufficiently high

to excite off-resonance spins.

6.2.3 Pulse sequence timing
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Figure 6.5 Pulse diagram of the 2d spin echo sequence with integrated frequency selective saturation

pulse. This preparation was implemented prior to each sequence repetition.

Sinc or Gaussian frequency selective saturation pulses with varying bandwidths BWg, were
implemented in a two-dimensional (2d) spin echo sequence. A pulse diagram is displayed in
Fig. 6.5. In order to dephase the transverse magnetization that was excited with BWg,, a sub-
sequent spoiler gradient was applied in the interval between the frequency selective saturation

pulse and the slice-selective excitation pulse of the 2d spin echo sequence.
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The automatized scanner adjustment was employed for shimming and to determine v,. Con-
cerning the examination of low cell concentrations, microscopic effects near magnetic dipoles
have to be regarded. In this case, a shift of the center frequency in the labeled volumes can be
neglected. For high local cell concentrations the volume labeled with SPIO amounted to less
than 0.1 % of the overall sample volume. Thus, frequency adjustment was practically deter-
mined by voxels far away from the most intense field distortions induced by aggregations of

labeled cells and a shift of the center frequency can be also neglected in that case.

6.2.4 Preparation of cell samples

SK-Mel28 human melanoma cells were labeled by means of incubation with SH U 555A. The
labeling protocol employed has already been described in chapter 3. Various concentrations
of 5, 20, 30, 50, and 75 labeled cells per ply were homogeneously suspended in agar gel
(1%). An unlabeled agar gel sample was used as a reference. An agar gel provided a 3d matrix
for direct injection of cell clusters, as shown in chapter 5. Aggregations of 1-10°, 3-10°, 6:10°,
and 10-10° labeled cells per uleer were prepared and investigated by means of MR measure-

ments.

6.2.5 MR measurements

All measurements were performed on a 3 Tesla MR whole-body scanner (Magnetom Trio®,
Siemens Medical Solutions, Erlangen, Germany). The dedicated wrist coil was used for rf
excitation and signal acquisition. As shown in Fig. 6.1, sinc and Gaussian pulses, respec-
tively, were implemented in a 2d spin echo sequence for the purpose of frequency selective
saturation. The saturation pulse bandwidth BW, was varied to 100, 200, 400, and 800 Hz.
The bandwidth of the slice-selective excitation pulse was BW¢ = 1 kHz. The other sequence
parameters of the spin echo sequence amounted to: field of view 128x128 mm?, matrix size
128x128, slice thickness 1.0 mm, voxel size 1.0x1.0x1.0 mm?, repetition time TR 4000 ms,

echo time TE 10 ms.

For low concentrations of homogeneously suspended magnetically labeled cells the relative
MR contrast between the labeled (signal intensity S;) and unlabeled (signal intensity S;)

specimen was evaluated.

109



C., = (6.4)

The 2d spin echo sequence with implemented spectrally selective saturation pulses was tested
and optimized by means of phantom measurements. A fat-water phantom with known chemi-

cal shift = 400 Hz between the fat and the water resonance at 3 Tesla was used.

110



6.3 Results

6.3.1 Fat-water phantom

The frequency shift of the fat resonance with respect to the water resonance due to chemical
shift was exploited for the optimization of the 2d spin echo sequence with implemented fre-
quency selective saturation pulse. MR images were acquired without and with spectrally se-
lective saturation. The differences between spin echo sequences with implemented sinc and

Gaussian saturation pulses, respectively, are illustrated in Fig. 6.6.

Figure 6.6 MR images of the fat-water phantom. Image (a) was acquired with a 2d spin echo se-
guence without, and images (b-e) were acquired with implemented frequency selective saturation
pulses. (b) sinc pulse (BWsy = 200 Hz), (c) Gaussian pulse (BWsy = 200 Hz), (d) sinc pulse (BWgy =
800 Hz), (e) Gaussian pulse (BWs,; = 800 Hz). Sinc pulses demonstrate higher frequency selectivity as

compared to Gaussian pulses.

