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Abstract

Molecular imaging plays a key role in answering clinical needs for personalized medicine.
It gives insight into complex biochemical processes at the molecular and cellular level
associated with a wide range of disease. While magnetic resonance imaging (MRI) is a
renowned modality for clinical diagnosis based on anatomical and/or physiological images,
molecular MRI is limited by moderate sensitivity. Thus, in certain cases, contrast agents
are administered to enhance the MRI signal. Contrast agents with a strong magnetic field
dependence, i.e. a strong nuclear magnetic relaxation dispersion, have been shown to be
effective in generating target-specific contrast in MRI. The utilization of this relaxation
dispersion requires the adaptation of an MRI scanner to allow for a modulation of the
main magnetic field during the imaging sequence, also regarded to as fast field-cycling
(FFC). This thesis is devoted to investigate, how to generate novel MRI contrast based on
variations in the nuclear magnetic relaxation dispersion around a clinical field strength of
3 T. Such features would be otherwise hidden for conventional MRI. We report the first
adaptation of a clinical 3 T MRI system for field-cycling. The presented FFC-MRI system
is validated by means of dispersive contrast agents. It can potentially add value to the
detection of various biomarkers, as is shown here for the specific case of zinc detection.
Moreover, we introduce quadrupole relaxation enhancement as a mechanism of action for a
fundamentally new class of reversibly activatable contrast agents with frequency-selective
nuclear magnetic relaxation dispersion.

Keywords: molecular imaging, magnetic resonance imaging, fast field-cycling, nuclear
magnetic relaxation dispersion, quadrupole relaxation enhancement, contrast agent
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Kurzfassung

Die molekulare Bildgebung spielt eine Schlüsselrolle auf dem Weg hin zu einer personal-
isierten Medizin. Sie liefert Einblicke in komplexe biochemische Prozesse auf molekularer
und zellulärer Ebene, die mit einem breiten Spektrum an Krankheiten korreliert sind.
Die Magnetresonanztomographie (MRT) ist eine der führenden Bildgebungsmodalitäten
in der klinischen Diagnostik, unter Einbezug von morphologischer Strukturen und/oder
physiologischen Prozessen. Die molekulare MRT Diagnostik hingegen, ist durch ihre in-
härent moderate Sensitivität limitiert. In bestimmten Fällen werden deswegen Kontrast-
mittel appliziert, um das MRT-Signal zu verstärken. Gewisse Kontrastmittel, mit einer
starken Magnetfeldabhängigkeit der longitudinalen Relaxationsrate, auch bekannt als Re-
laxationsdispersion, haben sich bei der Erzeugung von zielgerichteten Bildkontrasten als
wirksam erwiesen. Die Nutzung dieser Relaxationsdispersion erfordert die Adaption eines
MRT-Systems, um eine Modulation des Hauptmagnetfeldes während der Pulssequenz, auch
bekannt als fast field-cycling (FFC), zu ermöglichen. Diese Arbeit widmet sich der Un-
tersuchung von neuartigen MRT-Kontrasten, basierend auf der Relaxationsdispersion im
Bereich einer klinischen Feldstärke von 3 T. Solche Charakteristika würden sonst in der kon-
ventionellen MRT verborgen bleiben. Wir berichten über die weltweit erste Adaptierung
eines klinischen 3 T MRT-Systems für field-cycling. Das vorgestellte FFC-MRT-System
wird mit Hilfe von speziellen dispersiven Kontrastmitteln validiert. Solch ein System bietet
großes Potential für die Detektion unterschiedlichster Biomarker, wie hier am speziellen
Anwendungsfall der Zink-Detektion gezeigt wird. Darüber hinaus stellen wir die Quadrupol
Relaxation als Wirkungsmechanismus für eine grundlegend neue Klasse von reversibel ak-
tivierbaren Kontrastmitteln mit frequenzselektiver Relaxationsdispersion vor.

Keywords: molekulare Bildgebung, Magnetresonanztomographie, fast field-cycling, Re-
laxationsdispersion, Quadrupolrelaxation, Kontrastmittel
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grey overlay illustrates achievable fast field-cycling (FFC) ranges of different
FFC-MRI systems: (1) up to 0.2 T (2) 1.5 T ± 0.5 T and (3) 2.89 T ± 0.1 T. 26



LIST OF FIGURES xv

2.10 In vivo FFC-MRI measurements in a kidney tumor mouse model obtained
from the preclinical insert system operating at 1.5 T ± 0.5 T. (a) Stan-
dard spin-echo T1-weighted image (0.5 mm isotropic in-plane and 2.5 mm
through-plane resolution, acquisition time per image is 5 min) of the ab-
domen of a mouse acquired at 1.5 T. (b) R1 map at 1.5 T corresponding
to the white square in (a). (c) Corresponding dispersion (-dR1/dB0) map
calculated for three different field strengths of 1.34 T, 1.5 T and 1.66 T. The
tumor displays lower R1 and -dR1/dB0 than the medulla and kidney. . . . . 27

2.11 Data obtained from whole-body FFC-MRI scanners. (a) 1 cm-thick section
of thighs of a healthy volunteer, obtained at 59 mT from the dual-magnet
system. Relaxometry was performed using FC-PRESS over a volume of
interest to provide dispersion curves (b). (c) Spin echo image from a healthy
volunteer’s head obtained at 0.2 T from the resistive magnet (32 ms echo
time, polarisation at 0.2 T for 0.3 s, 6 mm slice thickness, 2.3 mm in-plane
resolution, 0.3 s recycle delay at Earth field). The T1 map at that field
is shown in (d); it clearly shows the difference between grey matter, white
matter, and fatty tissues. . . . . . . . . . . . . . . . . . . . . . . . . . . . . 28

3.1 Schematic of a FFC-MRI pulse sequence with saturation (SR) or inversion
(IR) magnetization preparation. The trigger (TRIG) synchronizes the B0

insert coil with the MRI system. The ENABLE signal is used for blanking
the GPA during image readout to prevent imaging artefacts due to random
phase fluctuations. The timing of the ∆B0 pulse is as follows: delay time
after the preparation phase td1, ramp up and ramp down times tru and trd,
respectively, flat top time tevol and settling time td2. Tevol denotes the total
time between magnetization preparation and image acquisition. . . . . . . . 32

3.2 (a) Random phase fluctuations induced by the output current noise of the
GPA cause severe ghosting artefacts in phase encoding direction. (b) Dis-
abling the GPA during image acquisition eliminates all visible artefacts. . . 37

3.3 Measured timing of the TTL trigger signal (CH1, lower trace) and the volt-
age proportional to the output current of the GPA (CH2, upper trace). The
rising edge of the B0 waveform (3) occurs 24.5 ms after the end of the trigger
pulse (1). The cursors indicate the interval (2) between GPA enable and
the rising B0 edge. The increased noise level in this phase is clearly visible
and has a duration of ∆t = 7.60 ms. . . . . . . . . . . . . . . . . . . . . . . 38



xvi LIST OF FIGURES

3.4 (a) Measured frequency shift induced by the eddy currents (blue circles) for
a 100 mT ∆B0 pulse with Tevol of 300 ms and a ramp times of 1 ms. A
mono-exponential (green line) as well as a bi-exponential (red line) model
were fitted to the data. This characterization of the eddy current field
dynamics allows for a compensation by means of dynamic reference phase
modulation. (b) Difference between reference image and image at shifted
B0 without eddy current compensation and (c) with compensation using the
bi-exponential model. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 39

3.5 1H R1 NMRD profiles of the cubic (C8_hex, red squares) and spherical
(S8_hex, blue circles) IOMNPs with 1 mM concentration as well as of pure
hexane (ref, yellow triangles) measured up to a field strength of 3 T (127.8
MHz) using a commercial FFC-NMR relaxometer. All measurements were
performed at room temperature (295 K). The insets show representative
TEM images of S8 and C8 samples, indicating that the used IOMNPs have
different morphology and are nearly monodisperse in size and shape. . . . . 40

3.6 (a) Sample arrangement in the phantom containing three different concen-
trations of cubic (C8_hex) and spherical (S8_hex) IOMNPs as well as a
non-dispersive hexane reference sample (ref). (b) and (c) show R1 maps
calculated on a pixel-by-pixel basis for a field strength of 2.79 T and 2.99 T,
respectively. (d) R1 dispersion map ∆R1/∆B0 (magnitude) obtained from
(b) and (c). . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 41

3.7 a) Simulated longitudinal relaxation curves for 2.99 T (red solid line) and
2.79 T (blue dashed line) compared to relaxation curves measured (mean
± standard deviation of ROI 2 in Figure 3.6a) with the proposed FFC-
MRI system (upward-pointing triangle for 2.99 T and downward-pointing
triangle for 2.79T). (b) Simulated and measured dreMR signal obtained by
subtraction of the relaxation curves in (a) after normalization to account for
different equilibrium magnetizations and effective ∆B0 offset fields. . . . . . 42

3.8 Images acquired for a field strength of 2.99 T (a) and 2.79 T (b) with an
isotropic in-plane resolution of 0.2 mm and Tevol of 150 ms were normalized
to account for different M0 and effective offset fields. Image subtraction of
(a) and (b) resulted in the corresponding dreMR image whereof the magni-
tude is shown in (c). . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 43

4.1 Chemical structure of the contrast agent and schematic representation of
Zn2+ detection mechanism, based on τR modulation due to increased binding
affinity in the presence of Zn2+. . . . . . . . . . . . . . . . . . . . . . . . . . 47

4.2 1H NMRD profiles of GdL alone (1.35 mM), GdL (0.26 mM) and GdL-Zn
(equimolar ratio; 0.27 mM) in the presence of 0.6 mM of HSA at pH = 7.4
(HEPES buffer) and 298 K; the symbols represent measured points and the
dashed lines serve to guide the eye. . . . . . . . . . . . . . . . . . . . . . . . 48



LIST OF FIGURES xvii

4.3 (a) Sample arrangement for the MR phantom measurements. (b) R1 map
obtained at the nominal B0 field strength (2.89 T) of the MRI system. No
visible difference in R1 can be observed upon the addition of Zn2+. (c)
∆R1/∆B0 map calculated by subtracting R1 maps for 2.99 T and 2.79 T.
The high contrast for samples with increasing Zn2+ concentration should be
noted. See Experimental Details section 4.4 for image acquisition details. . . 49

4.4 Percent signal enhancement of the Zn2+ response for a change in R1 at the
nominal B0 of the MRI system (left) and the change of ∆R1/∆B0 accessed
by FFC-MRI (right). The signal enhancement was calculated with respect
to the value obtained for the GdL-HSA complex without Zn2+; data is
presented in 1st quartile, median, and 3rd quartile. The activation response
is linear with respect to an increasing Zn2+ concentration (up to 1 eq. Zn2+);
see Experimental Details for the linear regression analysis. . . . . . . . . . . 50

4.5 (a) Sample arrangement for the FFC-MRI phantom measurements. R1 maps
were calculated on a pixel-by-pixel basis for the nominal B0 field of the MRI
system (b), by cycling the evolution field to 2.79 T (c) and 2.99 T (d). (e)
R1 dispersion map ∆R1/∆B0 obtained by subtracting R1 maps in (d) and
(c). . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 59

5.1 (a) 1H R1 dispersion profile of a CA (1 mM) based on τR modulation of
the paramagnetic relaxation enhancement. (b) Simulated 1H R1 dispersion
profile of a QRE based contrast agent containing 209Bi; for details see Figures
4.2 and 2.9, respectively. The PRE probe exhibits a smooth dispersion
whereas the simulated QRE probe shows frequency-selective characteristics. 62

5.2 (a) Schematic illustration of a Gd3+ complex with corresponding coordi-
nation spheres of surrounding water molecules: inner-sphere (IS), second-
sphere (SS) and outer-sphere (OS). The parameters that govern the param-
agnetic relaxation enhancement are presented: number of coordinated water
molecules q, Gd3+-H distance rH , relaxation times of the electron spin Tie
with i = 1, 2 , rotational correlation time τR and diffusion coefficient D with
distance of closest approach a. (b) Schematic principle of τR-modulation
to render a contrast agent responsive to metal ions M+. In addition to the
Gd3+ chelate, the probe consists of a linker and a binding unit selective to
the metal ion of interest. In the OFF state (low relaxivity) the system has
a fast τR. τR is slowed down by forming a complex with higher molecular
weight in the presence of M+, either (1) by self-assembly around the metal
ion or (2) by binding to a larger macromolecule such as HSA. The slowly
tumbling system gives rise to an increased relaxivity i.e. a switch to the
ON state. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 65



xviii LIST OF FIGURES

5.3 (a) Schematic illustration of the mechanism of a QRE contrast agent based
on 209Bi as quadrupole nucleus. QRE becomes effective if the resonance
condition is satisfied, i.e., the 1H Larmor frequency ωH matches one of the
frequencies with high transition probability of the QN ω0,k. The fluctuating
dipole-dipole coupling than acts as path for magnetization transfer from
water protons to the QN. Important parameters for efficient QRE are: the
number of coordinated water molecules q in the inner sphere (IS), the QN-
1H distance rH , the water exchange rate kex with diffusing water molecules
in the bulk water (diffusion coefficient D), the pure quadrupole relaxation
times TiQ with i = 1, 2 and the rotational correlation time τR. The QRE
core compound (b) can be linked to a carrier system (e.g. surface of a
nanoparticle) to slow down the rotational motion of the complex. . . . . . . 67

5.4 QRE becomes active if the resonance condition is satisfied i.e. the proton
Larmor frequency ωH matches the QN-transition bands ω0,k depending on
the external magnetic field B0. The pure quadrupole frequencies ωQ,k can
be tuned to shift the regions of possible QRE to the desired B0 as illustrated
here for 3 T. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 68

5.5 (a) Measured 1H R1 NMRD profiles of tris(2-methoxyphenyl)bismuth) dis-
solved in THF [140]. In comparison to the THF reference, distinct QRE
peaks are visible. (b) 1H R1 NMRD profiles of nanoparticles constituted
out of triphenylbismuth nanocrystallites coated with PVP and dissolved in
water [141, 142]; average hydrodynamic diameter of 400 nm and 750 nm.
The 750 nm sized NPs show QRE peaks close to the field-cycling range of
2.89 T ±100 mT (dashed vertical lines); all measurements were performed
at 293 K. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 70



List of Tables

2.1 Overview of current FFC-MRI systems and their characteristics . . . . . . . 9
2.2 Comparison of B0 insert coil specifications. . . . . . . . . . . . . . . . . . . 11

3.1 Comparison of R1 at different field strengths measured with a commercial
FFC-NMR relaxometer and with the proposed FFC-MRI system (mean ±
standard deviation). For the FFC-MRI method, R1 values were obtained
by ROI analysis (rectangular ROI in the middle of each sample). . . . . . . 40

4.1 Median (1st quartile, 3rd quartile) values of relaxation rates R1 at 2.79,
2.89 and 2.99 T and R1 dispersion ∆R1/∆B0 (2.99 T-2.79 T) at room
temperature; data were obtained by ROI analysis in Figure 4.5. . . . . . . . 59

xix





1
Introduction

“ Whenever we proceed from the known into the unknown we may hope to
understand, but we may have to learn at the same time a new meaning
of the word ’understanding’. ”

Werner Karl Heisenberg, 1901-1976

The need for a better understanding of fundamental molecular or cellular processes in
the human body is omnipresent in medical diagnosis. Over the last centuries, molecular
imaging has emerged as a research field with enormous potential to make visible what
otherwise would be invisible. Molecular imaging may be defined as the "non-invasive
visualization of biochemical events at the cellular and molecular level ..."[1]. It provides an
important means for a vast amount of applications ranging from early diagnosis of disease,
pharmaceutical developments, theranostics and personalized medicine [2].

Amongst all medical imaging modalities, magnetic resonance imaging (MRI) is known
for its superior endogenous soft tissue contrast and delivers high-resolution morphological
images all without harmful ionizing radiation. Contrast in MRI is essentially altered by
differences in local water proton density and spatially varying longitudinal and transverse
relaxation times in the tissue of interest. Extensive research is devoted to extend MR
imaging beyond the anatomical and physiological level, towards the spatially and tempo-
rally resolved detection of biomarkers associated with molecular and cellular processes [3].
Compared to other modalities like optical or nuclear imaging, molecular MRI is limited by
its moderate sensitivity and requires sophisticated signal enhancement strategies such as
the use of contrast agents [4]. In addition to increasing sensitivity, the use of biochemically
targeted imaging probes is crucial to provide sufficient specificity by enhancing the MRI
signal of the molecular target. Besides targeted accumulation on a specific site, it is even

1
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possible to render a contrast agent responsive to the presence (activation) or absence (in-
activation) of a biomarker of interest [5–7]. Although there exist a variety of endogenous
imaging probes [8], when referring to the term "contrast agent" one usually associates the
administration of an exogenous substance with it. Contrast agent detection may involve
direct methods, such as spectroscopy imaging or detection of non-proton nuclei (e.g. 13C,
19F, 31P or 23Na), or indirect methods observing their effect on bulk water molecules. This
effect can be induced by chemical exchange, magnetization transfer and/or by altering
different relaxation pathways, and depends on the underlying magnetic field [9, 10].

The magnetic field dependency of the relaxation rates, also termed as nuclear magnetic
relaxation dispersion (NMRD), can provide relevant information about the dynamics and
structural order of a wide range of molecular complexes [11]. The relaxation rate as a
function of the magnetic field, so-called NMRD profiles, can be measured with fast field-
cycling nuclear magnetic resonance (FFC-NMR) relaxometry. While the acquisition of
NMRD profiles is an established means in contrast agent design to determine the effi-
ciency for a target magnetic field, in recent years NMRD profiles have gained interest for
the characterization of biomarkers related to several disease [12–15]. The latter may be
achieved either by exploiting the endogenous proton NMRD profile itself or its alteration
induced by an exogenous contrast agent. In traditional MRI, nuclear magnetic relaxation
dispersion plays only a minor role. Clinical MRI employs a fixed main magnetic field and
therefore has no access to field-dependent information within one system. Fast field-cycling
magnetic resonance imaging (FFC-MRI) enables a modulation of the main magnetic field
within MRI pulse sequences. This adds an additional dimension to MRI giving access
to field-dependent contrast mechanisms, which would be otherwise invisible to traditional
MRI. Dedicated hardware is required for FFC-MRI to vary the magnetic field within a
defined range. While low-field FFC-MRI systems have access to NMRD characteristics
of endogenous biomarkers [16], systems for the clinical field range benefit from the strong
magnetic field dependence of particular contrast agents [17, 18]. Notably, the class of
slowly tumbling targeted or responsive probes features auspicious NMRD characteristics
for the detection of biomarkers with increased specificity and sensitivity.

There exist only a handful of clinical MRI systems worldwide that have been adapted
to enable field-cycling within a certain range around 1.5 T. However, the capabilities of
field-cycling for higher fields such as 3 T are completely unexplored. The primary research
question on that this thesis is build upon is, how variations in the nuclear magnetic relax-
ation dispersion may be utilized as a contrast mechanism for the detection of biomarkers
at a clinical field strength of 3 T. To this end, the work in this thesis is devoted to adapt a
3 T MRI system for field-cycling without compromising image quality. The implemented
hardware setup is validated by in-vitro experiments using dispersive contrast agents, and
the applicability to detect biomarkers, in particular that of zinc, is shown. Furthermore,
the prospects of quadrupole relaxation enhancement as a completely new mechanism for
the design of contrast agents with frequency-selective NMRD characteristics are explored.
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1.1 Outline of the Thesis

The work conducted and summarized in the following chapters contributes to the field
of molecular MR imaging, and, to a certain extent, to the field of MRI contrast agent
design. The structure is as follows. Chapter 2 revises the current state-of-the-art in
fast field-cycling MRI. It contains an overview of different approaches to conflate field-
cycling with imaging capabilities from MRI and lists hardware systems currently available
to research sites. Challenges involved in the implementation and corresponding error cor-
rection strategies are discussed. It also reports about potential applications specific for
the respective field-cycling ranges. This chapter is based on the journal publication "Com-
parison of fast field-cycling magnetic resonance imaging methods and future perspectives"
and represents joint work within the framework of COST Action CA15209. Chapter 3
involves the implementation and validation of the first FFC-MRI hardware system for a
clinical field strength of 3 T. A conventional MRI system was equipped with an additional
insert coil dedicated to varying the main magnetic field during an imaging sequence. It
is based on the journal publication "R1 dispersion contrast at high field with fast field-
cycling MRI". Chapter 4 proposes the application of FFC-MRI as a means for zinc
detection. It shows that by exploiting field-dependent information it is possible to detect
a zinc responsive contrast agent, whereas this probe would be undetectable by accessing
only the absolute difference in R1 with traditional MRI. This chapter is based on the jour-
nal publication "High-Field Detection of Biomarkers with Fast Field-Cycling MRI: The
Example of Zinc Sensing". Chapter 5 introduces quadrupole relaxation as a frequency-
selective relaxation pathway for the enhancement of water proton relaxation. It proposes
the quadrupole nucleus 209Bi as the basis for the design of chemically responsive contrast
agents. Proof-of-principle FFC-NMR relaxometry studies show that quadrupole relaxation
enhancement leads to frequency-selective NMRD characteristics that may be exploited by
FFC-MRI. This chapter is based upon work conducted in the frame of the FET-open
project CONQUER (European Commission H2020 Programme). The final conclusion of
this thesis and outlook of future applications are given in chapter 6.
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Abstract
Fast field-cycling (FFC) nuclear magnetic resonance relaxometry is a well-established
method to determine the relaxation rates as a function of magnetic field strength. This
so-called nuclear magnetic relaxation dispersion gives insight into the underlying molec-
ular dynamics of a wide range of complex systems and has gained interest especially in
the characterisation of biological tissues and diseases. The combination of FFC tech-
niques with magnetic resonance imaging (MRI) offers a high potential for new types
of image contrast more specific to pathological molecular dynamics. This article re-
views the progress in FFC-MRI over the last decade and gives an overview of the
hardware systems currently in operation. We discuss limitations and error correction
strategies specific to FFC-MRI such as field stability and homogeneity, signal-to-noise
ratio, eddy currents and acquisition time. We also report potential applications with
impact in biology and medicine. Finally, we discuss the challenges and future appli-
cations in transferring the underlying molecular dynamics into novel types of image
contrast by exploiting dispersive properties of biological tissue or MRI contrast agents.
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2.1 Introduction

Magnetic resonance imaging (MRI) has emerged as one of the most versatile imaging
modalities in clinical diagnosis, providing a wealth of contrast mechanisms. In this re-
spect, human (clinical) and animal (pre-clinical) MRI scans typically exploit differences in
local proton (1H) density (mostly tissue water content) and spatially varying longitudinal
(T1) and transverse (T2 and T2∗) relaxation times or equivalently of their inverse, referred
to as the relaxation rates R1 and R2 (and R2∗) respectively, measured at the fixed imaging
magnetic field B0 of the scanner. Differences in the underlying relaxation behaviour at
B0, and therefore changes in image contrast, can be used to distinguish between healthy
and pathological tissues for many diseases [19]. However, contrast mechanisms may change
dramatically with the applied magnetic field strength, and these changes can be exploited
to obtain new information for medical diagnosis. One way to access field-dependent infor-
mation is by using fast field-cycling (FFC) methods.

