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Abstract

Dynamic nuclear polarisation (DNP) with subsequent dissolution can increase the nuclear
magnetic resonance (NMR) signal of certain biomarkers by several orders of magnitude,
thus permitting the investigation of a wide range of diseases. As a result of the substan-
tial di�erences between acquisitions with hyperpolarised compounds and conventional
thermal magnetic resonance imaging (MRI), the design and optimisation of imaging se-
quences currently constitutes a highly active �eld of research. During the short lifetime
of the hyperpolarised signal, a wealth of information such as the spatial distribution and
the metabolic conversion of the hyperpolarised substrate has to be encoded. Therefore,
fast and e�cient imaging pulse sequences must be developed. The goal of the research
described in this thesis was to improve current imaging methods for acquisitions with
hyperpolarised biomarkers, and to apply these improved techniques to preclinical in vivo
studies in order to validate their performance. My research is structured in �ve sections:

• An extensive comparison of existing pulse sequences for hyperpolarised agents is
conducted in order to reveal their strengths and weaknesses and to �nd general
guidelines for pulse sequence design in this �eld.

• A bolus tracking sequence that evaluates the hyperpolarised signal in real-time is
presented. It is shown that this method reduces artefacts caused by signal change,
allows to use the hyperpolarised magnetisation more e�ciently and enables a more
reliable and consistent evaluation of metabolic activity.

• A spiral chemical shift imaging sequence for cardiac imaging in healthy pigs after
injection of hyperpolarised [1-13C]pyruvate is described. The potential for parallel
imaging reconstructions is explored using in vivo data from healthy pigs.

• First in vivo tests of a novel hyperpolarised perfusion marker with an especially
long spin-lattice relaxation time, α-trideuteromethyl[15N]glutamine, are reported.
This marker is demonstrated to be a highly promising candidate for renal studies
because of its long signal lifetime, distinct localisation and rapid excretion.

• A new method to measure cell membrane transport in vivo for the �rst time using
hyperpolarised biomarkers in combination with a tailored relaxation agent is in-
troduced. Indications of high lactate e�ux rates are shown in rats with mammary
carcinoma after injection of hyperpolarised [1-13C]pyruvate.

Beginning with advanced pulse sequence design and reconstruction methods, a broad
spectrum of biomedical applications is discussed and new methods to improve the di-
agnostic value of hyperpolarised examinations are presented. These contributions are
highly relevant for the application of the DNP technique in preclinical studies, and also
for its ongoing translation to clinical applications.
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Kurzzusammenfassung

Die dynamische nukleare Polarisation (DNP) mit anschlieÿendem Lösungsprozess kann
das Magnetresonanz-Signal von speziellen Biomarkern um mehrere Gröÿenordnungen
erhöhen und ermöglicht es dadurch, ein breites Spektrum an Krankheitsbildern zu er-
forschen. Durch die groÿen Unterschiede im Vergleich zu herkömmlicher thermischer
Magnetresonanzbildgebung stellen die Entwicklung und Optimierung von neuen Bildge-
bungssequenzen ein höchst aktives Forschungsfeld dar. Innerhalb der kurzen Lebensdauer
des hyperpolarisierten Signals müssen vielfältige Informationen wie etwa die räumliche
Verteilung und die metabolische Umwandlung des hyperpolarisierten Substrats kodiert
werden. Dies erfordert schnelle und e�ziente Aufnahmestrategien. Das Ziel dieser Ar-
beit war es, bestehende Bildgebungsmethoden für Untersuchungen mit hyperpolarisierten
Biomarkern zu verbessern und diese verbesserten Methoden in präklinischen Studien
anzuwenden. Meine Forschung gliedert sich in fünf Teile:

• Ein tiefgehender Vergleich von existierenden Pulssequenzen für hyperpolarisierte
Sto�e wird durchgeführt, um die jeweiligen Stärken und Schwächen der Methoden
zu charakterisieren.

• Eine vollautomatische Echtzeit-Pulssequenz für hyperpolarisierte Substrate wird
präsentiert, welche die Bildgebung an einem vorde�nierten Punkt der Boluskurve
startet. Dies reduziert Artefakte, ermöglicht eine e�zientere Nutzung der hy-
perpolarisierten Magnetisierung und stellt eine verlässlichere und konsistentere
Möglichkeit zu Quanti�zierung des Metabolismus dar.

• Eine spektroskopische Bildgebungssequenz mit Spiraltrajektorien zur Herzbildge-
bung mit hyperpolarisiertem Pyruvat wird beschrieben. Mittels Daten von gesun-
den Schweinen werden die Vor- und Nachteile von paralleler Bildgebung erörtert.

• Die ersten in vivo Versuche mit einem neuen hyperpolarisierten Perfusionsmarker,
α-trideuteromethyl[15N]glutamin, werden vorgestellt. Es wird gezeigt, dass dieses
Molekül durch seine sehr lange Relaxationszeit, ausgeprägte Lokalisierung und
rasche Ausscheidung einen vielversprechenden Kandidaten für Nierenstudien dar-
stellt.

• Eine neue Methode zur Messung von Zellmembrantransport in vivo mit hyperpo-
larisierten Biomarkern in Kombination mit einem speziellen Kontrastmittel wird
eingeführt und an einem Tumormodell in Ratten erprobt.

Ausgehend von hochentwickelten Pulssequenz- und Rekonstruktionsmethoden wer-
den eine Vielzahl an biomedizinischen Anwendungen behandelt und neue Methoden
präsentiert welche den diagnostischen Wert von Untersuchungen mit hyperpolarisierten
Biomarkern erhöhen. Diese Fortschritte sind höchst relevant für die Anwendung von DNP
in präklinischen Studien und die andauernde Umsetzung für klinische Anwendungen.
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1 Introduction

1.1 Motivation and Outline of the PhD Thesis

Over recent decades, magnetic resonance imaging (MRI) [1, 2] has evolved into a routine
clinical tool for the non-invasive investigation of many aspects of anatomy and physiol-
ogy. It works by exploiting the interaction of certain atomic nuclei with magnetic �elds
to obtain image contrast. Most medical applications focus on the hydrogen isotope 1H,
as it is detectable by MRI methods and highly abundant in the human body. Unlike X-
ray-based computed tomography (CT) methods, MRI does not rely on ionising radiation
and no long-term health risks are known. With its unparalleled soft tissue contrast and
its �exibility to generate many di�erent contrast types through variation of the acqui-
sition parameters, it has a wide range of applications in medical diagnosis. Its primary
�elds of use include neurological, cardiovascular, musculoskeletal, gastrointestinal and
oncological examinations.
Furthermore, magnetic resonance spectroscopy (MRS) is applicable to the examination
of in vivo tissue metabolism [3, 4]. However, due to the low metabolite concentration
and the corresponding low sensitivity of MRS, the clinical use of this technique is lim-
ited. Recently, dynamic nuclear polarisation (DNP) with subsequent dissolution has
demonstrated an NMR signal increase of several 10.000-fold for endogenous biomarkers
[5], allowing to non-invasively detect metabolism in real-time in a living organism. Early
preclinical studies have since introduced a multitude of applications for the examina-
tion of various disease states such as cancer, necrosis, cardiovascular diseases, and pH
alterations [6]. However, the signal of these hyperpolarised biomarkers rapidly decays
after the hyperpolarisation process. Moreover, a wealth of information such as the spa-
tial distribution and the time evolution of the hyperpolarised signals has to be encoded.
Therefore, fast and e�cient imaging pulse sequences must be developed. Moreover, as
the signal re�ects not only the metabolic conversion, but also other biological processes
such as perfusion, cellular uptake, and label exchange of di�erent endogenous pools, new
methods for distinguishing these contributions are required.

This PhD thesis presents e�cient acquisition strategies for nuclear magnetic resonance
imaging with hyperpolarised biomarkers. In chapter 2, a general introduction to nu-
clear magnetic resonance, dynamic nuclear polarisation and other topics relevant for the
research described in this thesis is given.
As a �rst project, in chapter 3, four of the most widely used acquisition strategies for
hyperpolarised 13C imaging are characterised and compared in extensive simulations.
Free induction decay chemical shift imaging (FIDCSI) [7�12], echo-planar spectroscopic
imaging (EPSI) [13�17], IDEAL spiral chemical shift imaging (ISPCSI) [18�21] and spiral
chemical shift imaging (SPCSI) [22�27] sequences were analysed for theoretical e�ciency,
SNR and artefact behaviour. The goal was to reveal the strengths and weaknesses of
the individual sequences and to reach general conclusions regarding sequence design for
imaging hyperpolarised biomarkers.
Chapter 4 presents a real-time bolus tracking method for improved metabolic imaging
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of hyperpolarised compounds. Varying levels of perfusion can signi�cantly in�uence the
quality and reliability of conventional hyperpolarised imaging acquisitions that use �xed
parameters. Unfavorable timing of the measurement can cause artefacts, decrease the
signal-to-noise ratio, and hinder the assessment of metabolic activity. The described bo-
lus tracking sequence evaluates the hyperpolarised signal in real-time and dynamically
adjusts the starting point of the imaging acquisition based on the bolus curve of the
hyperpolarised substrate.
In chapter 5, a spiral chemical shift imaging sequence is described which was applied
to cardiac imaging of healthy pigs after injection of hyperpolarised [1-13C]pyruvate. A
�exible 16-channel 13C coil was used for data reception. Multiple interleaves were sam-
pled in order to study the quality of non-Cartesian parallel imaging reconstructions with
di�erent undersampling factors. The goal of this particular study was to investigate the
potential of parallel imaging in the context of hyperpolarised cardiac acquisitions, and
also to identify conditions in which parallel imaging will be bene�cial in future clinical
trials.
Next, in chapter 6, a novel hyperpolarised perfusion marker, α-trideuteromethyl[15N]glu-
tamine [28], was characterised and directly compared to [13C]urea for the �rst time in
vivo. Hyperpolarised agents based on 13C have exhibited considerable potential for a
wide variety of biomedical applications, however, their in vivo lifetimes are relatively short
compared to the rates of many physiological processes. α-trideuteromethyl[15N]glutamine
exhibits a very long T1 relaxation time as a result of its molecular structure and is there-
fore a promising candidate for in vivo studies.
In chapter 7, noninvasive in vivo measurement of cell membrane transporter activity
is demonstrated using hyperpolarised pyruvate in combination with a tailored relaxation
agent. Cancer cells usually exhibit an increased conversion from pyruvate to lactate in
order to generate energy. To maintain this process, the cells need to rapidly export the
generated lactate via specialised cell membrane transporter proteins. Therefore, char-
acterising this transport is vital for a better evaluation of tumour metabolism and the
hyperpolarised signal kinetics of pyruvate.
Chapter 8 discusses the future prospects of magnetic resonance imaging with hyperpo-
larised biomarkers. The current state of the technique is described and its advantages
and disadvantages compared to positron emission tomography (PET) [29] are mentioned.
Finally, Chapter 9 summarises the results of this thesis and contains �nal conclusions.

1.2 Historical Overview

When the discovery that spectral lines are split within a magnetic �eld was made at the
end of the 19th century [30], it is unlikely that anyone was aware that this �nding would
eventually lead to one of the most powerful diagnostic imaging methods to date: Nuclear
magnetic resonance imaging (MRI).
At the beginning of the 20th century, a large number of phenomena that could not be
described by established theories were discovered on the nanoscopic scale, which led to
an entirely new branch of physics called quantum mechanics. Among the many strange
characteristics of subatomic particles, the intrinsic angular momentum or so-called �spin�
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became especially important for scientists, as it is associated with a magnetic moment and
can therefore interact with magnetic �elds. In 1938, Rabi et al. reported on the absorp-
tion of an oscillating magnetic �eld by a molecular beam of lithium chloride traversing a
static magnetic �eld of speci�c magnitude, a phenomenon Rabi called �nuclear magnetic
resonance� (NMR) [31]. In 1946, Bloch and Purcell independently studied this e�ect for
the �rst time in solids and liquids [32, 33]. Shortly afterwards, it was discovered that
nuclei exhibit a shifted resonance frequency depending on their chemical environment
[34, 35], the so called �chemical shift�, which allows individual molecular con�gurations
to be identi�ed. In 1966, Ernst advanced this technology to a new level by introducing
pulsed NMR and a theoretical formulation based on the Fourier transform [36]. Since
then, NMR spectroscopy has become one of the most important techniques in chemistry
and biology to investigate molecules.
As optical imaging resolution is limited by wavelength, and NMR typically involves
wavelengths of the order of a metre, traditional imaging methods are impractical. Al-
most three decades passed before Lauterbur [1] and Mans�eld [2] presented methods to
perform spatially resolved NMR experiments by employing position-dependent magnetic
�elds. This was the birth of magnetic resonance imaging, which quickly became one of
the most important medical imaging techniques. Compared to X-ray computed tomog-
raphy (CT) methods, MRI yields soft body tissue images with superior contrast and does
not rely on ionising radiation.
However, NMR methods have an inherently low sensitivity because the energy levels of
the spins in the magnetic �eld are almost equally populated due to thermal interactions.
To obtain a higher detectable magnetisation, the population di�erence between the spin
states can be increased using so-called hyperpolarisation methods. Various techniques
have been developed, such as the optical pumping of noble gases [37], hyperpolarisation
induced by chemical reactions (CIDNP [38], PHIP [39]), and the transfer of electron
polarisation to nuclei (DNP) [40]. DNP of frozen samples with subsequent dissolution
was introduced by Ardenkjær-Larsen et al. [5] in 2003. It can provide a signal increase
by four orders of magnitude, permitting in vivo studies with hyperpolarised biomarkers.
Based on this technology, a multitude of substrates have been studied in preclinical trials
[6]. One of the most promising candidates is [1-13C]pyruvate, which has been used to
study cell energy metabolism in vivo for various disease states such as cancer [7] and
ischemia [41]. Currently, the technique is being translated to clinical applications [42].
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2 Basic Principles of Magnetic Resonance Imaging with
Hyperpolarised Biomarkers

2.1 NMR Basics

2.1.1 Nuclear Spin and Magnetic Moment

Elementary particles and their composites possess an intrinsic angular momentum, the
so-called �spin� [43]. Unlike angular momentum in classical mechanics, the spin S is
quantised and its amplitude S can occupy discrete values only, with

S =

(
h

2π

)√
I(I + 1) (1)

where I is the spin quantum number which can take integer or half-integer values only,
and h is Planck's constant. The component of the spin along the z direction, Sz, is given
by:

Sz =

(
h

2π

)
m (2)

where m is the secondary spin quantum number which can range from −I to +I in steps
of one. This means there are 2I + 1 di�erent orientations for the spin along the z-axis.
Consequently, an atomic nucleus can have a nuclear spin formed by the coupling of

the spins of its protons and neutrons. Depending on the structure of the nucleus, the
spin quantum number can be zero (an even number of protons and an even number of
neutrons), half-integer (an odd total number of neutrons plus protons) or integer (an
odd number of neutrons and an odd number of protons). The spin is associated with a
magnetic dipole moment µ such that

µ = γS (3)

where γ is termed the gyromagnetic ratio which depends on the speci�c nucleus.

Nucleus I gyromagnetic
ratio γ

2π [MHz
T

]
natural
abundance [%]

1H 1
2 42.58 99.98

2H 1 6.54 0.02

12C 0 - 98.89

13C 1
2 10.71 1.11

14N 1 3.08 99.63

15N 1
2 -4.32 0.37

Table 1: Properties related to NMR of several isotopes (data from [43, 44])
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2.1.2 Nuclear Zeeman Splitting

A magnetic moment µ in an external magnetic �eld B0 has a magnetic energy E de�ned
by

E = −µB0 (4)

The quantisation of the spin states results in a quantisation of energy levels in a
magnetic �eld. For a nucleus with I = 1

2 (such as 1H), two energy levels can be observed
so that the energy di�erence ∆E between the two states E± 1

2
is given by

∆E = E− 1
2
− E+ 1

2
= h̄γB0 = h̄ω0 (5)

where h̄ = h
2π . This e�ect is known as nuclear Zeeman splitting [30]. Transitions between

these energy states can occur via emission or absorption of a photon with the Larmor
frequency ω0.

ω0 = γB0 (6)

The population of the di�erent spin states in thermal equilibrium is then given by the
Boltzmann distribution

n+ 1
2

n− 1
2

= e

(
∆E
kBT

)
= e

(
γh̄B0
kBT

)
(7)

where nm denotes the occupation of the energy level m, kB is the Boltzmann constant,
and T is the temperature [45].
At 3 T and 37 ◦C (310 K), a population di�erence of only ≈ 10 ppm and ≈ 2 ppm for

1H and 13C can be observed, respectively. This is the reason why NMR is an inherently
insensitive technique.

2.1.3 Chemical Shift

Besides the external magnetic �eld B0 and the gyromagnetic ratio γ, the Larmor fre-
quency depends also on the molecular environment of the nucleus under investigation.
The so-called chemical shift [34, 35] is caused by the di�erent distribution of electrons
surrounding the nucleus in a molecule, shielding the external magnetic �eld B0. This
phenomenon is especially important for metabolic NMR measurements because it allows
to distinguish between di�erent metabolites.
In order to obtain a unit that does not depend on the strength of the external magnetic
�eld, the chemical shift δ is usually de�ned in ppm such that

δ =
ω − ωref
ωref

(8)

where ω and ωref are the measured Larmor frequency and a reference frequency, respec-
tively. Usually, tetramethylsilane is used to reference 0.0 ppm for 13C and 1H NMR
spectroscopy. The chemical shifts of some of the most important 13C compounds that
are used as hyperpolarised biomarkers can be found in Table 2 below.
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Molecule Chemical shift [ppm]

[1-13C]pyruvate 171
[1-13C]pyruvate hydrate 179
[1-13C]lactate 182
13C bicarbonate 161
13C carbon dioxide 125

Table 2: Chemical shifts of [1-13C]pyruvate and its metabolites (from [46])

2.1.4 Radiofrequency Excitation

At thermal equilibrium, the individual spins in a macroscopic sample are distributed
over the surfaces of two cones (in the case of spin 1/2 particles) with parallel and anti-
parallel orientation with respect to the static magnetic �eld B0 and precess around it
with the Larmor frequency ω0. A small surplus of spins can be found on the energetically
favorable cone, however, the phase is randomly distributed. In a classical picture, this
can be understood as a macroscopic net magnetisation along the static magnetic �eld
(for γ > 0). If an oscillating magnetic �eld B1 with frequency ω0 perpendicular to
B0 is activated, the thermal equilibrium is disturbed and phase coherence is generated.
The macroscopic magnetisation vector is tipped o� axis and begins precessing around
B0. The combined motion induced by the static magnetic �eld B0 and the oscillating
magnetic �eld B1 results in a spiral motion of the tip of the magnetisation vector M0

on the surface of a sphere (Figure 1). If B1 is activated for a time τRF , M0 is de�ected
by an angle α = γB1τRF , yielding a transverse magnetisation Mx,y perpendicular to B0.

Figure 1: E�ect of a radio frequency (RF) pulse B1 on a magnetisation vector M0 in a static
magnetic �eld B0. M0 follows a spiral trajectory on the surface of a sphere, thus being
tipped by an angle α relative to B0 (Figure based on [47]).

The precessing transverse magnetisation induces an oscillating voltage in a receiver coil
circuit that is tuned to the respective Larmor frequency. Along with su�cient electronic
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ampli�cation, this allows the NMR signal to be measured after RF excitation.

2.1.5 Relaxation

As described above, a radiofrequency pulse at the Larmor frequency creates a non-
equilibrium state with a measurable transverse magnetisation. After perturbation by
the oscillating magnetic �eld B1, the spin system returns to its initial state, which can
be phenomenologically described by an exponential decay model with associated relax-
ation time constants.
The relaxation of the longitudinal magnetisation is called the �spin-lattice relaxation�, as
it is caused by energy loss from the spins to the molecular environment. It is commonly
identi�ed with the time constant T1. Because of thermal motion and �eld variations
at the microscopic level induced by surrounding molecules, the spins are exposed to a
slightly �uctuating magnetic �eld. When the �uctuations occur near the Larmor fre-
quency, transitions between the spin's energy states are triggered, causing relaxation.
On the other hand, the transverse magnetisation decays as a result of the so-called �spin-
spin relaxation�, which means the loss of phase coherence within the spin ensemble due
to local magnetic �eld variations. Di�erent local magnetic �elds result in a di�erent Lar-
mor frequency, and therefore in a di�erent phase evolution within a sample. Thus, the
individual spins do not align to a macroscopic magnetisation vector any more. This re-
laxation type is characterised by the time constant T2. Due to the nature of this process,
spin-spin relaxation can not only be caused by �uctuating local magnetic �eld variations,
but also by static local magnetic �eld variations; therefore, T2 < T1.
In addition, variations of the static magnetic �eld B0 itself can cause dephasing of the
transverse magnetisation. This is described by a characteristic relaxation time constant
T ∗2 where T ∗2 < T2.
Tissue-dependent variations in relaxation are one of the main reasons for the unparalleled
�exibility of magnetic resonance imaging, which allows to generate many di�erent con-
trast types. By varying the acquisition timings, either T1, T2 or spin-densitiy weighted
images can be generated.

2.1.6 Bloch Equations

The empirical Bloch equations [33] describe the change of the macroscopic magnetisation
vector M(t) in the presence of an arbitrary magnetic �eld B(t) and relaxation processes.

dMx(t)

dt
− γ(M(t)×B(t))x +

Mx(t)

T2
= 0

dMy(t)

dt
− γ(M(t)×B(t))y +

My(t)

T2
= 0 (9)

dMz(t)

dt
− γ(M(t)×B(t))z +

Mz(t)−M0

T1
= 0

In this set of equations, the second term describes the Larmor precession, which is similar
to the application of a classical torque to the magnetisation M(t) by the magnetic �eld
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B(t), and the third term describes the transverse and longitudinal relaxation.

2.2 Magnetic Resonance Imaging

2.2.1 Signal Encoding

Since the Larmor frequency is typically in the radio frequency range which corresponds
to wavelengths of the order of a metre, optical imaging approaches are not possible with
NMR methods at su�cient resolutions. To obtain the spatial distribution of the spins
from the measured NMR signal, additional magnetic �elds that vary linearly over space
are used [1, 2]. When a constant magnetic �eld gradient is activated along an arbitrary
axis, the amplitude of the static magnetic �eld varies linearly along this axis, and with
it the Larmor frequency of the spins.

Figure 2: E�ects of a constant magnetic �eld gradient Gx on the Larmor frequency along x and
corresponding NMR signal after fast Fourier transform (FFT). Figure based on [48].