6.3.2 Low concentrations of magnetically labeled cells

MR images of samples containing suspensions of SPIO labeled cells, acquired without spec-
trally selective preparation, are given in Fig. 6.7a. The relative contrast between the labeled

and the unlabeled volume increased linearly with cell concentration (Fig. 6.7b).
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Under the present experimental conditions, applying spectral selective saturation led to hyper-
intensity of the labeled volume for all concentrations > 20 labeled cells / pl investigated. Note
that a sinc pulse was used in that case. Significant increases in the relative contrast C, com-
pared to the unlabeled agar gel sample were revealed. The method led to a calculated contrast
that increased with cell concentration. With increasing cell concentration C, raised to maxi-
mum that was given by 52 % (BWg = 100 Hz) and 28 % (BWg = 200 Hz), found for the
highest concentration of 75 labeled cells / plg.. For all cell concentrations the entire sample

was free of signal for BWg, > 400 Hz.
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Figure 6.7 (a) MR images of samples with various concentrations of suspended magnetically labeled
cells. The images were acquired without and with spectrally selective saturation with sinc pulse band-
width BWg: = 100 Hz and BW,; = 200 Hz, respectively. (b) Relative contrast C, of samples contain-

ing labeled cells as compared to the unlabeled control sample.

6.3.3 Aggregations of magnetically labeled cells

Aggregations of magnetically labeled cells were reflected as signal voids in the MR images.
The size of the induced signal void increased with local iron oxide concentration (Fig. 6.8).
The signal voids were surrounded by bright image structures, which corresponded to image

artefacts in read-out direction, typical for spin echo sequences. These were visible although

112



spectrally selective saturation was applied. However, these were superimposed by positive
contrast in that case. Signal could be detected near cell aggregations despite saturation. The
magnetic dipole field around aggregations of labeled cells was revealed with positive contrast.

Difference in positive contrast images between sequences with sinc and Gaussian pulses are

‘B
f V Read

Figure 6.8 MR images of an agar gel matrix with embedded cluster of magnetically labeled cells. The
images were acquired at TE = 10 ms without (a) and with (b-d) spectral selective saturation applying
frequency selective pulses with bandwidth BWg; = 100 Hz (b), BWs; = 200 Hz (c), and BW;,; = 400
Hz (d). Magnified areas of (a) and (b) are shown in (e) and (f). (1) 1-10° cells, (2) 3-10° cells, (3) 6-10°
cells, and (4) 10-10° cells / zdge.

displayed in Fig. 6.9.

Bandwidth BW__,
200 Hz

Figure 6.9 Positive contrast images for aggregations of magnetically labeled cells. Gaussian and sinc
pulses with increasing bandwidth were used. (1) 1-10° cells, (2) 3-10° cells, (3) 6:10° cells, and (4)
10-10° cells / plger.
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6.4 Interpretation of the results

The main concept of this study was the selective depiction of cells labeled with superpara-
magnetic iron oxide particles by using spectrally selective saturation of the background sig-
nal. The on-resonance water signal was suppressed, whereas the off-resonance water signal
near labeled cells was detected, so that only the volume immediately adjacent to magnetically

labeled cells was visible in the acquired MR image.

The resultant ‘positive contrast’ is the opposite of the ‘negative contrast’, which results from
signal dephasing in MRI due to magnetic field inhomogeneity effects. In the present work,
positive contrast imaging was achieved for both volume elements containing labeled cells as
well as for volume elements close to cell cluster. It was demonstrated that this contrast inver-
sion and selective visualization of SPIO loaded cells requires only a manageable modification
of conventional MR imaging sequences. In this work, a frequency selective saturation pulse
was integrated in a standard 2d spin echo sequence. In order to minimize signal dephasing
effects the spin echo approach was selected in the present study. Positive contrast by means of
spectrally selective saturation of the background signal can be also achieved using gradient
echo based sequences (data not shown). However, signal dephasing is anticipated to dominate
under these circumstances, reducing the gain in the image contrast due to the achievement of

the positive contrast.

For cell trafficking, using the signal loss as the means for cell localization may be challenging
in tissues with inherent magnetic field inhomogeneities, because these areas produce signifi-
cant signal dephasing. For better localization of cells, it would be preferable to achieve posi-
tive contrast, rather than negative contrast. As demonstrated, this will provide increased sig-
nal-to-noise (SNR) and contrast-to-noise ratios (CNR). It is anticipated, that this may allow

for greater certainty in identifying labeled cells.

Positive contrast was observed in voxels containing labeled cells as well as in voxels near
aggregations of labeled cells. The positive contrast was a function on the local concentration
of labeled cells, the echo time TE, the frequency selectivity of the saturation pulse, the band-

width of the saturation pulse BW, as well as of the slice-selective excitation pulse BW.
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Under the experimental conditions realized herein, bright visualization of voxels with concen-
trations > 20 labeled cells / pl was achieved with BWg,; = 100 Hz and BW,:= 200 Hz, respec-
tively. Since the signal dephasing, which is competing with positive contrast generation, in-
creases with echo time TE, short echo times are preferable in positive contrast techniques em-
ploying spectral selective pre-saturation. It is anticipated that an optimum in positive contrast
CNR results from the conserved magnetization after spectral selective saturation due to spec-

tral broadening, and the respective signal loss due to the dephasing of the magnetization.