Fast field-cycling nuclear magnetic resonance (FFC-NMR) relaxometry is an established
method to measure the changes of relaxation times with the field strength B0, referred to
as nuclear magnetic relaxation dispersion (NMRD) profiles. The magnetic field strength is
typically rapidly cycled during the FFC-NMR experiment, allowing relaxation to occur at a
wide range of field strengths but always returning to the same magnetic field for detection
of nuclear magnetic resonance (NMR) signals [20]. As an example Figure 2.1 shows a
FFC-NMR pulse sequence. B0 varies over time to form three plateaus: the first one is for
polarisation and increases the amplitude of the signal response, the second plateau leaves
the spin system to evolve at the field of interest with its corresponding T1 value and the
last plateau serves for detection of the 1H NMR signal.

90°

time

B0

RF

B0
P

B0
D

B0
E

Acq

Polarisation Evolution Detection

Figure 2.1: Example of a typical pulse sequence for FFC-NMR. The top line represents the main
magnetic field, switching from 0 to polarisation BP

0 and evolution BE
0 followed by a transition to

the detection field BD
0 . At the bottom the radiofrequency pulse and signal acquisition timing. Note

that the transitions between the plateaus are much shorter than the typical T1 values, a necessary
condition for FFC-NMR.
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Repeating this sequence with different evolution times allows finding T1 at the evolution
field, so that repeating the overall method for different evolution fields provides a measure-
ment of the dispersion of R1 (an example of a 1H R1 NMRD profile is shown on Figure 2.2).
As R1 relaxation mostly depends on characteristic times of microscopic motions (such as
translation and rotation) and possible energy dissipation through matching energy levels
of some molecular structures (such as interactions with quadrupole nuclei), R1 NMRD
profiles give insight into the molecular dynamics and structural order of a wide range of
complex systems such as organic solids, metals, polymers, liquid crystals, porous media,
exogenous contrasts agents or biological systems [21–24]. While used for a long time as a
tool in the development phases of MRI contrast agents, over the last decade FFC-NMR
has gained interest in the characterization of biological tissues and diseases [13, 25–27] by
either exploiting the endogenous 1H R1 NMRD profile itself, or its modifications produced
by exogenous contrast agents. These results demonstrate that FFC methods have a great
potential in medicine if combined with MRI and much efforts are dedicated to create fast
field-cycling magnetic resonance imaging (FFC-MRI) scanners [18, 28–31].

Proton Larmor frequency (MHz)
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1 
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Figure 2.2: 1H R1 NMRD profile of healthy human cartilage obtained from the Aberdeen FFC-
MRI research group [13]. Cartilage shows a marked dispersion over several decades of field strength,
or equivalently proton Larmor frequency. Quadrupole peaks can also be observed around 2.5 MHz
that inform on water-protein interactions.

Fast field-cycling adds an extra dimension to MRI by allowing the B0 field to be changed
during the pulse sequence and an optimal magnetic field can be selected for each of the main
phases of an MRI pulse sequence (polarisation, relaxation and acquisition). This allows
the generation of images displaying the variation of R1 with respect to the magnetic field
in ex vivo and in vivo biological tissues, non-invasively, with a high potential to generate
new types of image contrast specific to pathological molecular dynamics and thus useful
for disease characterisation and diagnosis.

Compared with conventional MRI, FFC-MRI requires dedicated hardware to vary the
magnetic field B0 rapidly compared to the relaxation times. Implementation poses strong
constraints on magnet design, power supplies, control electronics, pulse sequences, scan
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time and image quality. These constraints require compromises and add serious difficulties
to the construction of FFC-MRI scanners so that at present FFC-MRI system develop-
ments are limited only to a small number of research groups worldwide exploring different
approaches ranging from completely home-built human-scale systems at low field to B0

insert coils for commercial MRI systems at clinical fields of 1.5 T and 3 T.

The purpose of this article is to provide an overview of the recent advances in the field
of FFC-MRI and to review different approaches as well as to present their advantages
and drawbacks. First we present an overview of FFC-MRI hardware designs, their limita-
tions and the error correction strategies being employed. Then we present the acquisition
strategies currently developed to tackle image reconstruction problems that are specific
to FFC-MRI. Finally, we discuss the challenges and the potential applications that can
arise by exploiting the dispersive properties of biological tissues and selected MRI contrast
agents, transferring the underlying molecular dynamics into new types of image contrast
on biological tissues, including living materials.

2.2 FFC-MRI technologies

Various systems exist that allow changing the magnetic field during a pulse sequence in an
FFC-MRI system. Each technology presents its strengths and weaknesses. An overview
of the early developments and history of FFC-MRI hardware systems can be found in
references [28, 32] and a summary of the latest hardware systems is presented in Table 2.1
and detailed below. Performing FFC-MRI systems are expected: (i) to switch the main
magnetic field in a time shorter than the sample T1 at these fields, (ii) to access a large
range of magnetic field strength in order to provide a large overview of the R1 NMRD
profile, both at the high and low end of the Larmor frequency spectrum and (iii) to be
large enough to accommodate relevant objects for imaging. The practical implementation
of these requirements necessitates to make various compromises and several designs exist
that suit different purposes. FFC-MRI bears resemblance with ultra-low field MRI [33],
which is not covered here, that similarly relies on electromagnets to produce a pre-polarizing
field but signal detection is performed with superconducting quantum interference devices
(SQUIDs) at ultra-low field. Below is a description of the magnet technologies currently
used for FFC-MRI.

2.2.1 Dual resistive and permanent whole-body magnets

This technology combines the stability of a permanent magnet with the reactivity of a
resistive one, both of whole-body sizes. This approach has been developed in Aberdeen,
UK [34, 37] and can reach magnetic fields from 5 mT to 120 mT with an acquisition field
of 59 mT. It consists of a vertical-field ferrite magnet using a Halbach configuration and
a vertical resistive insert magnet that adds to or subtracts from the permanent field. The
overall system has a bore size of 52 cm, which is enough for whole-body human scans.
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Table 2.1: Overview of current FFC-MRI systems and their characteristics.

FFC-MRI system Type Acquisition
field FFC range Bore size

Bödenler et al. [31] insert coil 2.89 T 2.79 - 2.99 T small animal
de Rochefort et al. [30] insert coil 1.5 T 1 - 2 T small animal
Harris et al. [29] insert coil 1.5 T 1.28 - 1.72 T small animal
Hoelscher et al. [18] insert coil 1.5 T 1.41 - 1.59 T small animal

Lurie et al. [34] dual resistive
and permanent 59 mT 5 - 120 mT whole-body

Ross et al. [35] resistive 0.2 T 0.1 mT - 0.2 T whole-body
Pine et al. [36] insert coil 59 mT 3 - 115 mT forearm

A key element of the dual-magnet approach is that signal acquisition takes place only in
the field of the permanent magnet, with the insert magnet inactivated, and the scanner
exploits the short-term stability of the permanent magnet to avoid artefacts in the image,
while the resistive magnet varies the relaxation field over a relatively large Larmor fre-
quency range during the spin preparation stage. One drawback of this design is that the
field inhomogeneities of the two magnets add up when reaching very low B0 so that the
lowest field attainable is about 1 mT when scanning an object the size of a head. More-
over, the use of ferrite magnets restricts the imaging field to relatively weak B0, which
limits polarisation (120 mT in the Aberdeen dual-magnet system) and increases the scan
time required to obtain exploitable images. Additionally, the magnetic field generated by
permanent magnets is temperature-dependant (on the order of 0.2 % per degree for fer-
rite [34]), requiring either to control the room air temperature or to monitor the variations
of the magnetic field.

2.2.2 Single resistive magnet

FFC-MRI designs based on a single resistive magnet present two main advantages: they can
produce relatively strong magnetic fields per weight compared with a permanent magnet
and the homogeneity of the magnet scales with the current so that it is not the domi-
nant limitation when reaching very low magnetic fields. Current developments focus on a
completely resistive whole-body FFC-MRI device [35] in an effort to reach even lower B0

fields for relaxation on the one hand and to increase the imaging field strength on the other
hand. This scanner has a bore of 50 cm, which is quite narrow but does permit whole-body
scans of slim people (see Figure 2.3a). It is capable of reaching field strengths up to 0.2
T and down to 100 µT but work is currently in progress to extend its lower limit to 5 µT
to extend the range of the NMRD profile. The use of a purely resistive magnet makes it
easier to explore low magnetic fields because the magnet inhomogeneities scale down with
the field strength so that the limitations in the ultra-low field regime mainly come from the
Earth’s field (typically 40 µT depending on the location) and from magnetic fluctuations
from the environment, such as moving elevators, nearby traffic, mains electricity supply or
ferromagnetic structures within the building. The latter may generate local fields signifi-
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cantly stronger than Earth’s as well as field gradients (10 to 50 µT/m is not uncommon).
However, FFC experimentation imposes fast current variations in the magnet so that its
inductance must be kept to a minimum. Low inductance makes it more difficult to drive
the magnet consistently and limits the field stability so that particularly stable and fast
current amplifiers are required for this scanner.

2.2.3 Superconducting magnet with resistive insert coil

Alternatively, FFC-MRI can be implemented by inserting a resistive B0 insert coil into
an otherwise conventional clinical MRI system (see Figure 2.3b). The resistive B0 insert
coil provides the B0 field modulations necessary for field-cycling experiments while images
can be acquired by the MRI system as usual. This combines the advantage of a stable
acquisition field, provided by the permanent or superconducting primary magnet of a
conventional MRI system, with the fast-switching capability of a resistive coil with low
inductance. The offset coil can be mounted on the patient table and positioned at the
isocenter of the main magnet. The insertion coil is designed for an easy installation and
removal, and provides a flexible utilisation of the FFC technology, while maintaining the
basic operation mode of the MRI system. A schematic of a typical on-site integration can
be found in Figure 2.3c.

Several research groups worldwide have realized this approach, employing magnetic field
strengths used in current clinical routine such as 1.5 T and 3 T, in order to implement a
method known as delta relaxation enhanced magnetic resonance (dreMR) imaging, aimed
at exploiting the detection of molecules (including contrast agents) with particular disper-
sion characteristics. Alford et al. [38] at the University of Western Ontario were the first
to describe the use of an insert coil, capable of modest field shifts of ±70 mT, within a
clinical MRI system with a nominal field strength of 1.5 T. Later on, this first prototype
insert coil design was improved by Harris et al. [29] leading to B0 offset fields of ± 0.22 T.
Other systems at 1.5 T were implemented by Hoelscher et al. [18] and de Rochefort et al.
[30], the latter reporting the currently highest ∆B0 of ±0.5 T. Although the majority of
available hardware setups are based on 1.5 T MRI systems, recently, Bödenler et al. [31]
proposed an implementation centred at a nominal B0 field strength of 2.89 T. Table 2.2
compares hardware specifications like ∆B0, inductance, resistance, field efficiency, imaging
region and physical dimensions of B0 insert coils currently used for dreMR.

Despite the use of a clinical MRI system for signal detection, the bore sizes of all these
insert coils are small (ranging from 40 - 100 mm in diameter). The limitation mostly
comes from the inductive coupling between the resistive insert and the superconducting
magnet: large currents are used in the resistive coil to generate large magnetic fields that
are switched quickly, so the large variations of the insert stray field induce electric currents
in the conductive parts of the permanent magnet. These currents may quench it during
the B0 field ramps. One way to mitigate this problem is to use an active shield to minimize
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Table 2.2: Comparison of B0 insert coil specifications.

dreMR coil ∆B0

(mT)
L

(mH)
R

(mΩ)

field
efficiency
(mT/A)

imaging region physical dimensions theoretical
power at
max. field

�
(mm)

length
(mm)

bore �
(mm)

outer �
(mm)

length
(mm)

Hoelscher et al. [18] ±90 4.90 60 2.54 34 50 52 242 340 75 W
Harris et al. [29] ±220 1.46 95 0.87 25 50 80 320 420 6.1 kW
de Rochefort et al. [30] ±500 0.30 100 1.57 28 40 40 170 300 10 kW
Bödenler et al. [31] ±100 1.69 64 0.67 40 40 100 345 514 1.4 kW

the interaction with the host system. Another way is to reduce the size of the insert coil:
the stray field decreases with the cube of the diameter to distance ratio so that smaller
inserts produce a weaker stray field in the scanner structure and allow maintaining fast
ramps. However, they offer a small imaging volume (ranging from 25 - 40 mm in diameter)
that limits the use of such systems to pre-clinical small animal experiments. Yet feasibility
studies by Harris et al. [39, 40] have investigated B0 insert coil designs suitable for human
head and prostate imaging, which is an important step for transferring the dreMR method
to human-scale applications.

Another important consideration is the power deposited in such an insert coil as it scales
with the square of the required current and therefore field strength. Considering the designs
presented in Table 2.2, it can be estimated that the power dissipated by Joule effects at
maximum fields ranges between 75 W to 10 kW. An adapted cooling system is then required
for heat extraction from the resistive windings for each system. Limited cooling capacity
of the insert coil requires duty cycle adjustments or/and the maximum field (current) must
be reduced. Therefore, a sufficient cooling capacity of the insert coil has to be considered
during the design process as a change after construction is difficult. For example, the
insert coil from Hoelscher et al. is limited to a duty cycle of 1:8 to allow for sufficient
cooling. Harris et al. [29] implemented an effective cooling system so that the operation
(6 kW generated at maximum field) is only limited by the duty-cycle of the power supply.
They utilize a parallel water flow through each winding layer to increase the water flow
and therefore the heat extraction. The cooling system involved in [30] (10 kW generated
at maximum field) has a primary closed-loop circuit with circulating perfluorocarbon in
contact with the insert coil and a secondary circuit with circulating water. The insert coil
(1.4 kW at maximum field) in [31] employs a cooling system with six internal multipath
circuits filled with water and the operation is only limited by the duty cycle of the power
supply.

In contrast to the horizontal-field scanner geometry used in the clinical MRI systems de-
scribed above, Pine et al. [36] presented a disk-shaped, vertical-field insert coil for the use
with a 59 mT permanent-magnet vertical-field scanner. The combination of this geometry
with a surface radio frequency (RF) coil provides an improved flexibility with respect to
the imaging region of the patient when compared to the reduction in accessible bore size
for a solenoidal insert coil geometry currently used in horizontal-field MRI systems.
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Figure 2.3: Integration of the FFC-MRI systems in their respective environments. (a) Current
developments at the University of Aberdeen focus on a completely resistive human-scale FFC-
MRI device [35] reaching a field strength up to 0.2 T. This scanner has a bore of 50 cm allowing
for whole-body scans of slim people. (b) Shows a resistive B0 insert coil within the bore of a
superconducting magnet system at a field strength of 3 T [31]. Although this method uses clinical
MRI systems for signal detection, the small bore sizes limit the imaging volume to pre-clinical
small animal experiments. (c) Schematic of a typical on-site integration of an insert coil for an
otherwise commercial MRI system.

2.3 Technical Comparisons

2.3.1 B0 field stability and homogeneity

Most MRI image acquisitions are performed in the k-space and the phase of the NMR signal
is essential for the image reconstruction process. Errors in the phase measurements in the
order of half a degree or more lead to visible ghosting artefacts that degrade the image (see
Figure 2.4). To mitigate this problem, field inhomogeneities are usually corrected by using
spin echo sequences but this approach has limited results for time-varying fluctuations.
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a b

Figure 2.4: Small deviations of B0 induce shifts in the signal phase that degrades the image
producing ghosting artefacts e.g. (a) phantom image obtained from a B0 insert coil [31] and (b)
head scan obtained from a resistive whole-body magnet [41].

The average NMR phase from a simple spin-echo experiment can be modeled as follows

ϕ(2τ) = γ

[∫ τ

0
B0(t)dt−

∫ 2τ

τ
B0(t)dt

]
, (2.1)

where τ is the delay between the excitation and refocusing pulses, γ is the gyromagnetic
ratio and ϕ(2τ) is the phase of the NMR signal when the echo forms. One can simplify
the expression above by using a polynomial expansion of the field B0

ϕ(2τ) = γ

[∫ τ

0

∞∑
i=0

bit
idt−

∫ 2τ

τ

∞∑
i=0

bit
idt

]
, (2.2)

where bi are the decomposition coefficients of the B0 series. This gives:

ϕ(2τ) = γ

∞∑
i=0

bi
i+ 1

τ i+1
[
2− 2i+1

]
. (2.3)

The terms of this series only cancel out for constant fields and dephasing increases with
larger orders and with the echo time. Hence phase errors can only be corrected by better
control of the magnetic field or by shortening the echo time, but the latter increases the
acquisition bandwidth and lowers the signal-to-noise ratio (SNR). Permanent or supercon-
ducting magnets have stability time constant orders of magnitude larger than the echo
time so they are not affected by this problem and any drift can be corrected by tracking
the resonance frequency every few minutes. Fast temporal fluctuations of the magnetic
field are mainly a problem when dealing with resistive magnets, either in isolation or in an
insert system if the resistive coil is not disabled during image acquisition. In such systems
the field fluctuations that affect the phase of the NMR signal are due to imperfect control
of the electric current by the magnet power supply. Yet resistive magnets are natural
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low-pass filters with a frequency f defined by their inductance L and resistance R:

f =
R

2πL
. (2.4)

It results that field stability is more easily achieved with large inductance and low resis-
tance (which requires some compromises), however reducing the cut-off frequency of the
magnet also reduces its response time for the field ramps and makes it more difficult to
drive, requiring power supplies able to provide large voltages. Particular care is therefore
necessary to design resistive magnets for FFC-MRI to balance these needs. As an example,
ramp times are typically 1 to 10 ms long whereas echo times can reach 10 to 40 ms, hence
a possible trade-off could be to set a cut-off frequency between 20 and 60 Hz.

For the insert system with the highest field offset reported above (500 mT obtained with
320 A, with and a cut-off frequency of 50 Hz [30], the current fluctuations remaining during
signal acquisition are typically producing NMR frequency fluctuations up to 200 Hz. To
avoid such fluctuations during the acquisition phase, which uses the stable main field of the
superconducting magnet, an ad-hoc strategy is to switch to a highly resistive state, which
is equivalent to opening the coil circuit by disabling the amplifier [31]. Another approach
is to switch the amplifier load between the insert coil and an inductance-matched dummy
load using a fast high-power solid state switch [29].

Whole-body resistive FFC-MRI scanners present less problems and experimentation on
the Aberdeen 0.2 T system showed fluctuations lower than 2 ppm (8 Hz proton Larmor
frequency). It produces images with visible artefacts but these can be corrected by post-
processing [41], where the background signal is minimized by finding the optimum phase
correction for each k-space line.

Theses resistive magnets also produce heat that leads to field drift via thermal expansion,
similar to what is observed with permanent magnets. This effect can reach 0.1% of the full
field so it is of little concern for insert magnets but causes large field drifts in whole-body
systems during the detection field. Correction techniques can easily be applied by scaling
B0 as the acquisition progresses, taking advantage of the long time constant associated
with such thermal effects (40 minutes on the Aberdeen 0.2 T system). Yet this requires
access to the data acquired during the scan.

Permanent magnets also present problems with field stability because of their temperature
dependence. The dual FFC-MRI magnet at Aberdeen is based on ferrite and is thermally
controlled but the resistive insert generates heat during field-cycled experiments. As a
result, B0 fluctuates over several kHz when acquiring field-cycled T1 maps but the charac-
teristic time of the drift is very long compared with an acquisition so that one can make
some corrections during the experiment, using one acquisition set to correct for the next
one. Note that in this case the field correction cannot be done by adjusting B0, but by
adjusting the system frequency from the MRI console.
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2.3.2 Signal-to-noise ratio

SNR is a crucial parameter for MRI images: large SNR allows detecting with higher
accuracy and improved spatial resolution, which are desirable for medical applications.
SNR depends largely on the acquisition field strength [42], which limits the technology
available for the detection of the NMR signal. At NMR frequencies typically higher than
1 MHz (corresponding to 23 mT for 1H), inductive detection can be used efficiently with
mature technologies involving preamplifiers, acquisition electronics and radiofrequency coil
designs. With such systems, the signal-to-noise ratio is summarised as

SNR = γNPKC
√
Tacq , (2.5)

where γ is the gyromagnetic ratio, N is the number of nuclei within the imaged volume,
P is the polarisation at equilibrium (which is proportional to the polarisation field under
the Curie law), K provides the sensitivity of the RF detection coil (which is proportional
to the acquisition field), C relates to the contrast due to relaxation and depends on the
pulse sequence applied, and Tacq is the total acquisition time. As can be seen, in the choice
of a strategy for FFC-MRI, the magnetic fields and their timing during the three distinct
phases of polarisation, relaxation and acquisition interact in determining the achievable
SNR. Separating each phase, SNR increases linearly with polarisation, motivating the use
of high field or pre-polarising approaches when lower field FFC-MRI are used. Regarding
the acquisition field, for biological tissues maintained at body temperature, an optimised
RF detection setup would be in the sample-noise dominating regime, in which K is only
dependent of the coil geometry and not on the acquisition frequency. However, in practice
this regime is not always reached, when other noise sources dominate such as intrinsic RF
coil noise, preamplifier noise and noise due to electromagnetic coupling with the environ-
ment. The limitation of noise performance depends on the acquisition field strength and
RF coil size, with higher fields being more susceptible to patient noise while coil noise
usually dominates at lower fields. Regarding the relaxation field that provides the image
contrast, it is completely determined by the relaxation behaviour under the applied pulse
sequence, with a trend to have shorter T1 at lower fields, enabling to sensitize faster to this
parameter. Finally, if an SNR is targeted for a given system, two basic imaging parameters
can be adjusted to achieve it, the voxel size (to increase the number of nuclei N), and the
available time the signal is actually acquired. In summary, an ideal system would benefit
from high-field pre-polarization, optimized acquisition field in the sample-noise dominating
regime, and from the most relevant relaxation field to reveal field-dependant contrast.