Together with a narrow-band RF excitation pulse, this can also be used to excite
only spins from a de�ned slice perpendicular to the gradient axis that have the Larmor
frequency corresponding to the RF pulse. To acquire a 3D distribution of spins within
the excited volume, magnetic �eld gradients along all three dimensions can be used to
create a position-dependent phase. According to Equation 5, the position-dependent
Larmor frequency in the presence of a magnetic �eld gradient G(t) is given by

ω0(r, t) = γ(B0 + rG(t)) (10)

If the precessing transverse magnetisation is expressed asMx,y(r, t) = ρ(r)e
−i

t∫
0

ω0(r,t′) dt′

,
the basic signal equation of an ideal MRI experiment of a single resonance at time t can
be derived such that

s(t) =

∫
V

ρ(r)ei2πk(t)·r d3r (11)

with k(t) =
γ

2π

t∫
0

G(t′) dt′
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where ρ(r) is proportional to the local spin density (neglecting relaxation), γ is the
gyromagnetic ratio and G(t′) is the gradient �eld.
This means that the measured signal is simply the Fourier transform of ρ(r) at the

frequency coordinate k(t) determined by the magnetic �eld gradients. The Fourier do-
main for magnetic resonance imaging is usually termed the k-space [49], and the integral
over the gradients can be interpreted as a trajectory traversing k-space. The obtained
�eld of view (FOV) then depends on the reciprocal sampling density, whereas the resolu-
tion is determined by the highest acquired spatial frequency (see also Section 2.2.2). To
calculate ρ(r) from the measured signal, an inverse Fourier transform can be employed.
For chemical shift imaging, multiple frequencies f originating from di�erent molecules

are present (see Section 2.1.3). In this case, the sampling must also be extended to the
time dimension, so that the di�erent chemical species can be resolved; this is usually
achieved by measuring the same k-space point at multiple points in time. The extended
signal equation is then given by

s(t) =

∫
F

∫
V

ρ(r, f)ei2πk(t)·rei2πft d3r df (12)

where ρ(r, f) is now not only dependent on the spatial position, but also on the frequency
f . Again, a multidimensional Fourier transform can be used to obtain ρ(r, f).

2.2.2 Nyquist-Shannon Sampling Theorem

The Nyquist-Shannon sampling theorem [50] states that, in order to perfectly recover a
bandlimited signal with maximum frequency fmax from discrete samples, the sampling
frequency fs must ful�ll the condition in Equation 13.

fs ≥ 2fmax (13)

For the sampling rate in k-space, this means that data must be sampled at intervals
smaller than 1

FOV to obtain an image for a desired �eld of view FOV . Otherwise, signals
originating from outside the permitted FOV cannot be properly reconstructed, leading to
artefacts in the image. The physical interpretation is that the phase of the spins can no
longer be uniquely associated with a spatial position because spins within and without
the allowed FOV exhibit an indistinguishable phase evolution at a sampling rate below
the Nyquist frequency. For Cartesian sampling schemes, undersampling manifests as a
folding inwards of the parts of the image that are outside the allowed FOV (see Figure 3).
For non-Cartesian trajectories such as spirals, aliasing artefacts appear in the form of
blurring and streaks.
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Figure 3: Standard Cartesian phase-encoded acquisition: a) fully sampled k-space, b ) under-
sampled k-space along horizontal axis

2.2.3 Spectral-Spatial Excitation Pulses

As discussed in Section 2.2.1, a frequency-selective RF pulse in combination with an
applied magnetic �eld gradient can be used to perform a slice-selective excitation of
spins along one spatial dimension. However, in some cases, RF pulses that are selective
along multiple dimensions are required, for example, along one spatial dimension and
also the spectral dimension. The excitation k-space formalism [51] facilitates an intuitive
understanding of the functionality of the pulse and can be used to design such pulses
in a straight-forward manner. Using an approximation for small �ip angles, it follows
directly from the Bloch equations that the transverse magnetisation Mxy(r) under the
in�uence of an RF �eld with amplitude B1(t) and a magnetic �eld gradient G(t) for the
period τ can be described as

Mxy(r) = iγM0

∫
K

W (k)S(k)eir·k dk (14)

with W (k(t)) =
B1(t)

|γG(t)|
, S(k) =

τ∫
0

δ(k(t)− k)

∣∣∣∣dk(t)

dt

∣∣∣∣ dt
where W is a time-independent spatial weighting function and S is a sampling structure
that selects values lying on the k-space trajectory k(t) only [51]. This description is very
similar to the readout k-space formalism presented in Equation 11, the excitation can
be understood as scanning the applied RF energy in acquisition k-space, and the same
design principles apply to the sampling regarding resolution and the Nyquist criterion.
For a spectral-spatial pulse, the k-space dimensions can be de�ned as

kz(t) = −R
τ∫
t

Gz(t
′) dt′, kω(t) = t− τ (15)
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where kz(t) is the spatial dimension with applied gradient Gz(t), R is a constant medi-
ating the natural units of the axes and kω(t) is the spectral dimension [52].
If a trajectory that su�ciently samples k-space along both dimensions is chosen, for

example an EPSI trajectory (see Chapter 3), the desired RF waveform can be deduced
from Equation 14. As the waveform used on the scanner is discrete, it is possible to solve
this problem as a least-squares matrix inversion (see [53]). The spectral-spatial pulse
used in Chapter 7 is shown below.
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Figure 4: Simulated pulse pro�le for spectral-spatial RF excitation pulse: Slice thickness 14 mm,
85 Hz spectral bandwidth, 18 sublobes, �yback EPSI trajectory, pulse length 22.4ms.
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Figure 5: RF and gradient waveforms for spectral-spatial pulse shown in Figure 4

Pulses of this nature were �rst applied to the problem of fat-water separation in pro-
ton imaging [52, 54]. For hyperpolarised acquisitions, spectral-spatial pulses can help
to spend the non-renewable magnetisation more e�ciently [16, 55�57] by exciting the
metabolite frequencies with a higher �ip angle than the substrate frequency, because the
substrate signal is usually much stronger. The pulse can either be designed to excite
multiple species at di�erent �ip angles, or to perform a selective excitation on a single
frequency, thereby removing the need for chemical shift separation via k-space encoding.
The disadvantages of these pulses include increased T ∗2 decay because of their length,
along with susceptibility to gradient errors and B0 inhomogeneities.

2.2.4 Pulse Sequences

As a comprehensive overview of MRI acquisition strategies is beyond the scope of this
introduction, only two of the most essential pulse sequences, the spin echo sequence and
the gradient echo sequence, are presented in the following. An extensive treatment of
pulse sequence design is provided in [58], for example.

Spin Echo Sequence
After excitation, the transverse magnetisation decays with T ∗2 as a result of spin-spin
relaxation and additional dephasing caused by local inhomogeneities of the static mag-
netic �eld B0. For the spin echo sequence, a 180◦ pulse is applied after a time of TE

2
has passed relative to the excitation pulse. A 180◦ rotation of the transverse magneti-
sation corresponds to a re�ection across the axis of rotation, therefore, the individual
spins resynchronise after another period of TE

2 when the accumulated phase di�erences
caused by the B0 inhomogeneity cancel. As a consequence, the signal will rise again and
a so-called spin echo appears. The characteristic time TE is therefore called the echo
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time. This process can be repeated several times, until the signal has decayed with T2
due to spin-spin relaxation. In between the excitation pulses, readout gradients can be
applied for spatial encoding [59].

Figure 6: Spin echo sequence scheme, not to scale for illustration purposes (adapted from [60])

Gradient Echo Sequence
The gradient echo sequence creates an echo by de- and rephasing the magnetisation via
the magnetic �eld gradients without employing a 180◦ pulse. Therefore, the signal decays
with T ∗2 .

Figure 7: Gradient echo sequence scheme, not to scale for illustration purposes (adapted
from [60])

Gradient echo acquisitions can be fast if performed with low �ip angles because, for
small �ip angles α, most of the longitudinal magnetisation remains untouched (∝ cos(α))
while at the same time su�cient transverse magnetisation is generated (∝ sin(α) >
1 − cos(α)). Therefore, short repetition times TR can be used because the longitudinal
magnetisation does not have to completely build up again [61].
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2.3 Parallel Magnetic Resonance Imaging

Parallel magnetic resonance imaging (PMRI) is a technique that can considerably accel-
erate the acquisition process. The complementary information obtained from multiple
receiver coils with spatially varying sensitivity pro�les can be used to reconstruct data
sampled below the Nyquist limit. When a sample is measured with an array of multiple
receiver coils, each coil receives di�erent intensity values from a given voxel, depending
on the alignment of the coils and their sensitivity pro�les. This complementary infor-
mation can be used to reconstruct the original image without artefacts. An overview of
existing parallel imaging techniques can be found for example in [62]. In the following,
two exemplary parallel imaging algorithms are presented.

Figure 8: Brain scan with an eight-channel receiver array and respective single coil images with
spatially varying sensitivity pro�les (from [63], reprinted with permission of John Wiley
and Sons. Copyright 2012 John Wiley and Sons.)

2.3.1 SENSE

SENSitivity Encoding (SENSE), developed by Pruessmann et al. [64], is one of the most
widely used image-based parallel imaging algorithms. It requires the coil sensitivities to
be known, which can be measured using a homogeneous phantom or a calibration scan
of the sample prior to the parallel imaging acquisition. The algorithm can be intuitively
understood through examination of the signal equations.
For a Cartesian k-space sampling pattern which is undersampled by a factor of R along
the y-axis, an image pixel at (x, y) is superimposed with pixels from other locations
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(x, yi) because of aliasing. The signal from coil k for a single pixel at (x, y) is then given
by [62]

Ik(x, y) = Ck(x, y1)ρ(x, y1) + Ck(x, y2)ρ(x, y2) + ...+ Ck(x, yR)ρ(x, yR) (16)

where Ck(x, y) is the coil sensitivity pro�le of coil k and ρ(x, yi) are the original image
pixels without aliasing. This can also be expressed in matrix notation such that

Ĉ =

C1(x, y1) · · · C1(x, yR)
...

...
Ck(x, y1) · · · Ck(x, yR)

 , ~ρ =

 ρ(x, y1)
...

ρ(x, yR)

 (17)

and Equation 16 can thus be rewritten for all coils as [62]

~I = Ĉ~ρ (18)

Therefore, a generalised matrix inversion can be used to obtain the unaliased image pixels
~ρ, where [62]

~ρ = (ĈHĈ)−1ĈH~I = Ĉ†~I (19)

with † denoting the Moore-Penrose pseudoinverse. A graphical outline of the algorithm
is shown in Figure 9.

Figure 9: SENSE algorithm: The unaliased image can be obtained by inverting the signal equa-
tion (from [62], reprinted with permission of Wolters Kluwer Health, Inc. Copyright
2004 Wolters Kluwer Health, Inc.)

16



2.3.2 SPIRiT

SPIRiT [65] is an advanced parallel imaging algorithm that solves the parallel imaging
reconstruction problem as a constrained optimisation problem in k-space. It does not
require the explicit knowledge of the coil sensitivities, but exploits the complementary
information from multiple coils directly in k-space. To do so, linear weights between a
point in k-space and its neighbourhood (across all coils) are derived from a fully sampled
k-space measurement in a process called autocalibration (see also [66, 67]). When de�ning
the (unknown) fully sampled Cartesian k-space from all coils as a vector x, and the
sampled k-space data from all coils as a vector y, the linear weights can be arranged in
a matrix G so that when multiplied with x, each k-space point is recalculated as the
linear weighted sum of its neighbourhood. Furthermore, if D is a matrix performing
the transformation of x from fully sampled Cartesian space to the measured k-space
(for example a transformation from fully sampled Cartesian space to undersampled non-
Cartesian space), the constrained optimisation problem can be written as [65]

argmin
x
‖Dx− y‖2 + λ‖(G− I)x‖2 (20)

where I is the identity matrix of appropriate size and λ is a weighting parameter to
balance the two terms. The �rst term enforces consistency to the measured k-space data
y and the second term enforces consistency regarding the linear dependency of the k-
space samples.
This approach allows for great �exibility, and can reconstruct Cartesian as well as non-
Cartesian k-space data by properly choosing D. Furthermore, additional constraints
(such as regularisation terms) can easily be added to Equation 20.

2.4 Image Quality Properties

2.4.1 Signal-to-Noise Ratio

The signal-to-noise ratio (SNR) is de�ned as the ratio of the mean signal over the standard
deviation of the background noise, where

SNR =
mean(signal)

std(noise)
(21)
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(a) High SNR (peak value 100) (b) Low SNR (peak value 10)

Figure 10: SNR comparison for a simulated Shepp-Logan phantom [68]. Lower SNR means that
the image information is degraded

For MRI images, the noise data is either taken from multiple acquisitions or image
regions with no signal. It is preferable to use complex data as input for the noise estima-
tion, otherwise, the Rician distribution of the absolute-valued data must be taken into
account [69].
For parallel imaging reconstructions, a spatially varying noise ampli�cation based on the
orthogonality of the coil sensitivity pro�les occurs which can be described by the so-called
geometry-factor (g-factor) [64]

SNRpi =
SNR

g
√
R

(22)

where SNRpi is the SNR for the parallel imaging reconstruction, SNR here represents
the SNR for a fully sampled dataset, g is the spatially dependent g-factor and R is the
acceleration/undersampling factor.
Physically, the SNR of an acquisition of a thermally polarised sample is related to

several key parameters of the NMR experiment [70]

SNR ∝ ∆V
√
τω0M0√

4kBTR
(23)

where ∆V is the voxel volume, τ is the total acquisition time, ω0 is the Larmor frequency
of the investigated spin species, M0 is the magnetisation, kB is the Boltzmann constant,
T is the temperature and R is the e�ective resistance of the coil loaded by the body.
Here, the denominator describes the thermally induced electronic noise.
From electrodynamics, it can be derived that the voltage induced in the receiver coil by
a precessing magnetisation is proportional to ω0M0. For thermally polarised samples,
M0 ∝ ω0, and thus the signal is proportional to ω2

0. Furthermore, as combined coil
and electronics resistances have a dependence of

√
ω0 , but the sample resistance is

proportional to ω2
0, the overall dependence of the SNR on the magnetic �eld strength is

determined by the acquisition regime. At low �eld strengths, the SNR is approximately
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proportional to B
7
4
0 , whereas at high �eld strengths only a linear increase with �eld

strength is observed. This can be expressed using a constant a, which describes the
balance between coil/electronics noise and sample noise such that

SNR ∝ ω2
0√

ω2
0 + a

√
ω0

(24)

For hyperpolarised samples, this relation reduces by a factor of ω0, as the magnetisation
is �xed by the polarisation level and does not depend on the magnetic �eld strength.

2.4.2 Signal-to-Noise Ratio for Hyperpolarised Acquisitions

Unlike for thermal MRI, the magnetisation of a hyperpolarised acquisition is non-re-
newable and decays rapidly because of T1 relaxation and RF excitation. Therefore, the
maximum achievable SNR is limited by the initial polarisation P0 and the time window
of the acquisition. After rotating the hyperpolarised magnetisation by a �ip angle θ, the
transverse magnetisation is proportional to sin (θ), whereas the remaining longitudinal
magnetisation is proportional to cos (θ). Furthermore, when the measurements are ex-
ecuted with a repetition time TR, the hyperpolarised longitudinal magnetisation decays

by a factor of e
(
−TR
T1

)
between two excitations. From these considerations, the transverse

magnetisation Mn after n excitations with �ip angles θj (neglecting thermal polarisation
buildup) can be derived.

Mn = P0

n−1∏
j=1

[
e
(
−TR
T1

)
cos (θj)

]
sin (θn) (25)

This expression is valid for a hyperpolarised compound with a constant relaxation rate
and a constant number of spins, however, more complicated models are required for in
vivo measurements to account for e�ects such as perfusion, cellular uptake, and metabolic
conversion (see Chapter 4).

The total signal of a hyperpolarised acquisition can be estimated by the sum of Equa-
tion 25 over all excitations. Through signal averaging, noise increases by a factor of

√
N .

Then, the total SNR is described by

SNRsum ∝
P0√
N

N∑
n=1

n−1∏
j=1

e
(
−TR
T1

)
cos (θj)

 sin (θn) (26)

Using Equation 26, solutions for a variable �ip angle scheme that maximise the sum
of all signals can be found, or those that yield a constant signal amplitude for each
excitation [71]. However, usually, a constant �ip angle is used to make the data evaluation
easier. An exemplary SNR map for a constant �ip angle, TR = 250 ms, and T1 = 15 s is
shown below in Figure 11
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Figure 11: SNR distribution for a hyperpolarised NMR signal, constant �ip angle, T1 = 15 s, and
TR = 250 ms

As shown in Figure 11, it is important to choose the appropriate imaging parameters
in order to maximise SNR.

2.4.3 Point Spread Function

The point spread function (PSF) represents the response of an imaging system to a
point-shaped signal source. It describes how an ideal object is reproduced by the system,
and characterises its spatial resolution. Therefore, the PSF is another very important
parameter as regards image-quality assessment. In MRI, the PSF incoroporates all e�ects
present in the image formation, from signal acquisition to postprocessing.
Assuming linearity and shift invariance, the image formation can be mathematically

described by a convolution of the ideal object with the PSF

I(r) = (ρ ∗ FPSF )(r) =

∫
ρ(r′) FPSF (r− r′) dr′ (27)

where I is the image, ρ is the ideal object, and FPSF is the point spread function.
The k-space sampling pattern has a major impact on the PSF shape. A �nite k-space

sampling pattern corresponds to a multiplication of the data with a window function.
Therefore, according to the Fourier convolution theorem, the image is convoluted with
the Fourier transform of this window function. For Cartesian sampling patterns, the
window function is usually a rectangular function, whose Fourier transform is a sinc
function (sinc = sin (x)

x ) [72]. Thus, the image is convoluted with a sinc-shaped function.
For disc-shaped sampling patterns such as spirals, it can be derived that the PSF is
jinc-shaped, as the Fourier transform of a disc is the jinc function (J1(x)

x , where J1 is the
Bessel-function of the �rst kind) [72].
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Figure 12: Illustration of the PSF shape depending on the Fourier transform of the corresponding
k-space sampling pattern.

The real physical resolution can be described by the full width at half-maximum
(FWHM) of the main lobe. It can be related to the �eld of view FOV and the nominal
resolution in pixels npix such that

φ = ξ
FOV

npix
(28)

where ξ is a factor resulting from the shape of the PSF. Neglecting T ∗2 decay, for a rect-
angular sampling scheme, ξ ≈ 1.22. For a circular sampling pattern, ξ ≈ 1.40.

Another important e�ect regarding the PSF is the T ∗2 decay along the readout, which
behaves like an additional window function. Moreover, o�-resonance artefacts can lead to
blurring for non-Cartesian trajectories because of a phase accrual along the readout. In
sequence design and reconstruction, the goal is to obtain a satisfactory trade-o� between
the SNR and the PSF. For reconstruction, this can be balanced through the use of
di�erent estimators and �lters.

2.5 Non-Cartesian k-space Sampling

Non-Cartesian k-space sampling strategies, for example, those involving spiral [73, 74] or
radial trajectories [1, 75, 76], have certain advantages compared to Cartesian sampling
schemes. They allow a more e�cient sampling of k-space and produce incoherent un-
dersampling artefacts. Moreover, if the k-space centre is oversampled, as it is the case
for radial and spiral sampling patterns, the pulse sequence is more robust against mo-
tion. On the other hand, non-Cartesian acquisitions are more prone to artefacts due to
gradient errors and B0 inhomogeneity.
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Figure 13: Exemplary non-Cartesian k-space trajectories. Left: spiral trajectory, right: radial
trajectory.

2.5.1 Reconstruction

For Cartesian data, a simple fast Fourier transform (FFT) is su�cient for image recon-
struction, however, non-Cartesian data require a more complicated reconstruction. The
backtransform from arbitrary k-space to Cartesian image space for a 2D acquisition of a
single resonance (compare [77]) is given by

ρ(r) =

∫
s(k(u))e−i2πk(u)r

∣∣∣∣∂k(u)

∂u

∣∣∣∣ d3u (29)

where k = T (u) is a di�erentiable coordinate transformation from k-space to a uniform
space u, for example, polar coordinates for spirals. Due to this coordinate transformation,
the absolute value of the determinant of the Jacobian matrix is required in Equation 29,
so as to account for the nonuniform in�nitesimal area element in the non-Cartesian k-
space coordinate system. For most continuous trajectories, the Jacobian determinant
can be calculated analytically, for example for spirals [77] (assuming radial symmetry
and monotonicity) the so-called �density compensation� is given by

w(t) = |k(t)|
∣∣∣∣dk(t)

dt

∣∣∣∣ ∣∣∣∣cos(k(t),
dk(t)

dt
)

∣∣∣∣ (30)

For discrete trajectories consisting of sampling points kj , an accurate appromixation
is then according to [77] given by Equation 31.

wj =

{
0, j = 1

|kj | · ||kj | − |kj−1||, j > 1
(31)

To reduce the computational cost of the reconstruction process, Equation 29 is usually
approximated using a method called gridding [78, 79]. The non-Cartesian data s are
�rst interpolated onto a Cartesian grid using a convolution operation with a compactly
supported kernel g(kx, ky), such that
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sc(m∆kx, n∆ky) =
∑
j

s(kx,j , ky,j)g(m∆kx − kx,j , n∆ky − ky,j)wj (32)

where sc(m∆kx, n∆ky) is the interpolated data on a Cartesian grid with spacing ∆kx
and ∆kx, m and n are integer values determining the coordinates and kx,j and ky,j are
the discrete (non-Cartesian) k-space sampling points. Subsequently, a standard FFT can
be applied to perform the transformation to image space.

2.5.2 Noise Ampli�cation

Non-equidistant k-space sampling results in a certain amount of noise apli�cation due to
uneven weighting of the data points in the reconstruction.

Figure 14: 1D nonuniform sampling. Decreasing the sampling density along the readout results in
increased density weights in a gridding reconstruction, leading to noise ampli�cation.

Assuming non-correlated k-space measurements, the variance of the discretised linear
transformation can be calculated from Equation 29 in a straight-forward manner [80],
yielding

σ2image =
σ2k-spaceM

τ

∑
j
w2
j

(
∑
j
wj)2

(33)

where σ2image is the variance of a single image point, wj is the discretised Jacobian deter-

minant, M is the number of sampled points, σ2k-space is the variance of a single k-space
point and τ is the total sampling time. The SNR e�ciency regarding noise ampli�ca-
tion from the k-space sampling pattern (SNR gradient encoding e�ciency) can then be
de�ned as

ε =

√√√√√√ (
∑
j
wj)2

M
∑
j
w2
j

(34)

The summation in the nominator corresponds to the entire k-space area covered, thus,
the maximum SNR (without additional �ltering) can be achieved via a Cartesian sam-
pling scheme, because a �xed value of wj minimises the denominator. For a detailed
treatment of this matter, see [80].
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2.6 Gadolinium-based MRI Contrast Agents

MRI contrast agents can shorten the relaxation times of nuclear spins. If administered be-
fore or during an MRI exam, this allows to increase the anatomical contrast and to obtain
physiological information. Most commonly, gadolinium-based contrast agents are used as
gadolinium(III) ions are strongly paramagnetic, having seven unpaired electrons in their
4f shells. Thermally driven motion of the gadolinium ions then generates oscillating mag-
netic �elds, which provide e�cient T1 relaxation if the frequency of the �uctuations is
near the Larmor frequency of the target spins. As free gadolinium ions are toxic, they
must be coordinated by a strongly binding ligand. In commercially available contrast
agents, eight of the nine coordination sites of the Gd(III) ion are occupied by the ligand,
while one is available for short-term bonding with a water molecule, providing e�cient
relaxation via dipolar interaction, i.e. the so-called �inner-sphere� relaxation. Moreover,
an �outer-sphere� relaxation is possible for water molecules di�using in the outer coor-
dination sphere of the complex. Although not as powerful as inner-sphere relaxation for
a single molecule, a larger number of water molecules is reached along the surface of the
complex. At clinical �eld strengths, both mechanisms are believed to be of roughly equal
magnitude. The most commonly used gadolinium-based contrast agents are depicted in
Figure 15. For a more detailed discussion of this topic, please see [81] and [82].

