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Kurzfassung

ImRahmen dieser Arbeit wurde die Stabilität einer bildgebendenMagnetresonanzspektroskopie
(MRSI) Messsequenz in einem 3T MRT bewertet. Die Relevanz der Stabilität dieser Sequenz
kommt von ihrer Anwendung im Rahmen von Deuterium Metabolic Imaging (DMI), einer
dynamischen Methode, welche den Glukose Metabolismus im Gehirn lokalisieren und quan-
tifizieren kann. Eine der Grundvoraussetzungen für DMI ist eine hohe zeitliche und räumliche
Stabilität, da die Dauer der Messsequenz relativ lange ist.

Die Messungen fanden in einem 3T MRT (Siemens Healthcare) am Hochfeldmagnetres-
onanzzentrum der Medizinischen Universität Wien statt. Die MRSI Sequenz in Kombination
mit räumlicher Kodierung durch konzentrische Ringtrajektorien ermöglicht die 3DDarstellung
von Konzentrationen einzelner Stoffwechselprodukte imGehirn. Dabei wurden die Konzentra-
tionen vonNAA+NAAG (tNAA) als Referenzsignal mit konstanter Konzentration in allen Bere-
ichen des Gehirns, sowie Glutamin + Glutamat, zusammengefasst zu Glx, analysiert. Zuerst
wurde die Messsequenz an 5 gesunden Probandenmehrmals hintereinander angewandt, wobei
die Reproduzierbarkeit der gemessenen Daten mit der Zeit evaluiert werden konnte. Die nor-
male Fluktuation der Messdaten bei einer konstanten Konzentration wurde mithilfe des Vari-
ationskoeffizienten quantifiziert. Anschließend wurde für DMI ein deuteriertes Glukoseprä-
parat verabreicht, welches rasch im Gehirn verstoffwechselt wird. Die Deuteriumkerne wer-
den im Verlauf des Glukosestoffwechsels an Glx übertragen, da die chemischen Reaktionen
durch die Präsenz von Deuterium nicht beeinflusst werden. Die Deuteriumkerne ersetzen
die Wasserstoffkerne in der Glx4-Gruppe, wodurch die Resonanzfrequenz von Glx4 verändert
wird. Jedoch kann mit Wasserstoff(1H)-Magnetresonanzspektroskopie (MRS) kein Deuterium
(2H) detektiert werden. Da mit der Zeit mehr deuterierte Glukose zu Glx verstoffwechselt wird,
wird mit der Zeit das Resonanzsignal der deuterierten Gruppe in Glx, also Glx4, in 1H-MRS
schwächer. Diese Abnahme mit der Zeit kann dann mithilfe einer linearen Funktion quan-
tifiziert werden.

In den Referenzmessungen wurde der Variationskoeffizient für Glx4/Glx/tNAA gemittelt
über das ganze Volumen bestimmt, und beträgt 4.54/3.92/3.13%. Nach Einnahme des deu-
terierten Glukose Präparats konnte eine deutliche Abnahme der gemessenen Glx4 Konzen-
trationen über die Dauer der Messungen beobachtet werden. Die Abnahme gegenüber den
Startkonzentrationen ist imMittel aller Probanden nach einer Stunde 10.13% inWMund 14.18%
in GM. Zudem konnte ein simuliertes Laktat Signal quantifiziert und bildgebend dargestellt
werden. Dabei wurden sowohl eine konstante, als auch eine abnehmende Laktatkonzentra-
tion simuliert. Dies sollte die Fähigkeit der Messsequenz, zwischen oxidativem und nicht-
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oxidativem Glukose Stoffwechsel im Gehirn zu unterscheiden, beurteilen. Anhand der Ergeb-
nisse kann man sagen, dass die Stabilität der Sequenz ausreicht, um in 3T für dynamisches
DMI implementiert zu werden, da eine klare Abnahme der Glx4 Konzentrationen sowie ein
Kontrast zwischen WM und GM erkennbar war.
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Abstract

In this thesis, the stability of a magnetic resonance spectroscopic imaging (MRSI) sequence
in a 3 Tesla (T) magnetic resonance (MR) scanner was evaluated. The importance of the sta-
bility of the MRSI sequence comes from its application in a novel dynamic imaging method
using deuterium (2H)-labeled metabolites in hydrogen (1H) magnetic resonance spectroscopy
(MRS). Due to long scanning times, one of the main requirements for the implementation of
this dynamic method, in particular with field strengths of 3T, is a very high spatial and tempo-
ral stability of the underlying MRSI measurement sequence.