However, in practice, experimental factors also impact SNR depending on the technology
used. In particular, the heat dissipation in the resistive coil in FFC-MRI requires efficient
cooling, and limitations of currently-available power-supply amplifiers lead to limited duty-
cycles of the magnetic field. The most constrained systems in that matter are the resistive
FFC-MRI magnets such as the one in Aberdeen which operates at a maximum of 50 % duty
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ratio to allow the current amplifiers to cool down when operating at 0.2 T. Additionally,
pre-polarisation at 0.2 T can only last up to 2 seconds so that tissues with long T1 cannot
be completely polarised, which decreases SNR accordingly. The cooling time is also lost
in terms of acquisition time and increases the scan duration, typically by a factor 1.2 to
2. Insert systems also have restrictions imposed by their cooling systems but these mainly
impact the magnet size because of the volume occupied by the cooling pipes.

2.3.3 RF coil setup

While a variety of commercial solutions exist for RF coils used in conventional MRI systems,
FFC-MRI scanners present various non-standard features such that the RF coil has to be
home-built. Design considerations differ according to the frequency regime and the RF
coils designs vary between the insert and the whole-body systems even if in both systems
the ratio of the wavelength to the cavity dimension is much larger than unity and the
birdcage or saddle coil geometries are well-suited for the coil shape.

Insert magnet systems operating at 1.5 T or 3 T are characterised by resonant frequencies
on the order of 100 MHz range and tight volume. An example of coil for such systems
is presented in Figure 2.5 [43]: its diameter is set to fit tightly inside the insert bore of
40 mm diameter and the shield is very close to the coil during insertion, which causes
large detuning when inserted inside the insert magnet. At high frequency the design of
the inductive loop also needs to take into account the wavelength of the RF signal in the
conductors. For MRI systems operating at 1.5 T, the proton NMR frequency is about 64
MHz and the corresponding wavelength in vacuum is 4.7 m. This number drops down to
2.8 m in typical RG58 coaxial cables and is further reduced as B0 increases. This requires
particular care when placing lumped elements on large RF coils, such as used for human
scans, and numerical simulations are required to validate the behaviour of the coil and
avoid hot spots that could generate RF burns. Baluns are also needed at regular intervals
along the transmission line to prevent current conduction along the cable shield, which
could also result in burns and increases the signal noise, though these problems are not
significant for animal-size systems.

Acquisition on the whole-body 0.2 T FFC-MRI scanner also requires custom RF coil design
to adapt to low-frequencies, and this field strength is no longer used by MRI manufacturers.
Such coils typically include large tuning capacitors, (typically hundreds or pF to several
nF), large matching capacitors to adapt the load to the 50 ω transmission line (usually
hundreds of pF), thick conductors to take advantage of the large skin depth (100 µm to ac-
commodate a skin depth of about 20 µm) and large windings or multiple turns to increase
the inductance. They also have some interesting benefits such as negligible dephasing with
conductor length, since the wavelength at such frequencies is above 30 m, low power con-
sumption from the RF power amplifier, Q factors typically between 100 and 400 depending
on the geometry and low patient loading so that the Q factor remains high when the coil is
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a

b c

Figure 2.5: Specific RF coil design (a) and small animal bed adapted to gaseous anaesthesia (b)
fitted to the tight available space due to the small bore size of the B0 insert coil [43]. Exemplarily,
an in vivo mouse image (axial slice at the neck level) obtained with the dedicated RF coil is shown
in (c).

used (coil noise regime). They also require very few baluns, if any, so the risk of RF burns
remains small. An important improvement could come from the use of parallel imaging
(PI) techniques [44] in FFC-MRI. PI is a routine method to accelerate image acquisition
over a wide range of applications in conventional MRI, but this approach relies on the
use of coil arrays and such detectors require additional components such as pin diodes for
active decoupling and low input impedance preamplifiers for passive decoupling. The lack
of readily available dedicated low-impedance preamplifiers at frequencies below 20 MHz
makes coil arrays difficult to build at low frequencies for the moment. This is aggravated
by the large inductors needed at low magnetic fields, which cannot be miniaturised into the
currently existing high-field preamplifiers so that new designs must be created for applica-
tions at the MHz regime. Additionally, filtering elements such as present on the DC bias
line of the PIN diodes are less efficient at low magnetic fields so that a trade-off must be
found between the size and the signal loss of the coil array control boards. Developments
in this field are currently ongoing in Aberdeen.
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2.3.4 Eddy currents

FFC-MRI is prone to eddy currents resulting from the fast variations of the resistive coil
inducing currents in all surrounding conductive materials. Their importance consequently
depends on the scanner design. Insert magnets tend to generate most eddy currents because
of the large amount of conductive materials incorporated in the cryostats and support
structures of superconductive magnets; eddy currents generated in liquid-He temperature
structures such as radiation shields may be particularly problematic since the eddy current
lifetime is prolonged due to high conductivity at low temperature. Insert magnet coils may
need to be actively shielded in order to reduce the risk of quenching the main magnet.
Eddy currents do appear significantly in dual-magnet FFC-MRI systems but a small delay
before image acquisition ( 1 ms) is usually sufficient to avoid artefacts, and no eddy currents
have been observed so far in the Aberdeen team’s purely-resistive FFC-MRI magnet, which
can be explained by the absence of conductive surfaces around the magnet and the use of
copper mesh for the RF shield.

Most effects have been reported in the case of insert coils into superconductive MRI systems
used for dreMR imaging [29–31, 45]. Typically, to characterise them, a ∆B0 pulse of
trapezoidal shape with defined ramps, flat top time and amplitude is applied. The induced
eddy current field varies temporally and can be characterized by a mono-exponential (or
even multi-exponential) decay. A comprehensive analysis of eddy current formation has
been given by Hoelscher et al. in [45]. The main problem with induced eddy current fields
is that they result in temporally varying offset in the Larmor frequency. This frequency
offset gives rise to a shift of the field of view (FOV) along frequency and slice encoding axis
causing substantial degradation of the dreMR image quality due to subtraction artefacts.
A typical eddy current characterisation can be found in Figure 2.6a. The influence of the
shifted FOV on FFC-MRI images can be seen in Figure 2.6b-c. To illustrate this problem,
we consider a system with a maximum gradient strength of 45 mT/m acquiring over a
slice thickness of 1 mm so that the maximum slice selection transmit bandwidth would be
around 1.9 kHz. In such a situation the 380 Hz (peak) frequency shift induced by eddy
currents as seen in Figure 2.6c dynamically shifts the FOV in the slice direction by up
to 200 µm, a dynamic slice selection error of 20 %. Similarly, such eddy currents would
produce a shift of 180 µm within the plane of the image. This clearly indicates the need
for a compensation of such effects for such preclinical systems.

Two strategies are then usable to compensate for these effects, the first one is to wait
long enough to go below a predefined shift level, the other is to compensate based on an
underlying calibrated linear model in prospective (through real time RF modulation or
compensation coils) or retrospective (through signal demodulation) ways, as the shifts are
small enough to be restricted to the bandwidth of the RF setup. One prospective way to
compensate eddy current effects, proposed by Hoelscher et al. [45], is to modulate the sys-
tem reference frequency (based on the identified decay model) in such a way that the offset
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between system reference frequency and Larmor frequency is zero throughout the pulse
sequence. In principle, this compensation can be implemented into any sequence type and
does not require any additional hardware modifications. Another approach implemented
by Harris et al. [29] is to apply an additional compensation field with a dedicated low-power
Helmholtz coil counteracting the eddy current decay during image acquisition.

Both approaches rely on an accurate eddy current characterisation and may be compro-
mised by phase instabilities. It is important to note that the characterization parameters
are specific to the parameters of the ∆B0 pulse such as amplitude, ramp times, flat top
time and repetition time. For example a compensation based on the parameters deter-
mined in Figure 2.6a is only valid for a ∆B0 pulse with an amplitude of 100 mT, duration
of 300 ms and ramp times of 1 ms. The repetition time (TR) has to be chosen to account
for a sufficient eddy current decay before applying the next field-shift. In this example,
a TR shorter than 900 ms would lead to an incorrect compensation as the eddy currents
of the previous field-shift add to the eddy current field of the next one. Furthermore, the
characterization parameters may be altered slightly by a repositioning on the patient table
between experiments. In practice, however, these problems can be overcome by perform-
ing a re-characterization prior the actual experiment to account for different timing and
field-shift parameters. Whereby, it is possible to account for other effects like a slightly
altered coupling between the insert coil and the MRI system by a repositioning of the coil
on the patient table between experiments.
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Figure 2.6: (a) Measured (blue circles) frequency shift induced by eddy currents in the FFC-MRI
system for 3T (∆B0 = 100 mT, Tevol = 300 ms and ramp times of 1 ms) [31]. The red solid line
represents a bi-exponential model fit. This frequency offset results in a shifted image (c) with
respect to the reference image (b) without applied ∆B0. The shifted image in (c) corresponds to
the frequency offset in the first data point (filled circle) and clearly indicates the need to compensate
for such eddy current effects.
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2.3.5 Pulse sequences

Magnetisation-prepared spin-echo pulse sequences have been commonly used in FFC-MRI
to determine R1 dispersion maps (e.g. in [31, 46, 47]); this has been adopted as it cor-
responds to the gold-standard way to measure R1. In the most general case it comprises
three phases between which the magnetic field B0 is switched: polarisation, evolution and
acquisition [28]. During the evolution phase the spin system undergoes relaxation imposed
by the applied evolution field. Signal acquisition is always carried out at the same detection
field strength and can either be the nominal B0 of a permanent or superconducting mag-
net system, or at the maximum field for resistive magnets (dominance regime) to increase
SNR. A pre-polarisation of the magnetisation is not necessarily required in the high SNR
regime and therefore the polarisation field is equal to the detection field. This scheme has
to be repeated in the usual manner for the acquisition of the whole k-space.

One important limitation of FFC in the design of pulse sequences comes from the de-
tection technology. The use of tuned transmit and receive coils imposes the use of the
corresponding field for detection and as a consequence only the detection field allows mod-
ifying the spin system by RF pulses, or detecting the NMR signal. This forbids the use of
speed-up strategies such as parallel slice acquisitions, at least during the evolution field.
FFC measurements are also iterative: R1 maps are generated for each evolution field by
acquiring series of images with varying evolution times. As an example, a 128 x 128 image
with 12 sec repetition time, and 2 evolution fields and 5 evolution times would provide a
quantitative ∆R1/∆B0 map in 4 hours and 16 minutes, which is definitely not practical.

Depending on the application, qualitative ∆R1/∆B0-weighted images (e.g. dreMR image
contrast) can be acquired, as illustrated in Figure 2.7b, In such case the overall measure-
ment time can be reduced by acquiring only two images needed for image subtraction. In
the above example this would lead to a measurement time of 51 min, which is achievable for
in vivo scans but not practical for clinical use. It is therefore crucial in FFC-MRI to speed
up the measurement procedure under consideration of particular hardware restrictions and
without significantly compromising the SNR.

FFC-MRI offers two ways to do so, either by speeding-up k-space acquisition strategies
or by exploiting the data redundancy in the NMRD profile. For the latter, Broche et
al. [37] proposed a multi-field two-point method to estimate R1 for different evolution
fields, reducing the number of images to one image per evolution field and an additional
reference image taken at the detection field. This approach provides reasonably accurate R1

values in less time and is valid for relatively linear regions in the NMRD profile. To speed
up k-space acquisition in the context of FFC-MRI, several strategies have been followed
successfully, such as faster imaging modules like Rapid Acquisitions with Refocused Echos
(RARE) [48]. In contrast to conventional spin echo sequences, in RARE imaging multiple
lines of k-space are acquired within one TR interval instead of only one. Echo train lengths
of up to 4 were used in studies by Ross et al. [46] and Araya et al. [47] without image
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degradation. This speed up by a factor of 4 reduces the acquisition time per image in our
example from approximately 25 minutes to a reasonable 6 minutes. Furthermore, the use
of steady-state sequences like fast low-angle shot (FLASH) [49] or IR-Look-Locker [50, 51]
may be considered in conjunction with field-cycling. In the line of the adaptation of fast
MRI pulse sequence with R1 contrast, Chanet et al. [52] provided a theoretical derivation
and analysis of the FLASH steady-state signal equation modified for field-cycling. Such
sequences are usually used with short TRs, which, on the one hand, may reduce the
acquisition time significantly but on the other hand poses high demands on the FFC
hardware. In particular, TR could be limited by eddy current effects, ramp times and/or
duty-cycle of the field shifts.

The choice of acquisition schemes is reduced in the Aberdeen team’s resistive FFC-MRI
scanner because of the limited duty-cycle ratio of the scanner. As mentioned earlier, this
scanner may overheat if driven continuously and a 20 to 50 % duty cycle must be observed
to avoid problems so that steady-state approaches are difficult to develop. Additionally,
the field temporal stability is relatively poor and the signal phase fluctuates randomly
with a typical decorrelation time of 15 ms, making Carr-Purcell-Meiboom-Gill (CPMG) or
other similar techniques inefficient. This also prevents averaging the complex signal since
the random phase error tends to cancel the signal out.
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Figure 2.7: Comparison between FFC-MRI pulse sequences used for (a) quantitative ∆R1/∆B0

mapping and (b) qualitative R1 dispersion imaging in the case of dreMR imaging. In (a) R1

mapping is performed at different fields by acquiring a series of images with various Tevol increasing
the overall measurement time by the total number of needed Tevol and evolution fields. For example,
a series of 10 images is needed for 2 evolution fields (B0±∆B0) and 5 Tevol per field. In comparison,
for dreMR imaging in (b) only one Tevol is needed, which is chosen in the order of T1 to maximise
SNR, therefore the overall measurement time can be reduced to the acquisition time of 2 images
needed for image subtraction.
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2.4 Potential applications

2.4.1 Contrast-to-noise ratio

While SNR is important to characterise an MRI system, contrast-to-noise ratio (CNR) is
what ultimately determines the usefulness of an image. We define CNR here as how much
the SNR varies with respect to an underlying physical parameter of interest. In MRI, the
sources of contrast mainly rely on T1 and T2 at fixed B0 field. In FFC-MRI, the source of
contrast up to now has mainly been based on T1 dispersion. For instance, considering a
polynomial expansion of R1 around the magnetic field B0 as R1 = R10 +β∆B0, where R10

is the relaxation rate at the field B0, and β the slope of the dispersion profile, one possible
dreMR-related CNR could be:

CNR =
∆SNR

∆B0
. (2.6)

Indicating that dreMR contrast is maximized when the slope of the signal is the largest.
Considering an inversion-recovery sequence, where the signal equation is proportional to
1 − 2e−R1Tevol with Tevol the evolution time, in first approximation, the CNR, corrected
from thermal equilibrium will vary as a function of βTevol. Reciprocally, the CNR as a
function of β is linked to the product ∆B0Tevol, such that larger field offsets and longer
application times are more sensitive.

Besides T1, T2 dispersion may also be of interest. However, it is technically difficult to
maintain phase coherence while switching the magnetic field. Initial work has been done to
access R2 dispersion profiles in FFC-MRI systems [53], with the major target of endogenous
ferritin imaging [54] that, as a major component of iron metabolism, may represent a
biomarker of neurodegenerative diseases.

It is important to consider that T1 varies significantly between different magnetic fields.
This effect is more pronounced in tissues that disperse strongly, such as cartilage or mus-
cle, and less so in fatty tissues or brain. Other effects may influence the contrast such as
quadrupolar relaxation, as explained later. Therefore, CNR using FFC-MRI varies depend-
ing on the field strength that can be accessed, and therefore on the technology employed,
and its evaluation and benefits for biomedical applications is widely unexplored. Here we
present some contrast mechanisms accessible by the FFC-MRI systems presented here.

2.4.2 Quadrupole peaks due to 14N-1H cross-relaxation

The presence of cross-linked proteins in tissues may result in local increases in the R1

relaxation rate in the dispersion curves of protons at particular magnetic fields, around
1H Larmor frequencies of 600 kHz, 2.2 MHz and 2.8 MHz, respectively. This quadrupole
cross-relaxation effect has been first reported in living biological tissues by Kimmich et
al. [55] and is now relatively well understood as being due to a transfer of magnetisation
between water protons and the 14N nuclei, probably from amine and/or amide groups of
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protein backbones, even though the transfer mechanism from the protein proton to the bulk
water is still a topic of debate. Nevertheless, efficient models exist that allow predicting
this so-called quadrupole relaxation enhancement (QRE) for an arbitrary quadrupole spin
number [56].

QRE from 14N is an interesting source of contrast since it is naturally found in vivo and
it directly informs on the presence of immobilised proteins. Experiments on cross-linked
albumin [57] or the fibrin system [12] showed that the amplitude of the peak is directly
proportional to the concentration of the protein responsible for the relaxation enhancement,
which makes this a quantitative biomarker. However, experimentation on biological tissues
have so far only found the same pattern of peaks, so this signal does not discriminate
between different sources and does not inform on the nature of the protein responsible for
it. Another important aspect of the 14N quadrupole peaks is that they appear at relatively
low magnetic fields so that they are not accessible by high-field insert technologies such as
those used for dreMR.

Experiments with FFC-MRI scanner and FFC-NMR relaxometer have shown interesting
applications for the 14N quadrupole signals in muscle atrophy [58] and osteoarthritis [13,
59]. In both pathologies, the amplitude of the peaks informs on the protein structures,
which relates to the pathology.

2.4.3 Dispersive contrast agents for FFC-MRI

The fact that some MRI contrast agents show a strong dependence of R1 upon the mag-
netic field can be exploited by FFC-MRI [60–62]. The idea is to acquire one image (or
even a relaxometric R1 map) for an evolution field where the probe shows a high relax-
ivity, and another one with an evolution field corresponding to a low relaxivity. In this
way one can obtain image contrast based on the slope dR1/dB0 of the contrast agent’s
NMRD profile. In the low field range, FFC-MRI mainly relies on the large endogenous R1

dispersion of biological tissues, which can show the aforementioned quadrupole peaks due
to 14N-1H cross-relaxation, but can also benefit from the use of exogenous contrast agents.
O’Hogain et al. [63] investigated the use of liposomes encapsulating paramagnetic Mn[II]
ions as a tailored FFC-MRI contrast agent for low field applications. This probe shows
a large difference in relaxivity values between 5 mT and 60 mT, whereas the reference
sample displays almost no change in relaxivities over the same field range. In the high
field range (above 0.5 T), R1 dispersion of tissue becomes relatively invariant as several
NMRD studies have emphasised [64, 65]. There is a relatively simple decrease of R1 with
field above 0.5 T, with proposed descriptions involving a macromolecular-based power law
and a logarithmic term involving the restricted diffusive exploration of the macromolecular
interfaces [66]. Endogenous R1 dispersion properties can thus be characterized by a small
number of parameters, including the slope of the dispersion profile around the central B0

value, providing contrast sensitive to the macromolecular content, although there still are
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Figure 2.8: Comparison between FFC-MRI pulse sequences used for (a) quantitative ∆R1/∆B0

mapping and (b) qualitative R1 dispersion imaging in the case of dreMR imaging. In (a) R1

mapping is performed at different fields by acquiring a series of images with various Tevol increasing
the overall measurement time by the total number of needed Tevol and evolution fields. For example,
a series of 10 images is needed for 2 evolution fields (B0±∆B0) and 5 Tevol per field. In comparison,
for dreMR imaging in (b) only one Tevol is needed, which is chosen in the order of T1 to maximise
SNR, therefore the overall measurement time can be reduced to the acquisition time of 2 images
needed for image subtraction.

no in vivo studies exploiting this aspect with FFC-MRI.

To date, FFC-MRI for typical clinical-system field strengths (1.5 or 3.0 T) mainly relies on
the use of contrast agents with a strong magnetic field dependency in the corresponding
field-cycling range. Alford et al. [17] were the first to introduce the dreMR method for
in vitro differentiation between the bound and unbound state of gadofosveset at 1.5 T.
This probe exhibits a strong R1 dispersion upon activation by binding to large molecules
such as serum albumin but shows weak R1 dispersion in the unbound state. Araya et
al. [47] conducted in vivo experiments with mice demonstrating an unambiguous local-
ization of gadofosveset activated by protein binding. Hoelscher et al. [18] extended these
results by quantitative measurements of concentration using the dispersive contrast agent
Gadofluorine M. Furthermore, it was shown by Bödenler et al. [31] that iron oxide mag-
netic nanoparticles (IOMNPs) are suitable for in-vitro FFC-MRI studies up to 3 T. The
corresponding NMRD profiles, as illustrated in Figure 2.8a, exhibit a sufficiently high
∆R1/∆B0 to perform dreMR imaging or relaxometric mapping in the field-cycling range
of 2.89 T±0.1 T (Figure 2.8b). All these results demonstrate the potential of FFC-MRI
in the field of contrast agents, to improve the sensitivity and specificity of contrast agent
detection over a wide range of field strengths. Although approximately 40 % of clinical
MRI exams employ Gadolinium-based CAs [67], the availability of clinical approved CAs
suitable for FFC-MRI is rather limited. The aforementioned gadofosveset was designed as
blood pool agent for contrast-enhanced MR angiography and is approved for a clinical use
[68]. This agent shows favourable dispersive properties in the clinical field range between
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1.5 T and 3 T, but the manufacturer discontinued the production in 2017 [69]. Iron ox-
ide nanoparticles also show dispersive properties in the clinical field range. For example,
ferumoxytol is approved by the United States Food and Drug Administration (FDA) for
treatment of iron deficiency anemia in adult patients and its off-label use as MRI contrast
agent has rapidly grown [70, 71]. Over the years, significant effort has gone into the de-
velopment of new MRI contrast agents but sophisticated toxicology and pharmaceutical
investigations are necessary to take the step from preclinical development to approval for
clinical use.

One important means to determine the suitability of contrast agents for FFC-MRI is the
measurement of the 1H R1 NMRD profile by FFC-NMR relaxometry. For paramagnetic
systems the shape of the NMRD profile is influenced by various parameters such as the
water exchange rate, coordination number, rotational correlation time and electron spin
relaxation [60]. As already shown with the protein-binding gadofosveset, the most promis-
ing for FFC-MRI are slowly tumbling systems where the reorientational correlation time
τR becomes long. This leads to a relaxivity peak located between 20 and 80 MHz followed
by a steep downward slope which can be exploited by a clinical FFC range. In future, it
may be possible to design contrast agents specific for FFC-MRI by aiming for extremely
high ∆r1/∆B0 in the activated state and almost no ∆r1/∆B0 in the inactivated state.