Figure 15: 2D chemical structures of commonly used gadolinium-based MRI contrast agents
(Reprinted with permission from [82]. Copyright 1999 American Chemical Society.)

2.7 Dynamic Nuclear Polarisation

As thermal polarisation is not su�cient for conducting in vivo measurements with en-
dogeneous biomarkers, hyperpolarisation methods must be employed to increase the po-
larisation. Examining the Boltzmann-statistics in Equation 7, it is evident that the spin
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population depends not only on the static magnetic �eld, but also on the gyromagnetic
ratio γ and the temperature. The polarisation will increase with higher γ and lower
temperature. While 1H or 13C nuclei show only a low polarisation at 1 K and 3.35 T,
electrons are highly polarised as a result of their higher gyromagnetic ratio (see Fig-
ure 16) which is 660 times larger than that for 1H and 2600 times larger than that for
13C. This property is exploited by a technique called dynamic nuclear polarisation [5]
to increase the NMR signal by a factor of several 10.000. First, the isotopically labelled
sample is homogeneously mixed with a free radical that provides a high concentration of
unpaired electrons. Then, the sample is cooled down to ≈ 1 K and the electron polarisa-
tion is transferred to the target nucleus via continuous microwave irradiation close to the
electron spin resonance frequency (approximately 94 GHz at 3.35 T). There are multiple
e�ects driving this transfer, such as the solid-e�ect, thermal mixing or the cross-e�ect,
which are too complex to present in this brief overview. For an extensive description
of currently available hyperpolarisation methods, please see for example [83]. After a
su�cient polarisation level has been reached, the sample is rapidly dissolved under pres-
sure with a preheated solvent to obtain a hyperpolarised solution at room temperature.
To obtain a physiological solution, a pH bu�er and additional salt can be added to the
dissolution agent. After the dissolution process, the hyperpolarised magnetisation decays
towards the thermal equilibrium state as a result of spin-lattice relaxation and RF exci-
tations. Currently, the technique is being translated to clinical applications and recently,
the �rst trials in human patients were initiated [42].

Figure 16: Polarisation of 1H nuclei, 13C nuclei and electrons at 3.35 T (from [84], with permission
of the author).

2.8 13C Biomarkers for DNP Hyperpolarisation

The carbon isotope 13C has some unique properties that render it especially suitable for
hyperpolarised in vivo studies. Firstly, the low natural abundance of 13C (≈ 1.1% [44])
means that there is virtually no background signal in a living organism. Furthermore,
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most endogenous molecules include carbon which allows interesting metabolic pathways
to be studied. However, other nuclei such as 15N are also currently being explored. The
general requirements for a molecule to be used as a hyperpolarised biomarker are that
the T1 relaxation time of its hyperpolarised nucleus is su�ciently long for measurement
and that su�cient polarisation levels can be reached, further, the uptake and/or the
metabolism must be su�ciently fast to be observed before the signal has decayed. In
general, the T1 is longer for small molecules, as their motion is too fast for e�cient spin-
lattice relaxation. In addition, the target nucleus should not have any directly attached
protons because the strong dipolar coupling considerably increases the T1 relaxation.

2.8.1 [1-13C]Pyruvate

One of the most widely used molecules for in vivo hyperpolarisation studies is [1-13C]-
pyruvate. This molecule exhibits high polarisation levels after dissolution (approximately
25 %) and its T1 relaxation time is su�ciently long enough to measure its metabolisation
(≈ 20 s in vivo at 3 T). Pyruvate is an endogeneous molecule that can be injected in
fairly high doses and is an important part of the energy metabolism of cells.
After it has been taken up by the cells, pyruvate can be converted enzymatically to
lactate, which is catalysed by lactate dehydrogenase (LDH), and to alanine which is
catalysed by alanine transaminase (ALT). These reactions occur in the cytosol. Further-
more, pyruvate can enter the mitochondria where decarboxylation to carbon dioxide,
which is catalysed by pyruvate dehydrogenase (PDH), is possible. The generated carbon
dioxide is in rapid exchange with bicarbonate via a reaction catalysed by carbonic anhy-
drase.
Typical time curves for hyperpolarised pyruvate and lactate in a rat tumour voxel are
shown in Figure 18. After the injection, a pyruvate bolus can be observed, which is
accompanied by the generation of lactate. The curves decay over time because of T1
relaxation and RF excitation.

Figure 17: [1-13C]Pyruvic acid structure in 3D
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Figure 18: 13C pyruvate metabolism from a rat tumour region of interest (ROI) (in vivo), after
injection of 1ml of 80 mM hyperpolarised pyruvate solution, measured with an IDEAL
Spiral CSI sequence [19]

Pyruvate Metabolism in Cancer Cells
Normal cells primarily generate energy in the form of adenosine triphosphate (ATP) in
their mitochondria by transforming nutrients such as glucose in a process called oxidative
phosphorylation. The metabolism of glucose produces pyruvate, which is then used in
the tricarboxylic acid (TCA) cycle to generate ATP in an aerobic (oxygen-consuming)
reaction. When insu�cient oxygen is available, pyruvate is instead fermented to lactate
in an anaerobic process in order to form ATP. Cancer cells, however, always have a high
rate of lactate production, even in the presence of oxygen. This phenomenon of aerobic
glycolysis in cancerous tissue is also known as the Warburg e�ect [85] [86]. Since its dis-
covery, this e�ect has stimulated considerable research interest, and it is the reason why
pyruvate is one of the most widely used compounds for hyperpolarised in vivo studies.
Tumour metabolism [9, 87, 88] as well as response to treatment [7, 89, 90] have been
investigated in a large number of studies using hyperpolarised pyruvate.

Cardiac Pyruvate Metabolism
Another promising application of hyperpolarised pyruvate is to assess cardiac metabolism.
Several studies have reported the detection of hyperpolarised pyruvate metabolism in
cardiac muscle cells, both in vitro [91] and in vivo [41, 92�95]. Following an ischemic
event, signi�cant changes in hyperpolarised pyruvate metabolism was found [41, 92]. In
addition to the formation of lactate and alanine, which re�ects the general metabolic
activity of the cell, bicarbonate formation is of particular interest in this case. When
pyruvate is converted to carbon dioxide by PDH, it quickly reaches an equilibrium state
with bicarbonate because of the physiological pH bu�ering system. As a result, the bi-
carbonate formation re�ects the mitochondrial activity of cells. Therefore, the viability
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of myocardial cells can be assessed using hyperpolarised pyruvate.

2.8.2 [13C]Urea

The urea molecule is the end product of nitrogen metabolism in mammals, and is usually
excreted in the urine. Since it is metabolically inactive and can be injected in high con-
centrations because of its low toxicity, it is suitable for use as a hyperpolarised perfusion
marker. Compared to proton perfusion measurements with gadolinium-based relaxation
agents, it o�ers a virtually background-free signal, however, relaxation and cellular up-
take must be considered. [13C]Urea provides su�cient polarisation and T1 times for in
vivo application [96, 97]. Furthermore, 13C-labelled urea can be copolarised with other
13C biomarkers such as [1-13C]pyruvate to yield information on metabolism and perfusion
simultaneously. In order to avoid quadrupolar relaxation processes, which can rapidly
kill the hyperpolarised signal in an environment with low magnetic �eld (for example,
during transport to the NMR scanner), [13C, 15N2]urea can be used [98].

Figure 19: [13C]Urea structure in 3D

2.9 15N Biomarkers for DNP Hyperpolarisation

Although most DNP studies focus on 13C-labelled compounds, also other nuclei are
currently explored. A very promising candidate for in vivo applications is 15N, because
nitrogen occurs in many endogenous molecules. Besides the low natural abundance of
15N (≈ 0.37 %), the main advantage of this isotope is its low gyromagnetic ratio of only
-4.316 MHz

T [58] (about 40% of 13C, about 10% of 1H). This reduces the interaction with
external magnetic �elds compared to nuclei with higher γ and allows for very long T1
relaxation times compared to 13C-based molecules. However, the lower γ also results in
decreased NMR sensitivity.

2.9.1 α-Trideuteromethyl[15N]glutamine

α-Trideuteromethyl[15N]glutamine [28] is a 15N-labelled, permethylated, and perdeuter-
ated glutamine molecule. By replacing the protons in the direct neighbourhood of the
15N label with deuterated methyl groups, the dipolar contribution to the longitudinal
relaxation can be reduced signi�cantly, resulting in extraordinarily long T1 relaxation
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times (approximately 200 s at 14.1 T [28]). As a result of this modi�cation, the molecule
is no longer metabolised [99]. However, it can be used as a long-lived marker of perfusion
and transport. For more information, please see Chapter 6 and Reference [28].

Figure 20: α-Trideuteromethyl[15N]glutamine structure in 3D (compare [28]).
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3 Comparison of Acquisition Schemes for Hyperpolarised
13C Imaging

This chapter is an amended version of [100].

3.1 Introduction

While the DNP technique is currently being translated to clinical applications [42], the
evaluation and optimisation of di�erent imaging sequences still constitutes a highly active
�eld of research [13, 101]. In the past few years, many di�erent approaches have been
reported, most having been adapted from 1H MRSI sequences, such as free induction
decay chemical shift imaging (FIDCSI) [7�12], echo-planar spectroscopic imaging (EPSI)
[13�17], spiral chemical shift imaging (SPCSI) [22�27], strategies based on multi-echo
chemical shift species separation (e.g. IDEAL spiral chemical shift imaging (ISPCSI)
[18�21]), spin-echo [15, 102] and steady-state free precession (SSFP) [96, 97, 103, 104]
methods. As a result of this variety, a complete and comprehensive overview is not prac-
tical. Instead, an in-depth comparison of exemplary sequence types is presented in order
to derive general conclusions on hyperpolarised imaging strategies.
Currently, the sequences that are used most often rely on a simple pulse-and-acquire
scheme in which a slice-selective pulse is combined with a speci�c gradient readout to en-
code the spectral and spatial dimensions. Such approaches can be split into two general
types. The static acquisition schemes focus on encoding only one or a few images within
the time window provided by the hyperpolarised agent, and therefore have low encoding
e�ciency requirements. There are also dynamic approaches, which aim at encoding the
time curve of a hyperpolarised substrate and its metabolites in real-time in order to be
able to quantify the enzymatic reaction. To do so, a high encoding e�ciency is required
to achieve a high temporal resolution.
The selection of sequences for the comparison was based on several criteria. First, the
sequence needs to be well established and tested in the literature, showing certain po-
tential for use in clinical studies and also allowing to use the most optimised choice of
parameters. Furthermore, the sequence needs to be widely used, judging by the number
of reported studies, in order to be of relevance to the majority of readers. Last, a great
variety of acquisition speeds and gradient encoding patterns should be included, so that
many possible applications are covered.
Four exemplary sequence types were chosen for the comparison: FIDCSI [7�12], EPSI
[13�17], ISPCSI [18�21] and SPCSI [22�27]. An extensive theoretical treatment is pro-
vided, together with simulations, to characterise the behaviour of the sequences and
illustrate their potential advantages and disadvantages. The goals of this work are to fa-
cilitate the selection of optimal imaging parameters for a speci�c purpose and to provide
a basis for the identi�cation of potential candidates for clinical applications.
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3.2 Theory

3.2.1 Pulse Sequence Dependent Properties of Hyperpolarised Acquisitions

Signal-to-Noise Ratio
The SNR of a hyperpolarised acquisition is in�uenced by several sequence-related pa-
rameters. For static acquisitions, the starting time of the scan is crucial. To maximise
metabolite SNR and minimise artefacts caused by rapid signal change, the expected range
of the conversion rate constants can be used to calculate the optimal starting point (see
Chapter 4). A real-time bolus-tracking approach can help to overcome problems with
varying levels of perfusion [105]. Dynamic acquisitions can be started at the beginning
of the injection if the bolus characteristics are of interest.
The SNR of hyperpolarised acquisitions does not depend solely on the total readout time,
but the maximum obtainable SNR is dependent on the initial polarisation level and the
time window of the acquisition (see Section 2.4.2). The optimal repetition time and �ip
angle in order to obtain the maximum SNR of the metabolite or to extract the conver-
sion rate constant can be calculated by considering the expected ranges of the metabolic
conversion and relaxation processes [105, 106].

When creating a gradient readout, certain design principles need to be obeyed in order
to maximise SNR. Many trajectories need pre/rewinders to move to a certain point in
k-space. Usually, those parts are discarded for reconstruction, which means that the SNR
compared to a full readout is reduced. As the SNR is proportional to the square root of
the readout time (see Section 2.4.1), the SNR loss is proportional to the square root of
the fraction of the used parts to the full readout (decay processes can be neglected if the
discarded parts are short and repeated frequently during readout). This parameter will
be called gradient readout e�ciency in the following.

Figure 21: Illustration of gradient readout e�ciency for spiral trajectory and trapezoidal gradient
shape. Rewinder and ramps are usually discarded in the reconstruction, resulting in
SNR penalty.

Another important factor when designing the spatial readout is the SNR gradient
encoding e�ciency, which is determined by the uniformity of the trajectory. A non-
uniform k-space density leads to an SNR penalty as a result of noise ampli�cation in the
reconstruction process [80, 107] (see Section 2.5.2). For trapezoidal gradient shapes (as
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used for EPSI), this applies to the ramp part of the gradient lobes, whereas, for spiral
trajectories, gradient slew rate constraints can cause a non-uniform k-space sampling
density at the beginning of the trajectory. The SNR gradient encoding e�ciency can be
de�ned mathematically as:

ε =

√√√√√√ (
∑
j
wj)2

M
∑
j
w2
j

(35)

where w is the density compensation of the trajectory andM is the number of trajectory
points.

Spectral Bandwidth
Acquisition schemes that encode the chemical shift information by resampling the same
k-space point during the gradient read-out at a certain spectral bandwidth require suf-
�cient magnetic �eld gradients. If the gradient system is strong enough, the waveform
can be designed for a spectral bandwidth that includes all (excited) compounds. Often,
this will not be the case and a smaller spectral bandwidth (longer sampling interval)
is chosen, which means that spectral peaks outside of the spectral bandwidth will fold
into the spectrum (see Section 2.2.2). In this case, it is important to choose a suitable
aliasing pattern so that the peaks of interest can still be separated. As magnetic �eld
inhomogeneities can cause considerable broadening of the spectral peaks, su�cient spac-
ing is required between neighbouring frequencies, especially for in vivo experiments. For
pyruvate and its metabolites at 3 T, often 581 Hz are chosen so that pyruvate, lactate and
alanine can be resolved whereas the bicarbonate peak folds onto the pyruvate hydrate
peak as shown in Figure 22. This is the reason why 581 Hz spectral bandwidth is chosen
for EPSI and SPCSI in this comparison.
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Figure 22: Spectral aliasing for pyruvate (Pyr), pyruvate hydrate (PHy), lactate (Lac), alanine
(Ala) and bicarbonate (BiC) at a spectral bandwidth of 581 Hz and a magnetic �eld
strength of 3 T.
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Point Spread Function
As described in Section 2.4.3, the point spread function (PSF) of a k-space sampling
scheme is mainly determined by the Fourier transform of its shape. For a rectangular
sampling scheme (as used for EPSI), the PSF is sinc-shaped [72]. For a circular sampling
pattern (FIDCSI, ISPCSI, SPCSI), the PSF is jinc-shaped [72]. For SPCSI and even
more for ISPCSI, T ∗2 decay will act as a natural apodisation and can cause signi�cant
broadening of the PSF (see [108] for a detailed theoretical treatment of this issue). Fil-
tering can be used to improve the shape of the PSF, e.g. minimise sidelobes.
Furthermore, �ltering is necessary to optimise the SNR in the presence of T ∗2 decay dur-
ing the long readouts; however, the SNR optimal �lter depends on the properties of the
measured sample. For FIDCSI, EPSI and SPCSI, the decay occurs mainly along the
spectral dimension, whereas, for ISPCSI, it primarily a�ects the spatial k-space domain.
As the T ∗2 value and the signal distribution in k-space are not known exactly, assump-
tions must be made which a�ect the �nal SNR. In this work, a 15 Hz Gaussian �lter
(corresponding to T ∗2 = 20 ms) was chosen for all acquisitions, which previous studies
have shown to be a reasonable choice for the optimisation of SNR and minimisation of
PSF broadening [57].

3.2.2 Sequences

FIDCSI
FIDCSI represents the gold standard for 1H chemical shift imaging (CSI). It consists
simply of free induction decay (FID) acquisitions with a preceding phase encoding gra-
dient to scan k-space pointwise with multiple excitations. As a result of this ine�cient
encoding scheme, typically only one or a few images can be acquired before the hyperpo-
larised signal has decayed. A variable �ip angle (VFA) scheme [71, 109] can be used to
obtain equal signal intensities for each excitation in the presence of a decaying polarisa-
tion to avoid signal inconsistencies. For the same reason, the starting time needs to be
chosen carefully in order to avoid the initial bolus phase. Usually, a Cartesian encoding
scheme is used, so that reconstruction can be performed by taking fast Fourier transforms
(FFTs) along the spectral and spatial k-space dimensions. A spatially resolved spectrum
can be obtained at an arbitrary sampling rate and sampling time, which provides maxi-
mum �exibility for all kinds of chemical shift distributions. A circular sampling pattern
(Figure 27) can be used to obtain isotropic resolution and to reduce the scan time.
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Figure 23: Pulse sequence diagram for FIDCSI, not to scale for illustration purposes (from [60]).

EPSI
EPSI samples a single line in k-space repeatedly after one radiofrequency (RF) excitation
in order to acquire both spatial and spectral information simultaneously. Thus, it pro-
vides a signi�cantly increased encoding e�ciency relative to FIDCSI, so that biochemical
pathways can be sampled dynamically with a time resolution of a few seconds. As the
spectral bandwidth is determined by the time it takes to return to the same k-space
point, in general, EPSI has a high gradient demand, and the spectral and spatial reso-
lution are limited by the maximum available gradient amplitude and slew rate. This is
even more critical for 13C than for 1H because of the lower gyromagnetic ratio. Usually,
a �yback design (rewinder with maximum gradient slew rate/amplitude) is chosen for
the trajectory (Figure 24), and only the plateau parts of the sampling lobe are used
for reconstruction. This increases the gradient hardware requirements and lowers the
SNR e�ciency, but also reduces artefacts. If the ramp parts are included in a gridding
reconstruction, the lost SNR e�ciency can be partially recovered.

Figure 24: Pulse sequence diagram for �yback EPSI, not to scale for illustration purposes.

ISPCSI
ISPCSI uses a single-shot spiral trajectory to encode the two spatial dimensions after RF
excitation. To cover the spectral domain, this trajectory is repeated in separate excita-
tions with a speci�c increase in echo time tailored to the expected 13C frequency shifts.
The echo time shift ∆TE must be chosen carefully in order to minimise noise ampli�-
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cation [19, 110]. A least-squares algorithm (IDEAL) [110] is then used to separate the
di�erent metabolic species based on their chemical shift frequencies, which are required
as prior knowledge. Usually, slice-selective FIDs are acquired alongside the images to
obtain the frequency pro�le. IDEAL exploits the sparsity of the in vivo 13C spectra,
which typically do not have background signals. This ensures a high encoding e�ciency
as, for n metabolites, only n echoes are required. Moreover, the design constraints are
low because the spatial and spectral domains are acquired independently. One of the
drawbacks to this method is that no full spectrum is obtained, and the spiral trajectory
is therefore vulnerable to o�-resonance e�ects.

Figure 25: Pulse sequence diagram for ISPCSI, not to scale for illustration purposes (from [60]).

SPCSI
As in EPSI, spectral and spatial information are obtained simultaneously during readout
in SPCSI by repeatedly scanning a spiral trajectory after RF excitation. The spectral
width of this approach is thus determined by the duration of a single spiral including
the rewinder. To increase the spectral width, additional excitations with a time-shifted
trajectory can be acquired, or the k-space sampling can be split into multiple spiral inter-
leaves. In principle, this approach has the highest sampling e�ciency as two-dimensional
spatial and spectral information can be obtained from a single excitation. However, this
implies severe timing constraints for the trajectory design, resulting in a very high gra-
dient demand. In addition, the non-Cartesian spiral trajectory is sensitive to gradient
imperfections, and artefacts can occur if there are deviations along the spiral sampling
train. If the spatial information is acquired in multiple spiral interleaves, signal incon-
sistencies can be another source of error.
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Figure 26: Pulse sequence diagram for SPCSI, not to scale for illustration purposes.

3.3 Methods

3.3.1 Sequence Design

All sequences were designed for a FOV of 8×8 cm2, a maximum gradient amplitude of 40
mT/m and a maximum slew rate of 150 T/m/s. Two groups of sequences were created:
the �rst consisted of FIDCSI, EPSI and SPCSI trajectories with a lower resolution of
approximately 8 × 8 pixels, and the second of FIDCSI, EPSI and ISPCSI trajectories
with a higher resolution of approximately 16× 16 pixels.

FIDCSI
The FIDCSI sequence �les were created by Dr. Ulrich Koellisch. Trapezoidal phase
encoding gradients were created with the maximum slew rate and amplitude. k-space
was sampled in centric order, starting from the inner points and going outwards; 256
points were sampled with a readout bandwidth of 5000 Hz, amounting to a total readout
time of 51.2 ms and a spectral resolution of 19.5 Hz. The high-resolution sequence was
created with a nominal resolution of 16× 16 pixels consisting of 208 excitations, and the
low-resolution sequence was created with a nominal resolution of 8× 8 pixels consisting
of 52 excitations. As there are no active gradients during encoding, the SNR gradient
encoding e�ciency was 100 %.