The measurements were made at the High Field Magnetic Resonance Centre of the Medical
University of Vienna in a 3T MR scanner. An MRSI sequence combined with concentric ring
trajectory spatial encoding was used to obtain concentration maps of different metabolites. In
a first run, 5 subjects were repeateadly scanned in a measurement session with the same MRSI
sequence in order to evaluate its stability. The consistency of the results was mainly quantified
with the coefficient of variation (CV). The metabolites, whose concentrations were taken for
the analysis, are NAA+NAAG (tNAA) as a constant reference signal and Glutamine (Gln) and
Glutamate (Glu) because of their role in the glucose metabolism in the brain. Then, 5 subjects
were given a deuterated [6,6’-2H2]-glucose substrate which was quickly metabolized in the
brain. The 2H nuclei in glucose are passed on to the metabolic follow-up products, namely
to Gln and Glu which are combined as Glx. While 2H nuclei cannot be detected directly via
1H-MRS, the drop in 1H-MRS detectable signal, when a 1H nucleus in Glx is replaced by a 2H
nucleus, can be detected as an indirect measure. The 2H-labeled group in Glx is called Glx4,
and its decay was then quantified using a linear fit function.

Assuming constant concentrations in the reference measurements, the CV for Glx4/Glx/
tNAA is 4.5/3.9/3.1% averaged over the full volume of interest. After ingestion of the deuter-
ated glucose substrate, a clear decline of Glx4 concentrations was observed in all subjects, with
the concentration decrease after an hour being on average 10.13% in White Matter (WM) and
14.18% in Grey Matter (GM). Thus concentration decay of 2H-labeled Glx as well as a contrast
between WM and GM was clearly distinguishable throughout the brain. Further, a simulated
Lactate signal with constant and with decaying signal strength could be identified. This should
probe the MRSI sequences ability of distinguishing between oxidative and non-oxidative glu-
cose metabolism in the brain. Given these results, the stability of the 3D-FID-MRSI sequence
is sufficient for the application in dynamic DMI with 1H-MRS in a 3T scanner.
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Chapter 1

Introduction

Magnetic resonance imaging (MRI) is commonly used in clinical applications to non-invasively
represent different types of tissue in the brain. Often combined with other tomographic meth-
ods, such as positron emission tomography (PET), to gain further information on metabolic
processses, it is used to detect visible anomalies in the tissue caused by various disorders.
Magnetic resonance spectroscopy (MRS) is a routinely used diagnostic method based on nu-
clear magnetic resonance (NMR) which can identify different biochemicals in a small volume
of space called a voxel in the tissue.

These chemicals involved in metabolic processes in the brain are called metabolites and
peaks in the NMR spectrum can be associated with metabolites as every chemical structure
has a characteristic NMR spectrum. By combining the image obtained through MRI with the
NMR spectrum at the corresponding location, diagnosis of certain metabolic disorders or dis-
eases can be confirmed, as certain pathological conditions show clear indications in the NMR
spectrum[1, 2]. This method is called single-voxel-spectropscopy (SVS) and can give additional
information on the biochemical properties of the tissue. However, while SVS offers high spec-
tral resolution, it is limited to a single voxel, i.e. only a small volume in the brain.

An extension of SVS that covers a larger volume of the brain is calledmulti-voxel-spectroscopy
and involves spatial encoding of the signals throughmagnetic gradients. It is the basic principle
of magnetic resonance spectroscopic imaging (MRSI), the method that this thesis is concerned
with. Low resolution MRSI is nowadays already used in clinical applications, however high
resolution MRSI sequences require ultra-high field (UHF) strengths and thus 7 Tesla (T) mag-
netic resonance scanners, long scanning times and external processing of the acquired data.
As the strength of the signal in NMR is directly linked to the magnetic field strength, data ac-
quired through MRSI sequences in 7T scanners have a higher signal-to-noise-ratio (SNR) and
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thus inherently higher spatial and spectral resolution than 3T scanners, but 7T scanners are
not as commonly found in clinics.

Optimized signal acquisition patterns vastly reduce the necessary scanning time, which
allows the sequence to acquire signals with a higher spectral bandwidth that in turn leads to a
higher spectral resolution, compensating the lack of UHF. The higher the spectral bandwidth
of the signal, i.e. the more data points are used to describe an NMR spectrum, the more in-
dividual peaks can be distinguished in the spectrum. UHF allow for more dispersion between
resonance peaks, thus revealing smaller multiplet signals, which are not visible in NMR spectra
acquired in a lower magnetic field as resonance signals close to each other would merge to a
broader peak. This is a problem that we encounter especially for metabolites such as Glutamine
(Gln), Glutamate (Glu), or Lactate(Lac), that are strongly affected by a phenomenon called J-
coupling which leads to their resonance signal splitting up in multiplets. Nuclei in a molecule
with different magnetic moments share electrons in chemical bonds. This interaction is called
scalar coupling or J-coupling. As electrons have a non-zero spin, the Pauli principle forbids
certain spin-states for electrons in the chemical bonds, which results in energetically different
nucleus-electron spin state combinations with corresponding resonance frequencies which are
independent of the external magnetic field and on the order of magnitude of a few Hz. The
proton resonance frequency is 300 MHz in a 7T field, the multiplet signals induced through
J-coupling are thus very close to each other as they are just a few Hz apart. As a consequence,
an increased amount of data points and a high spectral bandwidth are required to achieve a
sufficiently high spectral resolution for the detection of these J-coupled metabolites in an NMR
spectrum acquired in 3T magnetic fields.