2.4.4 Potential frequency-selective contrast agents for FFC-MRI

A promising alternative to the currently used contrast agents for FFC-MRI is the design
of frequency-selective molecular probes based on QRE. The idea is to utilise QRE between
water protons and exogenous quadrupole nuclei, similar to the aforementioned interaction
between endogenous 1H and 14N in the amide groups of proteins at low field strengths.
QRE becomes effective if the 1H Larmor frequency matches one of the frequencies with
high transition probability of the quadrupole nuclei, a condition which depends on the
Quadrupole Coupling Constant Qcc, the asymmetry parameter η and the Zeeman splitting
[72]. Qcc and η are the main parameters describing the frequency positions of the nuclear
quadrupole spin transitions of a QRE active molecule. Consequently, QRE based contrast
agents show a frequency-selective nature, similar to the quadrupole peaks due to 14N-1H
cross-relaxation.

For instance, several compounds containing high spin quadrupole nuclei such as 209Bi

show very characteristic QRE patterns in the field range between 0.5 T and 3 T, as was
recently shown by Kruk et al. [73] in NMRD studies of solid powder samples. For the
envisaged aim of an exogenous QRE contrast agent, one would require, in a next step,
to show QRE in the liquid state by grafting these core compounds onto nanoparticles
and dissolve them in an aqueous solution. The relaxation dynamics of QRE in the liquid
state can be simulated by the stochastic Liouville approach [72, 74, 75]. As an example,
a simulated NMRD profile for a possible QRE contrast agent is displayed in Figure 2.9
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for tris(2-methoxyphenyl)bismuthane. Several QRE peaks emerging up to 3 T indicate
the potential to exploit this frequency-selective nature with FFC-MRI to enhance image
contrast. Moreover, the overlay with FFC ranges of currently available FFC-MRI systems
clearly shows the benefit of a wide variety of cycling ranges as it is completely unexplored at
which field strength such compounds lead to the best image contrast. Another interesting
consideration is that the Qcc is sensitive to structural changes in the chemical surrounding
of the quadrupole nuclei. It is possible to tune the quadrupole transition frequency, and
therefore the QRE effect, by attaching different substituents to the core compound. Re-
cently, Gösweiner et al. [76] showed the tuning possibilities of the resonance condition for
various Bi-aryl compounds. Although current research is focusing on 209Bi as core com-
pound, it is also conceivable to use other quadrupole nuclei to design QRE based contrast
agents specific for a FFC range of choice.
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Figure 2.9: 1H R1 NMRD profile of a potential QRE based contrast agent simulated with the
stochastic Liouville approach for a rotating, coupled system 209Bi-1H with a rotational correlation
time of 300 ns, inter-nucleus distance of 2 Å, Qcc of 715 MHz and η = 0 (parameters taken
from [76]). The grey overlay illustrates achievable FFC ranges of different FFC-MRI systems: (1)
up to 0.2 T [35] (2) 1.5 T ± 0.5 T [30] and (3) 2.89 T ± 0.1 T [31].

2.4.5 FFC-MRI on biological tissues

Thanks to the recent technological improvements of FFC-MRI systems leading to ex-
ploitable image quality, initial in-vivo biomedical imaging applications are emerging. Fig-
ure 2.10 and Figure 2.11 display typical images obtained with clinical and preclinical sys-
tems with anatomical targets such as brain, musculoskeletal and abdominal regions, and
current pathological targets that mostly focused on cancer. These examples illustrate the
excellent image quality that FFC-MRI can provide, and initial biomedical evaluation of
the translation from FFC-NMR to FFC-MRI. In the future, it is expected that the suc-
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cessful biological applications of FFC-NMR [14] will be translated to FFC-MRI, leading
to new imaging biomarkers of diseases that still remain to be validated and compared to
the already rich contrast available on conventional fixed-field MRI systems.
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Figure 2.10: In vivo FFC-MRI measurements in a kidney tumor mouse model obtained from
the preclinical insert system operating at 1.5 T ± 0.5 T [77]. (a) Standard spin-echo T1-weighted
image (0.5 mm isotropic in-plane and 2.5 mm through-plane resolution, acquisition time per image
is 5 min) of the abdomen of a mouse acquired at 1.5 T. (b) R1 map at 1.5 T corresponding to the
white square in (a). (c) Corresponding dispersion (-dR1/dB0) map calculated for three different
field strengths of 1.34 T, 1.5 T and 1.66 T. The tumor displays lower R1 and -dR1/dB0 than the
medulla and kidney.

2.5 Conclusions

Fast Field-Cycling provides a wealth of information at a molecular level and pioneer works
on FFC-MRI show promising results, but also additional technical complexity. The com-
promises that have to be made to develop FFC-MRI scanners have to balance field strength,
B0 bandwidth, scanner size, field stability and scan time. The technologies presented in
this paper show several approaches that allow exploring different regions of the magnetic
field strength and present different advantages and drawbacks.

Extending the measurement of the dispersion curve towards low magnetic fields is more
easily performed using a single electromagnet, at the cost of degraded field stability. This
may be mitigated by using detection methods at very low field and has the added benefit
to provide near-immunity against ferromagnetic elements, at the cost of SNR and possible
additional complexity. Fields ranging between several mT and 0.5 T can be probed using
a combination of permanent and resistive magnets. This prevents field fluctuations during
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Figure 2.11: Data obtained from whole-body FFC-MRI scanners (from [58]). (a) 1 cm-thick sec-
tion of thighs of a healthy volunteer, obtained at 59 mT from the dual-magnet system presented in
[34]. Relaxometry was performed using FC-PRESS over a volume of interest to provide dispersion
curves (b). (c) Spin echo image from a healthy volunteer’s head obtained at 0.2 T from the resistive
magnet presented in [35] (32 ms echo time, polarisation at 0.2 T for 0.3 s, 6 mm slice thickness,
2.3 mm in-plane resolution, 0.3 s recycle delay at Earth field). The T1 map at that field is shown
in (d); it clearly shows the difference between grey matter, white matter, and fatty tissues.

readout but limits the lowest field attainable. T1 dispersions at high magnetic fields can
be measured using a combination of resistive insert coils and superconducting magnets.
This provides high SNR and resolution, at the cost of lower usable volume and lower B0

bandwidth.

These various technical solutions allow covering a wide range of the magnetic field spectrum
and collaborative work is now possible to explore T1 dispersion contrast mechanisms over
5 decades of B0, from 20 µT to 3 T. This opens new research avenues for the discovery of
biomarkers as well as to better understand pathological processes at the molecular level. In
conclusion, FFC-MRI is emerging as a powerful research tool readily available, and future
developments may enable exploring its large potential for biomedical applications.
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Abstract
Contrast agents with a strong R1 dispersion have been shown to be effective in generating
target-specific contrast in MRI. The utilization of this R1 field dependence requires the
adaptation of a MRI scanner for fast field-cycling (FFC). Here, we present the first imple-
mentation and validation of FFC-MRI at a clinical field strength of 3 T. A field-cycling
range of ±100 mT around the nominal B0 field was realized by inserting an additional
insert coil into an otherwise conventional MRI system. System validation was successfully
performed with selected iron oxide magnetic nanoparticles and comparison to FFC-NMR
relaxometry measurements. Furthermore, we show proof-of-principle R1 dispersion imag-
ing and demonstrate the capability of generating R1 dispersion contrast at high field with
suppressed background signal. With the presented ready-to-use hardware setup it is possi-
ble to investigate MRI contrast agents with a strong R1 dispersion at a field strength of 3 T.
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3.1 Introduction

As the name implies, fast field-cycling magnetic resonance imaging (FFC-MRI) is the
combination of fast field-cycling nuclear magnetic resonance (FFC-NMR) relaxometry
with imaging methods of MRI and is based on cycling the B0 field within an imaging
sequence [28]. This gives access to new types of contrasts arising from the field depen-
dency of the 1H relaxation rates R1 and R2, also termed as R1 and R2 nuclear magnetic
relaxation dispersion (NMRD), respectively. FFC-MRI can be implemented on clinical
MRI systems by inserting an additional B0 insert coil into an otherwise conventional scan-
ner. This was previously realized for a clinical field strength of 1.5 T and is also referred
to as delta relaxation enhanced magnetic resonance (dreMR) imaging [17, 18, 29, 78].

Alford et al. [17] demonstrated a differentiation between bound and unbound contrast
agent (CA) using the targetable probe gadofosveset which only exhibits a strong R1 dis-
persion upon binding to serum albumin. This leads to an improved target specificity by
exploiting image contrast based on the increased dR1/dB0 of the bound CA instead of the
absolute difference of the relaxation rate at a fixed magnetic field. Therefore, the dreMR
image shows only contrast arising from the bound CA and supresses contrast from the
anatomical background as well as from the unbound agent, which has been recently shown
by in-vivo experiments with mice [47]. Hoelscher et al. [18] extended the dreMR theory to
quantitative concentration measurements using a correction for finite ramp times during
field-cycling and a compensation of field-cycling induced eddy current fields by dynamic
reference phase modulation [45].

Whereas the R1 dispersion of healthy tissue is large for low magnetic fields, in the range of
clinical field strengths, the dispersion is inherently weak (e.g. −0.19s−1T−1 around 1.5 T
for murine muscle tissue), as recent findings by Araya et al. [47] have emphasized. There-
fore, the use of contrast agents exhibiting a strong dependence of R1 upon the magnetic
field i.e. a steep slope dR1/dB0 in the NMRD profile is favourable to obtain significant
R1 dispersion contrast. Up to now, all suitable CAs for dreMR utilize a preferably steep
slope in the NMRD profile. An interesting alternative for dreMR imaging at clinical fields
could be the exploitation of extrinsic contrast agents based on quadrupole relaxation en-
hancement (QRE). High spin quadrupole nuclei (QN) such as 209Bi offer the potential of
QRE peaks emerging in the clinical B0 range instead of a smooth dispersion [79].

The cross-relaxation between water protons and quadrupole nuclei, i.e. nuclei with a spin
quantum number> 1/2, gives rise to a shortening of the longitudinal proton relaxation time
T1. This so called quadrupole relaxation enhancement [72, 80, 81] offers a high potential
for designing smart molecular probes for the usage as MRI contrast agents in the context
of cellular and molecular imaging [79]. So far the effectiveness of QRE for increasing MRI
contrast has been shown at low magnetic fields for the cross-relaxation between 14N and
1H in protein backbones [28, 82, 83]. However, this effect is entirely unexplored for the
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design of extrinsic contrast agents at clinical field strengths such as 1.5 T or 3 T. QRE based
CAs are frequency-selective as the cross-relaxation can only become effective if the proton
Larmor frequency matches one of the transition frequencies of the QN [72]. This favourable
feature offers the possibility to activate and inactivate QRE, and therefore image contrast,
by modulating the magnetic field. The frequency position of QRE can either be altered
by chemical interaction with the biological environment allowing for chemically selective
contrasts or by shifting of the main B0 field of the MRI system itself, namely FFC-MRI.

The validation and future application of QRE contrast agents at clinical fields requires
a dedicated MRI system adapted for fast field-cycling. Although there exist a handful
of 1.5 T systems worldwide, we show, to the best of our knowledge, the first FFC-MRI
setup for a field strength of 3 T. To this end, the aim of this work is to present important
steps for the implementation and validation of a small animal FFC-MRI system for 3 T by
means of a B0 insert coil. We describe the specification of our hardware setup and show
a rather simple approach to overcome imaging artefacts due to random phase fluctuations
induced by the output noise current of the gradient power amplifier. Furthermore, system
validation is performed by FFC-NMR relaxometry measurements and proof-of-concept
dreMR imaging of selected iron oxide magnetic nanoparticles (IOMNP). The final result
is a ready-to-use FFC-MRI system for a clinical field strength of 3 T with the envisaged
aim of exploiting the magnetic field dependency of MRI contrast agents in general and to
investigate the imaging potential of prospective QRE compounds in particular.

3.2 Methods

3.2.1 Hardware setup

The field-cycling hardware was implemented on a clinical 3 T MRI system (Skyra, Siemens
Healthineers, Germany) using a custom-built B0 insert coil (Resonance Research Inc.,
USA). The insert coil has a resistance of 63.8 mΩ and an inductance of 1.69 mH. It is
driven by a gradient power amplifier (IECO, Finland) capable of a maximum continuous
output current of ±150 A (±300 A peak) and a field efficiency of 0.668 mT/A. This
allows for an offset field ∆B0 of ±100 mT within a minimum ramp time of 1 ms. Field
inhomogeneities are less than 1 % over a diameter of 35 mm in axial direction. Shielded
design of the coil reduces the fringe field to 0.2 mT at the main magnet bore (radius of
35 cm). The insert is placed in the isocenter of the main magnet and holds a custom-built
transmit/receive 1H birdcage radio frequency (RF) coil (MRI.TOOLS GmbH, Germany)
with variable tune and match capability. This enables an imaging region of 40 mm in axial
and 40 mm in longitudinal direction, which is suitable for imaging of phantoms and small
animals. The ∆B0 pulses are generated with an arbitrary waveform generator controlled
by an optical trigger signal from the MRI pulse sequence. This design ensures that there
is no electronic coupling to the main magnet system.
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Figure 3.1: Schematic of a FFC-MRI pulse sequence with saturation (SR) or inversion (IR)
magnetization preparation. The trigger (TRIG) synchronizes the B0 insert coil with the MRI
system. The ENABLE signal is used for blanking the GPA during image readout to prevent imaging
artefacts due to random phase fluctuations. The timing of the ∆B0 pulse is as follows: delay time
after the preparation phase td1, ramp up and ramp down times tru and trd, respectively, flat top
time tevol and settling time td2. Tevol denotes the total time between magnetization preparation
and image acquisition.

A basic FFC-MRI pulse sequence consists of a magnetization preparation such as an in-
version (IR) or a saturation (SR) RF pulse followed by an evolution phase of duration
Tevol with applied field shift B0 ±∆B0 and subsequent signal acquisition at the nominal
B0 field. The trigger defines the timing of the ∆B0 pulse within the pulse sequence syn-
chronizing the B0 insert coil with the MRI system. A schematic of the aforementioned
timing is illustrated in figure 3.1 and thorough reviews of pulse sequences can be found in
[18, 29, 46, 63].

Whereas magnetic field inhomogeneities in the order of 1 % during the evolution phase are
not critical for FFC-MRI, the field stability during signal acquisition is crucial to prevent
phase errors. In our case the output noise current of the gradient power amplifier (GPA)
in the idle state induces random phase fluctuations during image acquisition causing seri-
ous ghosting artefacts in phase encoding direction. This problem has also been observed
in other FFC-MRI systems [29, 38, 41]. Recently, a post-processing correction technique
was proposed minimizing the background signal by determining the optimum phase cor-
rection for each line in k-space [41]. Another hardware based approach is to alternate the
amplifier load between the B0 insert coil and an inductance-matched dummy load using
a fast high-power solid state switch [29]. Here, we choose an approach utilizing an addi-
tional synchronized TTL signal to the dedicated control input of the GPA. The GPA is
only enabled during the evolution phase and disabled throughout image acquisition (see
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ENABLE signal in figure 3.1) so as to suppress the output noise current sufficiently. There
is, however, a timing restriction in the hardware of the GPA: According to the specifica-
tions there is a delay between the edges of the control signal for enable and disable and the
physical response of the GPA output stage, i.e. about 20 ms (enable) and 2 ms (disable),
respectively. Consequently, the trigger signal has to be sent earliest 2 ms prior to the rising
edge of the actual ∆B0 pulse to ensure a safe operation mode of the GPA.

To show the effectiveness of this approach, images were acquired with and without GPA
blanking using a modified saturation recovery spin echo (SR-SE) sequence with the follow-
ing parameters: repetition time TR = 1000 ms, echo time TE = 15 ms, Tevol = 150 ms, field
of view FOV = 50 mm x 50 mm, matrix size 256 x 256, bandwidth BW = 130 Hz/Px, flip
angle = 90◦ and slice thickness = 5 mm. No field shift was applied for these measurements.

3.2.2 Eddy current characterization and compensation

Eddy current related artefacts are a key challenge for FFC-MRI [29, 45], in particular,
when two images with contrast from different B0 field shifts are subtracted. Thus, the
characterization and compensation of the spurious signal dynamics induced by the eddy
current field is crucial. Fast ramping of the offset field induces eddy currents in the main
magnet structure of the MRI system. Though the B0 insert coil is actively shielded to
reduce the coupling to the main magnet system, the residual fringe field results in a tem-
porally varying offset of the Larmor frequency. This offset gives rise to a rigid-body image
shift in frequency and slice encoding direction.

The temporal behaviour of the eddy currents (i.e. the Larmor frequency shift) is character-
ized using a modified multi-phase spoiled gradient echo sequence [30]. A phantom holding
six samples with different concentrations (two-fold serial dilution beginning with 1 mM)
of the contrast agent Gadovist R© (Bayer Vital GmbH, Germany) and a water reference
sample was prepared. After an applied ∆B0 pulse of +100 mT and Tevol of 300 ms a total
number of 50 images (phases) were acquired with a repetition interval of 17 ms, resulting
in a sampling duration of 850 ms during the eddy current decay. The remaining imaging
parameters were as follows: TE = 8.5 ms, FOV = 50 mm x 50 mm, matrix size = 64 x
64, BW = 100 Hz/Px, flip angle = 15◦ and slice thickness = 5 mm. The ∆B0 was cycled
with a repetition time of 3000 ms. Mono- and bi-exponential decay curves were fitted to
the obtained frequency shift resulting in an accurate model of the eddy current decay.

During the acquisition of FFC-MRI images, eddy currents then are compensated by dy-
namic reference phase modulation (eDREAM) as proposed in [45]. This method can be
directly implemented into the MRI pulse sequence and does not require any additional
hardware adaptations. To validate the eDREAM implementation a reference image (with-
out applied field shift) and an image at shifted B0 (∆B0 of +100 mT and Tevol of 300 ms)
of the aforementioned Gadovist R© phantom were acquired, respectively, using a modified
SR-SE sequence with parameters: TR/TE = 3000/15 ms, FOV = 50 mm x 50 mm, matrix
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size = 256 x 256, BW = 130 Hz/Px, flip angle = 90◦ and slice thickness = 5 mm. The
shifted image was normalized to account for the different equilibrium magnetizations [18]
and the difference image was obtained by magnitude subtraction of the reference image
and shifted image.

3.2.3 Dispersive contrast agent for 3 T and FFC measurements

In order to validate the implementation of the FFC-MRI hardware setup, the availability of
a contrast agent exhibiting strong R1 relaxation dispersion at 3 T is crucial. Recently pub-
lished iron oxide magnetic nanoparticles [84] were selected for system validation because
of a suspected R1 dispersion at 3 T. Such IOMNPs are obtained by a high temperature
surfactant-assisted chemical route which leads to size- and shape- controlled nanocrystals.
IOMNPs with similar average size (nearly 8 nm) and with different shapes (spherical and
cubical) were used dispersed in hexane, and will be referred to as S8_hex and C8_hex, re-
spectively. Samples containing three different concentrations (1 mM, 0.5 mM and 0.25 mM)
for each shape and a hexane reference were prepared and arranged as illustrated in Fig-
ure 3.6a. The samples were investigated by Transmission electron microscopy (TEM) on
an H-7000 Microscope (Hitachi, Japan) equipped with a W gun operating at 125 kV. Fe
concentration in the dispersion was assessed by quantitative analysis through inductively
coupled plasma atomic emission spectrometry using a Varian Liberty 200 ICP-AES (Agi-
lent Technologies, USA).

1H R1 NMRD measurements were performed for the 1 mM samples and the hexane ref-
erence sample by using a Spinmaster FFC 1 T relaxometer (Stelar, Italy) for a Larmor
frequency range of 10 kHz-30 MHz. An external HTC-110 3 T superconducting magnet
equipped with a standalone PC-NMR console (Stelar, Italy) was used for a frequency range
of 40 MHz-128 MHz. For measurements between 10 kHz-40 MHz one-pulse FFC sequences
were used: Below 10 MHz the sample is pre-polarized at a field of 0.57 T and then the
magnetic field is cycled to a different value, where the spin system is allowed to relax for
a variable time period. Finally, the field is cycled back to the detection value, where the
FID is recorded following the application of a 90◦ RF pulse. Above 10 MHz, where the
signal is reasonably higher than at low field, the same procedure was followed except pre-
polarization was omitted. For measurements between 40-128 MHz a standard inversion
recovery sequence was used. Furthermore, additional points were measured at 119 MHz,
123.2 MHz and 127.4 MHz corresponding to the achievable field cycling range (2.89 T ±
100 mT) of the B0 insert coil.

Images were acquired with the FFC-MRI system at three different field strengths (2.79
T, 2.89 T and 2.99 T) and various evolution times (Tevol = 60, 100, 150, 300, 500, 800,
1500 and 3000 ms) using a modified SR-SE sequence. The remaining imaging parameters
were: TR/TE = 10000/15 ms, FOV = 40 mm x 40 mm, matrix size = 64 x 64, BW = 130
Hz/Px, flip angle = 90◦ and slice thickness = 5 mm. For each field strength, R1 maps were
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estimated on a pixel-by-pixel basis by nonlinear fitting to a mono-exponential saturation
recovery model [85]. In addition, a ∆R1/∆B0 map was calculated by subtracting R1 maps
obtained for 2.99 T and 2.79 T.

3.2.4 DreMR signal simulation

In general, the behaviour of the magnetization in presence of an external magnetic field
can be described by the Bloch equations. In the case of field-cycling, the main magnetic
field B0 is modulated throughout the pulse sequence and thus is a function of time. As the
equilibrium magnetization M0 and the longitudinal relaxation rate R1 depend on B0, they
exhibit also a time-dependent behaviour requiring a numerical solver for the Bloch equa-
tions. However, under several assumptions for the waveform of the ∆B0 pulse, closed-form
solutions exist for the longitudinal magnetization Mz [63, 82]. To predict the behaviour
of Mz as a function of the evolution time and for different field shifts we slightly adapted
the proposed equation in [63] for saturation recovery and an additional delay time before
the applied field shift. The common used linear ramps can be approximated by a step
response with relaxation for half of the time at the nominal field and the other half at the
desired field shift. The change in M0 and R1 can be assumed to be linear with respect
to ∆B0 within the field-cycling range. This gives a full description of the magnetization
behaviour M±z under consideration of the underlying timing restrictions in a FFC-MRI
pulse sequence:

M±z (tevol) = M0 +{
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where M±0 = M0

(
1± ∆B0

B0

)
. (2)

M0 and M±z are the equilibrium magnetizations, R1 and R±1 the relaxation rates at nom-
inal and shifted B0 field, respectively. The superscript ± indicates whether a positive or
negative field shift is applied. For saturation recovery the parameter α should be equal
to 1, td1 is the delay time between saturation pulse and begin of the ramp up time tru,
trd is the ramp down time, tevol is the flat top time and td2 is the settling time after the
∆B0 pulse. Tevol is given by the total time between magnetization preparation and begin
of the image acquisition. This timing of ∆B0 within the pulse sequence is illustrated in
3.1. Exemplarily, we simulated the relaxation curves for a positive and negative field shift
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of ±100 mT for the sample containing 0.5 mM of cubic-shaped IOMNPs (ROI 2 in Figure
3.6a). The estimated R1 values as well asM0 from the aforementioned measurements were
used for the simulation. The timing parameters of the ∆B0 used for simulation were as
follows: td1 = 9 ms, tru = trd = 1 ms, td2 = 9.78 ms and tevol was increased in 0.01 ms
steps to span the desired simulation range (up to 3000 ms). In a next step, the simulated
relaxation curves were compared to the measured curves. All curves were normalized to
account for different equilibrium magnetizations and effective offset fields as proposed in
[18]. Furthermore, the difference between M+

z and M−z relaxation curves was calculated
resulting in the corresponding dreMR signal.