As shown for in vitro preparations of magnetically labeled cells, the implementation of spec-
tral selective saturation in a 2d spin echo sequence led to improvements in imaging contrast.
The positive contrast mechanism was exploited for bright visualization of the surroundings
close to spherical aggregations of labeled cells. It is anticipated that this concept can be gen-
eralized to various types of magnetic field distortions, as long as inhomogeneous spectral

broadening or shifts in the water Larmor frequencies exist.

As the ‘proof of principle’, Fig. 6.10 demonstrates that it is also possible to selectively depict

paramagnetic biopsy needles using the described positive contrast technique. A cylindrical
object such as a biopsy needle will show a dipolar field if it is not oriented parallel to ]§0.
However, at the needle tip, which geometry often deviates from a perfect cylindrical object,

the magnetic field is perturbed although the needle is oriented parallel to ]§0 )

Figure 6.10 (a) Selective depiction of a paramagnetic biopsy needle using a 2d spin echo MRI se-
quence. In (b-e) spectral selective saturation sinc pulses were implemented prior to each sequence
repetition. The bandwidth BWs, of the saturation pulse was varied: (b) BWg: = 100 Hz, (c) BWsy =
200 Hz, (d) BWg = 400 Hz, (e) BWs5= 800 Hz.
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Currently, ‘positive contrast imaging’ of magnetically labeled cells as an alternative contrast
mechanism is a field of extensive research. Besides the application of spectral selective satu-

ration, other positive contrast techniques have been reported, which are described below.

In the experiments by Seppenwoolde et al. [Sep03] and Bakker et al. [Bak06], the positive
contrast resulted from dephasing the background signal with a slice gradient, while near mag-
netic markers the signal was conserved because the dipole field induced by the marker com-
pensated the dephasing gradient. This technique is referred to as ‘dephased MRI’ [Bak06] and
was treated as a mechanism for manipulating contrast in otherwise conventional MR images
in order to track interventional devices and to trace magnetically labeled cells. The positive
contrast generated has shown to be dependent on the intensity of the field distortion, the
strength of the compensation gradient, the slice thickness, and the echo time [Sep03]. The
efficacy of this technique was verified by Mani et al. [Mani06] by implementing a gradient
echo sequence with a variable dephasing gradient. The principle of local gradient compensa-
tion is well known in the literature [Fra88, Rei97] and has been used in functional MRI to
recover signal loss in brain regions that suffer from field inhomogeneities due to air cavities

[Sep03].

Cunningham et al. [Cun05] used spectrally selective radiofrequency pulses to excite and refo-
cus the off-resonance water surrounding magnetically labeled cells, while suppressing the on-
resonance signal. This allowed for positive contrast imaging in regions affected by labeled
cells. The field gradient induced by labeled cells and the respective spectral broadening was
used to selectively excite and refocus a narrow band of resonance frequencies. This is similar
in concept to slice-selective excitation, where a frequency selective rf pulse is applied in pres-
ence of a linear field gradient in order to select a particular slice. The concept has also simi-

larities to the idea of spectrally selective saturation as described in the present work.

Zurkiya and Hu [Zur06] reported off-resonance saturation as a means of generating contrast
with superparamagnetic nanoparticles. They demonstrated an alternative approach, termed
‘off-resonance’ saturation, for generating contrast that is sensitive to superparamagnetic parti-
cles. In this method, bulk water protons were imaged with and without off-resonance satura-
tion, and the differences in MR images obtained were used as a measure to characterize the

field inhomogeneity effect introduced by the SPIO. They demonstrated a calculated contrast
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that increased with concentration of particles and, thus, reconfirmed the results obtained in the

present work.

All these methods are based on the same physical mechanism: the magnetic field inhomoge-
neities and the respective Larmor frequency shifts near magnetically labeled cells. Under in
vitro conditions, the positive contrast techniques described produced similar results and no
major differences could be discerned. The application of ‘positive contrast techniques’ is an
alternative approach to generate contrast in MRI and deserves further attention for use in lo-

calization of magnetically labeled cells.