The consistent detection of these metabolites in the NMR spectrum is highly important as
they are all products of the metabolic cycle of glucose. Anomalies in the glucose metabolism
in the brain are a key indicator for a brain tumor, because one of the characteristics of tumor
tissue is a highly increased glucose uptake as well as the metabolism of glucose into lactate.
After ingestion of a deuterated glucose substrate, a method based on MRSI can be used to la-
bel and track deuterated glucose molecules as well as their metabolic follow-up products in
1H-MRS. The use of a 3D-FID-MRSI sequence in 3T 1H-MRS for imaging of deuterium-labeled
metabolites was mentioned in a previous study[3]. For simplicity, the method will be referred
to as deuterium metabolic imaging (DMI), even though it does not use 2H-MRS to acquire res-
onance signals from deuterium nuclei like in previous studies[4] but instead tracks deuterated
signals indirectly in 1H-MRS.
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The importance of the stability of the underlying MRSI sequence comes from the key re-
quirement for dynamic methods, which is a very high spatial and temporal stability as the
measurement sequence has to be repeateadly used. This method could already successfully
locate and identify metabolic processes in 7T but as 3T scanners are more widely available,
dynamic MRSI methods implemented in 3T scanners can potentially increase their application
in clinical studies. The goal of this thesis is to show that the dynamic DMI method using 1H-
MRS in 3T can consistently quantify and visualize metabolite concentrations, to produce high
resolution maps that can be used to locate and identify metabolic anomalies in the brain.
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Chapter 2

Theoretical Background

2.1 Nuclear magnetic resonance spectroscopy

2.1.1 Nuclear magnetic resonance

The physical phenomenon behind MRS is called nuclear magnetic resonance and will be de-
scribed in the following section. Since we are working with Hydrogen spectroscopy we will
only consider protons but the following principles also describe the behaviour of neutrons
and nuclei composed of protons and neutrons such as Deuterium. Any charged particle with
non-zero angular momentum (intrinsic or orbital) has a magnetic dipole moment µ⃗

µ⃗ =
gµN

h̄
I⃗ = γI⃗ (2.1)

that is related to the angular momentum I⃗ through the gyromagnetic ratio γ = gµN

h̄
. The

g-factor g is a proportionality constant relating the magnetic moment with the angular mo-
mentum of a nucleon and depends on its inner structure. It is thus different for protons and
neutrons, as they are not elementary particles but represent bound states of three quarks car-
rying either +2/3 (’up’-quark) or -1/3 (’down’-quark) elementary electric charge e. The nuclear
magneton µN = eh̄

2mp
with the elementary charge e and the proton mass mp, is the natural

unit for the magnetic dipole moment of a nucleon. The gyromagnetic ratio of the proton is
γp = 2.675× 108 rad

Ts
[5].

In an external magnetic field B⃗ applied along the z-axis, the magnetic moment µ⃗, inducing
itself a local magnetic field, will start interacting with B⃗ and feel a torque which is described
by

dµ⃗

dt
= µ⃗× γB⃗. (2.2)
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The solution of (2.2) shows that the magnetic moment µ⃗ and thus the proton will start precess-
ing around the axis of B⃗ in a phenomenon called Larmor precession. The angular precession
frequency is referred to as the Larmor frequency and is defined as

ω0 = γ|B⃗|. (2.3)

We find that at 3T the resonance frequency of the proton is 127.74 MHz, which is in the ra-
diofrequency range.