3.2.5 DreMR imaging

Images at B0 + ∆B0 (2.99 T) and B0 − ∆B0 (2.79 T) were acquired to demonstrate
the feasibility of generating contrast based only on dispersive properties of the contrast
agent. The imaging parameters of the modified SR-SE sequence were as follows: tevol
= 150 ms, TR/TE = 3000/15 ms, FOV = 40 mm x 40 mm, matrix size = 192 x 192,
BW = 130 Hz/Px, flip angle = 90◦ and slice thickness = 5 mm. In order to maximize
the contrast in the dreMR image the evolution time Tevol should be chosen to match
approximately the sample’s T1 [18]. Again, all images were normalized prior to magnitude
subtraction obtaining the final dreMR image.

3.3 Results and Discussion

3.3.1 Hardware setup

Figure 3.2a shows ghosting artefacts which arose when the GPA was left enabled during
image acquisition. They appeared only in phase encoding direction due to the random
phase fluctuations caused by the output current noise of the GPA. The GPA blanking
eliminates all visible ghosting artefacts and a well-resolved image of the phantom can be
obtained (Figure 3.2b). In addition to the intrinsic timing restrictions, i.e., 20 ms for enable
and 2 ms for disable, the GPA noise might interfere with the magnetization preparation
module if an overlap with the RF pulse occurs. Hence, the beginning of the trigger signal
must be timed accordingly to prevent such interferences. Figure 3.3 shows the measured
timing between trigger and begin of the field-shift including the onset of increased output
noise once the GPA is enabled.

This required delay time was included in equation (3.1) as td1 to account for a relaxation
with B0 prior the actual begin of the field shift. The GPA blanking approach is rather easy
to implement as it utilizes the available control input of the GPA and requires only one
additional TTL signal. Of course, the implementation is restricted to amplifiers providing
such a dedicated control input and sufficient short enable and disable times. The inherent
timing delays can be considered during the design and programming of the FFC-MRI pulse
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sequence and are not a limiting factor for the FFC-MRI sequences discussed here as the
TR is usually much longer than the enable time. However, for other types of sequences,
e.g. with very short repetition times, i.e. in the range of the enable time (i.e. 20 ms),
other correction methods like in [29, 41] must be used.

The imaging region of the presented B0 insert coil is limited to phantom and small animal
applications. Significant effort has gone into the construction of a fully commissioned
human-scale FFC-MRI system with a maximum field strength of 0.2 T [35]. The inherently
present R1 dispersion in this field cycling range may have applications in the early diagnosis
of a range of disease [13, 86]. For dreMR imaging there exist feasibility studies of B0 insert
coils designed for human head and prostate imaging [39, 40], which is an important step
towards clinical applications at high field.

3.3.2 Eddy current characterization and compensation

The measured frequency shift induced by the eddy currents after a positive ∆B0 pulse is
shown in Figure 3.4a for an amplitude of 100 mT, ramp times of 1 ms and an evolution
time of 300 ms. Fitting of a mono-exponential model resulted in a model amplitude of
367.6 Hz and a time constant of 169.3 ms with 95% confidence intervals (CI) of [359.4 Hz,
375.8 Hz] and [164.2 ms, 174.9 ms], respectively. Fitting of a bi-exponential model resulted
in a slow and fast decaying component with amplitudes of 336.2 Hz and 97.6 Hz and with
time constants of 183.6 ms and 17.8 ms, respectively. The CIs were [331.0 Hz, 341.5 Hz]
and [87.5 Hz, 107.8 Hz] for the amplitudes and [180.9 ms, 186.4 ms] and [14.8 ms, 22.4 ms]
for the time constants, respectively. The bi-exponential model with an adjusted R2 value
of 0.9996 performs better than the mono-exponential model with an adjusted R2 value of
0.9951. The better fit can be seen notably at the beginning of the eddy current decay
curve in 3.4a, i.e. in the time interval where the eddy current characterization is crucial
for the eDREAM compensation. Given this more accurate description in the beginning of
the eddy current decay the bi-exponential model was used for the eDREAM implementa-

Figure 3.2: (a) Random phase fluctuations induced by the output current noise of the GPA
cause severe ghosting artefacts in phase encoding direction. (b) Disabling the GPA during image
acquisition eliminates all visible artefacts.
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Figure 3.3: Measured timing of the TTL trigger signal (CH1, lower trace) and the voltage
proportional to the output current of the GPA (CH2, upper trace). The rising edge of the B0

waveform (3) occurs 24.5 ms after the end of the trigger pulse (1). The cursors indicate the
interval (2) between GPA enable and the rising B0 edge. The increased noise level in this phase is
clearly visible and has a duration of ∆t = 7.60 ms.

tion. The uncompensated eddy current effects lead to a rigid-body image shift in frequency
and slice encoding direction causing severe artefacts when calculating the difference be-
tween reference image and shifted image (Figure 3.4b). The eddy current artefacts are
completely removed by using the eDREAM compensation with the bi-exponential model
(Figure 3.4c). As Gadovist R©(Bayer Vital GmbH, Germany) has a negligible magnetic field
dependence [87] in the achievable B0 field-cycling range, no significant signal is expected
in the difference image.

It is important to note that the dynamics of the eddy current field depend on several
parameters of the ∆B0 pulse such as amplitude, ramp up time, flat top time, ramp down
time and repetition time. The results presented herein are exemplary for a field shift of 100
mT, equal ramp times of 1 ms each, a Tevol of 300 ms and a TR of 3000 ms. For different
timing parameters a new characterization becomes necessary. It is to be expected that
increasing the ramp times would lead to a decrease of the frequency shift due to a smaller
dB/dt and hence lower eddy currents. Furthermore, a TR of 3000 ms is long enough (> 5
time constants) to allow for a sufficient eddy current decay before applying the next ∆B0

pulse as can be seen in Figure 3.4a where the measured frequency shift has decayed below
3 Hz after 900 ms. Short TRs (< 5 time constants) lead to a formation of a dynamic steady
state as the eddy current fields of the previous ∆B0 pulse add to the field induced by the
next ∆B0 pulse. A comprehensive analysis of eddy current formation and the eDREAM
compensation has been given by Hoelscher et al. in [45].
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Figure 3.4: (a) Measured frequency shift induced by the eddy currents (blue circles) for a 100 mT
∆B0 pulse with Tevol of 300 ms and a ramp times of 1 ms. A mono-exponential (green line) as
well as a bi-exponential (red line) model were fitted to the data. This characterization of the eddy
current field dynamics allows for a compensation by means of dynamic reference phase modulation.
(b) Difference between reference image and image at shifted B0 without eddy current compensation
and (c) with compensation using the bi-exponential model.

3.3.3 Dispersive contrast agent for 3 T and FFC measurements

Both the cube-shaped as well as the spherically shaped IOMNPs proved to be suitable
for system validation at a field strength of 3 T as they exhibit a pronounced peak in the
NMRD profile (Figure 3.5) around 20 MHz followed by a steep downward slope in the
targeted frequency range of 119-127.4 MHz corresponding to 2.89 T±100 mT. In contrast,
the hexane sample shows only a weak dependence on the magnetic field i.e. a flat slope
in the NMRD profile within the achievable field-cycling range and is therefore suited as
a non-dispersive reference. Furthermore, for visual comparison of all samples, R1 maps
for 2.79 T and 2.99 T together with the corresponding R1 dispersion map are shown in
Figure 3.6b-d, respectively. The spherical IOMNPs (C8_hex) show higher R1 values and
a steeper slope of the NMRD profile (Figure 3.5) in comparison to the cubic IOMNPs
(S8_hex). This is also emphasized by the R1 dispersion map in Figure 3.6d, giving a good
linear approximation of the slope in the NMRD profile within the achievable field-cycling
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Figure 3.5: 1H R1 NMRD profiles of the cubic (C8_hex, red squares) and spherical (S8_hex,
blue circles) IOMNPs with 1 mM concentration as well as of pure hexane (ref, yellow triangles)
measured up to a field strength of 3 T (127.8 MHz) using a commercial FFC-NMR relaxometer.
All measurements were performed at room temperature (295 K). The insets show representative
TEM images of S8 and C8 samples, indicating that the used IOMNPs have different morphology
and are nearly monodisperse in size and shape.

range i.e. ∆R1/∆B0. As expected, no significant ∆R1/∆B0 is visible in the R1 dispersion
map for the hexane reference sample.

Table 3.1: Comparison of R1 at different field strengths measured with a commercial FFC-NMR
relaxometer and with the proposed FFC-MRI system (mean ± standard deviation). For the FFC-
MRI method, R1 values were obtained by ROI analysis (rectangular ROI in the middle of each
sample).

Sample Method Longitudinal relaxation rates (s−1)

2.79 T 2.89 T 2.99 T

S8_hex (1mM) FFC-NMR 13.62 (±0.14) 13.17 (±0.13) 12.77 (±0.13)

FFC-MRI 12.21 (±0.31) 11.63 (±0.34) 11.14 (±0.35)

C8_hex (1mM) FFC-NMR 6.25 (±0.06) 6.07 (±0.06) 5.93 (±0.06)

FFC-MRI 6.81 (±0.13) 6.54 (±0.14) 6.29 (±0.13)

Table 3.1 compares the R1 values obtained with FFC-MRI measurements and the corre-
sponding data points in the NMRD profile (2.79 T, 2.89 T and 2.99 T) for C8_hex and
S8_hex IOMNPs samples with 1 mM concentration. In order to exclude pixels at the
edges from the evaluation, the R1 values have been estimated over a rectangular ROI in
the middle of sample 1 and 4 in 3.6a. The R1 estimation with the proposed FFC-MRI sys-
tem is in accordance with the FFC-NMR measurements (Stelar, Spinmaster). Compared
to the FFC-NMR measurements, the R1 values obtained with FFC-MRI are slightly lower
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for the S8_hex samples and slightly higher for the C8_hex samples with mean relative
errors of -11.6% and +7.6%, respectively. It is likely that this systematic error results from
different sample concentrations due to inaccuracies in the sample preparation and possible
sample degradation during delivery to the FFC-NMR facility. Regardless of this error,
the agreement between FFC-MRI and FFC-NMR measurements is sufficient for system
validation.

All used IOMNPs were dispersed in hexane as they are produced by a synthetic route
which leads to hydrophobic nanocrystals with high crystallinity and highest size and shape
control achievable to date. The inset in Figure 3.5 reports representative TEM images
of the C8 and S8 IOMNPs, showing that both samples are nearly monodisperse in size
and shape. The use of the IOMNPs dispersed in an organic solvent is therefore justified
for the validation of the proposed FFC-MRI system, because the signal-to-noise ratio
(SNR) is important for an accurate characterization. Theoretically, it is possible to dissolve
them in an aqueous solution, but this comes at the expense of losing R1 dispersion [84].
The development of strategies for the dispersion in water without losing the beneficial
relaxometric properties and achievable SNR, should be investigated in a separate study to

Figure 3.6: (a) Sample arrangement in the phantom containing three different concentrations
of cubic (C8_hex) and spherical (S8_hex) IOMNPs as well as a non-dispersive hexane reference
sample (ref). (b) and (c) show R1 maps calculated on a pixel-by-pixel basis for a field strength of
2.79 T and 2.99 T, respectively. (d) R1 dispersion map ∆R1/∆B0 (magnitude) obtained from (b)
and (c).
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enable direct applicability of the IOMNPs to in-vivo experiments.

3.3.4 DreMR signal simulation

The behaviour of the longitudinal magnetization Mz in the presence of a trapezoidal field
shift applied during the evolution phase was simulated using equation (3.1). Simulated
relaxation curves (normalized to M0) for a positive and negative field shift of 100 mT are
shown in Figure 3.7a and compared to FFC-MRI measurement data for various evolution
times (Tevol = 60, 100, 150, 300, 500, 800, 1500 and 3000 ms). The measured relaxation
curves show a high degree of congruence with the simulation, which accounts for all under-
lying timing restrictions in the ∆B0 pulse. The applied field shifts of ±100 mT result in a
relaxation to different equilibrium magnetizations of M±0 = M0 ± 3.3 %. Theoretically, a
relaxation toM±0 = M0±3.46 % (M0(1±∆B0/B0)) is expected for a rectangular field shift
without timing restrictions such as finite ramp times and delay times td1 and td2. In order
to isolate only the effect of R1 dispersion in the dreMR signal a proper field-dependent
scaling is of great importance as discussed by Hoelscher et al. in references [18, 88]. Fig-
ure 3.7b shows the characteristic dreMR signal (magnitude) obtained after subtraction of
the relaxation curves for 2.79 T and 2.99 T. Prior to subtraction the relaxation curves
were normalized to account for relaxation to different M0 and effective offset fields. The
measured data is in good agreement with the dreMR signal simulation after accounting
for all timing restrictions. Furthermore, we observe a minimum (for negative ∆R1/∆B0)
located around the T1 of the sample (ROI 2) which is approximately 267 ms. As dreMR
images are based on image subtraction they suffer from a poor SNR. In order to maxi-

Figure 3.7: a) Simulated longitudinal relaxation curves for 2.99 T (red solid line) and 2.79 T
(blue dashed line) compared to relaxation curves measured (mean ± standard deviation of ROI
2 in Figure 3.6a) with the proposed FFC-MRI system (upward-pointing triangle for 2.99 T and
downward-pointing triangle for 2.79T). (b) Simulated and measured dreMR signal obtained by
subtraction of the relaxation curves in (a) after normalization to account for different equilibrium
magnetizations and effective ∆B0 offset fields.
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Figure 3.8: Images acquired for a field strength of 2.99 T (a) and 2.79 T (b) with an isotropic
in-plane resolution of 0.2 mm and Tevol of 150 ms were normalized to account for different M0 and
effective offset fields. Image subtraction of (a) and (b) resulted in the corresponding dreMR image
whereof the magnitude is shown in (c).

mize the dreMR contrast for a specific sample the evolution time Tevol should be chosen
to match the sample’s T1 [18]. Therefore, equation (3.1) can be used to optimize dreMR
imaging parameters under consideration of all timing restrictions of the ∆B0 pulse in the
MRI pulse sequence.

3.3.5 DreMR imaging

Figure 3.8 shows a dreMR image acquired with a Tevol of 150 ms and an isotropic in-plane
resolution of 0.2 mm. As can be clearly seen, signal arises only from samples containing
the dispersive IOMNPs, whereas the signal is strongly suppressed in the hexane refer-
ence sample. When comparing samples containing cubic shaped IOMNPS (samples 1-3
in Figure 3.6a), theoretically, maximum signal intensity should be observed for sample 1
as Tevol ≈ T1. In practice, the dreMR contrast in Figure 3.8 is altered by an additional
T2-weighting due to short T2 of the IOMNPs [84]. Consequently, the samples with the
highest concentrations seemingly paradoxically, show less contrast enhancement, though,
in reality, their T1 enhancement is maximal. Nevertheless, this dreMR image is a clear
proof-of-principle, demonstrating the capability of generating R1 dispersion contrast with
suppressed background signal at a clinical field strength of 3 T. This proof is sufficient for
the purpose of system validation only. For improved evaluation of signal contrasts, the TE
of 15 ms has to be reduced to the order of a few ms to minimize the T2-weighting, which
was not feasible with the modified SR-SE sequence used herein.

Theoretically, a twofold increase in SNR of the images prior dreMR image subtraction is
to be expected for 3 T compared to 1.5 T [89]. Aside from this potential benefit, the SNR
increase in the dreMR image may be compensated by a reduced R1 dispersion at 3 T.
Whether a field strength of 1.5 T or 3 T is more beneficial for dreMR imaging depends
strongly on the NMRD profile of the contrast agent in use. In the context of prospective
QRE based contrast agents, it is favourable to have a wide variety of field-cycling ranges
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as it is completely unexplored at which field strength such compounds give the best image
contrast. Therefore, the presented FFC-MRI system expands the field cycling technique
with an additional cycling range centered at 2.89 T.

3.4 Conclusions

In conclusion, we have successfully implemented a small animal FFC-MRI system for a
clinical field strength of 3 T by inserting an additional B0 insert coil into an otherwise con-
ventional MRI system. Iron oxide magnetic nanoparticles proofed to be suitable for system
validation as they exhibit a sufficiently high R1 relaxation dispersion in the achievable field-
cycling range of ±100 mT around the nominal field strength of 2.89 T. System validation
was successfully performed by comparison of FFC-MRI measurements with FFC-NMR re-
laxometry. Furthermore, a proof-of-principle for dreMR imaging at 3 T has been achieved
by generating contrast arising only from the dispersive properties of the contrast agent in
use. In the context of developing new contrast agents, this hardware implementation and
validation provides a ready-to-use hardware setup for investigating dispersive properties of
MRI contrast agents at a field strength of 3 T.
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Abstract
Many smart MRI probes provide response to a biomarker based on modulation of their
rotational correlation time. The magnitude of such MRI signal changes is highly dependent
on the magnetic field and the response vanishes at high fields (< 2 T). To overcome the loss
of efficiency of responsive probes at high field, with FFC-MRI we exploit field-dependent in-
formation rather than the absolute difference in the relaxation rate measured in the absence
and in the presence of the biomarker at a given imaging field. We report here the application
of fast field-cycling techniques combined with the use of a molecular probe for the detection
of Zn2+ to achieve 166 % MRI signal enhancement at 3 T, while the same agent provides
no detectable response using conventional MRI. This approach can be generalized to any
biomarker provided the detection is based on variation of the rotational motion of the probe
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4.1 Introduction

Magnetic resonance imaging (MRI) is a prevalent diagnostic technique in medicine, due to
its high temporal and spatial resolution, penetration depth, superb soft tissue contrast and
the lack of harmful ionizing radiation. Contrast in MRI is essentially obtained by differences
in local proton density and spatially varying relaxation times in the tissue of interest. MRI
has moderate sensitivity compared to nuclear or optical imaging and therefore requires,
in certain cases, amplification strategies to enhance water proton relaxation, such as the
use of a contrast agent. MRI has great potential for molecular imaging (MI), which can
provide spatially and temporally resolved maps of biomarkers (pH, presence of cations,
enzymes, metabolites, temperature, etc.) to unravel molecular processes in tissues rather
than their simple morphology. MI might enable earlier diagnosis, as these physiological
changes happen prior to the morphological changes typically monitored by traditional MRI.
MI requires the use of a contrast agent selective to the biomarker to detect.

The majority of MRI contrast agents are Gd3+ complexes, which affect mainly the longi-
tudinal relaxation time T1. Their efficiency, called relaxivity r1, is defined by the paramag-
netic relaxation rate enhancement of water protons by concentration unit of the agent. Two
main approaches exist to render Gd3+ complexes responsive to the presence of a biomarker:
altering either the number of water molecules directly coordinated to Gd3+, q, or the ro-
tational correlation time, τR, of the complex [90, 91]. With the "q-activated" approach,
the response is roughly constant at any magnetic field, whereas with the "τR-activated"
approach (τR modulation), the response is highly field-dependent. The effect of τR on
relaxivity is reflected in the characteristic shape of the 1H nuclear magnetic relaxation
dispersion (NMRD) profile of slowly tumbling systems and provides the best efficiency
at intermediate fields (relaxivity peak between 0.5-1.5 T) [60]. At higher magnetic fields
(3 T and above), where the resolution of MRI is better, the benefit of long τR on proton
relaxivity is diminished.

Fast field-cycling magnetic resonance imaging (FFC-MRI) is a novel strategy in MRI that
takes specific advantage of the magnetic field dependency of relaxivity. In contrast to
conventional MRI where the main magnetic field is fixed, in FFC-MRI the magnetic field
can be altered during the imaging sequence [18, 28, 92] This allows for exploiting field-
dependent information based on the partial derivative of the longitudinal relaxation rate
with respect to the magnetic field, dR1/dB0. This method is particularly interesting to
visualize slowly tumbling agents with high R1 dispersion (i.e. high dR1/dB0; R1 = 1/T1
and r1 = (R1−R1dia)/[Gd], where R1dia is the diamagnetic contribution to the relaxation
rate and [Gd] is the concentration of the contrast agent). It was successfully used to image
probes that exhibit a strong relaxivity response upon protein binding, especially in the case
of human serum albumin (HSA) [17, 93, 94]. To the best of our knowledge, this technique
has not been used for responsive contrast agents. We demonstrate here its potential in
zinc detection.
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Gd3+ Zn2+Zn2+ HSA

HSA

Gd3+

Figure 4.1: Chemical structure of the contrast agent and schematic representation of Zn2+

detection mechanism, based on τR modulation due to increased binding affinity in the presence of
Zn2+.

Zinc plays a pivotal role in various cellular processes including enzyme activities, DNA
and protein synthesis or signal transduction [95]. Misregulations in Zn2+ homeostasis are
associated with diabetes [96], cancers [97] and neurodegenerative diseases [98]. Signifi-
cant effort has been devoted to non-invasive imaging of Zn2+ distribution to study its role
in biological processes and to improve early stage diagnosis of diseases. Zn2+-responsive
probes have been designed based on q or τR modulation [99]. The rotational correlation
time is typically controlled via binding of the Gd3+ complex to a macromolecule or pro-
tein, which becomes more important after Zn2+ coordination (Figure 4.1). This approach
was mostly investigated for HSA because of its high concentration (0.6 mM) and the pres-
ence of several binding sites at the surface of the protein [100]. Although the relaxivity
response to Zn2+ is remarkable at intermediate fields with these systems, it vanishes at
high fields [90]. q-activated contrast agents could represent an efficient way to obtain a
maximal response at higher fields, but their rational design remains a difficult challenge
especially for metal ion detection. Indeed, the coordination spheres of both Gd3+ and the
cation to detect, as well as the flexibility and length of the linker between the Gd3+- and
the Zn2+-coordinating units should be all controlled in the design [99]. Therefore, novel
strategies allowing sensitive, high-field MRI detection of τR-activated responsive probes
are highly desirable.