It is anticipated that the application of the described approaches may allow for an improved
MR imaging contrast under in vivo conditions, since the underlying physical principles are
identical. However, in vivo conditions are more complex and usually deviate from those pre-
sent in vitro. Since the reported techniques are sensitive to any local magnetic field gradient,
other sources of field variation and magnetic susceptibility will give some residual signal.
Furthermore, the partial dephasing in voxels at water-lipid boundaries as caused by the differ-
ent resonance frequencies of the fat with respect to the water signal may also mimic magneti-

cally labeled cells under in vivo conditions.
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Chapter 7

Discussion and conclusions

This work contributed to the understanding of the magnetic field inhomogeneity effects
induced by cells labeled with magnetic particles such as superparamagnetic iron oxide
nanoparticles. The field distortions were studied systematically for distances smaller than the
MRI voxel size (i.e., the microscopic scale) as well as for distances larger than the typical side
length of an imaging voxel (i.e., the macroscopic scale). Studying field inhomogeneity effects
related to labeled cells is of major importance for MRI because the respective field gradients
cause proton spins to precess at different Larmor frequencies. It was demonstrated, that signal
dephasing effects and Larmor frequency shifts can be exploited to generate image contrast as

the mean to detect magnetically labeled cells.

Furthermore, the relaxation effects of intra- and extracellular contrast agents were studied
systematically for various concentrations of contrast agents and at different magnetic field
strengths. In order to improve the image contrast or to optimize the sensitivity and the
specificity of MRI to detect magnetically labeled entities, such a systematic study is crucial to
establish optimal parameters for MR pulse sequences at each magnetic field strength.
Specifically, the described sample preparation technique allowed for non-aggregated
magnetically labeled cells in suspension. This enabled studying concentration dependent
relaxation and magnetic field inhomogeneity effects in isolation. The proposed preparation
technique is a simple and reliable approach to quantify relaxation and signal dephasing effects

introduced by magnetically labeled cells.

118



It was pointed out that gradient echo sequences are more sensitive to magnetically labeled
cells and the respective field distortions than spin echo sequences. Since for a given magnetic
field strength the observed gradient echo cellular transverse relaxivities are significantly
higher than the spin echo cellular relaxivities, it is anticipated that the physical system is in
the static dephasing regime, in which signal dephasing is dominated by the magnetic field
inhomogeneity effects and diffusion averaging can be neglected. In that case, the largest
susceptibility induced effect is due to static line broadening in the gradient echo experiment.

This static dephasing regime was considered for the subsequent numerical simulations.

In addition, the marginal increases in spin echo and gradient echo transverse relaxation
enhancement observed at 3 Tesla as compared to 1.5 Tesla are thought to be due to saturation
effects of the SPIO magnetization. Under in vivo conditions, however, tissue specific
magnetic field gradients will generally increase with field strength. This implies that inherent
field inhomogeneities compete with SPIO field distortions at higher field strengths. These
may even mimic the appearance of labeled cells under in vivo conditions in tissues with
complex magnetic field distributions, for example due to substructures with variations in

magnetic susceptibility.

It was demonstrated, that the magnetic field created by a SPIO loaded cell is sensitive to its
shape and intracellular distribution of magnetic moments only in close proximity to the cell.
The magnetic field around a cell labeled with iron oxide nanoparticles is in good agreement
with the magnetic dipole field. The intensity of the magnetic field distortion is determined by
the effective magnetization of the cell, which is given by the density of magnetic
nanoparticles per volume of cell. Far from the cell, the induced magnetic field cannot be
distinguished from the magnetic field created by a spherical particle with the same total
magnetic moment. However, close to the cell the magnetic field depends on the actual
intracellular distribution of magnetic particles. As based on the findings of this work, it is
anticipated that the field distortions caused by magnetic spheres characterize the magnetic
field around iron oxide loaded cells precisely, providing the volume fraction of labeled cells
per imaging voxel is sufficiently small. This seems reasonable for the most in vitro as well as

in vivo applications.

Utilizing the SPIO induced signal reduction as the mean for detection one may assume that
the sensitivity to detect labeled cells is higher in case of intense magnetic field
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inhomogeneities. As shown by numerical simulations, cells with the magnetic label at the
cell’s surface were found to induce more intense magnetic field distortions as compared to
cells with SPIO compartmentalized within the intracellular space. Thus, receptor mediated
labeling of cells with magnetic nanoparticles may induce sufficiently high local magnetic
field inhomogeneities and, hence, may be a promising approach from the magnetic field point

of view.