For a proton in B⃗, the magnetic moment µ⃗ in direction of the magnetic field axis, µz , is
quantized because the angular momentum I⃗ can only have certain discrete values along the
z-axis, namely Iz = mzh̄ withmz being the magnetic (or orientation) quantum number. Since
(2.1) relates Iz with µz and the potential energy of a magnetic moment in a magnetic field is
E = −µ⃗ · B⃗, the discrete energy levels for a magnetic moment in B⃗ become

Emz = −µzBz = −γIzBz = −γmzh̄Bz. (2.4)

Since mz can only take integer values, the energy levels of a nucleon split up in an external
magnetic field with the difference between two neighbouring energy states being

∆E = γh̄B. (2.5)

This splitting up of energy states in an external field is called the Zeeman effect. For a proton,
the transition between two energy states is possible when the nearby electromagnetic field
has a frequency corresponding to the protons resonance frequency, i.e. its Larmor frequency
(2.3). This changes periodically the orientation of the magnetic moment and thus the induced
magnetic field around the proton, which in turn induces a measurable current in a receiver
coil. The quantization of the magnetic moment along the z-axis depends on multiple factors,
however also in the ground state where the orbital angular momentum is zero, the non-zero
spin angular momentum of a proton with spin s = 1/2 will still cause an energy level splitting
into spin-up and spin-down states. This was verified by the Stern-Gerlach-Experiment in 1922.
Henry Purcell and Felix Bloch independently of each other experimentally demonstrated this
phenomenon, called nuclear magnetic resonance (NMR), in 1945 by measuring the change of
the induced current in a receiver coil after excitation of a nucleus. For their discovery and their
advancements they were awarded jointly the Nobel prize in physics in 1952.
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Bloch equations

In the brain, matter in a 1×1×1 mm3 volume contains around 6 × 1019 protons[1]. The sum
of all the spins of all the protons will be combined to yield a macroscopic magnetization

M⃗ =
�
i

µ⃗i. (2.6)

In a magnetic field

⃗B(t) =

B1 cos(ωt)

B1 sin(ωt)

B0

 , (2.7)

the magnetization M⃗ will experience a torque described by

dM⃗(t)

dt
= M⃗(t)× γ ⃗B(t). (2.8)

This system of equations is similar to (2.2) with the magnetic moment µ⃗ replaced by the mag-
netization vector M⃗ . This torque induces a complicated spiral trajectory of M⃗ in the stationary
frame of reference which is why solving the coupled differential equations (2.8) is easier after
a change of reference frame into a (rotating) laboratory frame in phase with B⃗1, as it reduces
(2.8) to a static problem. The equations solving (2.8) are called the Bloch equations (2.9)-(2.11)
and describe the behaviour of the magnetization sphere M⃗(Mx,My,Mz) of a large number of
spins with relaxation times T1 and T2 and an equilibrium magnetization M0 under the influ-
ence of a magnetic field B⃗(Bx, By, Bz) in a static homogeneous magnetic field in z-direction,
B0:

Mx(t)

dt
= γ(M⃗(t)× B⃗(t))x − Mx(t)

T2

, (2.9)

My(t)

dt
= γ(M⃗(t)× B⃗(t))y − My(t)

T2

, (2.10)

Mz(t)

dt
= γ(M⃗(t)× B⃗(t))z − Mz(t)−M0

T1

. (2.11)

These equations were first postulated by Felix Bloch in 1946 and include the effects of spin-
spin relaxation, characterised by T2, and spin-lattice relaxation, characterised by T1. The two
relaxation effects as well as the FID will be explained in the next sections.
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Longitudinal relaxation

Without the presence of an external field, the proton spins are randomly orientated in all spa-
tial directions and do not induce a measurable magnetization, as oppositely faced magnetic
moments cancel each other out.

An external magnetic field B0 applied in the z-direction, i.e. B⃗ =

 0

0

B0

 , will cause a preces-

sion of the magnetic moments µ⃗ and thus of the magnetization M⃗ with the Larmor frequency
around the axis of B0. As the potential energy of a magnetic moment µ⃗ in a magnetic field B0

is minimal when µ⃗ and B0 are oriented parallel to each other, the spins will slightly favor the
parallel orientation to the axis of B0 as it is the energetically favorable orientation. Since the
spins will be biased towards an orientation along B0, they give rise to a small magnetization
in the direction of B0 that increases over time according to

Mz(t) = M0(1− e−
t

T1 ), (2.12)

with T1 being the longitudinal relaxation time. This process of building upmagnetization in the
direction ofB0 is called spin-lattice relaxation, since energy is transferred from the proton spins
to the surrounding lattice in order to reach thermodynamic equilibrium. As the protons tend
towards the state of thermodynamic equilibrium, the induced magnetization tends towards
M0, which is the thermodynamic equilibrium magnetization, given by

M0 =
Nγ2

ph̄
2B0

4kBT
, (2.13)

where N is the number of protons, kB = 1.38× 10−23 is the Boltzmann constant [5], and T is
the absolute temperature in Kelvin[1].

The magnetization Mz defines the strength of the resonance signal that will be measured
in an NMR experiment. The thermodynamic equilibrium magnetizationM0 is relatively small
and not directly detectable while in the direction of B0. Hence it will be necessary to rotate
the magnetization M⃗ into the transversal plane. The magnetizationMz building up over time
is sketched in Fig. 2.1 on the right.
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Figure 2.1: Left: T2 (black) vs T ∗
2 (grey) decay after excitation in the transversal plane. Right:

MagnetizationMz built up through spin-lattice relaxation after the external magnetic field B0

is turned on[1].