Herein, we report on using FFC-MRI with a τR-activated, Zn2+ responsive agent in the
presence of HSA. FFC-MRI takes benefit of the change of dR1/dB0 (slope in the NMRD
profile), rather than the absolute difference in R1 at a fixed magnetic field, upon Zn2+

binding. In a proof-of-concept in vitro experiment, we demonstrate that it is possible to
overcome the loss of efficiency at a clinically relevant field strength and to generate Zn2+

dependent image contrast. Indeed, while the agent does not respond to Zn2+ in classical
MRI at 3 T, 166 % MRI intensity increase is achieved upon Zn2+-binding in FFC-MRI at
the same field.
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4.2 Results and Discussion

Our Zn2+-responsive probe, GdL, comprises three moieties: (1) a Gd3+-complexing unit
based on a pyridine backbone; (2) a bis(pyridinylmethyl)amine (DPA) for Zn2+ chelation;
and (3) a linker (Figure 4.1). The pyridinic backbone has shown to possess relatively good
thermodynamic stability and kinetic inertness which previously enabled its safe application
in animal studies [101]. In this complex, Gd3+ has two inner sphere water molecules, which
are not replaced by physiological anions, and result in a high relaxivity. DPA displays good
affinity (Kd = 7.57) and sufficient selectivity [102] for Zn2+, and has been previously used
for the detection of Zn2+ by MRI [103–106].

The hydrophobic moieties of the Gd3+ complex promote interaction with HSA, which gen-
erate a field-dependent relaxometric response to Zn2+ at physiological HSA concentration
as illustrated in Figure 4.2. The NMRD profiles, both in the presence and in the absence
of Zn2+, show the hump typical for macromolecular systems at intermediate fields. The
Zn2+ response is maximal at 0.7 - 1 T with a relaxivity increase of about 25 % upon Zn2+-
binding. In contrast, at 9.4 T, a roughly 30 % relaxivity decrease is obtained, while around
3 T, the response vanishes as the two NMRD profiles cross each other. In accordance with
these results, no visible difference in R1 can be observed in response to increasing Zn2+

concentration in solutions of GdL and HSA, by using standard MRI methods at 3 T
(Figure 4.3b).

Figure 4.2: 1H NMRD profiles of GdL alone (1.35 mM), GdL (0.26 mM) and GdL-Zn (equimolar
ratio; 0.27 mM) in the presence of 0.6 mM of HSA at pH = 7.4 (HEPES buffer) and 298 K; the
symbols represent measured points and the dashed lines serve to guide the eye.
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For FFC-MRI, the hardware was realized by means of an additional B0 insert coil synchro-
nized with a clinical MRI system with a main magnetic field strength B0 of 2.89 T [31].
The field-cycling hardware is capable of generating offset fields ∆B0 of ±100 mT within
a minimum ramp time of 1 ms. Images were acquired at three different evolution fields
(2.79, 2.89 and 2.99 T) using a saturation prepared spin echo sequence, where B0 was
ramped to the desired field-shift for a duration Tevol between the preparation pulse and
image acquisition. A detailed description of the imaging experiments and the analysis of
the regions of interest (ROI) is given in the experimental details section 4.4.

R1 maps were obtained at 2.89 T (the nominal B0 field strength of the MRI system; Figure
4.3b), 2.79 T (Figure 4.5c) and 2.99 T (Figure 4.5d) by cycling the evolution field. The
magnetic field dependence was calculated from the difference between R1 maps for 2.99 T
and 2.79 T. After normalization with ∆B0, this yields the R1 dispersion map presented
in Figure 4.3c (i.e. ∆R1/∆B0 within the achievable field-cycling range). No significant
∆R1/∆B0 is visible for the reference samples containing Gadovist [87] and GdL without
HSA as expected from the NMRD profile. The complex without Zn2+ in the presence
of HSA shows a background dispersion due to the formation of the GdL-HSA adduct as
shown in the NMRD profile (Figure 4.2). It represents the "inactivated" state of the

Sample ROIs:
(0): GdL 0.3 mM
(1): GdL 0.3 mM, HSA 0.6 mM
(2): GdL 0.3 mM, HSA 0.6 mM, Zn2+ 0.1 mM
(3): GdL 0.3 mM, HSA 0.6 mM, Zn2+ 0.2 mM
(4): GdL 0.3 mM, HSA 0.6 mM, Zn2+ 0.3 mM
(ref): Gadovist® (non-dispersive control)
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Figure 4.3: (a) Sample arrangement for the MR phantom measurements. (b) R1 map obtained
at the nominal B0 field strength (2.89 T) of the MRI system. No visible difference in R1 can be
observed upon the addition of Zn2+. (c) ∆R1/∆B0 map calculated by subtracting R1 maps for
2.99 T and 2.79 T. The high contrast for samples with increasing Zn2+ concentration should be
noted. See Experimental Details section 4.4 for image acquisition details.
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Figure 4.4: Percent signal enhancement of the Zn2+ response for a change in R1 at the nominal
B0 of the MRI system (left) and the change of ∆R1/∆B0 accessed by FFC-MRI (right). The
signal enhancement was calculated with respect to the value obtained for the GdL-HSA complex
without Zn2+; data is presented in 1st quartile, median, and 3rd quartile. The activation response
is linear with respect to an increasing Zn2+ concentration (up to 1 eq. Zn2+); see Experimental
Details for the linear regression analysis.

probe. The FFC-MRI signal intensity increases with increasing Zn2+ concentration up to
one equivalent of Zn2+ (Figure 4.3c; see Table 4.1 in section 4.4 for values). Figure 4.4 (and
Table 4.1, section 4.4) summarizes the relative signal enhancement upon Zn2+ addition to
the GdL/HSA solution. The maximum signal enhancement is about 166 % upon the
addition of 1 eq. of Zn2+, in contrast to no signal enhancement detected with standard
MRI at the nominal field strength of 2.89 T. This is quite remarkable since, even at the most
optimal field (0.5 T), the relaxivity change upon Zn2+-binding is only 26 % for this probe
(see NMRD profile). For comparison, 100 to 220 % relaxivity changes were reported for
q-activated Zn-responsive contrast agents [107, 108]. Similar relaxivity response (165 %)
was obtained for the most-studied τR-activated contrast agent at 0.5 T [106], however, at
higher field the response decreases dramatically. This last agent was used in vivo to detect
Zn2+ in the pancreas [109] or in prostate cancer [110]. These studies were performed at 9.4
T, where relaxometric data predict about 50 % relaxivity response to Zn2+. In a recent
study, Zn2+ was imaged with another contrast agent providing a relaxivity response of
only 7.5 % at the imaging field of 9.4 T [111]. With the FFC-MRI technique, remarkably
higher signal variations are achieved. Moreover, the ∆R1/∆B0 signal increase is linearly
proportional to Zn2+ concentration (see section 4.4 for linear regression analysis). This,
combined with our previously-reported bimodal quantification approach [112], might open
unprecedented opportunities towards high precision zinc quantification.
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In the magnetic field range of 1.5 T to 3 T, routinely used for clinical imaging, the R1

dispersion of tissues is inherently weak. For contrast agents exhibiting a large ∆R1/∆B0,
this small tissue R1 dispersion (e.g. -0.19 s−1T−1 for murine muscle tissue at 1.5 T)
represents a negligible anatomical background signal [47]. In our example, if any free (not
protein-bound) GdL or GdL-Zn is present, it will be "silent" (see Figure 4.3c), as the
NMRD curves of such small complexes show no dispersion at these fields. On the other
hand, the binding of GdL to HSA in the absence of Zn2+ entails a dispersion (background
signal) that cannot be suppressed in the FFC-MR image. In order to decrease this signal
of the inactivated state and to generate an even more important response to Zn2+, the
affinity of the GdL probe for HSA could be decreased.

It is important to estimate the in vivo detection limit of zinc. Considering the linear re-
sponse of ∆R1/∆B0 to zinc concentration and assuming that the background signal is
provided by the GdL-HSA adduct, a rough estimate of the detection limit would be 60 µM
Zn2+ (corresponding to 0.213 eq. Zn2+ for 0.3 mM GdL concentration; see Experimental
Details). The contrast agent concentration used in this proof-of-principle study lies in the
clinically relevant region (the approved dose ranges from 0.1 to 0.3 mmol/kg) [4]; and the
estimated Zn2+ detection limit matches physiological concentrations which attain 100 µM
to 1 mM in pancreatic regions or neurons [113]. This detection limit is lower than that
previously calculated for classical MRI detection [105]. It should be noted that FFC-MRI
requires an insert coil to vary the B0 field which, with respect to classical MRI, implies
technical constraints on image acquisition, such as duty cycle considerations for electro-
magnetic operation, prolonged scan times and limited imaging region [92]. Despite these
constraints, pre-clinical FFC-MRI studies have been promising and shown the feasibility of
in vivo visualization of MRI probes with a detection limit of about 40 µM [18, 47, 93, 94].
This is rather encouraging as it suggests that the contrast agent concentration used in
our study can be reduced which implies an even lower Zn2+ detection limit. Additional
technical improvements and post-processing methods such as image denoising can further
contribute to better detection limits, which will be subject of future investigations.

4.3 Conclusions

To conclude, we have demonstrated successful Zn2+ detection at 3 T using FFC-MRI
(166 % intensity increase), while no detection was possible with the same probe at this
field using conventional MRI. As the chemical design of efficient Zn2+ responsive probes
adapted to classical T1 detection at high fields remains a challenge, FFC-MRI represents a
highly interesting alternative. It can potentially add value to a great number of previously
reported responsive probes that did not produce a detectable signal change at high fields.
This technique is not solely limited to the detection of zinc, but can be adapted for the
detection of any biomarker.
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4.4 Experimental Details

4.4.1 Syntheses and Characterizations

The chemicals and solvents were purchased from Alfa-Aesar, Fisher Scientific, Sigma-
Aldrich and TCI Europe. They were used as received unless otherwise noted. The solvents
used for reactions were dried and kept under molecular sieve. Aluminum sheets cover with
60 F254 silica gel plates were used for thin layer chromatography and visu-alized using UV
light or revealed under the appropriate conditions. Flash chromatographies were performed
using Interchim flash chromatography Spot II device. 1H NMR (600 MHz) and 13C NMR
(150 MHz) spectra were recorded in deuterated solvents on a Bruker Advanced III HD
Spectrometer. Proton and carbon chemical shifts (δ) are reported in parts per million (δ
scale), and all coupling constant (J) values are in Hertz (Hz). The following abbreviations
were used to explain the multiplicities: s (singlet), d (doublet), t (triplet), q (quartet), m
(multiplet) and bs (broad signal). High Resolution Mass Spectrometry (HRMS) spectra
were recorded using an electron spray ionization (Experimental Details section 4.4) tech-
nique.
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Compound 1: Diethyl 2,2’-(((6-(bromomethyl)pyridin-2-yl)methyl)azanediyl)diacetate

To a solution of 2,6-bis(bromomethyl)pyridine (5.0 g, 19.02 mmol) in acetonitrile
(200 mL) were added potassium carbonate (2.2 g, 15.92 mmol) and diethyl iminodiacetate
(1.2 g, 6.34 mmol) dropwise over a period of 1 h. The mixture was refluxed for an
additional 3h. The solids were removed by filtration and the solvent was evaporated.
The product 1 was obtained after purification by flash chromatography on silica gel
(Dichloromethane: Ethyl Acetate 6:4) as a yellow oil (2.06 g). Yield: 87 %

1H NMR (600 MHz, CDCl3): δ(ppm) 7.68 (t, 3J= 7.8 Hz, 1H); 7.56 (d, 3J= 7.8 Hz,
1H); 7.34 (d, 3J = 7.8 Hz, 1H); 4.53 (s, 2H); 4.16 (q, 3J = 7.2 Hz, 4H); 4.07 (s, 2H); 3.63
(s, 4H); 1.25 (t, 3J = 7.2 Hz, 6H).

13C NMR (150 MHz, CDCl3): δ(ppm) 170.7; 158.8; 155.7; 137.3; 121.9; 121.6; 60.1;
59.4; 54.4; 33.7; 13.9.

HRMS: calc. for C15H21BrN2O4 [M+H]+ 373.0685; found 373.0789

Compound 2: Diethyl 2,2’-(((6-(((6-((tert-butoxycarbonyl)amino)-1-methoxy-1-oxohexan-2-
yl)amino)methyl)pyridin-2-yl)methyl)azanediyl)diacetate

A solution of compound 1 (419 mg, 1.12 mmol) in acetonitrile (30 mL) was added
dropwise over a peri-od of 1h to a mixture of Nε-Boc-L-lysine methyl ester hydrochloride
(1g, 3.37 mmol) and di-isoproplylethylamine (1.45g, 11.23 mmol) in acetonitrile (70 mL).
The mixture was refluxed for 18h. The solvent was evaporated, and the crude product
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was purified by flash chromatography on silica gel (Ethyl Acetate, 1 % triethylamine) to
afford compound 2 as a yellow oil (438 mg). Yield: 71 %

1H NMR (600 MHz, CDCl3): δ(ppm) 7.63 (t, 3J = 7.6 Hz, 1H); 7.46 (d, 3J = 7.6Hz,
1H); 7.21 (d, 3J = 7.6 Hz, 1H); 4.81 (s, 1H); 4.17 (q, 3J = 7.2 Hz, 4H); 4.04 (s, 2H); 3.96
(d, 2J = 15.4 Hz, 1H); 3.84 (d, 2J = 15.4 Hz, 1H); 3.70 (s, 3H); 3.61 (s, 4H); 3.31 (t, 3J
= 6.6 Hz, 1H); 3.10 (m, 2H); 2.30 (bs, 1H); 1.70 (m, 2H); 1.48 (m, 2H); 1.42 (s, 9H); 1.40
(m, 2H); 1.26 (t, 3J = 7.2 Hz, 6H).

13C NMR (150 MHz, CDCl3): δ(ppm) 175.4; 171.0; 158.5; 158.3; 155.8; 136.9; 121.0;
120.3; 78.7; 60.8; 60.3; 59.8; 54.7; 53.2; 51.6; 40.2; 32.9; 29.7; 28.3; 22.9; 14.1.

HRMS: calc. for C27H44N4O8 [M+H]+ 553.3159; found 553.3233

Compound 3: Diethyl 2,2’-(((6-(((6-((tert-butoxycarbonyl)amino)-1-methoxy-1-oxo hexan-2-
yl)(2-ethoxy-2-oxoethyl)amino) methyl)pyridin-2-yl)methyl)azanediyl) diacetate

A mixture of compound 2 (436 mg, 0.79 mmol), ethyl bromoacetate (171.3 mg,
1.03 mmol) and di-isoproplylethylamine (816 mg, 6.31 mmol) in acetonitrile (10 mL)
was refluxed for 23h. The solvent was evaporated, and product 3 was isolated after a
purification by flash chromatography on silica gel (Di-chloromethane: Ethyl Acetate 1:1
+ 1% Triethylamime) as a yellow oil (430 mg). Yield: 85 %

1H NMR (600 MHz, CDCl3): δ(ppm) 7.66 (t, 3J = 7.6 Hz, 1H); 7.52 (d, 3J = 7.6 Hz,
1H); 7.45 (d, 3J = 7.6 Hz, 1H); 4.73 (s, 1H); 4.17 (q, 3J = 7.1 Hz, 4H); 4.12 (q, 3J = 7.1
Hz, 2H) ; 4.03 (s, 2H); 3.97 (d, 2J = 15.5 Hz, 1H); 3.84 (d, 2J = 15.5 Hz, 1H); 3.70 (s,
3H); 3.61 (s, 4H); 3.53 (d, 2J = 17.6 Hz, 1H); 3.24 (d, 2J = 17.6 Hz, 1H); 3.43 (t, 3J =
7.5 Hz, 1H); 3.09 (m, 2H); 1.73 (m, 2H); 1.45 (m, 2H; 2H); 1.43 (s, 9H); 1.26 (t, 3J = 7.1,
6H); 1.24 (t, 3J = 7.1, 3H).
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13C NMR (150 MHz, CDCl3): δ(ppm) 173.4; 171.5; 171.1; 159.0; 158.0; 155.9; 137.1;
121.1; 120.9; 78.8; 63.4; 60.4; 59.8; 57.6; 54.8; 52.5; 51.3; 40.2; 29.7; 29.4; 28.3; 23.2; 14.1.

HRMS: calc. for C31H50N4O10 [M+H]+ 639.3527; found 639.3599

Compound 4: Diethyl 2,2’-(((6-(((6-amino-1-methoxy-1-oxohexan-2-yl)(2-ethoxy-2-oxoethyl)
amino)methyl)pyridin-2-yl)methyl) azanediyl) diacetate

To a solution of compound 3 (0.428 g, 0.67 mmol) in dichloromethane (5 mL) was added
trifluroacetic acid (5 mL) and the mixture was stirred for 1 h at room temperature. The
solvent and the excess of tri-fluoroacetic acid were evaporated to give yellow oil (437 mg).
Yield: 100 %

1H NMR (600 MHz, D2O): δ(ppm) 8.42 (t, 3J = 7.8 Hz, 1H); 7.89 (d, 3J = 7.8 Hz,
1H); 7.84 (d, 3J = 7.8 Hz, 1H); 6.09 (s, 3H); 4.48 (d, 2J = 17,1 Hz, 1H); 4.44 (s, 2H); 4.43
(d, 2J = 17,1 Hz, 1H); 4.13 (m, 4H7, 2H); 3.75 (s, 4H); 3.72 (s, 3H); 3.70 (m, 2H); 3.57
(t, 3J = 7.2 Hz, 1H); 2.91 (t, 3J = 7.6 Hz, 2H); 1.80 (m, 2H); 1.65 (m, 2H); 1.45 (m, 2H);
1.22 (m, 6H, 3H).

13C NMR (150 MHz, CD3OD): δ(ppm) 173.0; 172.3; 171.5; 154.3; 145.9; 124.2; 124.0;
64.8; 60.9; 60.8; 55.5; 55.1; 53.3; 52.9; 51.0; 39.0; 29.4; 26.8; 22.9; 13.0; 13.0.

HRMS: calc. for C26H42N4O8 [M+H]+ 539.3003; found 539.3077

A mixture of compound 4 (380 mg, 0.57 mmol), 2-(chloromethyl)pyridine hydrochloride
(750 mg, 4.5 mmol), sodium iodide (200 mg, 1.34 mmol) and DIEA (1.3 g, 10.05 mmol)
was refluxed in acetonitrile (20 ml) for 24h. The solids were filtered and the solvent
was evaporated. The residue was purified by flash chromatography on silica gel (Ethyl
Acetate, 1% triethylamine) and compound 6 was obtained as a yellow oil (350 mg).
Yield: 83 %
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Compound 5: D Diethyl 2,2’-(((6-(((6-(bis(pyridin-2-ylmethyl) amino)-1-methoxy-1-oxohexan-
2-yl)(2-ethoxy-2-oxoethyl)amino)methyl) pyridin-2-yl)methyl)azanediyl)diacetate:

1H NMR (600 MHz, CDCl3): δ(ppm) 8.57 (d, 3J = 4.4 Hz, 2H); 7.64 (t, 3J = 7.4 Hz,
2H); 7.59 (t, 3J = 7.8 Hz, 1H); 7.51 (d, 3J = 7.8 Hz, 1H); 7.45 (d, 3J = 7.5 Hz, 1H); 7.14
(t, 3J = 5.8 Hz, 2H); 4.16 (q, 3J = 7.1 Hz, 4H); 4.10 (q, 3J = 7.1 Hz, 2H); 4.02 (s, 2H);
3.96 (d, 2J = 15.7 Hz, 2H); 3.79 (s, 4H); 3.68 (s, 3H); 3.60 (s, 4H); 3.51 (d, 2J= 17.6 Hz,
2H) ; 3.39 (t, 3J = 7.7 Hz, 1H); 2.52 (t, 3J = 6.7 Hz, 2H); 1.65 (m, 2H); 1.53 (m, 2H); 1.39
(m, 2H); 1.26 (t, 3J = 7.1 Hz, 6H); 1.21 (t, 3J = 7.1 Hz, 3H).

13C NMR (150 MHz, CDCl3): δ(ppm) 173.4; 171.5; 171.1; 159.9; 159.2; 158.0; 148.8;
137.1; 136.3; 122.8; 121.8; 121.1; 120.8; 63.7; 60.4; 60.4; 60.4; 59.8; 57.6; 54.8; 54.1; 52.5;
51.2; 30.0; 26.8; 23.9; 14.2; 14.1.

HRMS: calc. for C38H52N6O8 [M+H]+ 721.3847; found 721.2156

Ligand 2,2’-(((6-(((5-(bis(pyridin-2-ylmethyl) amino)-1-carboxypentyl)(carboxymethyl)
amino)methyl)pyridin-2-yl)methyl) azanediyl)diacetic acid

To a solution of compound 5 (0.348 g, 0.47 mmol) in a mixture of THF: H2O (1:1 v:v,
20 mL), was add-ed lithium hydroxide (0.222 g, 5,29 mmol) and the solution was stirred
for 1 day at room temperature. The solvent was evaporated and the ligand L was
obtained after a purification by flash chromatography on C18 phase (MeOH: H2O 1:1
with 0,1 % TFA), as a white solid (0.295 g).



4.4. Experimental Details 57

1H NMR (600 MHz, D2O): δ(ppm) 8.66 (d, 3J = 5.5 Hz, 2H); 8.45 (t, 3J = 7.3 Hz,
2H); 8.01 (t, 3J = 7.6 Hz, 1H); 7.98 (d, 3J = 7.3 Hz, 2H); 7.88 (t, 3J = 5.5 Hz, 2H); 7.54
(m, 2H); 4.58 (s, 2H); 4.55 (2H); 4.24 (s, 4H); 4.02 (s, 4H); 3.91 (s, 2H); 3.84 (m, 1H); 2.63
(t, 3J = 7.5 Hz, 2H); 1.80 (m, 2H); 1.47 (m, 2H); 1.31 (m, 2H).

13C NMR (150 MHz, D2O): δ(ppm) 174.7; 173.1; 157.8; 155.7; 148.6; 139.6; 136.2;
124.0; 122.2; 121.0; 72.3; 63.5; 62.5; 60.3; 60.1; 57.9; 56.4; 28.6; 28.0; 23.8.