EPSI
For EPSI, a �yback approach was chosen because of its robustness to phase errors. A
trapezoidal gradient shape using maximum gradient slew rate and amplitude was em-
ployed to rewind the phase after the actual readout lobe. The high-resolution trajectory
had a nominal resolution of 16× 16 pixels including ramps, and a plateau-to-ramp ratio
of 43 %, resulting in an SNR readout e�ciency of

√
0.43 = 66 %. The low-resolution

trajectory had a nominal resolution of 8 × 8 pixels including ramps, and a plateau-to-
ramp ratio of 67 %, translating to an SNR readout e�ciency of

√
0.67 = 82%. Both

trajectories were designed with a spectral width of 581 Hz and consisted of 37 individual
readout lobes, amounting to a total sampling time of about 64 ms. The y-axis phase
encodes were created centre-out and corresponded to the nominal resolution of the x-axis
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readout. The SNR gradient encoding e�ciency was 94 % for the low-resolution trajec-
tory and 92 % for the high-resolution trajectory; both were designed with a maximum
gradient amplitude of 40 mT/m and a maximum gradient slew rate of 150 T/m/s.

ISPCSI
The ISPCSI waveform �le was created by Dr. Rolf Schulte. The trajectory was created
with uniform density and a nominal resolution of 32 × 32 pixels which, assuming a T ∗2
decay of about 20 ms and a Gaussian �lter of equal magnitude, translates to a real res-
olution of 16 × 16 pixels [108]. The spiral trajectory was designed using the variable
density spiral generation script by Hargreaves [111]. The total readout time was 45 ms.
For pyruvate and its metabolites, seven echoes with an echo time shift increase of 1.12
ms were acquired. This waiting time translates to an SNR readout e�ciency of 92 % for
an assumed T ∗2 of 20 ms. The SNR e�ciency regarding chemical shift separation with
this echo time shift was calculated to have a mean value of 91 % for pyruvate, lactate
and alanine with an assumed Gaussian line broadening as a result of B0 inhomogeneity
of 20 Hz. The SNR gradient encoding e�ciency was 99 % with a maximum gradient
amplitude of 22 mT/m and a maximum gradient slew rate of 73 T/m/s.

SPCSI
The SPCSI trajectory consisted of two spatial interleaves and one additional TE shift, so
that four excitations are necessary for one image (Fig. 1). The spiral trajectories were
calculated with the variable density spiral generation script [111], and then a rewinder
was calculated using trapezoidal gradient shapes. The individual interleaves were ar-
ranged into a train of 18 consecutive interleaves. A single SPCSI readout had a spectral
width of 294 Hz and, with the echo time shift of 1.7 ms, a �nal spectral width of 581
Hz was obtained. The nominal spatial resolution was 11.4 × 11.4 pixels, translating to
a real resolution of about 8 × 8 when assuming a T ∗2 value of 20 ms [108]. The ratio
of data collection to the rewinder was 76 %, resulting in an SNR readout e�ciency of√

0.76 = 87%. The SNR gradient encoding e�ciency (excluding the rewinder) was 95 %
with a maximum gradient amplitude of 40 mT/m and a maximum gradient slew rate of
150 T/m/s.

The spatial k-space trajectories of the designed pulse sequences are shown in Figure
27; the respective theoretical performance parameters can be found in Table 3.
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Figure 27: Two-dimensional spatial k-space trajectories of the investigated sequences for the lower
(a) and higher (b) resolution.

sequence number
of exci-
tations

total acqui-
sition time
[ms]

SNR gradient
encoding e�-
ciency [%]

SNR
readout
e�ciency
[%]

SNR chemi-
cal shift sep-
aration e�-
ciency [%]

FIDCSI 8× 8 52 2662 100 100 100

EPSI 8× 8 8 512 100 82 100

EPSI full 8× 8 8 512 94 100 100

SPCSI 8× 8 4 245 95 87 100

FIDCSI 16× 16 208 10650 100 100 100

EPSI 16× 16 16 1024 100 66 100

EPSI full 16×16 16 1024 92 100 100

ISPCSI 16× 16 7 315 99 92 91

Table 3: Theoretical performance parameters of the investigated sequences. �SNR gradient en-
coding e�ciency� denotes the SNR e�ciency regarding noise ampli�cation from non-
equidistant k-space sampling, �SNR readout e�ciency� denotes the SNR e�ciency re-
garding discarded data, �SNR chemical shift separation e�ciency� denotes the SNR
e�ciency regarding the separation of signals originating from metabolites with di�erent
chemical shifts. �EPSI full� is the EPSI reconstruction including ramps and rewinders.
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3.3.2 Simulations

An extensive simulation framework was created using MATLAB (MathWorks, Inc., Nat-
ick, MA, USA) to compare the performances of the four sequence types. A phantom
consisting of multiple circular areas with lactate, pyruvate hydrate, alanine and pyruvate
(0, -125, -215 and -392 Hz at 3 T, equal concentrations) was simulated using the forward
signal encoding matrix with the respective parameters. Subsequently, Gaussian noise
was added to the simulated signal. After reconstruction, a region of interest (ROI) in the
lactate map was used in order to quantify the relative SNR. The phantom was smoothed
using a Gaussian �lter to mitigate PSF e�ects. Moreover, the spatial PSFs were simu-
lated for all acquisition schemes by sampling a constant k-space signal (corresponding to
a delta function in the image domain) for the same metabolites. For all simulations, T ∗2
was set to 20 ms.
O�-resonance e�ects were simulated by changing the signal frequency (o�set 10 and 30
Hz). Eddy current-induced gradient errors were simulated by weighting the positive and
negative gradient lobes di�erently, introducing an error in the zero-order gradient mo-
ment (1 % discrepancy between the positive and negative gradient parts, with the PSF
located at a distance from the centre equal to 50 % of the FOV along x and y). Move-
ment was simulated by changing the position of the point source between the excitations
(using a shift equal to 10 % of the FOV along the x and y axes during a full image en-
coding). For quanti�cation, the PSF was integrated over the FOV and normalised to its
maximum. The ratios between the corrupted and non-corrupted PSF values were used
to determine the extent of the artefacts in the image domain. To determine the error in
the spectral domain, the ratio of lactate to pyruvate was formed at the maximum of the
PSF for both corrupted and non-corrupted PSF. These simulations were carried out for
a thermal magnetisation to derive general conclusions.
In addition, a two-site model ([7], see also chapter 4) was used to illustrate the e�ects of
enzymatic conversion and decaying magnetisation on SNR and PSF. To simulate pyru-
vate to lactate conversion, typical parameters of a hyperpolarised pyruvate measurement
in tumour tissue were chosen: Apparent conversion rate constant from pyruvate to lac-
tate kPyr→Lac = 0.1 s−1; longitudinal relaxation time T1 = 20 s; in�ow rate 0.2 s−1 ;
duration of in�ow 5 s. For FIDCSI, a variable �ip angle scheme (VFA) [71, 109] for equal
signal amplitudes of a decaying hyperpolarised magnetisation (estimated T1 = 20 s) was
used together with a repetition time of 100 ms to acquire one image. The start of the
FIDCSI acquisition was set at the end of the pyruvate in�ow. For EPSI, ISPCSI and
SPCSI, a constant �ip angle was used so that 10 % of the magnetisation are spent for
encoding a single image within 4 s. These dynamic acquisition schemes were started at
the beginning of the pyruvate in�ow and repeated until signal depletion.

3.3.3 Reconstruction

FIDCSI
A 15 Hz Gaussian �lter was applied along the readout dimension before the data were
sorted into a zero-�lled three-dimensional matrix. The FFT was applied along all three
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dimensions.

EPSI
Data were sorted into a zero-�lled three-dimensional matrix, and a 15 Hz Gaussian �lter
was applied along the spectral dimension. The FFT was computed along the spectral
dimension, and the phase along the readout dimension was corrected to compensate for
the spatial shift for each frequency. Subsequently, the FFT was applied along the spatial
dimensions. For comparison, the full trajectory was reconstructed using the non-uniform
fast Fourier transform (NUFFT) code by Fessler [112], where the gradient waveform itself
was used for density compensation.

ISPCSI
A 15 Hz Gaussian �lter was applied along the readout dimension. Image reconstruction
was performed using least squares �tting to separate the individual metabolites [110]. A
phase correction for the chemical shift evolution was applied for each metabolite. The
NUFFT algorithm was used to reconstruct the spiral data on a Cartesian grid [112].
Density compensation was obtained according to [77].

SPCSI
Data were sorted into a two-dimensional matrix and a 15 Hz Gaussian �lter was applied
following the FFT along the spectral dimension. The phase along the readout dimension
was corrected to compensate for the chemical shift for each frequency. Subsequently,
Cartesian images were reconstructed using NUFFT [112] along the spatial readout di-
mension. Density compensation was obtained according to [77].

3.3.4 Software

MATLAB (MathWorks, Inc.) was used to implement the waveform design, simulations
and reconstructions. Related code can be found at http://nmr-wiki.imetum.tum.de/13C/.
All software was run on a standard notebook with 16 GB of RAM and an Intel Core
i5-4200M processor.

3.4 Results

The relative SNR of the simulated test phantom is given in Table 4. In addition to the
absolute values, the SNR was normalised to the FWHM of the PSF along both spatial
dimensions. For the 16 × 16 acquisitions, FIDCSI scored the highest SNR, followed by
ISPCSI and EPSI. Among the lower resolution acquisitions, FIDCSI also performed the
best, followed by EPSI and SPCSI, where SPCSI has a signi�cantly lower SNR because
of the higher resolution.
The uncorrupted spatial PSFs are depicted in Figure 28 and their FWHM values are
provided in Table 4. For FIDCSI and EPSI, the PSFs show notable truncation artefacts,
which could be diminished by additional �ltering at the cost of resolution.
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Artefacts due to motion and gradient error can be observed in Figure 29 and in Figure
30 and the corresponding artefact ratio is given in Table 5. The non-Cartesian spiral
sequences show a strong sensitivity to both motion artefacts as well as to gradient errors.
In the presence of o�-resonance e�ects, the PSF of ISPCSI is considerably blurred, re-
sulting in a 9 % lower resolution for 10 Hz and a 125 % lower resolution for 30 Hz
o�-resonance (Table 5, Figure 31).
When including enzymatic conversion and decay, the simulations show a di�erent impact
on the sequences (see Table 6). For FIDCSI, a variable �ip angle scheme is used which
targets equal magnetisation for each excitation. As this considers only decay and not en-
zymatic conversion, there is an overweight of the outer k-space points for the metabolite
signal, resulting in lower SNR and narrower PSF compared with a constant magneti-
sation. For dynamic acquisitions with constant �ip angle, the (relative) SNR and PSF
will vary slightly in each time frame because the signal will increase or decrease in the
successive excitations of the same image frame. This e�ect was observed to be strongest
for EPSI as the spatial encoding is split up into many phase encodes, whereas it seems
to have a minor e�ect on the spiral sequences. For the average SNR and PSF, these
�uctuations will cancel out.

sequence SNR SNR normalised
to voxel size

PSF FWHM
along x [mm]

FIDCSI 8× 8 1.00 1.00 13.84

EPSI 8× 8 0.80 0.77 14.37

EPSI full 8× 8 0.88 0.89 13.78

SPCSI 8× 8 0.46 0.99 9.41

FIDCSI 16× 16 0.25 0.98 6.91

EPSI 16× 16 0.17 0.67 7.59

EPSI full 16×16 0.19 0.92 6.37

ISPCSI 16× 16 0.20 1.20 5.58

Table 4: Simulated signal-to-noise ratio (SNR) and point spread function (PSF) full width at
half maximum (FWHM) of the investigated sequences.
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sequence artefact
ratio
(motion)

quanti�cation
error
lactate/pyruvate
(motion)

artefact ratio
(gradient
error)

quanti�cation
error
lactate/pyruvate
(gradient error)

FIDCSI 8× 8 1.05 1.00 1.00 1.00

EPSI 8× 8 1.11 1.01 1.00 1.01

EPSI full 8× 8 1.11 1.02 1.00 1.01

SPCSI 8× 8 1.50 1.03 1.22 0.97

FIDCSI 16× 16 1.21 1.00 1.00 1.00

EPSI 16× 16 1.30 0.99 1.01 1.01

EPSI full 16×16 1.36 0.97 1.01 1.01

ISPCSI 16× 16 3.15 1.12 1.68 1.00

Table 5: Simulated point spread function (PSF) artefact ratio for motion (where the shift is
10 % of the �eld of view (FOV) distance along the x and y directions within one image
encoding) and gradient error (1 % deviation between positive and negative gradient
lobes). The artefact ratio is de�ned as the ratio of the integral of the corrupted PSF
and the non-corrupted PSF, each normalised to its maximum. Quanti�cation error
lactate/pyruvate is taken from the ratio of the maximum of the PSF from corrupted
and non-corrupted PSF.

sequence average
SNRhyp

SNRtherm

SNRhyp

SNRtherm
steep-

est rise/decline
average
FWHM(PSFhyp)
FWHM(PSFtherm)

FWHM(PSFhyp)
FWHM(PSFtherm)
steepest
rise/decline

FIDCSI 8× 8 0.77 not applicable 0.93 not applicable

EPSI 8× 8 0.99 0.62/1.05 1.00 0.85/1.03

EPSI full 8× 8 0.98 0.64/1.02 1.00 0.85/1.03

SPCSI 8× 8 1.01 0.94/1.00 1.00 1.00/1.00

FIDCSI 16× 16 0.42 not applicable 0.92 not applicable

EPSI 16× 16 1.00 0.56/1.12 1.00 0.87/1.03

EPSI full 16×16 1.02 0.58/1.09 1.00 0.87/1.03

ISPCSI 16× 16 0.99 0.93/0.99 1.00 1.01/1.00

Table 6: In�uence of in�ow, enzymatic conversion and decaying magnetisation on point spread
function and signal-to-noise ratio. Hyperpolarised simulation (labelled `hyp') compared
with thermal simulation (labelled `therm'). Assumed values for the two-site model:
kPyr→Lac = 0.1 s−1, T1 = 20 s, in�ow rate 0.2 s−1, duration of in�ow 5 s. Values shown
are for lactate; PSF is taken along y (phase encoding direction for EPSI).
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Figure 28: Two-dimensional spatial point spread functions of the investigated sequences for the
lower (a) and higher (b) resolution.

Figure 29: Two-dimensional spatial point spread functions of the investigated sequences for the
lower (a) and higher (b) resolution under the in�uence of gradient errors. The spiral
trajectories (ISPCSI and SPCSI) show the highest artefact ratio.
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Figure 30: Two-dimensional spatial point spread functions of the investigated sequences for the
lower (a) and higher (b) resolution under the in�uence of motion. Again, the spiral
trajectories (ISPCSI and SPCSI) show the highest artefact ratio.

Figure 31: Simulated IDEAL Spiral CSI PSF in the presence of o�-resonance. A strong blurring
is observed, corresponding to decreased spatial resolution.
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o�-resonance
[Hz]

relative PSF
FWHM
along x

0 1.00

10 1.09

30 2.25

Table 7: Simulated point spread function (PSF) for IDEAL spiral chemical shift imaging
(ISPCSI) with o�-resonance e�ects. Full width at half maximum (FWHM) is given
relative to the case without o�-resonance.

3.5 Discussion and Conclusions

This work focuses on the characterisation and comparison of di�erent acquisition strate-
gies for hyperpolarised 13C metabolic imaging.
Compared with its competitors, FIDCSI has a low encoding e�ciency. This prevents
dynamic or multi-slice imaging, which would be required in certain scenarios. Further-
more, the long acquisition times can cause artefacts due to signal change. A variable
�ip angle scheme [71] can be used to counteract the in vivo signal dynamics, however,
only pyruvate shows approximately an exponential decay whereas the metabolite curves
depend on the enzymatic conversion and are not known a priori. Therefore, it is not
possible to obtain equal signal amplitudes for each excitation when using a common
soft-pulse. Spectral-spatial excitation pulses can be used to apply individual variable
�ip angle schemes for di�erent compounds [113]. Still, the main advantages of FIDCSI
are its robustness and benign artefact behaviour. As there is no active gradient encod-
ing during readout, it is stable against gradient errors, and has a lower vulnerability to
motion and �ow. Moreover, because a full spectrum is acquired, it is inherently stable
against o�-resonance e�ects.
For dynamic acquisitions, no general recommendation for a certain strategy can be given;
rather, the correct approach depends on the desired application. EPSI showed a solid
performance for both 16× 16 and 8× 8 acquisitions, with a better SNR e�ciency for the
lower resolution because of lower gradient demands. As a full spectrum is obtained, it
is stable against o�-resonance e�ects, and the Cartesian sampling scheme reduces errors
caused by motion and gradient imperfections. Its rectangular sampling pattern results
in an anisotropic PSF, which could be modi�ed using �lters at the cost of resolution.
However, it showed a stronger susceptibility to signal change caused by enzymatic con-
version and decay.
ISPCSI and SPCSI can theoretically achieve slightly higher SNR values as shown by
the simulations. The major advantage of these techniques is their high encoding e�-
ciencies, permitting multi-slice or 3D acquisitions. However, non-Cartesian trajectories
are more susceptible to both o�-resonance e�ects and gradient imperfections. To reduce
o�-resonance artefacts, B0 �eld maps could be incorporated in the reconstruction, or
shimming approaches for the hyperpolarised scans could be established.
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An in vivo comparison of the described sequences was performed and published along
with the simulations in NMR in Biomedicine [100]. The evaluation of the in vivo data
was conducted by Dr. Ulrich Koellisch. Hyperpolarised [1-13C]pyruvate metabolism was
studied in rats bearing a subcutaenous Mat BIII tumour; an exemplary dataset is shown
in Figure 32. A high similarity between the hyperpolarised images acquired with di�erent
methods was found, and they correspond well to the anatomical proton images. IDEAL
Spiral CSI showed a lower SNR compared to EPSI full 16 × 16 than predicted by the
simulations in the tumour and kidney ROIs, and a signi�cant blurring can be noticed in
Figure 32 compared to the other techniques. This is probably caused by o�-resonance;
the corresponding B0 map shows frequency shifts of approximately 20-30 Hz for 13C in
the tumour region. The SNR of the SPCSI acquisitions relative to EPSI full 16 × 16
was in good agreement with the simulated value. In the FIDCSI lactate image, some
Gibbs-ringing can be noticed probably due to improper weighting of the k-space points
caused by the variable �ip angle scheme, as discussed above. For more information about
the in vivo study, please see [100].

Figure 32: Images of hyperpolarised pyruvate and lactate in the tumour slice, acquired with the
described sequences. a) acquisitions with the higher resolution (sum over 15 time
steps) b) acquisitions with the lower resolution (sum over 18 time steps). The tumour
(T) and kidneys (K) are marked in the anatomical proton image. The o�-resonance
for 13C in Hertz is shown in the proton B0 �eld maps on the right. Figure created by
Dr. Ulrich Koellisch, as published in [100].

With regard to clinical applications, the SNR will very probably be the major limiting
factor for most applications. The substrate concentration in tissue must be lower for
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reasons of patient safety. Furthermore, the quality assurance process leads to a longer
duration between dissolution and injection, resulting in a lower polarisation level of the
injected solution. In addition, perfusion is slower in humans than in rats or mice. There-
fore, the achievable spatial resolution will be severely limited by sensitivity, as can be
observed in the �rst published studies [42]. With regard to sequence design, this will
also result in lower gradient demands. Under these conditions, EPSI and SPCSI are the
appropriate choices for the reasons mentioned above. For applications in which an entire
organ needs to be scanned, multi-slice or phase-encoded three-dimensional imaging will
be desirable. Therefore, e�cient encoding techniques, such as SPCSI and ISPCSI, are
favourable.
In conclusion, the comparison did not yield major weaknesses for any of the compared
acquisition strategies, given that they are used with appropriate parameters. The sim-
ulations demonstrated that roughly comparable SNR (relative to the voxel size) can be
achieved with all of the examined sequences. The choice therefore depends on secondary
parameters, such as encoding e�ciency and artefact behaviour. If acquisition time is
not critical, EPSI is a robust choice for many applications. If multiple slices are to be
acquired, or a high time resolution is needed, ISPCSI or SPCSI should be considered.
FIDCSI is only an option for static acquisition where no time resolution is required. This
chapter can only present a limited number of possible aspects relevant for hyperpolarised
13C sequence design; however, the source code is provided (see Software section), and
the reader is invited to study other details of interest.
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4 Bolus Tracking for Improved Metabolic Imaging of
Hyperpolarised Compounds

This chapter is an amended version of [105].

4.1 Introduction

When performing in vivo hyperpolarised magnetic resonance imaging, the timing of the
acquisition is crucial for the quality and consistency of the obtained data [13]. After
injection, the arrival of a hyperpolarised bolus in the target tissue can be observed along
with the build-up of downstream metabolites. Currently, there are two major approaches
for imaging hyperpolarised metabolism: The imaging acquisition can be dynamic, which
means that the full time curves of the substrate (e.g. pyruvate) and metabolite sig-
nal are resolved by repeating multiple fast image acquisitions until the signal is depleted
[16, 19, 24]. From the dynamic data, apparent conversion rate constants for the metabolic
reactions can be �tted [7]. Alternatively, there is the static approach, which means ac-
quiring one or a few images after a certain delay time when su�cient metabolite signal
has been formed [15, 42, 92]. A metabolite-to-substrate ratio is then commonly used to
evaluate metabolic activity.
However, both methods have intrinsic disadvantages. During the bolus arrival, the sub-
strate signal is mainly determined by perfusion and does therefore not provide reliable
information for kinetic modeling [114]. Moreover, exciting the spin system in this early
state, when the substrate is mainly located within the blood pool, depletes a certain
amount of polarisation which is subsequently not available for conversion any more,
hence decreasing the metabolite signal. Furthermore, for segmented kt-space readouts
such as EPSI [13�17] or IDEAL spiral CSI [18�21], the rapid signal change during the
bolus arrival induces strong artefacts in the images. For refocused sequences such as spin
echo [15, 102], it is important to start the acquisition after the hyperpolarised substrate
has reached the target site because the imperfect refocusing of the moving molecules in
the blood pool will quickly destroy the hyperpolarised signal. The quantitative results of
single time point imaging depend on the state of the metabolic reaction, which is in�u-
enced by perfusion and other biological processes such as cellular uptake, and therefore
commonly not known a priori. The bolus arrival time varies with heart rate, cardiac
output, age, and vascular diseases which makes an accurate prediction di�cult, espe-
cially for human application [42]. Moreover, in the case of a manual injection, operator
dependent variations can occur.
In conclusion, this means that the dynamic approach is using the available hyperpolarised
magnetisation ine�ciently, whereas the static approach might produce inconsistent, unre-
liable or corrupted data due to timing variations (see Figure 34). Particularly for clinical
application, many imaging methods established in preclinical trials may not be feasi-
ble due to lower SNR and longer perfusion times [42]. With regard to these challenges,
knowing the current state of the injection and the metabolic conversion could allow to in-
dividually tailor the acquisition in real-time for optimal e�ciency. To obtain the required
data, excitations with a small �ip angle (<5◦) and a time resolution >1 s are su�cient
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for most applications which means that only a negligible amount of magnetisation is
lost due to monitoring. Therefore, it is advantageous to track the arrival of the hyper-
polarised substrate and control the pulse sequence dynamically during a hyperpolarised
in vivo experiment. A similar technique is already established for Gadolinium-enhanced
MR angiography, where the bolus arrival of a Gadolinium-based contrast agent is tracked
in real-time to start the actual image acquisition [115]. This technique has signi�cantly
improved the quality and reliability of MR angiographic images [116, 117].
In this work, dynamic real-time bolus tracking of the hyperpolarised 13C signal was
used to control the image acquisition in healthy rats after injection of hyperpolarised [1-
13C]pyruvate. A fully automated bolus tracking sequence is presented. It is demonstrated
that optimised timing adapted to the bolus arrival and metabolic conversion results in
increased metabolite SNR and reduced artefacts. Furthermore, a co-polarised injection
of pyruvate and urea was applied. It is shown that spectrally selective tracking on urea
allows obtaining high SNR bolus tracking information along with perfusion maps with
high temporal resolution while at the same time not spending any pyruvate signal for
tracking.