Transversal relaxation

A high frequency external magnetic field B⃗1 with a frequency matching the Larmor frequency
of the protons solving (2.9)-(2.11), can temporarily deflect the entire magnetization sphere from
the z-direction into the transversal plane by an angle αwhich is called the flip angle, by adding
a small torque at every Larmor rotation. The flip angle depends on the magnetic field strength
B1 as well as the duration of the RF pulse ∆t and is given by :

α = γB1∆t (2.14)

As the Larmor frequency of the proton is in the range of radiofrequencies, B⃗1 is called a ra-
diofrequency (RF) pulse.

After the RF pulse, the magnetization in the transversal plane Mxy(0) will be non-zero
and thus detectable, as all the spins that were in phase in z-direction will be in phase in the
transversal plane, while the rest of the spins in the magnetization sphere are still randomly
distributed. Random energetic exchanges between nearby spins through molecular tumbling
and Brownian motion will cause the spins to dephase after a short time, causing a loss of
macroscopic magnetization in the transversal plane. This decay of magnetization is called the
spin-spin relaxation and is described by

Mxy = Mxy(0)e
−t
T2 , (2.15)

with T2 being the transversal relaxation time, which is a lot shorter (10 - 300 ms) than T1 (500
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- 3000 ms).

As these interactions between spins are random and happen independently of the local
magnetic field, spin-spin relaxation can be described by an exponential decay. However, in
real matter there are also inevitable local inhomogeneities in the magnetic field, especially in
the region of the frontal cortex as well as in the border region of the skull. This is due to the
different magnetic susceptibilities of water in the brain and air in the nasal cavity.

Depending on their location in space, spins will not have the same Larmor frequency which
causes an additional loss of phase coherence. The additional decay caused by these temporarily
constant inhomogeneities is not exponential as it is not random but position dependent and
leads to stronger dephasing at certain points than at others. Both effects are combined in
literature through another relaxation constant T ∗

2 , which describes the actual measured decay
of magnetization of matter after an excitation in the transversal plane. The voltage induced by
this decaying magnetization in the receiver coil is called the free induction decay (FID). Both
T2 and T ∗

2 decay can be seen in Fig. 2.1 on the left.

2.1.2 Magnetic Resonance Spectroscopy

After technical advancements during the 1950’s, allowing for the use of pulsed high frequency
magnetic fields B⃗1, it was possible to actually measure the FID of the nuclei. The molecules in
the brain are complex chemical structures, where same hydrogen atoms have different reso-
nance frequencies depending on the group they’re in. This is due to the chemical shift

δ =
ν − νref

ν
, (2.16)

which was discovered in 1950 by W.G.Proctor and F.C.Yu. Neighboring atoms can shield the
whole group by locally inducing a permanent magnetic field, which means that the local en-
vironment of a nucleus can influence its resonance frequency. Different chemical groups shift
the resonance peaks in a spectrum with respect to a reference nucleus such as 1H with a Lar-
mor frequency νref . Thus each chemical structure has a characteristic resonance spectrum, as
the 1H nuclei in each group have different resonance frequencies.

This spectrum can be obtained by measuring the FID and applying a Fourier transform
to the signal, which splits up the time-dependent signal into the resonance frequencies of the
chemical groups that contribute to the signal. This principle is called magnetic resonance spec-
troscopy (MRS) and allowed for the distinction of different groups in a molecule and for the
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identification of a certain molecule in a spectrum measured in real matter. Through MRS, we
can identify the chemical components that are responsible for a certain FID signal. It took
about 20 more years to develop another method called Magnetic Resonance Imaging (MRI) al-
lowing for the localization of the signal.

2.1.3 J-coupling

There is another effect that causes resonance peaks to split into several smaller resonance
peaks which is due to the interaction of nearby nuclei with each other through electrons in
their chemical bonds. This splitting up of resonance peaks is called J-coupling or scalar cou-
pling and is independent of the magnetic field, thus it is given in Hz. This is an effect that can
only be explained through quantum mechanics, as it involves the spin of the involved parti-
cles. Isolated atoms, nuclear spin and their surrounding electrons spin will always choose the
energetically favorable antiparallel orientation as they have the freedom to choose the ener-
getically lowest state. In chemical bonds however, because of the Pauli exclusion principles
that does not allow two identical quantum states in the same place, the electrons with spin
s = 1/2 will be forced into an antiparallel orientation. The nucleus can be in any state and as
the electron’s spins are locked in a certain orientation, a nuclear spin and its electrons spin can
thus be in a energetically higher parallel orientation or in an energetically lower antiparallel
orientation, depending on the state of the nucleus. Thus there are two possible states for the
atom with different resonance frequencies. The more nuclei are involved, the more states will
be allowed and thus resonances can be split up into more smaller resonances. Scalar coupling
is independent from the external magnetic field and is given in Hz. A more detailed description
of J-coupling can be found in [1].