HRMS: calc. for C31H38N6O8 [M+H]- 621.2751; found 621.2686

4.4.2 1H R1 NMRD Measurements

Solution preparation:

The exact ligand concentrations were determined by adding an excess of lanthanide solu-
tion to the ligand solution and titrating the metal excess with standardised Na2H2EDTA
in urotropine buffer (pH 5.6 - 5.8) in the presence of Xylenol Orange as an indicator. The
concentrations of the metal solutions were determined similarly by complexometric titra-
tions. The complexes were prepared by mixing 1 eq. of L, with 1 eq. of Gd3+, and the
pH was adjusted to 7.4 either with a buffered solution or by adding KOH or HCl to the
solution. The absence of free Gd3+ was checked by the Xylenol orange test. The concentra-
tions of Gd3+-containing solutions were also checked by ICP-MS and BMS measurements
when possible. Zn2+ concentrations were also checked by ICP-MS. HSA was used in its
fatty-acid free form.

Relaxometric measurements:

Proton NMRD profiles were performed on a Bruker WP80 NMR electromagnet adapted
to variable field measurements (20-80 MHz) and controlled by a SMARTracer PC-NMR
console, or on a minispec Bruker "mqvar" (20, 30, 40, 60 MHz). The temperature was
monitored by a VTC91 temperature control unit and maintained by a gas flow. The
temperature was determined by previous calibration with a Pt resistance temperature
probe. Relaxivities at 100 MHz and 400 MHz were measured on a Bruker Advance 100
and 400, respectively. The longitudinal relaxation rates (1/T1) were determined in water.

4.4.3 FFC-MRI Measurements and Analysis

The FFC-MRI hardware was implemented by means of an additional B0 insert coil (Res-
onance Research Inc., USA) synchronized with a clinical MRI system (Skyra, Siemens
Healthineers, Germany) with a main magnetic field strength B0 of 2.89 T [31]. A custom-
built transmit/receive birdcage radio frequency coil (MRI.TOOLS GmbH, Germany) was
designed to fit in the bore of the insert coil and enables an imaging region suitable for
small animal and phantom imaging. The field-cycling hardware is capable of generating
offset fields ∆B0 of ±100 mT within a minimum ramp time of 1 ms. This adds an extra
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dimension to the MRI pulse sequence by allowing for a modulation of the main magnetic
field by B0 ±∆B0. A MRI phantom was prepared holding six glass tubes, each tube with
4 cm length and 8 mm diameter. The glass tubes were arranged as illustrated in Figure
4.5a and contain: (0) 0.3 mM GdL, (1-4) 0.3 mM GdL, 0.6 mM HSA, 0, 0.1, 0.2 and
0.3 mM Zn2+ concentration, respectively, and (ref) Gadovist R© as non-dispersive control.
Samples (0-4) were stabilized at pH 7.4 with 0.1 M HEPES buffer. Images were acquired
at three different evo-lution fields (2.79, 2.89 and 2.99 T) using a saturation prepared spin
echo sequence, where B0 was ramped to the desired field-shift for seven different durations
Tevol (60, 100, 150, 300, 500, 800 and 1500 ms) between the preparation pulse and image
acquisition. During acquisition of FFC-MRI images, eddy current effects are compensated
using dynamic reference phase modulation (eDREAM, [45]). The remaining imaging pa-
rameters were: repetition time TR = 3000 ms, echo time TE = 15 ms, Field of View FoV
= 40 mm x 40 mm, matrix size = 64 x 64, bandwidth BW = 130 Hz/Px, flip angle = 90◦

and slice thickness = 5 mm; all measurements were performed at room temperature. At
each field, R1 maps (Figure 4.5b-d) were calculated on a pixel-by-pixel basis by nonlinear
fitting the following three-parameter (S0, α, and R1) mono-exponential saturation recovery
model:

S(Tevol) = S0(1− α e−TevolR1). (4.1)

A ∆R1/∆B0 map (Figure 4.5e) was obtained by subtracting R1 maps for 2.99 T and 2.79
T. This gives a good linear approximation of the slope in the NMRD profile (i.e. dR1/dB0;
R1 = 1/T1 and r1 = (R1−R1dia)/[Gd], where R1dia is the diamagnetic contribution to the
relaxation rate and [Gd] is the concentration of the contrast agent) within the achievable
field-cycling range. A region of interest (ROI) analysis was performed by calculating the
median and quartiles out of all selected pixels within a sample; the values are summarized
in Table 4.1. The increase of median ∆R1/∆B0 values in Table 4.1 is linear (R2 = 0.998)
up to a Zn2+ concentration of 0.3 mM, which corresponds to one equivalent of Zn2+. From
linear regression analysis follows a background dispersion of -0.42 [-0.37, -0.46] s−1T−1 and
a slope of -0.23 [-0.20, -0.25] s−1T−1/0.1 mM Zn2+; brackets indicate the 95% confidence
intervals (CI). Note that the ∆R1/∆B0 values are negative as the slope in the NMRD
profile is negative within the field-cycling range of 2.89 T ± 100 mT.

The detection limit of Zn2+ concentration can be roughly estimated with a detection limit
defined as SLOD = Sback + 3SDback, where Sback is the background dispersion signal from
the sample without Zn and the SDback is the corresponding standard deviation in this
region. Due to the dispersion intensity in the sample, the best estimation of these values
is obtained from the regression analysis considering the linear relationship between the
activation response and Zn2+ concentration. Hence, Sback = -0.42 s−1T−1 and SDback

can be calculated from the 95% CI (of the background dispersion determined before) by:
Sback =

√
N (CIupper−CIlower/3.92) with N, the number of points in the regression. This
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gives an R1 dispersion value for the SLOD of -0.56 s−1T−1 which corresponds to a minimum
detectable Zn2+ concentration of 60 µM (using the linear regression of the Zn2+ response)
for a contrast agent concentration of 0.3 mM.

Figure 4.5: (a) Sample arrangement for the FFC-MRI phantom measurements. R1 maps were
calculated on a pixel-by-pixel basis for the nominal B0 field of the MRI system (b), by cycling
the evolution field to 2.79 T (c) and 2.99 T (d). (e) R1 dispersion map ∆R1/∆B0 obtained by
subtracting R1 maps in (d) and (c).

Table 4.1: Median (1st quartile, 3rd quartile) values of relaxation rates R1 at 2.79, 2.89 and 2.99 T
and R1 dispersion ∆R1/∆B0 (2.99 T-2.79 T) at room temperature; data were obtained by ROI
analysis in Figure 4.5.

Sample R1 (s−1) ∆R1/∆B0

(s−1T−1)2.79 T 2.89 T 2.99 T

GdL 5.69
(5.67, 5.70)

5.71
(5.69, 5.72)

5.69
(5.68, 5.70)

0.05
(-0.01, 0.13)

GdL-HSA 6.97
(6.94, 6.98)

6.95
(6.94, 6.96)

6.88
(6.87, 6.90)

-0.41
(-0.35, -0.50)

GdL-HSA-(Zn2+)1/3 eq.
6.84

(6.82, 6.87)
6.84

(6.82, 6.87)
6.71

(6.70, 6.73)
-0.66

(-0.35, -0.50)

GdL-HSA-(Zn2+)2/3 eq.
7.20

(7.18, 7.22)
7.15

(7.14, 7.16)
7.03

(7.02, 7.04)
-0.86

(-0.81, -0.95)

GdL-HSA-(Zn2+)1 eq.
6.96

(6.94, 6.98)
6.89

(6.87, 6.90)
6.74

(6.72, 6.77)
-1.09

(-0.99, -1.16)
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Abstract
The FET Open project "CONtrast by QUadrupole Enhanced Relaxation", abbreviated
with CONQUER, explored the feasibility of quadrupole relaxation enhancement (QRE)
as a fundamentally new contrast mechanism for the design of responsive and frequency-
selective MRI contrast agents. The vision of CONQUER is to develop exogenous QRE
based molecular probes that exhibit a frequency-selective nature in the magnetic field
range relevant for clinical diagnostics, similar to naturally observed QRE for amine and/or
amide groups in protein backbones in the low field region. A variety of compounds con-
taining the quadrupole nucleus 209Bi have been investigated during CONQUER. As an es-
sential breakthrough, the first QRE mediated by 209Bi could be observed in the solid state
and for aqueous dispersions of nanoparticles constituted of the QN core compound. This
proof of the mechanism of action represents a notable step towards QRE based imaging.
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5.1 The Vision: Towards Frequency-Selective MRI Contrast

The dipole-dipole interaction between quadrupole nuclei and water protons can lead to
relaxation enhancement of proton spins i.e. an increase of the longitudinal relaxation rate
R1. The aim of CONQUER was to unravel the potential of this so-called quadrupole
relaxation enhancement (QRE) as a central mechanism for the design of a new class of
frequency-selective MRI contrast agents. As already mentioned in chapter 2.4.2, QRE has
been first observed between water protons and 14N quadrupole nuclei from amine and/or
amide groups in protein backbones. The effectiveness of QRE from 14N as a contrast
mechanism for MRI has been utilized with low field FFC-MRI systems to generate image
contrast based on the presence of immobilized proteins [28, 82]. Quadrupole peaks of 14N
occur in the low field regime of the 1H R1 NMRD profile and therefore cannot be accessed
with high field FFC-MRI systems. The vision of CONQUER is to generate pronounced
quadrupole peaks in the clinical field range, comparable to the endogenous 14N peaks at low
fields, by the administration of an exogenous QRE contrast agent. Provided the resonance
condition between the spin transitions of protons and the QN is fulfilled, QRE can become
effective leading to a frequency-selective nature of the contrast agent. Consequently, such
QRE probes do not show a smooth R1 dispersion as opposed to currently used FFC-MRI
CAs e.g. based on τR modulation of the paramagnetic relaxation enhancement (PRE),
which show a smooth NMRD profile with a maximum in the mid-field region followed by
a negative slope (see chapter 2.4.3). QRE as a central relaxation mechanism is an inter-
esting alternative to established approaches for the tailored design of field-dependent MRI
contrast agents paving the way from rather smooth R1 dispersion to frequency-selective
QRE patterns at clincial B0 fields (Figure 5.1). In the following we will discuss the theory,
current state and potential of QRE based probes from the MR imaging point of view.

Figure 5.1: (a) 1H R1 dispersion profile of a CA (1 mM) based on τR modulation of the param-
agnetic relaxation enhancement. (b) Simulated 1H R1 dispersion profile of a QRE based contrast
agent containing 209Bi; for details see Figures 4.2 and 2.9, respectively. The PRE probe exhibits a
smooth dispersion whereas the simulated QRE probe shows frequency-selective characteristics.
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5.2 Paramagnetic vs. Quadrupole Relaxation Enhancement

5.2.1 Paramagnetic Relaxation

Paramagnetic contrast agents are complexes composed of a metal ion with unpaired elec-
trons. They induce an increase in both longitudinal and transverse relaxation rates of water
protons (or solvent protons in general) in the regions where they distribute. This effect is
known as paramagnetic relaxation enhancement. PRE originates from dipole-dipole inter-
actions between the electron spin of the paramagnetic species and the nuclear spin of water
protons. Various metal ions could act as a paramagnetic center in PRE based probes, in-
cluding Mn2+, Mn3+, Fe3+ and Gd3+. Nowadays, Gd3+ chelates are the workhorses among
contrast agents to improve diagnostic accuracy of clinical MRI examinations [4, 115]. This
domination of Gd3+ relies on a strong paramagnetism due to seven unpaired electrons (i.e.
a large magnetic moment) as well as relatively slow electronic relaxation. Both properties
are favorable in terms of relaxation enhancement of water protons in the vicinity of the
metallic center [60]. Relaxation theory of paramagnetic spin systems, in particular of Gd3+

complexes, is topic of extensive research and a detailed description can be found in several
review articles [10, 116–120]. In the following we will focus on the mechanisms of action
and parameters influencing the magnetic field dependency of R1 of FFC-MRI contrast
agents suitable for clinical fields. Although basically of interest as well, the effects of R2

dispersion will be omitted here.

Gd3+-based CAs are often referred to as T1 agents as they predominantly shorten the
longitudinal relaxation time leading to a bright signal in T1-weighted images. The efficiency
of such a CA can be described by its longitudinal relaxivity r1, the longitudinal relaxation
rate per 1 mM of contrast agent concentration [CA]. The observed water proton relaxation
rate Robs1 in presence of a CA is composed of the inherent relaxation rate of the tissue (or
solvent) R0

1 and the overall paramagnetic contribution RPRE
1 = r1[CA] (see equations (5.1)

and (5.2)).

Robs1 = R0
1 +RPRE

1 (5.1)

Robs1 = R0
1 + r1[CA] (5.2)

r1 = rIS1 + rSS
1 + rOS

1 (5.3)

The relaxivity can be described by three terms arising from water molecules in each co-
ordination sphere given in equation (5.3): the inner-sphere (IS), second-sphere (SS) and
outer-sphere (OS) contributions [121]. The inner-sphere contribution originates from the
relaxation of water protons directly coordinated to the paramagnetic center that are in-
volved in chemical exchange with the bulk water. Some compounds (e.g. described in [122])
might form a second coordination sphere with water molecules not directly coordinated
but located sufficiently close to the metallic center (<4 Å, [60]). The overall relaxivity of
clinically approved contrast agents is composed of about 60% inner-sphere and 40% outer-
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sphere relaxation. The outer-sphere contribution originates from a long-distance dipolar
interaction of water molecules diffusing in the vicinity of the paramagnetic complex. The
time scale of this mechanism is modeled by the translational (diffusional) correlation time
τD = a2/D, which considers the relative diffusion coefficient D of solute and solvent and
their distance of closest approach a depending on the molecular dimension and charge
distribution of the compound [123, 124]. Although all contributions are important for op-
timizing the r1 of a contrast agent, the inner-sphere effect offers the most versatile set of
parameters to tune the paramagnetic relaxation enhancement. The inner-sphere contribu-
tion to relaxivity is denoted as

rIS1 =
q/[H2O]

TH1m + τm
, (5.4)

where q is the coordination number, [H2O] is the concentration of water (55 556 mM),
τm is the mean lifetime of water molecules in the inner coordination sphere (with the
water exchange rate given by kex = 1/τm) and TH1m is the longitudinal relaxation time
of inner-sphere protons. The relaxation rate 1/TH1m can be described by the Solomon-
Bloembergen-Morgan theory [125–128] and is given by

1

TH1m(B0)
=

2

15

(µ0
4π

)2 γ2Hg2µ2B S(S + 1)

r6H

[
3τc1

1 + ω2
Hτ

2
c1

+
7τc2

1 + ω2
Sτ

2
c2

]
, (5.5)

where µ0 is the vacuum permeability, γH is the gyromagnetic ratio of the proton, g denotes
the g-factor of the free electron (Landé factor), µB is the Bohr magneton and S is the spin
quantum number (S = 7/2 for Gd3+). The distance between the metallic center and
coordinated water protons is given by rH ; ωH and ωS describe the Larmor frequencies
(in rad s−1) of the proton and electron, respectively. The overall correlation times τc1 and
τc2 are composed of different contributions

1

τci
=

1

τm
+

1

τR
+

1

Tie(B0)
with i = 1, 2 , (5.6)

where τR is the rotational correlation time of the hydrated complex and T1e and T2e
are the longitudinal and transverse relaxation times of the electron spin, respectively.
Equation (5.5) is constituted of two dispersive terms 3τc1/(1+ω

2
Hτ

2
c1

) and 7τc2/(1+ω
2
Sτ

2
c2

). With
ωH = γHB0 and ωS = γSB0 this clearly shows the magnetic field dependency of the inner-
sphere longitudinal relaxation time and consequently TH1m is a function of the main magnetic
field of the MRI system i.e. TH1m = f(B0). Moreover, the electronic relaxation times Tie
in equation (5.6) are also a function of ωS and therefore contribute to the field-dependent
nature of TH1m (e.g. see [117, 129] for detailed theories).

In principle various molecular parameters can be tuned to optimize the efficiency of a
PRE-based contrast agent (see Figure 5.2a): the number of coordinated water molecules
q, the electron spin relaxation times Tie, the metal-proton distance rH , the water exchange
rate kex = 1/τm and the rotational correlation time τR. As already noted in chapter 2.4.3,
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Figure 5.2: (a) Schematic illustration of a Gd3+ complex with corresponding coordination spheres
of surrounding water molecules: inner-sphere (IS), second-sphere (SS) and outer-sphere (OS).
The parameters that govern the paramagnetic relaxation enhancement are presented: number of
coordinated water molecules q, Gd3+-H distance rH , relaxation times of the electron spin Tie
with i = 1, 2 , rotational correlation time τR and diffusion coefficient D with distance of closest
approach a. (b) Schematic principle of τR-modulation to render a contrast agent responsive to
metal ions M+. In addition to the Gd3+ chelate, the probe consists of a linker and a binding unit
selective to the metal ion of interest. In the OFF state (low relaxivity) the system has a fast τR. τR
is slowed down by forming a complex with higher molecular weight in the presence of M+, either
(1) by self-assembly around the metal ion or (2) by binding to a larger macromolecule such as HSA.
The slowly tumbling system gives rise to an increased relaxivity i.e. a switch to the ON state.

modulating the rotational correlation time is the most promising for the design of dis-
persive FFC-MRI probes applicable in the clinical field range (1.5-3 T). Slowing down
the rotational motion (i.e. increasing τR) of a complex is reflected by a peak in the R1

NMRD profile located at intermediate fields between 0.5-1.5 T followed by a relatively
steep downward slope towards 3 T. Slowly tumbling systems can be achieved by increasing
the molecular weight, either by making the compound larger or by covalent or non-covalent
binding to a large macromolecule (e.g. a protein, a polypetide, DNA, receptors of the cel-
lular membrane, nanospheres, dendrimeres, micelles or liposomes [4, 118]). For example,
the blood pool agent gadofosveset trisodium (also known as MS-325, Vasovist or Ablavar)
shows a high affinity for human serum albumin (HSA). Upon HSA binding, MS-325 ex-
hibits a relaxivity response characteristic for slowly tumbling systems and its slope at 1.5 T
was first successfully exploited with FFC-MRI by Alford et al. [17]. Furthermore, τR mod-
ulation is also a central mechanism in the design of PRE-probes responsive to a biochemical
stimulus. Coupling τR modulation e.g. to metal binding (via dedicated binding units, see
Figure 5.2b) renders the relaxivity response activatable to the presence of metal ions such
as Ca2+, Cu2+ or Zn2+, all playing a crucial role in cell signaling [90, 91, 99, 130]. Whereas
currently available τR-based probes provide the best efficiency between 0.5-1.5 T, the ben-
efit of slowly tumbling systems is diminished above 3 T for standard MRI techniques. In
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chapter 4 we present the application of FFC-MRI to enable Zn2+ sensing at 3 T, while the
detection of Zn2+ was not possible using conventional MRI [131].

5.2.2 Superparamagnetic Relaxation

Superparamagnetic iron oxide nanoparticles generally consist of an iron oxide core covered
with a coating derived from an organic compound to avoid aggregation and guarantee bio-
compatibility. The core is usually formed by small crystallites such as magnetite (Fe3O4),
maghemite (γ-Fe2O3) or hematite (α-Fe2O3) [132]. If an external magnetic field is applied,
the iron ions align with the field leading to a magnetic moment three orders of magnitude
higher than that of the individual paramagnetic ions. At zero field the particles exhibit no
remnant magnetic moment i.e. they are no longer magnetic. The large magnetic moment
of the superparamagnetic nanoparticle gives rise to local field inhomogeneities, which mod-
ulate the relaxation of water proton spins diffusing in the outer sphere of the iron oxide
particle. The classical outer sphere theory from paramagnetic systems [124] is not directly
applicable to the case of superparamagentic nanoparticles. A model was introduced by
Roch et al. [133] including the magnetic properties of the particles such as the average
size r, the saturation magnetization Msat, the anisotropy energy of the crystal Ea and the
Néel relaxation time τN . The large magnetic moment has favorable affects on increasing
the transversal relaxivity, wherefore iron oxide nanoparticles are usually associated with
negative T2 contrast agents. However, it is important to note, that the contrast agent
behavior is actually influenced by the r2/r1 ratio. Whereas typical T2 agents have a large
r2/r1 ratio, iron oxide particles that also have a strong r1 characteristic (small r2/r1) can
be used as T1 or T2 contrast agents depending on the MRI pulse sequence. [4, 115, 134]

In the context of FFC-MRI contrast agents, the r1 NMRD profiles of iron oxide nanoparti-
cles indicate auspicious properties in the clinical field range: a peak around 0.5 T followed
by a steep slope towards high fields. Although the shape of the NMRD profile resembles
with that of τR-based paramagnetic probes, the magnetic field dispersion of superpara-
mangetic iron oxide particles originates from the aforementioned magnetic properties. A
detailed analysis of parameters determining the shape of the NMRD profile can be found
elsewhere [118, 135]. In short, important parameters that can be tuned to obtain a high
∆R1/∆B0 for a given FFC-MRI field range are the average radius r and saturation mag-
netization Msat. Reducing the size of the particle leads to a shift of the peak towards
higher fields, but also to a reduced maximum while keeping the other parameters constant.
In addition, an increase in Msat gives rise to a general increase in relaxivity over the entire
field range. Here, the applicability of iron oxide magnetic nanoparticles to FFC-MRI at
3 T (±100 mT) was shown in chapter 3. If one is interested in R1 dispersion weighted
images, it is noteworthy that the echo time should be minimized in order to reduce the
influence of signal loss due to high r2 of the superparamagnetic particles.
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5.2.3 Quadrupole Relaxation

The relaxation enhancement of water protons for paramagnetic contrast agents originates
from strong dipole-dipole interactions between the electron spin of the paramagnetic com-
pound and adjacent water proton spins. In comparison, quadrupole relaxation enhance-
ment is based on a frequency-selective dipole-dipole interaction between water proton spins
and the nuclear spin of a quadrupole nucleus i.e. a nucleus with spin quantum number
S ≥ 1. The fluctuating dipole-dipole coupling acts as a path for a magnetization transfer
from protons to the QN. The QN transfers the magnetization to the lattice, described by
the quadrupole relaxation times TiQ (with i = 1, 2), much faster than the proton alone.
The primary condition of QRE, the so-called resonance condition, states that QRE be-
comes effective when the 1H Larmor frequency matches one of the frequencies with high
transition probability of the QN. This condition is mainly determined by the quadrupole
coupling constant Qcc, the asymmetry parameter η of the electrical field gradient (EFG)
and the Zeeman splitting of the energy level systems. Other prerequisites for QRE are a
close approach of protons to the QN (rH of a few Å as the dipole-dipole coupling scales with
1/r6H), sufficient water exchange rate kex = 1/τm and a proper timescale of the motional
dynamics to enable efficient modulation of the dipole-dipole coupling [72, 76]. Grafting the

Figure 5.3: (a) Schematic illustration of the mechanism of a QRE contrast agent based on 209Bi
as quadrupole nucleus. QRE becomes effective if the resonance condition is satisfied, i.e., the
1H Larmor frequency ωH matches one of the frequencies with high transition probability of the
QN ω0,k. The fluctuating dipole-dipole coupling than acts as path for magnetization transfer from
water protons to the QN. Important parameters for efficient QRE are: the number of coordinated
water molecules q in the inner sphere (IS), the QN-1H distance rH , the water exchange rate kex with
diffusing water molecules in the bulk water (diffusion coefficient D), the pure quadrupole relaxation
times TiQ with i = 1, 2 and the rotational correlation time τR. The QRE core compound (b) can
be linked to a carrier system (e.g. surface of a nanoparticle) to slow down the rotational motion
of the complex.
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QRE core compounds onto nanoparticles, or other carrier systems in general (e.g. micelles,
liposomes, polymers, cyclodextrins), is required to slow down the motional dynamics, in
particular the rotational motion described by τR, to guarantee that ωQ,kτR > 1 is ful-
filled. The mechanism of action and the parameters determining QRE are illustrated in
Figure 5.3. As already discussed in chapter 2.4.4, to simulate the 1H R1 NMRD profile
originating from QRE compounds dispersed in aqueous solution, the stochastic Liouville
approach [72, 74, 75] is necessary (see Figure 2.9). Such a simulation environment is an
important step towards the rational design of QRE-based probes to predict the amplitude,
lineshape and position of QRE peaks of promising compounds.