4.2 Theory

4.2.1 Hyperpolarised Signal Kinetics

The conversion of a hyperpolarised substrate to a metabolite can be described by a simple
2-site exchange model [7]. Neglecting back-conversion and assuming stable rate constants
over time, the corresponding di�erential equations are given by:

dMz(t)

dt
= +kS→MSz(t)−Reff,MMz(t) (36)

dSz(t)

dt
= −Reff,SSz(t) + rin(t) (37)

where Mz is the longitudinal magnetisation of the metabolite, Sz is the longitudinal
magnetisation of the substrate, kS→M is the apparent conversion rate from the substrate
to the metabolite, Reff,M and Reff,S are the e�ective relaxation rates of the metabolite
and the substrate, respectively and rin is the net in�ow rate of the substrate. Assuming
a rectangular input function with maximum value rin which starts at tarr and stops at
tend, the solution is then given by piecewise de�ned multiexponential functions [118]:

Sz(t) =


rin

Reff,S
(1− e−Reff,S(t−tarr)) tarr ≤ t < tend

Sz(tend)e
−Reff,S(t−tend) t ≥ tend

(38)

50



Mz(t) =


kS→Mrin

Reff,S−Reff,M

(
1−e−Reff,M (t−tarr)

Reff,M
− 1−e−Reff,S(t−tarr)

Reff,S

)
tarr ≤ t < tend

Sz(tend)kS→M
Reff,S−Reff,M

(
e−Reff,M (t−tend) − e−Reff,S(t−tend)

)
+Mz(tend)e

−Reff,M (t−tend) t ≥ tend

(39)

Using these equations, the apparent rate constants can be obtained from either the
di�erential form by direct matrix inversion or from �tting the data to the integral form.
Another method for extracting kinetic information is to calculate the ratio of the areas
under the time curve, which is equal to the ratio of kS→M to Reff,M [119, 120]:∫

Mz(t)dt∫
Sz(t)dt

=
kS→M
Reff,M

(40)

By using simple analysis, it can be derived from Equation 39 that the signal maximum
of the metabolite is given by:

tmax = tend +
1

Reff,S −Reff,M
ln

(
1− e−Reff,S(tend−tarr)

1− e−Reff,M (tend−tarr)

)
(41)

Moreover, it can be directly derived from Equation 36 that, at the signal maximum of
the metabolite, the following is valid:

Mz(tmax)

Sz(tmax)
=

kS→M
Reff,M

(42)

This means if it is possible to measure at the maximum of the metabolite signal
curve, the same kinetic information can be extracted from a single measurement without
requiring the full signal curve. Moreover, the ratio of metabolite to substrate increases
monotonically with time. Therefore, the ratio in the neighborhood of tmax provides
a valid parameter which uniquely identi�es the metabolic activity if the time point of
measurement relative to tend is known (see Figure 33).
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Figure 33: Metabolite to substrate ratio for varying values of kS→M and varying acquisition times
(separately normalised to highest value along k-axis, T1 = 25 s). The ratio is a valid
parameter to assess metabolic activity if the time point of the measurement relative
to the end of the bolus tend is known.

However, for single time point imaging, the state of the substrate/metabolite system is
usually not well de�ned since the measurement is commonly started at a �xed time after
injection. Depending on the transit time of the substrate from the injection site to the
target site and the shape of the input function at the target site, the metabolite to sub-
strate ratio can vary substantially which makes a quantitative evaluation of metabolic
activity di�cult. The time dependence of the lactate to pyruvate ratio (Mz(t)/Sz(t))
from a dataset of a tumour rat is shown in Figure 34 to illustrate the impact of this
problem. A detailed quantitative analysis of metabolite to substrate ratios can be found
in [114]. Even for dynamic imaging, the in�uence of perfusion is severe: As Li et al.
demonstrated [114], on the left half of the curve until tend, the kinetics are mainly de-
termined by perfusion and the assumption of stable rate constants is not valid for the
2-site model without knowing the input function. Therefore, during this time interval,
the acquired data is not reliable for kinetic modeling and it is more SNR e�cient to
start sampling after the bolus maximum. The same applies for saturation-recovery ap-
proaches, where the time steps until the bolus maximum are usually discarded because
the initial in�ow of substrate interferes with the kinetic modeling [57].
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Figure 34: Dynamic curves and ratio of lactate and pyruvate obtained from FID acquisition
(surface coil, 10◦ �ip angle, TR = 1 s) in tumour rat (subcutaneous MAT BIII) after
injection of 80 mM hyperpolarised pyruvate solution (2.5 ml/kg bodyweight). The
ratio varies substantially with time, therefore it is crucial to know the time point of
the measurement relative to the bolus curve. Experimental data provided by Dr. Rolf
Schulte.

For a 5◦ tracking sequence with a time resolution of 1 s, a worst case calculation shows
that less than 5 % of the total pyruvate magnetisation is lost during a 15 s tracking period.
For preclinical studies, even smaller �ip angles should be possible. Regarding the SNR, it
would be optimal to start at the metabolite maximum for a single time point acquisition.
To get closer to it, either the range of expected rate constants can be estimated to
calculate a rough estimate from Equation 41. Alternatively, the tracking data could be
used to �t Reff,S of pyruvate or the beginning lactate curve. For a dynamic acquisition,
the optimal starting point was simulated in Figure 35. With the given parameters, up
to 20 % of total metabolite signal can be lost when starting too early.
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Figure 35: Total metabolite signal acquired with IDEAL spiral CSI depending on starting time
(�ip angle 10◦, repetition time 250 ms, T1 = 25 s, 5 s in�ow with 0.2 s−1, normalised
to individual maximum along time axis). Up to 20 % of total metabolite signal can
be lost when starting the acquisition too early.

4.3 Materials and Methods

4.3.1 Tracking Algorithm and Sequence Implementation

A simple and robust algorithm for the detection of the bolus maximum was implemented
based on the smartprep algorithm [115]. The current signal is de�ned as the sum over
the �rst points of the acquired FID signal. From a small number of calibration scans,
the noise level is determined and a threshold is computed as νthr = nthrσ where ρ is
the standard deviation and nthr is a scaling factor. After calibration, the hyperpolarised
substrate is injected. If one of the subsequent signals is exceeding this threshold, the
algorithm enters the actual detection phase. The algorithm checks for a �xed number
ninc of successive signal increases. If this condition is met, the algorithm enters the �nal
phase of bolus detection. If in the following the signal is higher than the last signal, this
will be set as the current signal maximum. If it is lower than the current maximum by a
certain percentage µdec, the algorithm reports a successful bolus detection. A �owchart
of the bolus tracking algorithm is depicted in Figure 36.
The bolus tracking was implemented on a 3T GE HDx system (GE Healthcare, Mil-
waukee, WI). The pulse sequence sends the acquired data in real-time via Ethernet to
a separate reconstruction computer (2.4 GHz dualcore, 32 GB RAM) which runs the
tracking algorithm described above (code written in C) and reports the current stage
of the bolus arrival back to the pulse sequence. In principle, any single-shot acquisition
scheme could be used for tracking with a low �ip angle such as slice selective FIDs or
gradient-encoded sequences to generate spatially localised tracking data. No hardware
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changes were required to implement the described protocol.

Figure 36: Flowchart of the bolus tracking algorithm. The data is evaluated in real-time on a
separate reconstruction computer which detects the bolus maximum and reports it to
the running pulse-sequence.

4.3.2 Experimental Setup

The bolus tracking algorithm described above was validated on existing datasets of slice
selective spectral acquisitions (kidney slice) of healthy rats after injection of 80 mM hy-
perpolarised pyruvate solution [121]. After that, in vivo experiments on healthy rats
were conducted. A dual-tuned 13C-1H birdcage volume-coil (diameter 8 cm) was used
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for data acquisition [122]. A HyperSense DNP polariser (Oxford Instruments, Abingdon,
UK) was used to polarise a sample containing [1-13C]pyruvic acid mixed with 15 mM
Trityl OX063 radical and 1 mM Dotarem. For the copolarised injections, [1-13C]pyruvic
acid and [13C, 15N2]urea were hyperpolarised in frozen layers. After polarising for 1 h, the
samples were dissolved by rapidly injecting a preheated bu�er solution (80 mM Trizma
bu�er, 80 mM NaOH, and 0.1 g/L Na-EDTA). Finally, an 80 mM pyruvate and 80 mM
pyruvate/100 mM urea solution was obtained, respectively with physiological pH, osmo-
larity, and temperature. The liquid-state polarisation was ≈ 25 %. After dissolution, 2.5
ml/(kg bodyweight) of this solution was injected into the tail vein of healthy male Lewis
rats (average weight ≈ 350 g, injection time ca 5 s). The animals were anaesthetised
with 1-3 % Iso�urane inhalation gas anaesthesia and checked for ECG, breathing, oxygen
saturation and temperature. They were kept warm on a water-driven heating pad. In
total, 9 healthy male Lewis rats (Charles River, Sulzfeld, Germany) were measured. The
animal study was approved by the local governmental committee for animal protection
and welfare (Tierschutzbehörde, Regierung von Oberbayern).
A central 10 mm kidney slice was selected to test the proposed method. The tracking
sequence was started shortly before beginning the dissolution process. For the pyruvate
experiments, a slice selective excitation with 5◦, a repetition time of 1 s and plain FID
readout (512 points, readout bandwidth 5 kHz) was used for tracking. For the pyruvate-
urea co-polarisation, a spectral-spatial excitation pulse (15 lobes, each 1.12 ms long, total
duration 17.5 ms [57]) was used for tracking, exciting only urea with a �ip angle of 18◦.
A single-shot spiral readout (2812 points, 2.5 × 2.5 mm2 nominal resolution, readout
bandwidth 62.5 kHz) was used to encode urea perfusion maps with a time resolution of
1 s. After the bolus maximum was detected, an IDEAL spiral CSI sequence [19] (repe-
tition time 250 ms, �ip angle 10◦, echo time shift 1.12 ms) was used with 7 echoes and
an additional FID so that a full image block was acquired every 2 s using a sinc-shaped
soft-pulse (duration 1.8 ms). Between bolus detection and imaging, a 4 s waiting period
was included after detection of tmax to approach the metabolite SNR maximum (see
Figure 34).
A second hyperpolarised pyruvate injection was acquired without tracking for compar-
ison, started at the beginning of the injection. Six animals were tested with pyruvate
tracking for the �rst injection, three of them were measured with slice selective spectra
with 5◦ for the second injection to compare the bolus curves and the other three animals
with the same IDEAL spiral CSI settings as mentioned above for the second injection.
Another three animals were administered pyruvate-urea co-polarised injections and spec-
trally selective tracking on urea was used for the �rst injection, for the second injection
they were again prescribed the same IDEAL spiral CSI sequence started at the beginning
of the injection.
Image reconstruction was performed using a combination of least-squares �tting to sep-
arate the individual metabolites [110] and a gridding algorithm to interpolate the spiral
data onto a Cartesian grid using the NUFFT code by Je�rey Fessler [112]. A T ∗2 -matched
Gaussian �lter was applied along the readout dimension with a line broadening of 15 Hz
[57]. Kinetic modeling was performed on the conventional acquisitions using a frequency-
domain �tting approach for the two-site exchange model [119].
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4.4 Results and Discussion

The optimal bolus tracking parameters (nthr, ninc, µdec) for the in vivo experiments
were extracted from existing measurements [121]. The noise threshold nthr must be cho-
sen so that it considerably exceeds signal variations due to noise but is lower than the
expected hyperpolarised tracking signal. After an incoming hyperpolarised bolus was
recognised, checking for a certain number ninc of signal increases avoids the initial low
SNR region of the substrate bolus. It needs to be chosen so that the tracking time during
this section is shorter than the in�ow time. After this, a signal decrease of µdec is used
to detect the maximum. A reasonable µdec is big enough to ignore spikes induced by
low SNR or motion and at the same time small enough to detect the bolus maximum
before the metabolite maximum. Usually, the time interval between bolus maximum and
metabolite maximum is on the scale of at least a few seconds even for rapid conversion in
tumour tissue, which allows a robust detection of the bolus maximum before reaching the
metabolite signal plateau. From the existing datasets, adequate parameters were found
to be: nthr = 6, ninc = 4, µdec = 0.07. The algorithm found the correct bolus maximum
in 100 % of acquisitions (8 rats with 2 injections each).
Likewise, a bolus maximum was successfully detected in all in vivo bolus-tracking mea-
surements. The comparison of the pyruvate time curves of the slice selective spectra
and the bolus tracking data veri�es that the correct maximum was indeed found (see
Figure 37). Judging from the SNR of the pyruvate tracking data, even smaller �ip angles
should be possible without losing robustness. Although the magnetisation used for track-
ing is negligible, a smaller �ip angle could then be used in combination with a shorter
repetition time to increase the time resolution of the tracking process.

Figure 37: Comparison of pyruvate time curves obtained from two subsequent injections in the
same rat (10 mm kidney slice): bolus tracking data and data from slice selective
spectra (peak integration).

57



In the image time series of the conventional acquisition, strong artefacts resulting
from rapid signal change and broad spectral point spread function can be observed,
whereas the bolus-tracked acquisition is artefact-free (see Figure 38). This behavior is
well known from earlier studies with IDEAL spiral CSI [21] where the corrupted images
were discarded, which means that magnetisation was depleted to no purpose. The ratio
of lactate to pyruvate gives a smooth estimate of metabolic activity, even for one time
step (Figure 39), whereas the kinetic modeling map is noise dominated although it used
the whole time curve as input. This behavior was also studied in [119]. The urea-
tracked data shows the spatial localisation of the bolus which arrives �rst in the vena
carva and then distributes to both kidneys (Figure 40). This is especially bene�cial for
perfusion measurements because the incoming bolus curve can be sampled at a high
temporal rate. The slowly changing metabolite signals after the bolus can be sampled
with higher repetition times for dynamic imaging, or with shorter repetition times for
single time point imaging. Especially for tumours which can have a high degree of
variability regarding vascularisation and perfusion, this additional information could help
to better classify the metabolic imaging results.
Datasets with su�cient lactate SNR in both acquisitions were selected for analysis of
metabolic activity (4 datasets). An evaluation of a kidney ROI lactate to pyruvate ratio
from the �rst image of the bolus tracked acquisition was compared to the corresponding
time point of the reference acquisition. The ratio of corresponding datasets di�ered to
an average extent of 31 %, which is a reasonable agreement within the given conditions
(low lactate SNR, 2 s time resolution for reference acquisition, biological variations).
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Figure 38: Comparison of acquisition started at begin of injection (a) and bolus-tracked injection
started at 15 s after begin of injection (b), 8 time steps, 2 s between each image, 10
mm kidney slice after injection of 80 mM hyperpolarised pyruvate solution. Artefacts
arising from rapid signal change and broad spectral point-spread-function (PSF) can
be avoided with the bolus tracking approach.
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Figure 39: Comparison of single time point metabolite to substrate ratio (a), full time course
metabolite to substrate ratio (b) and frequency domain kinetic modeling (c). Mask
is based on pyruvate signal level to exclude low-signal regions.

Figure 40: Dataset with hyperpolarised [13C]urea tracking, 10 mm kidney slice after injection
of co-polarised [13C]urea/[1-13C]pyruvate solution (upper row: sum over �rst 8 time
steps).

The decision whether to directly track on pyruvate using a small �ip angle excitation
or on a copolarised secondary substrate such as urea mainly depends on the application.
When the organ of interest constitutes the main part of the excited volume, such as for
kidneys demonstrated here, there is usually no need for a secondary substrate except
when the perfusion is very low and SNR becomes a problem. Within the given time
resolution (1 s for urea tracking data, 2 s for pyruvate reference images from second
injection), the bolus arrival within a kidney ROI was in accordance with the total signal
taken from the �rst points of the FID. If there are other major sources of signal within
the excited volume, urea tracking is preferable because due to the higher SNR, a spatially
localised perfusion map can be acquired which provides speci�c information about the
bolus arrival in the voxels of interest.
The presented sequence will remove the in�uence of varying transit times of the hyper-
polarised substrate from injection site to target site. To also remove the in�uence of
di�erently shaped input functions, a saturation pulse could be used selectively on the
metabolites before starting the imaging acquisition. Future improvements could involve
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for example dynamic real-time control of sequence parameters such as repetition time and
�ip angle. A real-time control panel could allow the operator to supervise the arriving
bolus and intervene if necessary. If the tissue of interest needs to be spatially constrained,
urea could be used in combination with a real-time reconstruction; or spatially selective
excitation pulses could be used to select only the target volume. The tracking method
could be improved to get a better estimate of the metabolite maximum by tracking on
the metabolite or by including more sophisticated �tting methods. The possibilities of
real-time signal processing are limited by the computing power necessary to reconstruct
the data between two subsequent measurements, but even on current desktop hardware,
simple FFT reconstructions are possible within a few 100 ms. Since the spatial resolu-
tion for hyperpolarised acquisitions is SNR limited and thus usually much lower than for
proton acquisitions, real-time processing is much more feasible for this application.

4.5 Conclusions

A bolus tracking algorithm for hyperpolarised substrates was developed and veri�ed in
multiple datasets. Based on the algorithm, a fully automated bolus tracking sequence for
hyperpolarised compounds was implemented and successfully applied to in vivo exami-
nations with hyperpolarised pyruvate. Furthermore, the tracking sequence was modi�ed
to employ spectral-spatial excitation pulses. In combination with a copolarised pyruvate-
urea injection, it was demonstrated that tracking can be selectively performed on urea
without depleting the pyruvate magnetisation, while at the same time localised perfu-
sion information can be obtained. Compared to existing imaging modalities, the proposed
method reduces artefacts, allows for a more e�cient use of the hyperpolarised magnetisa-
tion and ensures a higher reproducibility and consistency of the data. The monitoring of
the bolus curve might also be useful to improve the e�ciency of hyperpolarised perfusion
mapping techniques. Particularly with regard to clinical application, the bolus tracking
technique may constitute an important step towards a routine assessment protocol that
removes operator dependencies and ensures reproducible results.
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5 Non-Cartesian Parallel Imaging for Hyperpolarised 13C
Cardiac Studies in Pigs

5.1 Introduction

Hyperpolarised pyruvate metabolism has been studied in cardiac muscle cells in vitro
[91, 123] and in vivo [41, 92�95, 124�128]. Following an ischemic event, signi�cant changes
in hyperpolarised metabolite concentrations were found. Metabolic imaging of the heart
following injection of hyperpolarised pyruvate could therefore allow new methods for di-
agnosis and characterisation of heart disease.
The hyperpolarised pyruvate solution has a short lifetime (T1 ≈ 60 s in vitro) and each
radiofrequency (RF) excitation will irreversibly decrease the hyperpolarised magnetisa-
tion. To accelerate the in vivo acquisitions, parallel imaging [64, 67, 129, 130], a method
that uses complementary information provided by multiple receiver coils with spatially
varying sensitivity pro�les, could be used. By reducing the total acquisition time, it is
theoretically possible to achieve a higher SNR for static imaging approaches as a result of
decreased signal decay. However, parallel imaging cannot be used to improve the SNR of
dynamic imaging of the metabolite time courses, because here the total acquisition time
is �xed. In this case, parallel imaging could only help to overcome encoding limitations
by speeding up the acquisition of a single image frame.
Hyperpolarised cardiac imaging would probably bene�t most from faster sampling strate-
gies because more images can be recorded in the short time window given by the cardiac
triggering. A number of undersampling strategies have already been established for
cardiac proton MRI based on parallel imaging, compressed sensing and spatiotemporal
correlations [131�134].
However, hyperpolarised parallel imaging is challenging because of the SNR-limited spa-
tial resolution and the rapidly decaying signal. Advantages of parallel imaging for hy-
perpolarised applications have been demonstrated for Cartesian sampling schemes [135�
137]; the bene�t for more e�cient non-Cartesian sampling schemes in combination with
IDEAL-based [110] metabolite separation for hyperpolarised imaging has yet to be ex-
plored.
In this work, the possibilities and challenges of hyperpolarised parallel imaging for
non-Cartesian sampling schemes are discussed. A spiral parallel imaging sequence for
metabolic imaging of hyperpolarised compounds is presented and applied to cardiac
imaging in pigs after intravenous administration of hyperpolarised [1-13C]pyruvate. It
is investigated whether parallel imaging o�ers signi�cant advantages compared to fully
sampled acquisitions in this context.