2.2 Magnetic Resonance Imaging

Based on MRS, P. Mansfield and P.C. Lauterbur developed MRI during the 70’s, for which they
received the shared Nobel Prize in physiology and medicine in 2003. The idea of MRI is the
encoding of measured FID signals with spatial information. The data acquisition takes place
after a series of magnetic gradient fields in combination with RF pulses prepare and encode the
FID.
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2.2.1 Main components of the MR scanner

Themost important and most expensive part of the MR scanner is the superconducting magnet
that is wound around the scanner tube and can produce a magnetic field of multiple T. It is the
largest and outermost part of the MR scanner. Between this superconducting magnet inducing
the magnetic field B0 and the patients table are multiple coils required for the measurement
sequence. The high frequency RF pulses or B1 fields are generated by the RF coils. The shim-
ming coils are required for the generation of additional magnetic fields that homogenize the
magnetic field B0 in the VOI. The gradient coils induce the magnetic field gradients that are
required for the localisation of the signal for imaging.

Shimming

The scanner field B0 is locally inherently inhomogeneous as it interacts with the local field
of the matter in the brain, so it is difficult to precisely locate the signals as local variations in
the magnetic field will deviate the phase and frequency encoded location of the signal from its
actual position. Even small deviations of the magnetic field can cause unwanted shifts in the
resonance frequency.

A standard procedure to counteract this problem during the measurement sequence and to
homogenize the field in the brain is ’shimming’, where coils create magnetic fields, that can be
approximated in the VOI using spherical harmonics, which, overlayed with the scanner field
B0, reduces the inherent inhomogeneities of the latter. This is a process that can be done au-
tomatically by programs pre-installed by the manufacturer or manually.

2.2.2 Encoding of spatial information in the signal

Amagnetic field gradient G in any spatial direction, which is sketched in Fig. 2.2, will shift the
resonance frequency ν of a nucleus depending on its location r according to

ν(r) =
γ

2π
B0 +

γ

2π
rG (2.17)

and in the NMR spectrum, the chemical shift of the groups will depend on the strength of the
magnetic field at its location, which is B(r) = B0 + rG. The NMR spectra of the molecules
present in the brain are characteristic, so from the measured spectrum with the applied gra-
dient we can deduce how strong the gradient affects the signal and thus the position of the
nuclei responsible for the signal in the gradient direction.
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Figure 2.2: Applied magnetic field gradients Gx, Gy and Gz inside of the scanner tube [1].

In practice the three spatial dimensions x,y,z are encoded through frequency-encoding,
phase-encoding and slice selection respectively.

Slice selection

A magnetic field gradient in the z-direction will shift the resonance frequency ν of the nuclei
according to their position on the z-axis. An RF pulse with a specific frequency νRF will only
excite the nuclei that have a matching resonance frequency. By combining an RF pulse with
a magnetic field gradient, a slice can be selected in which all nuclei with a Larmor frequency
within the bandwidth of the RF pulse will be excited while everything else on the z-axis will
not be influenced by the RF pulse. This principle can be seen in Fig. 2.3.

Figure 2.3: Principle of slice selection in the brain. The height of the slice is selected by the
gradient strength and the frequency of the RF pulse and the width of the slice is determined
by the bandwidth of the RF pulse[1].

After excitation, the measured signal can be identified with a location on the z-axis and
thus to a slice of the brain. Exciting a single slice leaves two more spatial dimensions in the
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transversal plane that have to be encoded in the signal. This 2D spatial information will be
encoded in the frequency and in the phase of the signal.

Frequency encoding

A magnetic field gradient in the x direction will shift the resonance frequency of the nuclei
depending on their position in the x direction according to (2.17). After excitation of the nuclei,
the frequency encoding gradient is turned on which causes the FID to be position dependent.
Subsequently measuring the FID, for instance through a spin echo, allows us to distinguish the
signals based on their position on the x-axis. As the spectrum is obtained through a Fourier
transform, the resonance frequency shift caused by the gradient will be transferred to the
spectrum.