A numerical model was applied under static dephasing conditions. It was demonstrated that
the MR signal decay is significantly affected by the spatial distribution of magnetic dipoles
within the MR volume element. It is anticipated that this fact is of critical importance for the
reliable in vivo quantification of magnetically labeled cells, implying that in tissues with
different spatial distributions of identical iron oxide or cell concentrations, different resonance
frequency distributions and significant variations in the MR signal decay characteristics may
be observed. In addition, the results provide reasonable explanations for non-
monoexponential signal decay observed in liver tissue with iron overload (e.g., due to
hemochromatosis) and following administration of superparamagnetic intracellular contrast

media such as iron oxide nanoparticles.

It was revealed that non-monoexponential signal decay can result directly from magnetic field
inhomogeneities and particle clustering in subcompartments. The geometrical arrangement of
the subcompartments is expected to be important. It was figured out that smaller magnetic
dipoles are likely to be more effective in terms of static relaxation enhancement as compared
to larger magnetic dipoles for an identical volume fraction of magnetic material, due to the

more intense magnetic field inhomogeneity effects.

The present study contributes to the understanding of the geometry as well as the extension of
signal voids in static dephasing MRI induced by aggregations of magnetically labeled cells. In
order to study the physical characteristics of these signal voids basic sequence parameters like
echo time, voxel size, and plane of view orientation have been varied over a wide range in
numerical simulations and in vitro MR measurements. The results are considered to be of
paramount importance in optimizing MR sequence parameters with regard to spatial accuracy

and sensitivity to detect cluster of labelled cells in vitro or even in vivo.
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The spatial accuracy to detect cluster of magnetically labeled cells is of inferior quality the
longer the echo time and the larger the size of the imaging voxel, respectively. The choice of
long echo times and large voxel sizes prevents for a precise localization of labeled cells in the
MR image and may cause significant overestimation of the volume of labeled cells under in
vivo conditions. In contrast, the increase in the image signal void with echo time and voxel
size may allow the detection of even lower concentrations of labeled cells. It is of crucial
importance that the relative enhancement of the signal void with echo time was found to be
independent of magnetization, and should also be independent of cell concentration under in

vivo conditions.

In vivo conditions with respect to the microscopic magnetic field distribution as well as
relaxation rate constants are likely to be different from that of the homogenous agar gel
phantom. The quantitative assessment of the signal void in dependence on the SPIO
concentration as well as the measurement parameters under in vivo conditions seems
nevertheless possible, because the underlying physical principles are identical. Knowing the
effect of the local magnetization on the extension of signal voids will be crucial in assessing
numbers of labeled cells experimentally. On the basis of the proposed empirical quantification
well-suited tissue models can be developed in order to test the sensitivity of MRI to verify

labeled cells in tissue.

Finally, the Larmor frequency shift near magnetically labeled cells was exploited to achieve
positive contrast. It was demonstrated, that selective imaging with positive contrast
techniques is a highly promising solution to detect magnetically labeled cells. The resultant
‘positive contrast’ is the opposite of the ‘negative contrast’, which results from signal
dephasing due to magnetic field inhomogeneity effects. In the present work, positive contrast
imaging was achieved for volume elements containing labeled cells as well as for volume
elements close to aggregations of labeled cells. The significant increase in the contrast-to-
noise ratio using positive contrast techniques may be preferable for the precise localization of

cells and determining their spatial distribution by means of an alternative contrast mechanism.

It was demonstrated that this contrast inversion and selective visualization of iron loaded cells
requires only a small modification of conventional MR imaging techniques, allowing the
technique to be integrated in various imaging protocols. In the current work, a frequency
selective saturation pulse was implemented in a 2d spin echo sequence. It is anticipated, that
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this concept can be generalized to various types of magnetic field distortions, as long as
spectral broadening due to magnetic field inhomogeneities exists. As the ‘proof-of-principle’
it was demonstrated that paramagnetic biopsy needles can be selectively depicted using the

described positive contrast technique.

The application of positive contrast techniques is an alternative approach to generate tissue
contrast in MRI and deserves further attention for use in localization of magnetically labeled
cells. However, because the techniques are sensitive to any local magnetic field gradient,
other sources of field variation and magnetic susceptibility differences affect the imaging

process under in vivo conditions.

The findings of this work, both experimental data and data obtained from numerical
simulations, are anticipated to be transferable to each type of cell, since the physics describing
magnetic field inhomogeneity and signal dephasing effects is indifferent to cell type.
Furthermore, the theoretical and the in vitro results are anticipated to apply under in vivo

conditions, since the underlying physical principles are comparable.
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