5.2 Theory

In general, there are two main aspects constraining sequence design for hyperpolarised
acquisitions: signal-to-noise ratio (SNR) and encoding e�ciency. Unlike for traditional
MRI, the total available signal is �xed by the initial polarisation level, and the acquisition
scheme needs to e�ciently spend it while at the same time meeting the encoding require-
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ments for a given application. For dynamic imaging, the metabolic conversion needs to
be followed over a de�ned time window with a certain temporal resolution, thereby �xing
the total achievable SNR. On the other hand, when only a single image is acquired, a
faster acquisition can improve SNR due to reduced T1 decay. A high encoding e�ciency
is therefore desirable in both cases, and parallel imaging can be one option to improve
this factor.
Conventional parallel imaging with thermally polarised samples will result in a decrease
of SNR due to the reduced number of acquisitions and increased noise caused by ill-
conditioning of the undersampled reconstruction problem. For hyperpolarised acquisi-
tions, the longitudinal magnetisation decreases due to relaxation and RF excitations,
therefore the total achievable signal is �xed which is a potential advantage for parallel
imaging. The total SNR (sum of all excitations) can be described by (compare Sec-
tion 2.4.2)

SNRsum ∝
P0

g
√
N

∑N

n=1
(
∏n−1

j=1
e
−TR
T1 cos(θj))sin(θn) (43)

where P0 is the initial hyperpolarisation, N is the number of excitations, TR is the rep-
etition time, T1 is the longitudinal relaxation time of the hyperpolarised compound, g is
the geometry factor and θj is the �ip angle for the jth excitation. A general theoretical
treatment of SNR for hyperpolarised parallel imaging is described in [138].
Thus, with a reasonably low g-factor, the total SNR is not lowered as with thermal po-
larisation, but a higher SNR could be achieved by reducing the total acquisition time.
For hyperpolarised cardiac imaging, the TR is determined by the cardiac trigger, allow-
ing only a small time window for acquisition. In regard of this restriction, a potential
speedup could help to overcome encoding limitations.
However, it is important to be aware that not all CSI sequences can bene�t equally from
parallel imaging. First parallel magnetic resonance imaging (PMRI) measurements with
hyperpolarised pyruvate have already been published [135�137], yet, they rely on slow
Cartesian k-space sampling schemes. For a standard phase-encoded FIDCSI sequence,
it is straight-forward to skip phase encodes and achieve a high nominal reduction of ex-
citations, but phase encoding is ine�cient compared to non-Cartesian trajectories such
as spirals and parallel imaging can only be used to slightly compensate for this inherent
disadvantage. If prior knowledge is used to encode the spectral domain with a minimal
number of time points, like in IDEAL, it is not feasible to further undersample the spec-
tral domain because the reconstruction would not separate any more, and a meaningful
reconstruction would probably not be possible at all. If IDEAL is combined with single-
shot spatial encoding, like for example in IDEAL spiral CSI [19], the speed up could only
be traded for a higher resolution, which is not practicable in this low SNR regime. Our
conclusion is therefore that a sequence which encodes spatial and spectral information
simultaneously along the readout and acquires the spatial domain with several interleaves
is most favorable for parallel imaging by simply skipping some of the spatial interleaves.
For hyperpolarised cardiac imaging and other applications, a �exible coil array is often
used for improved SNR. For hyperpolarised 13C experiments, this prevents the measure-
ment of coil sensitivities with a phantom, since the orientation of the coil elements will be
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di�erent for the in vivo scan. Therefore, autocalibrated parallel imaging methods have to
be employed in this case. Due to SNR limitations, typically only low resolution images
of hyperpolarised imaging agents and its metabolites can be acquired. As conventional
autocalibrated parallel imaging techniques require a fully sampled calibration region, the
encoding e�ciency of those approaches is signi�cantly reduced because the calibration
region constitutes a large part of the totally acquired k-space. Advanced strategies using
dynamic calibration such as TGRAPPA [133] or self-consistent reconstruction algorithms
without calibration [139] do not require the additional acquisition of a calibration region.
This potentially yields a much higher net reduction factor and in combination with non-
Cartesian trajectories provides an increased speedup.
For dynamic acquisitions such as metabolic imaging of hyperpolarised imaging agents,
a time-interleaved k-space acquisition scheme enables a fully sampled calibration scan
from adjacent time steps. Using conventional autocalibrated algorithms such as SPIRiT
[65], each frame of the undersampled data can then be reconstructed separately, so no
additional measurements are required. Furthermore, changes in relative coil sensitivities
can be tracked dynamically during the acquisition. For non-Cartesian spiral imaging, a
simple temporally interleaved k-space sampling scheme can be achieved by just rotating
the spiral in subsequent excitations so that n rotations form a fully sampled acquisition.

5.3 Methods

5.3.1 Sequence Design

An undersampled spiral chemical shift imaging sequence (SPCSI, see Chapter 3) [24, 140]
was implemented to include both the spatial and the spectral domain within a single-shot
acquisition. After a slice-selective excitation pulse, an undersampled spiral trajectory is
played out multiple times (see Figure 41a) followed by a rewinding gradient. The spec-
tral width of this approach is determined by the time it takes to return to the same
k-space point again. To increase the sampling density in the spatial and the spectral
domain, multiple spiral interleaves can be played out in separate excitations, as well as
time-shifted copies (see Figure 41b).
The designed trajectory has a �eld of view (FOV) of 150 mm, a nominal resolution of
about 10 × 10 mm2 and an interleave length of 2.4 ms (spectral width 417 Hz). Four
90◦ rotations are required for a fully sampled dataset in the spatial k-space domain. The
undersampling was set to 3.0 in the k-space center and rises quadratically to 4.2 at the
outer end of the spiral. One spiral readout train consists of 25 repetitions with a total
readout time of 65 ms. To avoid aliasing in the spectral domain, an additional echo
time shift (∆TE = 1.2 ms) was implemented which results in a total of 9 excitations (4
rotations × 2 echo shifts + 1 FID). Relevant spectral aliasing patterns of [1-13C]pyruvate
and metabolites for the given approach are shown in Figure 42. To exploit the spar-
sity of the hyperpolarised 13C signal (few, well separated frequencies, no background
signal), a least-squares based metabolite separation approach can be used in the recon-
struction [110]. To separate n species, a minimum of n echoes is necessary for separation,
which allows for e�cient sampling strategies. If the echo time increase is properly chosen,

65



noise ampli�cation is negligible. The spiral trajectories were designed with the variable
density spiral generation script by Brian Hargreaves [111].

Figure 41: Sequence schemes. a) Scheme of spiral chemical shift imaging sequence b) Sequence
scheme for undersampled spiral CSI. Fully sampled CSI data is obtained using rota-
tions of the gradient as well as temporal shifts.

Figure 42: Spectral aliasing patterns of [1-13C]pyruvate and metabolites for di�erent echo time
shifts between spiral interleaves. Using this information, the spectral bandwidth of
the CSI sequence can be adapted so that the desired peaks are su�ciently separated.

5.3.2 Experimental

The animal experiments were conducted at the Fondazione CNR Regione Toscana in
Pisa, Italy.
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MRI Scanner Setup
Measurements were performed on a 3 T GE Excite HDx clinical scanner (GE Healthcare,
USA) with a maximum gradient amplitude of 40 mT/m and maximum slew rate of 150
T/m/s. An 1H body coil and a 13C quadrature birdcage coil (Rapid Biomedical, Ger-
many) was used for excitation. To receive the 13C signal, a 16 channel �exible cardiac
array coil (Rapid Biomedical, Germany) built for hyperpolarised 13C cardiac acquisitions
was used. The individual coil elements form a 4× 4 array (element size 8× 5 cm2 (xz))
and neighbouring elements are decoupled by overlap (total array size of 26 × 19 cm2).
Mean S12 of neighbouring elements was measured - 17 dB, the ratio of loaded to un-
loaded Q was 98 / 135 = 0.73. This translates to an approximated SNR e�ciency of 52 %.

Polarisation
A polarisation and dissolution method for large amounts of [1-13C]pyruvic acid with a
HyperSense DNP polariser (Oxford Instruments, UK) was used as described in [20, 141].
The obtained hyperpolarised solution contained 230 mM sodium [1-13C]pyruvate, 109
mM Tris bu�er, 0.12 mM EDTA and 16 nM Gd3+-complex. The solution had an aver-
age temperature of about 37 ◦C and a bu�ered pH of 7.6 ± 0.2. The sample was polarised
for about 1 h, resulting in a liquid state polarisation level of approximately 16 %.

Animal Handling
The animal handling protocol was taken from previous studies [95]. Six healthy male
farm pigs (average body weight ≈ 25 kg) were sedated prior to the experiments with a
mixture of tiletamine hydrochloride, zolazepam hydrochloride (Zoletil 100, 8 mg/kg, i.v.)
and atropine sulfate (0.1 mg/kg, i.v.). An ear-vein catheter in both ears was used for
infusion of the pyruvate solution as well as for drugs. A continuous infusion of Propofol
(2 mg/kg/h, i.v.) was used to anaesthetise the animals during the experiments. The
animals were fasted overnight to increase the netmyocardial uptake of hyperpolarised
[1-13C]pyruvate [142] from the blood stream. A glucose infusion was applied to stimulate
PDH activity and keep a constant glucose plasma level [143]. After dissolution, 20 mL
of the hyperpolarised [1-13C]pyruvate solution was injected manually into the right ear
vein over a period of approximately 10 s. This protocol was approved by the Italian
Ministry of Health and was in accordance with Italian law (DL.116, 27 January 1992),
which conforms to the Guide for the Care and Use of Laboratory Animals published by
the US National Institutes of Health (NIH publication no. 85-23, revised 1996).
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Figure 43: Setup with sedated pig inside the 16-channel 13C receive coil array and the birdcage
13C excitation coil. Image provided by Dr. Rolf Schulte.

Acquisition Parameters
The heart was imaged in short axis view with 4 oblique slices, each with a slice thickness
of 12 mm (see Figure 44). Cardiac triggering was used to acquire one excitation for
each slice per heartbeat, resulting in an approximate repetition time (TR) of 1 s. The
described sequence consisting of 9 excitations was used to acquire one fully sampled
image with a variable �ip angle scheme [71] (approximated T1 of 25 s). As the acquisition
requires only few excitations and is very short (<10s), the main purpose of the variable
�ip angle scheme is to compensate for the loss of magnetisation due to RF excitation in
order to obtain consistent k-space intensities. Additional whole-slice free induction decay
(FID) acquisitions without gradient were appended, and for some animals, a preceding
excitation was used to acquire a low-resolution single shot spiral CSI dataset for control
purposes. The time delay from the start of the dissolution to the start of the bolus
injection was around 18 ± 2 s to obtain su�cient metabolite signal.
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Figure 44: Slice planning for hyperpolarised 13C acquisition. The heart was imaged in short
axis view with 4 oblique slices (slice thickness 12 mm). Screenshot provided by Dr.
Francesca Frijia.

Reconstruction
The data was reconstructed using di�erent sets of excitations to form various degrees of
spatial undersampling. Before reconstruction, a Gauss-�lter with 15 Hz line broadening
was applied to the acquired signal to improve SNR. The di�erent spiral interleaves were
scaled to the same k-space signal intensity using the �rst few points of the readout. The
slice-selective FID acquisition was used to check for anomalies as well as to determine the
frequencies of the metabolites. For image reconstruction, a least-squares �tting approach
was applied [110] to separate the individual metabolite signals. Subsequently, for the
parallel imaging reconstruction, SPIRiT code by Lustig et al. [65] was used. Calibration
was obtained from the fully sampled k-space data from all spiral interleaves; a SPIRiT
kernel size of 3 × 3 was used. The reconstruction of the fully sampled images was
performed using the NUFFT code by Je�rey Fessler [112]. The SNR of the fully sampled
images was determined from a region of interest from the slice with the maximum signal,
respectively.
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5.4 Results

In Figure 45, the fully sampled 13C images of pyruvate and its metabolites are over-
layed with anatomical proton images. The metabolite maps in Figure 45 show su�cient
SNR, the myocardium can be clearly identi�ed and the structure corresponds well to
the anatomical reference. The fully sampled images can therefore be considered ground
truth to judge the parallel imaging reconstructions shown in Figure 46. The gridded
undersampled images show strong aliasing artefacts especially for an acceleration factor
of 4 (Figure 46), whereas the SPIRiT reconstructed images are virtually aliasing-artefact
free. However, it is di�cult to judge the quality of the parallel imaging reconstruction as
the SNR is low and the reconstructions use di�erent acquisitions. For the fully sampled
images, the mean lactate SNR for all animals was 18.3 ± 9.9, the mean pyruvate SNR
54.8 ± 18.7. For pyruvate, small signal streaks are present outside of the heart in some
datasets (both fully sampled and undersampled), which may result from breathing, �ow
or signal sources outside the FOV. These are more pronounced in the parallel imaging
reconstructions, probably because they average out in the fully sampled image which
uses 8 excitations. For few acquisitions, a visible distortion was noticed, possibly caused
by imperfect triggering. The homogeneity of the metabolite maps varies across datasets,
most likely due to coil sensitivity pro�les and T ∗2 di�erences. The number of SPIRiT iter-
ations required to remove the aliasing artefacts varied between 30 and 80, and increased
for higher acceleration factors and higher SNR.

Figure 45: Fully sampled NUFFT reconstruction, overlayed with anatomical proton images for
pyruvate, lactate, alanine and bicarbonate.
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Figure 46: In vivo dataset with di�erent reconstructions for pyruvate and metabolites. Fully
sampled NUFFT reconstruction (NUFFT), 2-fold accelerated NUFFT reconstruc-
tion (NUFFT R=2), 2-fold accelerated SPIRiT reconstruction (SPIRiT R=2), 4-fold
accelerated NUFFT reconstruction (NUFFT R=4), 4-fold accelerated SPIRiT recon-
struction (SPIRiT R=4)

5.5 Discussion

At the time of writing, the question of when parallel imaging is bene�cial for hyperpo-
larised acquisitions is still open. Unlike for traditional MRI, the total available signal for
hyperpolarised acquisitions is �xed by the initial polarisation level, and the acquisition
scheme needs to spend it as e�ciently as possible. At the same time, it needs to meet
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the encoding requirements for a given application, which could be eased by using parallel
imaging. While this technique might be advantageous for ine�cient Cartesian sampling
schemes with a high encoding demand, it was demonstrated in this work that when using
an encoding-e�cient IDEAL-based non-Cartesian chemical shift imaging sequence, the
bene�ts of parallel imaging are relatively limited.
As can be seen from Figure 47, depending on the g-factor, the possible SNR gain as
a result of speeding up the acquisition with the given sequence is < 20 % in the best
case with an assumed ideal g-factor of 1.0. Since a �exible coil array was used, the coil
sensitivities are not known for the in vivo case and therefore, the g-factor could not be
measured experimentally in this study. An average g-factor in the range of about 1.2 was
reported for 4-fold acceleration with a similar parallel imaging pulse-sequence applied to
proton spectroscopy using an eight-channel head-coil array [140].

Figure 47: Theoretical hyperpolarised SNR e�ciency for optimal variable �ip angle scheme. The
SNR was calculated for a �xed decaying magnetisation under the in�uence of RF
excitation and T1 relaxation (TR = 1s, T1 = 20s.). The optimal variable �ip angle
scheme for maximising the SNR was used for each data point, respectively.

Even in the context of cardiac imaging, where the cardiac triggering dictates a short
time window, roughly 4 excitations per trigger are possible which allows obtaining mul-
tislice 2D images of the heart within a few seconds using the proposed sequence. As for
the case of 3D acquisitions, the required number of excitations will increase by a factor
equal to the desired number of phase encodes in z-direction, so that a 3D dataset with
isotropic resolution could be acquired with 15 × 8 = 120 excitations in under 30 s. In
this scenario, a speedup of factor 2 and 4 would only result in an SNR gain of factor 1.6
and 2.0, respectively, without considering the g-factor. For non-triggered acquisitions,
this improvement would further deteriorate when using shorter repetition times.
Compared to the fully sampled images, no spiral undersampling artefacts were observed
in the parallel imaging reconstructions; however, the SNR of the metabolite maps was
very low. As there is practically no signal from surrounding tissue although the images
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were acquired in short axis view, using a small FOV turned out to be favorable to further
reduce the encoding requirements and ease the constraints for the design of the spiral
trajectory.
Possible candidates for Cartesian parallel imaging are for example phase-encoded chem-
ical shift imaging (FIDCSI) [7, 8], but for the 15 × 15 pixels resolution, 15 × 15 = 225
excitations are necessary for a single slice which is too long given the short life-time of
the hyperpolarised compounds and the repetition time dictated by the cardiac trigger.
Line based sampling, e.g. echo-planar spectroscopic imaging (EPSI) [13, 16] on the other
hand can only be accelerated along one dimension so the 2D sensitivity pro�le of the
coil array is not exploited to its full potential, resulting in lower acceleration factors.
Therefore, non-Cartesian trajectories are the most feasible solution in the given setting.
The proposed acquisition scheme can on the one hand be used without modi�cations
to increase the time resolution of a hyperpolarised acquisition. For this approach, a
dynamically calibrated reconstruction can be used as done in this work, by taking the
coil sensitivity information from the fully sampled datasets with lower time resolution.
This is similar to approaches such as TGRAPPA [133]. On the other hand, for speeding
up the acquisition of a single image, a fully sampled low resolution acquisition could be
included to obtain the calibration data. The porcine setup is similar to a clinical setting
with human patients and the sequence operates well within the clinical safety limits.
Therefore, these results allow conclusions about the performance in human studies and
the acquisition scheme could be applied to clinical applications without fundamental
changes.

5.6 Conclusions

In conclusion, the bene�t of parallel imaging for hyperpolarised measurements is re-
stricted to certain applications that are encoding limited. Since using parallel imaging
will inevitably result in decreased SNR for dynamic acquisitions as a result of noise ampli-
�cation in the reconstruction process, and hyperpolarised imaging acquisitions are usually
SNR limited, it has to be carefully considered for each application whether the speedup is
crucial. The in vivo experiments in pigs con�rmed that the proposed spiral CSI sequence
produces metabolic images which are at least comparable to the standard that can be
found in the literature, while at the same time being much more encoding-e�cient than
Cartesian sampling schemes. For the majority of applications, a sophisticated choice of
the sequence can therefore prevent the necessity of employing techniques such as parallel
imaging and the associated loss of SNR.
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6 α-Trideuteromethyl[15N]glutamine: A Long-Lived
Hyperpolarised Perfusion Marker

This chapter is an amended version of [144].

6.1 Introduction

Hyperpolarised agents have shown a great potential for a wide variety of biomedical ap-
plications. In particular, 13C-labelled compounds, such as [1-13C]pyruvate, have been
widely examined because of the low natural abundance of 13C, benign polarisation char-
acteristics and involvement in key metabolic processes [6]. However, the in vivo lifetime
of a hyperpolarised 13C signal is typically below 1 min at clinical �eld strengths, which
is mainly in�uenced by dipolar/paramagnetic interactions and chemical shift anisotropy
contributions [145]. Therefore, only very rapid metabolic pathways can currently be
measured with 13C-based hyperpolarised biomarkers.
Several 13C-labelled compounds have been proposed for measuring perfusion and trans-
port [96, 97, 146�149], and [13C]urea is the most promising candidate because it is an
endogenous, metabolically inactive molecule. However, the T1 relaxation times of these
compounds are short as compared to the time scale of many physiological processes,
such as renal �ltering and excretion. Although �rst results regarding renal function have
been demonstrated with [13C]urea [148, 150], comprehensive evaluation is hindered by
the rapid signal decay.
Assessment of renal function is vital for many diseases such as renal insu�ciency, reno-
vascular disease and metabolic disorders. Furthermore, renal function tests are required
after renal transplantation, and abdominal trauma. Many non-invasive tests of renal
function have been developed [151�154], however, they all have serious drawbacks such
as ionising radiation, lack of precision or nephrotoxicity.
Recently, �rst in vitro tests of a new molecule for hyperpolarisation, α-trideuteromethyl-
[15N]glutamine have been published [28]. This molecule exhibits a particularly long T1
time on the 15N label because of deuteration, symmetrical structure and low gyromag-
netic ratio. As a result of the added methyl-groups, it is metabolically inactive, which
was con�rmed by in vitro tests using glutaminase [99].
This chapter presents the �rst in vivo study with hyperpolarised α-trideuteromethyl-
[15N]glutamine. Using a single-shot spiral imaging sequence, hyperpolarised α-trideutero-
methyl[15N]glutamine was measured in a kidney slice of healthy rats. Moreover, the
molecule was directly compared to hyperpolarised 13C-labelled urea in the same animal.
The �ndings suggest that α-trideuteromethyl[15N]glutamine is a promising candidate for
monitoring renal function.

6.2 Methods

6.2.1 NMR Scanner Setup

To measure the hyperpolarised 15N signal, a clinical 3 T HDx system (GE Healthcare,
Milwaukee, WI) was modi�ed with a custom-built TR switch (RAPID Biomedical, Rim-
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par, Germany) to receive and send at the 15N frequency. Furthermore, a small animal
15N butter�y transmit-and-receive coil with a diameter of 7 cm (Figure 48a) was used.
An AMT 3T80 power ampli�er (AMT, Omsk, Russia) with a range of 10-130 MHz was
employed for RF excitation on the 15N frequency (12.95 MHz at 3T). To obtain proton
images for anatomical reference, the 15N coil was placed in a 1H head-coil. The complete
setup is shown in Figure 48b. As the MRI scanner did not o�er a setting for 15N nuclei,
the 15N hardware was installed as a deuterium coil and imaging parameters were adapted
taking into account the di�erence in gyromagnetic ratio.

Figure 48: a) Butter�y 15N transmit-and-receive coil (7 cm diameter) b) in vivo 15N hardware
setup: 1) 15N butter�y coil 2) 15N TR switch by Rapid Biomedical (Rimpar, Germany)
3) proton head-coil (GE Healthcare) 4) rat bed.

6.2.2 Hyperpolarisation

Synthesis and hyperpolarisation of α-trideuteromethyl[15N]glutamine was conducted by
Dr. Enrico Chiavazza. The compound was synthesised as described previously [28]. A
2D structure of the glutamine derivative is depicted in Figure 49. The hyperpolarisation
sample contained approximately 3 M α-trideuteromethyl[15N]glutamine, 28 mM Ox063
radical (GE Healthcare) and 2.5 mM gadoteric acid (Guerbet, Villepinte, France) dis-
solved in ethylene glycol. A small amount of [1-13C]pyruvate was added to the sample
for measurement of polarisation build-up, as well as a small amount of D2O to improve
the glass forming properties. [13C, 15N2]Urea was dissolved in glycerol and mixed with
Ox063 radical (≈ 28 mM) and gadoteric acid (≈ 1.5 mM). The 15N-labelled urea was
used to avoid scalar coupling relaxation of the 13C polarisation during transport outside
of the magnetic �eld [98].
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Figure 49: 2D structure of α-trideuteromethyl[15N]glutamine as described previously [28].

The mixtures were polarised in a HyperSense DNP polariser (Oxford Instruments,
Abingdon, UK). After polarising for approximately 1-3 h, the frozen sample was dissolved
by injecting hot D2O solution containing 60 mM phosphate-bu�ered saline (PBS) and
0.1 g/L Na-EDTA. For the glutamine bu�er, NaOH was added to compensate for the
acidity. A hyperpolarised solution with physiological pH, osmolarity, and temperature
was obtained. The urea concentration was approximately 150 mM, and the concentration
of the glutamine derivative was approximately 100 mM.

6.2.3 Animal Experiments

Experiments were performed in four healthy male Lewis rats (Charles River, Sulzfeld,
Germany). The animals were anaesthetised by 1-3 % iso�urane gas inhalation. Electro-
cardiogram, breathing, oxygen saturation and temperature were checked, and the animals
were kept warm on a water-driven heating pad.
1 ml of hyperpolarised [13C, 15N2]urea or α-trideuteromethyl[

15N]glutamine solution was
injected into the tail vein. One animal was injected with the hyperpolarised glutamine
compound only; in three animals, two injections were performed in the same animal
with hyperpolarised urea and hyperpolarised α-trideuteromethyl[15N]glutamine during
the same session. For the urea acquisition, the animal was relocated into a dual-tuned
13C-1H birdcage volume coil (diameter 8 cm) [122] on the same bed.
The animal study was approved by the local governmental committee for animal protec-
tion and welfare (Tierschutzbehörde, Regierung von Oberbayern).