Phase encoding

The information on the last spatial dimension y will be stored through phase encoding. The
location on the y axis is encoded in the phase of the signal with another magnetic gradient in
the y axis, applied right after excitation and turned off before acquisition. Unlike for frequency
encoding gradients, there is no additional, opposite gradient, so the induced phase shift can be
measured in the acquired signal. This phase encoding gradient is linearly incremented for each
measurement and will induce a phase shift for all the nuclei depending on their position in the
gradient field. Every time the gradient strength increases, the nuclei will have a slightly differ-
ent phase shift. By comparing how this phase shift varies for each signal in each measurement,
the position of the signal on the y axis can be deduced.

2.2.3 FID signal acquisition

The FID of the magnetization sphere is an analog sinusoidal signal with a frequency∆ν that is
induced in a receiver coil. The FID is governed by the T2∗-decay which includes spin-spin and
spin-lattice relaxation. While the effect of spin-lattice relaxation is irreversible as energy will
spread into the thermodynamic system, spin-spin relaxation is reversible and can be undone
by forming an echo. This FID signal is sampled by an analog-to-digital converter measuring
the current at equidistant time points at least twice per period ∆T = 1

∆ν
. The time between

two data points ∆t corresponds to the inverse of the spectral bandwidth. The sampling of the
FID signal is sketched in Fig. 2.4.

Applying a Fourier transform to this digitized signal results in a spectrum with a peak at
every resonance frequency contributing to the signal. During the acquisition window, only
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the spins that are in phase will lead to a measurable signal. While the spins are in phase right
after excitation, it is technically not possible to instantly turn on the magnetic fields and thus
sampling of the first data points would happen during time-varying magnetic fields, which
would result in unwanted artifacts in the spectrum as there would be no consistent spatial
encoding of the spectrum. Excluding these data points while the gradients ramp up, would
result in a loss of data with the highest SNR. Further, prior to acquiring the data, it has to be
encoded with the spatial information, which requires magnetic field gradients applied during
the FID.

Figure 2.4: FID sampling at equidistant time points by the ADC. The sampling frequency ∆t
has to be at least twice as high as the period of the signal ∆T in order accurately sample the
FID[1].

2.2.4 Spin-echo sequence

An effect that is then used to acquire the FID signal is a spin echo. By applying an RF pulse
orientated anti-parallel toB0 after the excitation pulse, the additional dephasing caused by the
local magnetic field inhomogeneities can be reversed, bringing back the signal in the form of
an echo, that is slightly weaker than at t = 0, which is due to the T2 decay as can be seen in Fig.
2.1 on the left. Locally the magnetic field has maxima where spins dephase more rapidly. By
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flipping the orientation of the spins with a refocusing RF pulse anti-parallel to B⃗0 that is turned
on for twice as long as the first excitation pulse, the effect of these local inhomogeneities can be
undone. At local magnetic field maxima, where the spins experience the strongest dephasing,
they will also rephase more rapidly after the refocusing pulse as the static inhomogeneities in
the field will then have an inverse effect on the rephasing speed of the spins. After an echo
time t = TE the spins will all be in phase again giving rise to a macrosopic magnentization
called an echo, which is when the FID signal is acquired in the receiver coil. This effect can be
seen in Fig. 2.5 on the left.

Figure 2.5: Principle of a spin-echo sequence and a gradient echo sequence in 3 dimensions,
using slice selection with the z Gradient, frequency encoding with the x Gradient and phase
encoding with the y Gradient. In both cases during the acquisition window of the signal Tacq,
the x Gradient is turned on for frequency encoding. In the gradient echo sequence (GRE) it is
responsible for the generation of the echo as their is no inversion pulse[6].

Another sequence that allows for additional encoding is the spin-echo with an additional
phase- or frequency-encoding gradient during the T2∗ decay, which is called a gradient-echo
sequence and can be schematically seen in Fig. 2.5 on the right. It offers the potential of encod-
ing additional information in the FID during the sequence which can be brought back during
the echo. The echo in a gradient echo sequence is brought back with another gradient while
the echo in a spin-echo sequence is brought back with an inversion pulse.

2.2.5 T1- and T2-weighted measurement sequences

After the excitation pulse, the magnetization Mz is deflected into the transversal plane and
will instantly start building up again through spin-lattice relaxation. The time untilMz is built
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up sufficiently for another excitation pulse is called the repetition time TR, which is usually a
lot longer than the echo time TE . A measurement sequence using short TE and TR is called
T1-weighted while long TE and TR characterize a T2-weighted measurement sequence. T1-
and T2-weighted MRI sequences put in contrast different types of tissue and both are nowa-
days standard for clinical application. While T1-weighted sequences emphasize fat signals,
T2-weighted sequences are used to detect water signals such as the cerebrospinal fluid.