5.2.4 Tuning of the QRE Resonance Condition

The resonance condition for QRE can be formulated as

ωH = ω0,k (5.7)

where ωH = γHB0 is the proton Larmor frequency and ω0,k is one of the allowed transi-
tion frequencies k of the QN-transition bands. In an external magnetic field B0, protons
and QN undergo a Zeeman splitting of their energy level systems. The pure quadrupole
transition frequencies ωQ,k from zero-field (nuclear quadrupole resonance (NQR) transi-
tion frequencies) broaden to characteristic QN-transition bands ω0,k with increasing B0.
The transition bands result from the total QN Hamiltonian and therefore depend on the
angle Ω between the EFG and the direction of B0. The molecular rotation of the complex
in solution leads to a dynamic fluctuation of this angle i.e. Ω(t). Equation 5.7 states that
for transition crossings between the proton Larmor frequency and the QN-transition bands
the resonance condition is met and leads to regions where QRE can occur (see Figure 5.5).

Figure 5.4: QRE becomes active if the resonance condition is satisfied i.e. the proton Larmor
frequency ωH matches the QN-transition bands ω0,k depending on the external magnetic field B0.
The pure quadrupole frequencies ωQ,k can be tuned to shift the regions of possible QRE to the
desired B0 as illustrated here for 3 T.
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The pure quadrupole transition frequencies ωQ,k can be characterized by zero-field nuclear
quadrupole resonance spectroscopy (NQRS). The NQR spectra are a consequence of the
coupling of the quadrupole moment of the QN with the EFG created by its surrounding
electrical charge distribution. The emerging NQR frequency spectrum can be fully char-
acterized by Qcc and η (asymmetry parameter of the EFG). The number of transitions
depends on the spin quantum number e.g. for I = 9/2 nuclei like 209Bi four NQR peaks
are present. The positions of ωQ,k are sensitive to the electronic environment of the QN.
Therefore, by structural or chemical changes (e.g. choice of the ligands), the transition
frequency of the QN can be tuned to a desired frequency. In further consequence, the
regions of possible QRE can be shifted towards the B0 field of interest, e.g. 1.5 T or 3 T.

5.3 Proof of Concept: First QRE in 209Bi compounds

Selection criteria for the identification of suitable QN for the development of prospective
contrast agents for the clinical field range are: (1) high gyromagnetic ratio γQN to ensure
a strong dipole-dipole coupling, (2) high spin quantum number I as R1 is proportional
to I and offers more possible quadrupole transition frequencies [72], (3) appropriate Qcc
to meet the resonance condition at clinical field strengths of 1.5 T or 3 T, (4) slow enough
pure quadrupole relaxation to allow for an efficient magnetization transfer (5) promising
biocompatibility, (6) high natural abundance and well-known chemistry. The QRE active
molecules investigated in CONQUER are based on aryl compounds of 209Bi, a quadrupole
nucleus that satisfies the aforementioned criteria, most of all the requirement of a high
spin quantum number of I = 9/2 and high Qcc. Furthermore, toxicity studies of bismuth
compounds show a promising biocompatibility [136, 137]; such compounds are already used
in therapeutic treatment of gastrointestinal disorders [138]. Dextran-coated bismuth-iron
oxide nanoparticles used as nanohybrid contrast agents for computed tomography and MRI
were found to be biodegradable and biocompatible [139].

FFC-NMR studies of several of the investigated 209Bi core compounds in solid state
(powder samples) exhibit characteristic QRE patterns between 0.5 T and 3 T [73, 76].
QRE in the liquid state could also be observed for tris(2-methoxyphenyl)bismuth
dissolved in tetrahydrofuran (THF) [140] and even in aqueous dispersion of nanoparticles
constituted of triphenylbismuth nanocrystallites coated with polyvinylpyrrolidone
(PVP) [141, 142]; the measured 1H R1 NMRD profiles can be found in Figure 5.5. The
tris(2-methoxyphenyl)bismuth molecules in THF are assumed to form (uncontrolled)
clusters slowing down the rotational correlation time τc. This slower rotation compared
to the single molecules probably leads to the observed QRE pattern in Figure 5.5a, where
two distinct peaks emerge above 1.5 T. An important prerequisite for the use as MRI
contrast agent is water solubility. Therefore, the triphenylbismuth NPs were coated with
PVP and dissolved in water. QRE peaks could be detected for particles with average
hydrodynamic diameter of 750 nm, whereas the 400 nm sized NPs show considerable
smoothing presumably due to faster rotation (Figure 5.5b).



70 Chapter 5. CONQUER: Contrast by Quadrupole Enhanced Relaxation

Figure 5.5: (a) Measured 1H R1 NMRD profiles of tris(2-methoxyphenyl)bismuth) dissolved in
THF [140]. In comparison to the THF reference, distinct QRE peaks are visible. (b) 1H R1 NMRD
profiles of nanoparticles constituted out of triphenylbismuth nanocrystallites coated with PVP and
dissolved in water [141, 142]; average hydrodynamic diameter of 400 nm and 750 nm. The 750 nm
sized NPs show QRE peaks close to the field-cycling range of 2.89 T ±100 mT (dashed vertical
lines); all measurements were performed at 293 K.

Important considerations from the imaging point of view are the location and shape of the
QRE peaks (height and width), i.e., the achievable ∆R1/∆B0 in the accessible FFC range.
Although the observed QRE maxima are close to the FFC range of 2.89 T±100 mT, none of
them lie directly within this range. However, for tris(2-methoxyphenyl)bismuth dissolved in
THF, the ∆R1/∆B0 can be approximated from two data points within 2.89 T ±100 mT
and gives a value of −0.08 s−1T−1. Unfortunately, this value lies below the resolution
limit of the FFC-MRI system of 0.14 s−1T−1 (estimated in chapter 4.4.3), making imaging
experiments with the current hardware system and compounds unfeasible. Although the
relaxation enhancement in liquids is still inefficient due to suboptimal particle properties
(e.g. wide size distribution), the occurrence of QRE peaks in the clinical field range is an
essential breakthrough in the development of MRI contrast agents based on quadrupole
relaxation enhancement. It is to be expected, that by optimizing the nanoparticles with
respect to maximum enhancement and tuning of the QRE position will finally lead to
feasible imaging experiments.

5.4 Prospective Impact on Molecular MRI

In the context of MRI, the first step towards the application as a contrast agent is the
validation of the frequency-selective nature of QRE compounds by FFC-MRI. Prospective
QRE probes are required to provide pronounced QRE peaks within currently available FFC
ranges around clincical relevant field strengths of 1.5 T [18, 47, 78] and 3 T [31]. Distinct
QRE peaks emerging within this ranges can be exploited by cycling the B0 field to generate
switchable image contrast based on differential imaging between a high (activated) and
low (inactivated) relaxivity state. Currently used FFC-MRI probes show a smooth NMRD
profile with a maximum in the mid-field region followed by a negative slope. In contrast,
prospective QRE probes show no smooth dispersion but rather several peaks emerging in
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the clinical field range leading to a frequency-selective nature.

The position of QRE peaks is determined by the QN-transition bands ω0,k. The dependence
of ω0,k on the electrical field gradient paves the way towards the design of molecular
probes responsive to changes in the chemical environment of the quadrupole nucleus. It
is conceivable to change image contrast by altering the conformational structure of the
molecule e.g. when binding to a target. The choice of ligands surrounding the QN stronlgy
influences the EFG and therefore Qcc. In [76], for a variety of bismuth-aryl compounds the
NQR parameters Qcc and η have been experimentally characterized. Frequency shifts of
Qcc from -10.8 MHz up to 400 MHz with respect to triphenylbismuth (Qcc = 668.3 MHz)
have been observed depending on the substituent and its molecular position. Based on
these ligand induced frequency shifts, applications for QRE enhancement in conventional
MR scanners without field-cycling equipment might be possible. An EFG change due
to chemical interaction e.g. by targeting could shift the QRE peak to or from the fixed
Larmor frequency of the MRI system, thus producing image contrast. Such an application
would be highly desirable as it would not require dedicated hardware modifications for
field-cycling and could be directly used with conventional MRI systems.

An important consideration for narrow QRE peaks within the FFC range is that one could
either utilize a negative or positive slope to generate image contrast. As the background
tissue shows a rather weak and negative dispersion [47], the utilization of a positive slope
leads to an unambiguous localization of the QRE probe. Although, a positive R1 dispersion
is conceivable but not yet achieved for other FFC-MRI contrast agents, it would require
a shift of the maximum beyond the clinical field range. Furthermore, using two or more
QRE probes, each with a peak located within the FFC range but clearly separable from
another, one could think of multi-spectral imaging. A simultaneous tracking of multiple
probes or even different biological processes could become possible by selective activation
via B0 field-cycling.

Nano carrier systems are required to establish the necessary motional dynamics of the QN
core compound for efficient dipole-dipole coupling. The particular choice of carrier systems
offers various possibilities for combining molecular imaging with drug delivery, i.e., thera-
nostic applications. Incorporating QN core compounds e.g. in self-assembled lipid based
structures like liposomes could be one strategy along this path. Liposomes are widely
studied and can serve as host for hydrophilic, hydrophobic and amphiphilic substances
[143–145]. Their amphiphilic character allows for a proper distribution of the QN core
compound to the desired target site when also combined with a targeting agent. Further-
more, one could also think of the design of multi-modal contrast agents by combining the
QN core compound with dedicated nanoparticles with capabilities for other established
molecular imaging modalities. For instance, it is conceivable to graft the QN core com-
pounds onto the surface of gold nanoparticles, which are currently investigated as possible
contrast agents for x-ray imaging and computed tomography [146].





6
Conclusions and Future Prospects

“ Before I came here, I was confused about this subject. Having listened to
your lecture, I am still confused - but on a higher level. ”

Enrico Fermi, 1901-1954

This thesis presents the worldwide first application of fast field-cycling within a clinical
MRI system operating at a main magnetic field strength of 3 T. The focus lies on how
to generate MR image contrast from molecular targets based on the nuclear magnetic
relaxation dispersion of the longitudinal relaxation rate of specific MRI contrast agents.
In the following, a summarized discussion of the key results and future prospects shall be
given.

Fast field-cycling complements MRI by an additional dimension as it allows for a modula-
tion of the B0 field during the pulse sequence. In conventional MRI, on the contary, B0

cannot be altered and is fixed to the nominal value of the magnet system. Implementing
FFC-MRI systems is accompanied by various design constraints regarding magnet design,
B0 field stability and homogeneity, power supply, control electronics, scan time and image
quality. Depending on the FFC range one wants to investigate, different approaches may
be employed to enable field-cycling during a pulse sequence. The low field region of the
NMRD profile can be accessed either by using only a single resistive magnet or by combin-
ing a permanent magnet for the acquisition field with a resistive one for the evolution field.
In the clinical field range FFC-MRI is implemented by means of an insert coil together
with the superconducting magnet provided by a commercial MRI system. This approach
for field-cycling is also known as delta relaxation enhanced MR (dreMR).

73
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So far, only clinical 1.5 T systems were equipped with aB0 insert coil [18, 29, 77, 78]. Part of
this thesis is devoted to the adaptation of a 3 T MRI system (Skyra, Siemens Healthineers)
for fast field-cycling. The dedicated B0 insert coil operates with a maximum FFC range of
±100 mT centered around the nominal B0 field strength, which is actually 2.89 T for the
Skyra system. Adverse effects compromising FFC-MRI image quality were characterized
and successfully mitigated. In particular, the output noise current of the gradient power
amplifier and eddy currents induced by fast ramping of the B0 field have been identified
as primary sources of image degradation. The former is circumvented by a dedicated
control signal to disable the GPA during image acquisition. The latter are characterized
by sampling the eddy current decay curve using an adapted multi-phase spoiled gradient
echo sequence [30] and consequently compensated using the eDREAM method [45]. These
countermeasures lead to an image quality on par with images acquired without field-cycling.
All together the fast field-cycling technique was successfully established and expands the
variety of available FFC ranges towards a clinical field strength of 3 T.

FFC-MRI at clinical field strengths predominantly relies on dispersive properties of con-
trast agents, preferably a steep slope in the NMRD profile of the longitudinal relaxation
rate within the accessible FFC range i.e. a high ∆R1/∆B0. Superparamagnetic iron
oxide nanoparticles and slowly tumbling paramagnetic systems indicate both auspicious
∆R1/∆B0 values around 1.5 T and 3 T. Unfortunately, the commercial availability of
clinically approved dispersive contrast agents is limited. Notwithstanding, among various
imaging probes, which are currently subject of basic research in academia, part of them
exhibit dispersive properties suitable for the respective FFC range. These contrast agents
may be procured in cooperation with the responsible academic sites.

Two main approaches can be utilized to render paramagnetic systems activatable in re-
sponse to a specific biomarker: modulating either the coordination number q, or the rota-
tional correlation time τR. While for the q-modulation the relaxivity response is roughly
constant with respect to the magnetic field, for τR-modulation the response is highly field-
dependent. The latter provides the highest relaxivity change between the activated and
inactivated state for intermediate fields ranging from 0.5 T to 1.5 T. Towards higher mag-
netic fields of 3 T and above the benefit of τR-based probes is attenuated as the longitudi-
nal relaxivity decreases considerably with increasing field strength [90]. Here, we propose
FFC-MRI as a means to overcome this drawback for high fields. The τR-based probe used
herein displays an increased binding affinity to human serum albumin only in the presence
of Zn2+. Compared to gadofosveset trisodium, which directly binds to serum albumin
without the presence of any metal ions, our probe informs about HSA bound zinc ions.
Zinc is vital for a wide range of cellular processes and missregulations in Zn2+ homeostasis
are linked to diabetes, cancers and neurodegenerative disease such as Alzheimer’s disease.
With FFC-MRI the change of the slope in the R1 NMRD profile upon activation is quanti-
fied, rather than the absolute difference of R1 for a fixed B0. This enables the detection of
zinc levels down to 60 µM at 3 T with FFC-MRI, while detection with conventional MRI
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is not possible at all. Moreover, the phantom study showed a linear increase of ∆R1/∆B0

with increasing zinc concentration. These findings might provide unprecedented opportu-
nities for the quantification of zinc and will be subject of further investigations beyond the
scope of this thesis.

Signal to noise ratio considerations are an important issue for FFC-MRI. Low field systems
operate with typical acquisition fields of 0.2 T limiting the SNR compared to conventional
clinical fields [16]. Nevertheless, the inherently pronounced R1 dispersion of biological
tissues and reported endogenous biomarkers for a variety of pathologies below 0.2 T [14, 15,
147–149], may be a worthwhile compromise for higher SNR provided by clinical acquisition
fields. The step from 1.5 T to 3 T theoretically comes along with a twofold increase in
SNR for the individual images. Since FFC-MRI at high fields predominantly relies on the
NMRD characteristics of contrast agents, the potential benefit of increased SNR may be
compensated by a reduced R1 dispersion at 3 T. Whether an acquisition field of 1.5 T
or 3 T is more advantageous for FFC-MRI images strongly depends on the respective
contrast agent in use. As already mentioned, current dispersive contrast agents display
their maximum R1 in the intermediate field range. Shifting this peak towards higher fields
would also lead to an increased R1 dispersion at 3 T. Moreover, a R1 dispersion weighted
image in dreMR is obtained by subtracting two images with different evolution fields and
the magnitude of the dreMR signal is rather small (e.g. about 2.5% in Figure 3.7) in
comparison to the individual images. Therefore, FFC-MRI may benefit from dedicated
denoising approaches to increase the SNR. For instance, dreMR imaging bears strong
resemblance with arterial spin labeling (ASL) perfusion imaging which is also based on
image subtraction. In ASL a perfusion weighted image is generated by calculating the
difference between label and control image. To overcome the SNR limitation, Spann et al.
proposed a spatial-temporal filtering approach based on variational regularization [150].
The inherent information of both label and control images is exploited simultaneously for
denoising. This can be directly transfered to the problem of dreMR image denoising by
replacing label and control pairs with image pairs acquired at B0±∆B0. Thereby, spatial
similarities of the field-shifted images may be jointly integrated in the denoising algorithm.
Preliminary unpublished results suggest that joint TGV denoising of field-shifted images
may serve as a promising means to increase SNR for dreMR imaging. Whether such
denoising approaches could aid a more sensitive detection of biomarkers, e.g. below the
60 µM detection limit of Zn2+ reported in this thesis, shall be subject of future studies.
The application of joint TGV denoising of field-shifted images is not limited to dreMR
imaging, but may also be adapted to improve the detection of endogenous biomarkers
accessible with low field FFC-MRI.

All studies presented in this thesis were conducted in vitro. Translating the potential of
these proof-of-concept experiments to preclincial small animal trials, is a crucial step to-
wards the establishment of FFC-MRI as a molecular imaging modality. In vivo applications
of FFC-MRI may be impaired by prolonged scan times to ensure sufficient SNR. Accel-
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erating image acquisition is therefore necessary to reduce the duration of the FFC-MRI
imaging protocol to reasonable levels. Extensive research is devoted to speed up acquisition
time for conventional MRI, however, not all acceleration methods are directly applicable
to FFC-MRI due to additional hardware constraints. With our system, the TR of a pulse
sequence is constrained by the enable time of the GPA blanking (i.e. 20 ms). Magnetiza-
tion prepared spin echo sequences require TRs of about 5 T1 to guarantee full relaxation
to the equilibrium magnetization. This timing constraint is therefore not a limiting factor
with such sequences. Repetition times in the range of the GPA enable time would require
other strategies to cope with random phase fluctuations during k-space acquisition [29, 41].
Faster imaging modules like RARE have been applied to FFC-MRI with echo train lengths
of up to 4 without image degradation [46, 47]. The adaptation of a turbo spin echo (TSE)
sequence is subject of ongoing work and crucial to reduce the scan time to reasonable levels
for future in vivo experiments with our FFC-MRI system. The imaging volume provided
by our specifically designed RF coil is suitable for small animals; it only has to be sup-
plemented with dedicated small animal equipment like mouse cradle or life support and
monitoring systems. The amplifier duty-cycle is not expected to be a limiting factor as
it is specified for a continuous operation of the B0 insert coil with 100 mT field shifts.
In vivo imaging artefacts associated with free breathing motion of the anesthetized small
animal and partial volume effects have to be considered as well. Despite these additional
constraints compared to conventional MRI, the feasibility of in vivo FFC-MRI has already
been shown at 1.5 T [45, 47, 77] and should be directly applicable to 3 T.

Molecular probes utilizing quadrupolar relaxation enhancement are regarded as a
novel idea compared to state-of-the-art MRI contrast agents. QRE based probes
may lead the way from rather smooth NMRD profiles, as provided by paramagnetic
and superparamagnetic relaxation enhancement, towards frequency-selective NMRD
characteristics in the clinical field range of 1.5 T to 3 T. The project CONQUER focused
on the investigation of aryl-bismuth derivatives with 209Bi as quadrupole nucleus. 209Bi
offers favorable properties for the targeted field strength of 3 T such as a high spin
quantum number of I = 9/2, high quadrupole coupling constant, high gyromagnetic
ratio, promising biocompatibility and well-known chemistry. FFC-NMR relaxometry
studies of several compounds have indicated the feasibility of QRE in the solid and
liquid state with distinguishable QRE peaks in the clinical field range. These results
demonstrate the first proof-of-principle of QRE as a central mechanism for the design of
novel frequency-selective contrast agents. Despite these promising results, the observed
QRE features in liquids were, due to suboptimal particle properties, below the detection
limit of the FFC-MRI system. Optimizing nanoparticle design, or the carrier system of
the core compounds in general, is mandatory to increase the QRE efficiency to feasible
levels for imaging. Essential aspects that should be considered for efficient QRE are: (1)
an appropriate ligand selection to tune the QN-transition bands for the targeted Larmor
frequency given by the MRI system, (2) a close approach of water protons to the QN,
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(3) slow particle dynamics and sufficient water exchange with bulk water protons, and
(4) the structural order of the QN ensemble should provide a narrow distribution of the
EFG to yield sharp QRE peaks. The deficient properties of the current nanoparticles,
such as wide size distribution and inefficient surface/volume ratio, require a complete
re-design of the carrier system. It is anticipated that by taking into account the
aforementioned key aspects, the optimization of the carrier system will eventually lead
to feasible imaging experiments, which shall be subject of future work in follow-up projects.

In conclusion, this thesis contributes to advance the field of molecular MRI. We have
shown the first application of fast field-cycling within a clinical MRI system operating at
field strength of 3 T. This enables access to field-dependent MRI contrast which would be
otherwise hidden for conventional MRI. It can potentially add value to the detection of
various biomarkers as was shown here for the specific case of zinc detection. Moreover,
quadrupole relaxation enhancement has been proposed as a fundamentally new approach
for the design of MRI contrast agents, ushering the way towards unprecedented frequency-
selective nuclear magnetic relaxation dispersion in the clinical field range.
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IS inner-sphere
MI molecular imaging
MR magnetic resonance
MRI magnetic resonance imaging
NMR nuclear magnetic resonance
NMRD nuclear magnetic relaxation dispersion
NQR nuclear quadrupole resonance
NQRS nuclear quadrupole resonance spectroscopy
OS outer-sphere
PI parallel imaging
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QRE quadrupole relaxation enhancement
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ROI region of interest
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SR saturation recovery
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