6.2.4 Mass Spectrometry

Mass spectrometry was conducted by Dr. Enrico Chiavazza. In two animals, blood and
urine samples were taken after the injection as well as kidney samples after sacri�cing
the animal. The concentration of α-trideuteromethyl[15N]glutamine in the samples was
determined using liquid chromatography-mass spectrometry (LCMS) with internal stan-
dard betaine (trimethyl glycine 118 m/z), and 20 µM limit of detection (LoD) (analyte
199 m/z).
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6.2.5 Pulse Sequence Parameters

For frequency and �ip angle calibration, a syringe �lled with potassium nitrate-15N was
used for glutamine measurements and a syringe �lled with [13C]urea for urea measure-
ments. The magnetic resonance measurement was started at the beginning of the injec-
tion. Imaging was performed in a kidney slice (about 2 cm thick) by using a soft-pulse
and a single-shot spiral read-out (�eld of view 8 cm, nominal resolution 32 × 32 pixels).
The �ip angle was set to 10◦ and the �rst 16 excitations were acquired at an interval of 1 s
to capture the bolus characteristics, after this a repetition time of 5 s was used. Every 15
excitations, a non-localised free induction decay (FID) acquisition was taken for control
purposes. Proton gradient echo images (GRE) with identical FOV and orientation were
acquired after the hyperpolarised injection to provide anatomical overlay.

6.2.6 Reconstruction

A 15 Hz Gaussian �lter was applied along the readout dimension to improve the signal-
to-noise ratio (SNR). A phase correction for the chemical shift evolution was applied
using the frequency obtained from the FID acquisitions. Finally, a NUFFT algorithm
was used to reconstruct the spiral data on a Cartesian grid [112]. Density compensation
was obtained according to [77]. Proton GRE images were used for anatomical overlay.
Regions of interest (ROIs) were drawn manually around both kidneys and the vena cava
to obtain mean signal time curves from these areas. A monoexponential �t was used
to determine the e�ective T1 on the decaying slope of the signal time curves. One α-
trideuteromethyl[15N]glutamine injection was excluded from the �t as the slope may have
been in�uenced by movement due to blood extraction during the measurement.

6.3 Results

No metabolites were detected for both tracers; a minor side product was visible in
some 15N spectra. The image overlay of the [13C, 15N2]urea and α-trideuteromethyl-
[15N]glutamine data showed that both compounds were taken up by the kidneys (Fig-
ure 50). While the urea signal also appeared in other tissue parts, the signal of the
glutamine compound was restricted primarily to the kidneys. Glutamine decay was
su�ciently slow enough to obtain a quanti�able signal even after 5 min, whereas the
hyperpolarised urea signal had disappeared after approximately 90 s (Figure 51). In the
image time series, it can be observed that the signal �rst arrived in the vena cava and
then spread out to the kidneys. From the imaging data, time curves from a region of
interest within the kidneys were extracted (Figure 52). The e�ective decay time obtained
from the decaying slope of the signal time curves (corrected for RF excitation) were de-
termined to be 18 ± 1 s for urea and 146 ± 8 s for the glutamine compound. The SNR
units shown in Figure 52 were determined using noise regions outside the rat body. Mass
spectrometry analysis of tissue, blood and urine samples taken at di�erent time inter-
vals revealed a quick �ltration and excretion within the time scale of the measurement
(Table 8).

78



Figure 50: Sum over images after signal peak, overlaid with anatomical proton images.
a) [13C, 15N2]urea, b) α-trideuteromethyl[15N]glutamine.

Figure 51: Single images at di�erent time points, both were acquired with a 10◦ �ip angle and a
single shot spiral read-out (FOV 8 cm, nominal resolution 32 × 32 pixels).
a) [13C, 15N2]urea, b) α-trideuteromethyl[15N]glutamine. Each image was scaled sep-
arately to its signal maximum to provide optimal visibility.
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Figure 52: Signal time courses in SNR units from kidney and blood vessel ROIs, non-corrected
for �ip angle or T1 decay.

Time after injection [minutes] α-trideuteromethyl-
[15N]glutamine [mM]

Blood

1 1.7 ± 0.2

2 0.8 ± 0.1

3 0.4 ± 0.05

7 0.3 ± 0.05

30 0.2 ± 0.02

130 < LoD

Urine

30 7.5 ± 0.2

130 24 ± 1

Kidney

30 0.3 ± 0.02

130 0.07 ± 0.02

Table 8: Concentration of α-trideuteromethyl[15N]glutamine measured in blood, tissue and urine
samples using liquid chromatography-mass spectrometry (LCMS), internal standard
betaine (trimethyl glycine 118 m/z), limit of detection (LoD) 20 µM (analyte 199 m/z).
Data provided by Dr. Enrico Chiavazza.
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6.4 Discussion and Conclusions

The relaxation and polarisation properties of α-trideuteromethyl[15N]glutamine have
been extensively studied in [28]. Approximately 10 % liquid state polarisation and an
extrapolated in vitro T1 at 3 T of approximately 330 s were reported (see [28] for de-
tails). The signi�cantly higher T1 relaxation time for hyperpolarised α-trideuteromethyl-
[15N]glutamine compared to hyperpolarised [13C, 15N2]urea (85 ± 7s in vitro at 3 T [98])
can be attributed to multiple factors. Given the low gyromagnetic ratio of 15N nuclei (≈
-4.316 MHz

T , corresponding to ≈ 40 % of the gyromagnetic ratio of 13C and ≈ 10 % of the
gyromagnetic ratio of 1H), the interaction with external magnetic �elds is reduced com-
pared to nuclei with higher gamma such as 13C. Moreover, the symmetrical environment
of the 15N label reduces the chemical shift anisotropy contribution. Another important
factor is the deuterated methyl group, which minimises dipolar interactions that would
occur with nearby protons. This study emphasises the potential of very long-lived hy-
perpolarised biomarkers based on 15N. For example, long T1 relaxation times have been
previously demonstrated using 15N-choline, making it an interesting biomarker for cancer
diagnosis [155].
However, 15N-labelled hyperpolarised compounds also introduce several new challenges.
The SNR of a hyperpolarised scan is proportional to a value between γ and γ(

7
4
), de-

pending on the noise regime of the acquisition (e.g. compare [70]). For 15N-labelled
molecules, this means that the SNR will be reduced by a factor between 2.5 (sample
noise dominance) and 4.9 (coil/electronics noise dominance) compared to 13C-labelled
molecules. For the butter�y coil used in this study, a value of QunloadedQloaded

= 194
180 = 1.08 was

determined for the ratio of the quality factors for the unloaded and loaded coil. This
indicates that coil noise dominated in the given setup. To decrease SNR loss, improved
coil designs can be used. For example, cryo-coils can provide a signi�cant SNR increase
at low frequencies [156]. Moreover, for systematic polarisation tests, it may be bene�cial
to modify the polariser to be able to detect 15N signals.
In regard to sequence design, the low γ also means that higher magnetic �eld gradient
strengths are required for spatial encoding. However, as no chemical shift information
must be encoded for the hyperpolarised glutamine compound, gradient demand is not a
severe constraint in this case when using an encoding-e�cient spiral trajectory. As an
advantage, absolute o�-resonance caused by B0 inhomogeneity will be equally reduced,
allowing for non-Cartesian encoding with few blurring artefacts, as demonstrated in this
work. To distinguish the structural properties of the kidney, a steady-state free preces-
sion (SSFP) sequence may provide improved SNR e�ciency, allowing to encode a higher
resolution [150]. In addition, a real-time bolus tracking approach could be used to ac-
quire data at optimal time points [105].
As the investigated glutamine derivative is structurally di�erent from endogenous glu-
tamine, additional studies of the biological properties of this compound are required.
Previous toxicity tests found no adverse e�ects at concentrations much higher than those
used in this study [28]. Given the toxicity of ethylene glycol, it would be bene�cial to
establish a protocol with a more benign glassing agent such as glycerol.
Comparing images of [13C, 15N2]urea and α-trideuteromethyl[15N]glutamine, the glu-
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tamine compound exhibited increased localisation of the signal in the kidneys with a
lower background signal compared to that of urea. This is probably due to the fact that
while urea is taken up by di�erent tissue types, there is no cell transporter for the modi-
�ed glutamine molecule and therefore it is essentially only rapidly �ltered and excreted.
This was also con�rmed by the mass spectrometry analysis. The slow decay of the hy-
perpolarised glutamine compound enabled a quanti�able signal to be obtained in the
kidneys even after several minutes. Compared to existing hyperpolarised agents, these
results may enable a whole new range of applications. At 146 s, the e�ective T1 in the
kidneys was approximately 8-fold higher than that for urea. For these reasons, hyper-
polarised α-trideuteromethyl[15N]glutamine is an ideal tracer for studying renal diseases
and may potentially allow the determination of �ltration rates and tubular properties,
as well as the characterisation of the collecting system using hyperpolarised agents. A
simple kidney clamp model can be employed for the �rst tests in a pathologic setting.
In daily clinical routine, blood tests [151, 152] based on properties such as creatinine
clearance are used to assess renal function. However, while they are inexpensive and
relatively easy to carry out, blood tests do not provide spatial localisation, and may
provide insu�cient results in cases of unilateral kidney diseases. Single-photon emission
computed tomography-based methods [157] however, provide spatial localisation, but
expose the patient to ionising radiation, and radiotracers are di�cult to produce and
handle. X-ray computed tomography (CT) examinations also involve ionising radiation,
and the iodinated contrast agents exhibit a high nephrotoxicity [158]. Gadolinium-based
contrast agents [153, 159] show a non-linear relationship between tracer concentration
and signal, and can induce nephrotoxic e�ects in patients with renal insu�ciency [160].
The presented hyperpolarised agent is non-radioactive, easy to produce and o�ers a direct
proportionality of signal to concentration. Moreover, it can be administered in a copo-
larised injection together with a metabolically active biomarker such as [1-13C]pyruvate
or [1,4-13C2]fumarate as a necrosis marker to obtain complementary information from
the tissue.
In conclusion, �rst in vivo results with a 15N-labelled hyperpolarised perfusion marker
are presented. In rat kidneys, e�ective T1 times were approximately 8-fold higher than
those of hyperpolarised 13C-labelled urea. Hyperpolarised α-trideuteromethyl[15N]gluta-
mine is a highly promising candidate for renal studies because of its long signal life time,
strong localisation, and rapid excretion.
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7 Probing Lactate Secretion in Tumours with
Hyperpolarised Nuclear Magnetic Resonance

This chapter is an amended version of [161].

7.1 Introduction

In contrast to normal cells, the majority of cancer cells exhibit a high rate of glycolysis
and predominantly produce energy by fermenting the generated pyruvate to lactate even
in the presence of oxygen (please see Section 2.8.1). This phenomenon, also called the
Warburg e�ect, is the foundation for FDG PET examinations routinely used in clinical
practice for diagnosis and treatment response monitoring in cancer patients.
To maintain energy production and prevent toxicity, the generated lactate needs to be
rapidly transported out of the cell. Pyruvate and lactate cannot cross the cell mem-
brane by free di�usion due to their electric charge but their transport is catalysed by
proton-linked monocarboxylate transporters (MCTs) [162]. These transporter proteins
are driven solely by the concentration gradients of the target molecule and surrounding
protons, thereby also contributing to regulation of intra- and extracellular pH.
Excessive lactate production and secretion are linked to many crucial steps in the progress
of cancer: High levels of lactate in tumours are related to increased metastases and cancer
cell resistance to radiotherapy [163�165] as well as to signi�cantly lower overall survival
rates of patients [166�168]. Studies indicate that exogeneous lactate stimulates tumour
angiogenesis, growth and metastasation [169�173]. Moreover, high extracellular lactate
concentrations were found to reduce the immune response to cancer cells by compro-
mising the metabolism of immune cells [174�176]. There is also a symbiotic relationship
between cancer cells which release lactate as a waste product and other cancer cells which
use it to fuel their energy production. Overall, MCTs play an essential role in cancer
metabolism and development [177�179]. Therefore, a deeper understanding of MCT ac-
tivity in tumours is highly desired and is currently the subject of intense research.
As MCTs occupy a key position in the energy production of cancer cells, they also
represent a promising target for new cancer therapies [180]. For example, α-cyano-4-
hydroxycinnamic acid, a drug that inhibits lactate transport in mammalian cells, was
shown to reduce growth and induce necrosis in cancer cells by restricting lactate e�ux,
thus impairing glycolytic energy production [181�184].
DNP o�ers the unique possibility to study pyruvate to lactate metabolism in vivo in a
noninvasive way. However, the measured lactate signal not only re�ects enzymatic con-
version but is also a�ected by various other parameters such as perfusion, cell membrane
transport, intra- and extracellular pool sizes and polarisation decay. Various approaches
have been introduced to disentangle this complex interplay of biological processes such as
direct quanti�cation of in�ow and out�ow in bioreactors [185, 186], using saturation and
inversion transfer methods to quantify the label exchange between substrate and metabo-
lite pools [187], injecting hyperpolarised alanine to determine intracellular pyruvate and
lactate levels [188], using commercial relaxation agents that partially destroy extracel-
lular magnetisation to measure altered conversion rates [189], and exploiting di�erent

83



T2 relaxation [190, 191] or using di�usion gradients [192�196] to distinguish di�erent
microenvironments. However, these methods su�er from serious drawbacks involving
challenges for in vivo applicability, lack of sensitivity, or ambiguity of results. Currently,
a method for measuring cell transporter activity in vivo is not available.
Here, a Gd(III)DO3A complex [197] is used that binds to pyruvate and its metabolites
to e�ciently destroy extracellular magnetisation after hyperpolarised lactate has been
formed. Both slice-selective spectroscopic and imaging data were acquired in rats with
a subcutaneous mammary carcinoma. In combination with a newly developed pulse
sequence that saturates pyruvate magnetisation, considerably increased lactate signal re-
laxation was measured in the presence of GdDO3A which indicated high rates of lactate
e�ux from the tumour cells. To our knowledge, this study is the �rst to demonstrate a
non-invasive measurement of cell membrane transporter activity in vivo by using hyper-
polarised 13C pyruvate in combination with a tailored relaxation agent.

7.2 Theory

7.2.1 GdDO3A

The idea of quenching the extracellular biomarker hyperpolarisation has been reported
earlier [189, 198]; however, commercially available relaxation agents can only provide lim-
ited relaxation since they rely solely on outer-sphere interaction with the hyperpolarised
molecule. Using a coordinatively unsaturated Gd(III)DO3A complex (gadolinium-1,4,7,10-
tetraazacyclododecane-1,4,7-triacetic acid, see Figure 53 and [197]), theoretically, a higher
e�ciency in destroying the hyperpolarisation of pyruvate and its metabolites can be
achieved.

Figure 53: Structural formula of GdDO3A (gadolinium-1,4,7,10-tetraazacyclododecane-1,4,7-
triacetic acid, compare [197]). Adapted from [199].

The heptadentate ligand o�ers two vacancies in the inner coordination sphere of the
Gd(III) ions that can be occupied by donor atoms from a variety of anionic substrates
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such as pyruvate or its metabolites. For several α-hydroxy-carboxylates such as lactate,
the formation of a stable ternary adduct has been observed [197] as shown in Figure 54.
More information about this Gadolinium-chelate and its properties can be found in [197].

Figure 54: Formation of a reversible ternary adduct between GdDO3A and lactate (see [197]).

Therefore, it is expected that GdDO3A will provide increased relaxation compared
to coordinatively saturated complexes such as Gd(HP-DO3A) or Gd(DTPA) for these
compounds. Due to the size of the complex, it will remain outside of the cell and can
therefore be used to speci�cally quench extracellular magnetisation.

7.2.2 In Vivo Pyruvate Signal Kinetics

After injection, the hyperpolarised pyruvate arrives at the tumour site where it is taken up
by the cancer cells via MCTs. Inside the cell, pyruvate is metabolised mainly to lactate by
lactate dehydrogenase (LDH) and to alanine by alanine transaminase (ALT). The lactate
generated is then exported to the extracellular space again by MCTs. To deduce the
transporter activity, pyruvate signal kinetics need to be described by a multicompartment
model considering intra- and extracellular signal portions. Assuming constant conversion
and transporter rates, and neglecting back reaction and back transport, this will result
in an intricate set of coupled di�erential equations:

d

dt
Pext = −R1,extPext − kP,ext→intPext + rif (44)

d

dt
Pint = −R1,intPint + kP,ext→intPext − kP→LPint − kP→APint (45)

d

dt
Lext = −R1,extLext + kL,int→extLint (46)

d

dt
Lint = −R1,intLint + kP→LPint − kL,int→extLint (47)

where P and L are the longitudinal pyruvate and lactate magnetisations, kP→L and
kP→A are the apparent conversion rates for pyruvate-to-lactate and pyruvate-to-alanine
conversion, kP,ext→int and kL,int→ext are the apparent rates for cell membrane transport
of pyruvate into and of lactate out of the cell, rif is the net pyruvate in�ow rate, R1 is the
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spin-lattice relaxation rate and the indices ext and int denote the extra- and intracellular
compartments, respectively.
A standard FID signal does not contain any information on compartmentalisation and
is the total of intra- and extracellular components. To crush the extracellular mag-
netisation, GdDO3A can be injected when lactate has formed and the results of this
measurement can be compared to those of an acquisition without the relaxation agent.
However, the ongoing in�ow, uptake and conversion of pyruvate results in an additional
lactate signal modulation since pyruvate will also be crushed when GdDO3A is present.
Furthermore, the lactate signal in the measurement with GdDO3A can still be modu-
lated due to the conversion of intracellular pyruvate and label exchange from alanine
over pyruvate to lactate. To remove these e�ects, a frequency selective saturation pulse
on pyruvate can be used to quench the pyruvate magnetisation in both measurements,
leaving only the magnetisation of the metabolites. Then, the lactate magnetisation can
be described by two simpli�ed coupled di�erential equations for extra- and intracellular
magnetisation:

d

dt
Lext = −R1,extLext + kL,int→extLint (48)

d

dt
Lint = −R1,intLint − kL,int→extLint (49)

where, for the measurement with GdDO3A, R1,ext is time-dependent due to the in�owing
contrast agent.
When a high extracellular concentration of GdDO3A is assumed, the magnetisation of the
lactate transported to the extracellular compartment will be crushed almost immediately
and only the intracellular compartment remains

d

dt
Lint = −R1,intLint − kL,int→extLint (50)

The apparent membrane transporter rate can then be calculated straight forward as
the di�erence in the measured decay rates between the acquisition with and without
added GdDO3A:

kL,int→ext = RL,eff,Gd −RL,eff (51)

where RL,eff,Gd denotes the e�ective relaxation rate of lactate with added GdDO3A and
RL,eff the e�ective relaxation rate of lactate without GdDO3A. The behaviour of alanine
magnetisation is analogous to that of lactate magnetisation. Please see also Figure 55
for a graphical illustration.
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Figure 55: In vivo signal kinetics of hyperpolarised [1-13C]pyruvate in a cancer cell. Left: Stan-
dard NMR acquisition, intra- and extracellular compartments cannot be separated,
right: saturation pulse destroys pyruvate magnetisation and only metabolite magneti-
sations are left. If transported out of the cell, the metabolite magnetisation will be
quenched by GdDO3A. Therefore, the MCT transporter activity manifests as addi-
tional decay in the presence of GdDO3A.

7.3 Materials and Methods

7.3.1 GdDO3A Relaxation Properties

GdDO3A relaxation properties were measured by Dr. Francesca Reineri. The longitudi-
nal relaxation times of the 13C label of [1-13C]pyruvate, [1-13C]lactate and [1-13C]alanine
were quanti�ed in serum (FBS) with varying concentrations of GdDO3A. Assuming a 1
ml injection of 80 mM pyruvate is diluted in 15 ml of rat blood, the concentration of
pyruvate was chosen to be 5 mM, while 0.5 mM was used for lactate and alanine. The
results were compared to those of measurements with commercially available Gd(HP-
DO3A) (trade name: ProHance). These experiments were performed at 14 T (Bruker
Avance 600 MHz spectrometer), using the inversion recovery pulse sequence.

7.3.2 Hyperpolarisation

A sample consisting of [1-13C]pyruvic acid mixed with 15 mM trityl OX063 radical and 1
mM Dotarem was polarised in a HyperSense DNP polariser (Oxford Instruments, Abing-
don, UK). After polarising for 1 h, the frozen sample was dissolved by injecting a hot
bu�er solution containing 80 mM Trizma bu�er, 80 mM NaOH, and 0.1 g/L Na-EDTA.
The �nal solution contained 80 mM pyruvate at physiological pH, osmolarity, and tem-
perature. The liquid-state polarisation was approximately 25 %.
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7.3.3 Scanner Setup

In vivo experiments were performed on a clinical 3T HDx scanner (GE Healthcare, Mil-
waukee, WI) with maximum gradient amplitude of 40 mT/m and maximum slew rate of
150 T/m/s. For the acquisition, a dual-tuned 13C-1H birdcage volume coil (diameter: 8
cm) was used [122].

7.3.4 Animal Handling

The proposed protocol was tested in 8 male Fischer F344 rats (Charles River) with
a subcutaneous Mat BIII tumour in the neck region. Tumours were grown for about
10 days and reached a size of ≈ 1.5 cm. The animals were anaesthetised during the
measurements with 1-3 % iso�urane gas inhalation. ECG, breathing, oxygen saturation
and temperature were checked, and the animals were kept warm on a water-driven heating
bed. Then, 1 ml of dissolved 80 mM hyperpolarised pyruvate solution was injected into
the tail vein. The animal study was approved by the local governmental committee for
animal protection and welfare (Tierschutzbehörde, Regierung von Oberbayern).

7.3.5 Immunohistochemistry

Immunohistochemical assays were conducted by Dr. Katja Steiger. Subcutaneous Mat
BIII tumours from 5 separately implanted rats were harvested and �xed in 4 % neutral-
bu�ered formalin. After embedding the tumours in para�n, 2 µm consecutive slices were
cut. Immunohistochemical assays were conducted to determine MCT1 and MCT4 ex-
pression using MCT1 (Merck-Millipore, catalogue number AB1286-I) and MCT4 (Santa
Cruz Biotechnologies, catalogue number sc-50329) antibodies and secondary goat anti-
chicken (MCT1, medac diagnostics 16-24-06) or goat anti-rabbit (MCT4, medac diagnos-
tics, catalogue number 71-00-30) antibodies. The secondary antibodies were retrieved in a
heat-mediated process for 20 minutes in citrate bu�er (pH 6). A streptavidine-peroxidase
antibody detection system (medac diagnostics, catalogue number 71-00-38) visualized by
Dab (medac diagnostics, catalogue number BS04) was used.

7.3.6 Pulse Sequence Design

A 2D spectral-spatial RF pulse [53, 57] was used to selectively excite pyruvate or its
metabolites. The pulse consisted of 18 lobes with total pulse length of 22.4 ms and used
�yback-gradients to increase robustness against gradient errors.
For spatial encoding, a single-shot spiral gradient readout (FOV 8 cm; resolution 24 × 24
pixels; maximum gradient amplitude 13 mT/m; maximum gradient slew rate 46 T/m/s)
was created using the variable density spiral generation script by Brian Hargreaves [111].
A spectroscopic acquisition sequence was implemented using the spectral-spatial RF
pulse. First, the pulse was executed on the pyruvate frequency without slice selection
using a �ip angle of 90◦ and a subsequent spoiler gradient. Then, lactate and alanine
signal was acquired slice-selectively with a �ip angle of 6◦ in subsequent excitations with
a repetition time of 100 ms so that a full set of metabolite signals with preceding pyruvate
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saturation was obtained every 300 ms. The readout time was 51.2 ms with a readout
bandwidth of 5 kHz and a total of 256 points.
For imaging, the repetition time was increased to 200 ms and the pulse sequence was
modi�ed to include three excitations using the pyruvate saturation pulse without slice
selection followed by slice-selective excitations with 20◦ on the lactate and alanine fre-
quency. The single-shot spiral readout gradient was used for spatial encoding. A full set
of metabolite images with preceding pyruvate saturation could be obtained every second.
The readout time was 65.5 ms with a readout bandwidth of 62.5 kHz and a total of 4096
points. For a schematic drawing of the individual pulse sequences, please see Figure 56.

Figure 56: Acquisition schemes for the presented substrate saturation sequence. Top row: FID
readout without gradient; bottom row: imaging acquisition with single-shot spiral
gradient readout.

7.3.7 Measurement Protocol

For each animal, two separate injections were performed 1 h apart: the �rst without
and the second with administration of 0.5 ml of a GdDO3A solution 16 s after the
pyruvate injection at the supposed plateau of the lactate signal. The relative amount of
GdDO3A compared to pyruvate was chosen to be 1:5 for 7 rats and 1:1 for one rat to
test concentration e�ects. After 20 s, the pulse sequence described above was started.
Spectroscopic data were acquired for 4 rats and imaging data for another 4 rats in a 14-
18 mm slice including the tumour. In the time between the two injections, fast-recovery
fast spin-echo (FRFSE) 1H images with slice thickness of 3 mm were acquired in the
centre of the 13C tumour slice to provide anatomical reference.

7.3.8 Reconstruction

A 15 Hz Gaussian �lter was applied along the readout dimension to both spectroscopy
and imaging data. Fast Fourier transform (FFT) was applied to the spectroscopy data to
reconstruct spectra. Spiral imaging data were phase corrected along the readout for the
resonance frequency of the speci�c metabolite. Subsequently, a non-uniform fast Fourier
transform (NUFFT) [112] was used to reconstruct spiral data onto a Cartesian grid.
Since in vivo acquisitions of hyperpolarised biomarkers typically su�er from low SNR
compared to standard proton acquisitions, it is important to avoid the Rician bias [69]
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from absolute value images or spectra when �tting the decay rates. Thus, the spectra
were phase corrected and the peak value of the real valued spectrum was used for further
evaluation. In this special case, the images feature the same structures with decreasing
SNR; thus the mean phase from the �rst few images with su�cient SNR (where the
noise is nearly Gaussian distributed) was taken to correct the whole image series. For
the lactate imaging acquisitions, regions of interest (ROIs) were drawn manually to cal-
culate the mean tumour signal. As alanine is not speci�c to the tumour tissue, ROIs
were generated by taking each image voxel with a signal > 70 % of the maximum signal
within the �rst image.
A monoexponential �t was applied to the decay curves of the metabolites starting 3 s
after beginning the acquisition when pyruvate was completely saturated and the signal
dynamics had reached equilibrium. Apparent cell transporter activity rates were calcu-
lated according to Equation 51. Furthermore, spatially resolved maps of the apparent
lactate MCT transporter rate were obtained by applying the �t on each voxel with a
signal > 30 % of the maximum signal within the �rst image.

7.4 Results

7.4.1 GdDO3A Relaxation Properties

The T1 values measured in vitro are reported in Table 9. Compared to the coordinatively
saturated Gd(HP-DO3A) complex (trade name: ProHance), GdDO3A could achieve an
approximately 10-fold reduction of T1 relaxation times for lactate in serum.

Pyr [5 mM] Lac [0.5 mM] Ala [0.5 mM]

Gd-HP-DO3A [1 mM] 500 ± 50 ms

GdDO3A [1 mM] 90 ± 10 ms 43 ± 5 ms 35 ± 5 ms

GdDO3A [0.1 mM] 800 ± 50 ms 400 ± 50ms 330 ± 30 ms

Table 9: T1 measured at 14 T in serum for pyruvate (Pyr), lactate (Lac) and alanine (Ala) in
the presence of Gd-HP-DO3A and GdDO3a. Data provided by Dr. Francesca Reineri.

7.4.2 In Vivo Hyperpolarisation Experiments

The �tted apparent e�ux rates of lactate (kL,int→ext) and alanine (kA,int→ext) can be
found in Table 10.
The mean value of kL,int→ext from the spectroscopy acquisitions (rat 1-3) was 0.20
± 0.05 s−1, the mean value from the imaging acquisitions (rat 5-8) 0.18 ± 0.03 s−1.
For alanine, no signi�cant di�erence in decay rates was found within the noise level
(spectroscopy rat 1-3: 0.01 ± 0.01 s−1, imaging rat 5-8: 0.02 ± 0.02 s−1). Rat 4
with a pyruvate to Gd ratio of 1:1 shows a slightly elevated export rate for lactate
(0.31 s−1) whereas the alanine signal is unchanged again. To verify the e�ectiveness
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rat acquisition conc. ratio Gd:Pyr kL,int→ext [s
−1] kA,int→ext [s

−1]

1 spectr. 1:5 0.16 ± 0.01 0.02 ± 0.01

2 spectr. 1:5 0.19 ± 0.04 0.00 ± 0.01

3 spectr. 1:5 0.25 ± 0.04 0.01 ± 0.01

4 spectr. 1:1 0.31 ± 0.07 0.02 ± 0.01

5 imaging 1:5 0.15 ± 0.04 0.02 ± 0.02

6 imaging 1:5 0.18 ± 0.01 0.02 ± 0.02

7 imaging 1:5 0.16 ± 0.05 0.03 ± 0.02

8 imaging 1:5 0.22 ± 0.03 -0.01 ± 0.03

Table 10: Results from in vivo experiments in Fischer F344 rats bearing a subcutaneous Mat
BIII tumour in the neck region. Given are the mode of acquisition (spectroscopy or
imaging), the concentration ratio of GdDO3A to pyruvate and the apparent transporter
activity rates (lactate: kL,int→ext, alanine: kA,int→ext). Errors are propagated 95 %
con�dent intervals.

of the pyruvate saturation pulse, the pyruvate spectroscopy signal was analysed for the
�rst injection without relaxation agent. The remaining pyruvate magnetisation in the
entire rat body was found to be 4 % ± 5 % at the beginning of the decay rate �t.
The overlays of the 13C metabolite maps with the anatomical proton images con�rmed
that most of the lactate signal in the slice stemmed from the tumour, whereas alanine
was distributed mostly in the surrounding tissue (data not shown). The SNR of the
lactate images was su�cient to derive spatially resolved maps of kL,int→ext which showed
homogeneous apparent transporter activity within the tumour area. Exemplary datasets
for spectroscopy and imaging are presented in Figures 57 and 58, respectively.

Figure 57: Representative dataset from rat 1 for spectroscopic acquisition. The plot shows
metabolite decay without (blue) and with administration of GdDO3A (red) as well
as the corresponding monoexponential �ts (black) for lactate (a) and alanine (b). A
signi�cant di�erence in decay can be observed for lactate, indicating rapid lactate
e�ux.
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Figure 58: Representative dataset from rat 6 for imaging acquisition. a) FRFSE proton image
for anatomical reference b) Lactate signal (sum of �rst three images) overlaid with
a proton image c) Apparent MCT transporter map overlayed with a proton image
(signal masked for > 30 % of the maximum).

7.4.3 Immunohistochemistry

Subcutaneous Mat BIII tumours exhibit a strong membranous MCT1 and a moderate
membraneous MCT4 expression. An exemplary slice is shown in Figure 59.

(a) MCT1 (b) MCT4

Figure 59: Immunohistochemistry to detect MCT1 and MCT4 expression in a slice from subcu-
taneous Mat BIII tumour. Bars: 50 µm. Figure provided by Dr. Katja Steiger.

7.5 Discussion and Conclusions

The relaxation rate measurements carried out in vitro (in plasma) revealed that the
Gd-DO3A complex allows extremely fast relaxation of the magnetisation of pyruvate,
lactate and alanine. For lactate, GdDO3A achieved to reduce the T1 relaxation time
by approximately a factor of 10 as compared to a coordinatively saturated Gd(HP-
DO3A) complex (ProHance), even when the concentration of both the paramagnetic
complex and the metabolite is lower than 1 mM. Furthermore, in a separate proton
DCE study (see Figure 60), the GdDO3A concentration was found to rise quickly in
the tumour within the time scale of a hyperpolarised 13C acquisition. It is therefore a
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promising candidate to create contrast between intra- and extracellular magnetisation
for hyperpolarised pyruvate experiments.
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Figure 60: Signal intensity in a tumour region of interest during incoming bolus of GdDO3A. A
time resolved imaging of contrast kinetics (TRICKS) sequence was used to acquire
T1-weighted proton images every 2.67 s (resolution 128 × 128 pixels, FOV 8 cm).

In vivo data from a preliminary study with GdDO3A conducted in healthy rats are
shown in Figure 61. Signi�cant alteration of signal kinetics can be observed for both
lactate and alanine, which could be due to e�ux from the cells or loss of hyperpolarised
�ux from pyruvate. Using standard NMR methods, this dilemma cannot be resolved as
there are too many unknowns to �t the curves to the required 6 compartment model.
Even if more information was available, the �t would most likely be error-prone due
to the typically low SNR regime of hyperpolarised acquisitions. The proposed method
elegantly reduces the problem to simply �tting the decay rates by completely eliminating
the in�uence of pyruvate conversion.
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Figure 61: Representative dataset from a preliminary study without saturation pulse: Spectro-
scopic acquisitions of a kidney slice from a healthy rat after injection of hyperpolarised
[1-13C]pyruvate. The plot shows the metabolic time curves without (blue) and with
administration of GdDO3A (red) for lactate (a) and alanine (b). A signi�cant dif-
ference can be observed for both metabolites, which could be due to e�ux or loss
of hyperpolarised �ux from pyruvate. The proposed method with saturation pulse
allows resolution of this issue.

A signi�cant di�erence of lactate decay was found in the presence of GdDO3A, which
indicates considerable lactate e�ux in the tumour tissue. This is also consistent with
the immunohistochemical analysis, which shows a strong membranous MCT1 expression
and a moderate membranous MCT4 expression. These are two of the most important
transporters responsible for lactate transport. While MCT4 is the transporter believed
to be mainly responsible for the export of glycolysis-derived lactate occurring in hypoxic
tumours [200, 201], there is evidence that under certain circumstances, also MCT1 can
become a major pathway for lactate e�ux [172].
For alanine, no signi�cant di�erence in decay rates could be found, suggesting that alanine
excretion occurs on a much slower time scale. This is consistent with our assumptions,
since alanine is an amino acid and not transported by MCTs but by a range of other
transporter systems that require the co-transport of other amino acids [202]. As a non-
essential amino-acid, alanine mostly serves as an exchange substrate for the uptake of
essential amino acids in mammalian cells. Therefore, its e�ux rate was expected to be at
least one order of magnitude lower than the values found for lactate [203]. These results
con�rm the sensitivity of the method for detecting lactate transport out of the cell.
As there is no gold standard to compare the results to, the limitations of the described
technique must be thoroughly evaluated in further studies. In principle, the same chal-
lenges arise as for the apparent conversion rate constants describing the metabolic con-
version. As a result of relaxation, the hyperpolarised in vivo signal cannot be directly
related to absolute molecule concentrations. Also, the measurements may be complicated
by underlying biological processes such as perfusion, label exchange and other in�uences.
One important factor is the perfusion and accumulation of the GdDO3A agent; results
may be biased by insu�cient concentration or slow in�ow into the target tissue. This
is indicated by rat 4, which received a higher concentration of the GdDO3A compound,
resulting in elevated values of the decay. If quantitative proton T1 maps and 13C data
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can be acquired in the same scan, as demonstrated in [189], the obtained concentration
of GdDO3A may be used to improve accuracy and provide more information on the
dynamics during the GdDO3A bolus. To increase the relaxation weighting, a higher con-
centration of GdDO3A should be used in future examinations if possible. Moreover, a
real-time bolus tracking approach could be adapted to automatically detect the optimal
time point for starting the acquisition at the peak of the lactate curve [105].
Furthermore, the in�uence of the intra- and extracellular pool sizes needs to be investi-
gated. If there is a large extracellular pool, most of the signal may stem from the decay
of this pool. Also, it is currently not possible to distinguish between net transport and
label exchange between the intra- and extracellular pool. Regarding this issue, the pulse
sequence could be modi�ed to acquire spin echoes. This may allow better investigation
of the extra- and intracellular compartment sizes of the metabolite signal due to varying
T2 relaxation time with and without GdDO3A administration. Another interesting ap-
proach could be to incorporate the GdDO3A complex into a liposome structure to target
only intravascular hyperpolarisation. This may provide valuable complementary infor-
mation on the distribution of metabolites between vascular, interstitial, and intracellular
spaces.
For these reasons, tumour models with a di�erent rate of lactate export have to be studied
in order to determine whether the contrast provided by the proposed method is su�cient
to distinguish between di�erent tumour types or disease states.
As described in the introduction, MCT expression has a strong impact on tumour
metabolism and development. Recently, it was shown by Keshari et al. [186] in vitro
that hyperpolarised lactate e�ux can be used to non-invasively assess the aggressiveness
of di�erent renal cell carcinoma phenotypes. The presented method might therefore allow
for in vivo characterisation of tumour biology to choose appropriate treatment.
In conclusion, a method to measure cell membrane transporter activity in vivo using hy-
perpolarised biomarkers is presented. Signi�cantly increased decay rates were found for
lactate in rats with mammary carcinoma in the presence of GdDO3A, indicating rapid
transport out of the cell. In addition to slice-selective spectra, spatially resolved maps
of apparent membrane transporter activity could be obtained. This technique could al-
low for better understanding of tumour metabolism and progression; and could enable
treatment response measurements for MCT-targeted cancer therapies. Moreover, the
developed method may provide vital insights into the signal kinetics of hyperpolarised
[1-13C]pyruvate examinations.
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8 Future Prospects of Magnetic Resonance Imaging with
Hyperpolarised Biomarkers

At the time of writing, the hyperpolarised 13C technology is entering a crucial phase. A
large number of preclinical studies have been published, indicating the considerable po-
tential of hyperpolarised biomarkers to study a wide variety of disease states. However,
these animal studies have also revealed several technical and biological challenges.
Currently, this technology is being translated into clinical applications, and the �rst
human trials with pyruvate have already begun [42]. On the technical side, the most
prominent concern is the low signal-to-noise ratio; the signal in human patients is con-
siderably lower than that in rats or mice as a result of dose limitations, pre-injection
quality assurance processes, and slower perfusion. Therefore, the achievable spatial and
temporal resolutions are severely limited by sensitivity. Compared to conventional proton
magnetic resonance imaging (MRI), the physical constraints for hyperpolarised acquisi-
tions are considerably stricter. The short-lived, non-renewable signal and the upper limits
of the polarisation level do not o�er many possibilities for signal gain.
Regarding biological factors, the signal is in�uenced by a wide variety of parameters,
including perfusion, cellular uptake, enzymatic conversion, and label exchange, which
cannot be separated by standard chemical shift imaging (CSI) protocols. It is therefore
neccessary to determine whether the currently obtained data is of su�cient diagnostic
value, or more complex acquisition schemes are required to resolve these ambiguities.
Moreover, the in vivo lifetime of 13C-based hyperpolarised biomarkers is too short for
a large number of physiological processes. Therefore, new ways to increase relaxation
times and preserve hyperpolarised magnetisation must be explored.
Compared to its closest competitor, positron emission tomography (PET) [29], dynamic
nuclear polarisation (DNP) [5] o�ers the unique possibility to distinguish between dif-
ferent molecular con�gurations and, therefore, to study metabolic pathways, whereas
PET can measure perfusion and accumulation only. Furthermore, DNP does not involve
ionising radiation. On the other hand, 13C biomarkers must be used in very high, un-
physiological concentrations whereas PET can already detect much smaller quantities.
Also, PET allows absolute quanti�cation of tracer concentration in tissue, whereas the
signal obtained from 13C measurements is more or less arbitrary as a result of signal
decay. 13C biomarkers are short-lived, but they can be used to detect rapid metabolic
processes in real-time. PET requires a longer period of acquisition but therefore, also
averages biological variations. Regarding cost, it is di�cult to predict the �nal numbers
but, if DNP hardware and substrates are produced on a large scale, the cost will most
likely be competitive in comparison to PET examinations.
Overall, DNP will most likely evolve to become a useful preclinical tool. However, its
clinical use is yet to be determined, and many obstacles remain.
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9 Conclusions

The goal of this work was to develop e�cient acquisition strategies for magnetic reso-
nance imaging with hyperpolarised biomarkers and to apply them to preclinical in vivo
studies in order to validate their performance. Using advanced pulse sequence design and
reconstruction methods, a broad spectrum of biomedical applications was examined.

First, an in-depth comparison of existing pulse sequences for hyperpolarised agents was
conducted in order to reveal their strengths and weaknesses and to �nd general guide-
lines for pulse sequence design in this �eld. The investigated acquisition strategies di�ered
mainly in their encoding e�ciency, gradient demand, and artefact behaviour. Although
many di�erent pulse sequences for imaging hyperpolarised compounds emerged over the
past decade, a systematic comparison had not been conducted previously. Based on
the �ndings of this analysis, optimal imaging strategies for a speci�c application can be
developed. Furthermore, an extensive and well-documented code framework for simu-
lation and reconstruction of chemical shift imaging acquisitions was created in Matlab
and released to the public. This framework has considerably facilitated the work�ow for
subsequent projects.
Based on the expertise in pulse sequence design and programming acquired previously,
a fully automatic bolus tracking sequence for hyperpolarised biomarkers was developed.
When active, it constantly evaluates the hyperpolarised signal in real-time to �nd the
prede�ned point on the bolus curve where to start the image acquisition. Compared
to conventional imaging strategies, the bolus tracking sequence reduces artefacts as a
result of signal change, allows to use the hyperpolarised magnetisation more e�ciently,
and ensures more reliable and consistent evaluation of metabolic activity. Moreover,
this technique could be developed further into a routine assessment protocol for clinical
applications that provides reproducible results and does not rely on a human operator.
Real-time data processing o�ers the possibility for optimal data sampling of the evolving
hyperpolarised signals and should therefore be pursued further.
In another e�ort to increase the e�ciency of hyperpolarised imaging methods, a spiral
chemical shift imaging sequence for cardiac imaging in pigs using hyperpolarised pyruvate
was designed. The potential application of parallel imaging reconstructions was explored
by arti�cially undersampling the in vivo data; up to 4-fold acceleration could be achieved.
While the fully sampled sequence delivered good results, only little bene�t related to the
speed-up provided by parallel imaging was found for the given scenario. Nevertheless,
this result is of importance, as the question of when parallel imaging is bene�cial for
hyperpolarised acquisitions is still open. While some groups have reported nominal ad-
vantages for ine�cient Cartesian sampling schemes with high encoding demands, this
study has demonstrated that, when an encoding-e�cient non-Cartesian chemical shift
imaging sequence is employed, the bene�ts of parallel imaging are considerably limited.
A further new application that requires e�cient acquisition strategies is hyperpolarised
15N imaging. A pulse sequence for the �rst in vivo tests of a novel hyperpolarised perfu-
sion marker with an especially long T1 relaxation time, α-trideuteromethyl[

15N]glutamine,
was implemented. A single-shot spiral readout in combination with a variable repetition
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time was chosen in order to image the incoming hyperpolarised bolus �rst at a high tem-
poral rate and then monitor uptake at a greater timescale. The glutamine compound was
directly compared to hyperpolarised 13C-labelled urea in healthy rats. Whereas the urea
signal in a kidney slice had decayed after approximately 90 s, the signal of the glutamine
derivative was still detectable after more than 5 minutes, and was strongly localised to
renal tissue. Therefore, this compound shows great promise for studying kidney function.
To date, the majority of research on hyperpolarised biomarkers has focused on 13C-based
compounds with in vivo relaxation times of below one minute. This study emphasises the
possibility of very long-lived hyperpolarised compounds based on 15N and could further
the development of many other potential applications.
Finally, a novel pulse sequence using a pyruvate saturation pulse in combination with a
tailored Gadolinium-based contrast agent for the measurement of metabolite e�ux from
cells was invented. Indications of high lactate e�ux rates were found in rats with mam-
mary carcinoma after injection of hyperpolarised [1-13C]pyruvate. Alanine however was
found to remain mostly intracellular during the measurement. This innovative method
may facilitate improved understanding of tumour metabolism and progression by detect-
ing cell membrane transporter activity for hyperpolarised metabolites.

In summary, a wide range of aspects of hyperpolarised in vivo imaging has been ex-
plored, and new methods to improve the diagnostic value of hyperpolarised examina-
tions have been presented. These contributions are highly relevant for the application of
the DNP technique in preclinical studies, and also for its ongoing translation to clinical
applications.
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List of Frequently Used Abbreviations

• ATP adenosine triphosphate [204]

• CSI chemical shift imaging

• CT computed tomography

• DNP dynamic nuclear polarisation [40]
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• FFT fast Fourier transform [206]

• FID free induction decay [207]

• FIDCSI free induction decay chemical shift imaging [208]

• FOV �eld of view

• FRFSE fast-recovery fast spin-echo
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• g-factor geometry-factor [64]

• GRE gradient echo [61]
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squares estimation [209]

• ISPCSI IDEAL spiral chemical shift imaging [19]

• MCT monocarboxylate transporter [162]
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• MRS magnetic resonance spectroscopy [3, 4]

• NMR nuclear magnetic resonance [31]

• NUFFT non-uniform fast Fourier transform

• PET positron emission tomography

• PMRI parallel magnetic resonance imaging [210]

• PSF point spread function

• RF radio-frequency

• ROI region of interest
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• SNR signal-to-noise ratio

• SSFP steady-state free precession [211]

• SPCSI spiral chemical shift imaging [212]

• SPIRiT iTerative Self-consistent Parallel Imaging Reconstruction [65]

• VFA variable �ip angle
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