2.2.6 K-space

The FID data points acquired throughout the entire VOI are stored in k-space and their position
can be described by the coordinates (kx, ky, kz). In a slice of the brain, kz is fixed through slice
selection and sampling of the FID signal takes place at specific points (kx, ky), which are chosen
by the frequency and phase encoding gradients. A schematic representation of a 2D k-space
can be seen in Fig. 2.6 on the right. The frequency encoded signals f(ν) typically correspond
to a vector kx in k-space while the strength of the phase encoding gradient defines a location
in k-space ky. In a way, varying magnetic field gradients can be used to move through points
in k-space. The distance between each point in k-space is ∆k. The field of view in local space
is FOV = 2π

∆k
, which is the region in which the signals are acquired. The total number of voxels

in local space defines the resolution N = N1 × N2 × N3 and each voxel has a theoretical size
of ∆V = FOV

N
. However, the actual size of every voxel is different from ∆V as the Fourier

transform does not conserve the voxels spatial proportions.

The measured time dependent signal s(kx,ky,kz ,t) is transformed into the spectrum in k-
space F(kx,ky,kz ,ω) in the frequency domain with a spectral Fourier transform. As the signal is
sampled at discrete time points, a discrete Fourier transform will also process the signal from
the time domain to the frequency domain. Then, a 3D-spatial Fourier transform

f(r⃗, ω) =

� ∞

−∞
F (k⃗, ω)e−ik⃗r⃗dr⃗ (2.18)

yields the spectra f(x,y,z,ω) in image space. In practice this is done using a fast Fourier trans-
form algorithm.

2.3 Magnetic resonance spectroscopic imaging

MRS andMRI are the basis for magnetic resonance spectroscopic imaging (MRSI) - which com-
bines both spectroscopicmethods andmulti-voxel imagingmethods to createmulti-dimensional
maps of the measured spectra. MRSI measurement data can be reconstructed to an image of
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Figure 2.6: Image space (left) and k-space (right) of a slice in the brain[7]. At every point in
k-space, the FID is measured and a fourier transform of the data set will result in the image
on the left. By interpolating the data using zero-filling, the matrix size and thus the spatial
resolution can be further increased. This process will be further explained in Section 3.2.

the brain that is both spatially and spectrally resolved. This means that for every voxel in the
brain we obtain a spectrum that contains the information about the components present in the
tissue. By varying the applied magnetic gradients before and during acquisition, i.e. through
frequency- and phase-encoding, we can "navigate" through k-space andmeasure the FID signal
at every point. Through a Fourier transform we can obtain the spectra points in k-space which
can then be associated with voxels in real space (2.10). A more detailed description of MRSI
can be found in [1].

2.3.1 Non-cartesian trajectories

In most clinical applications, k-space is transversed in a standard rectilinear line-by-line path,
which has the advantage that the images are easy to reconstruct but scanning times are very
long. However, the data can also be collected through non-cartesian trajectories, such as spi-
ral or radial trajectories in k-space, which require more complicated algorithms to be recon-
structed to an image but offer many advantages compared to cartesian trajectories. Next to
requiring significantly reduced scanning times, they contain less unwanted artifacts from un-
dersampling, are less affected by motion during acquisition and allow motion-correction algo-
rithms, allow for ultra-short TE acquisitions, spectrally selective imaging and chemical shift[8].

The trajectory used to sample k-space for the measurements that were made for this thesis
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are concentric ring trajectories (CRT), that have an increasing radius after every excitation,
which is achieved by using sine and cosine modulated magnetic gradients. The number of
orbits after each excitation corresponds to the spectral bandwidth. The FID of same points on
these rings in k-space are measured and used to obtain the corresponding spectrum through
Fourier transform. Then, after every other excitation pulse, the radius of the ring is increased
until k-space is completely filled up. For high spectral bandwidths, this has many advantages
as the self-rewinding property of CRTs are more SNR-efficient, faster, and less susceptible to
gradient imperfections than other spatial-spectral encoding approaches[9]. This method is
sketched in Fig. 2.7. This approach has been used before in studies using 3T MR scanners and
has proven to be a reliable and efficient data acquisition pattern [10, 11]. While CRT encoding
has been used in combination with a 3D-FID-MRSI sequence in previous studies in 7T and 3T,
it has not been used in dynamic 1H-DMI, which involves repeated measurements over a longer
period of time. This approach requires thus high temporal and spatial reliability of the used
encoding technique.

Further information on MRS and MRSI can be found in [7, 12, 13].
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Figure 2.7: Principle of CRT encoding[14]: The upper left graph shows the trajectory in k-
space, the different colors represent different radii that become increasingly large after every
repetition TR. The upper right graph shows the trajectory in k-space over the duration of one
excitation. The four lower graphs represent the magnetic fields induced by (top to bottom) the
RF coil, the gradient coils Gx, Gy, Gz . While Gz is used for slice selection, Gx and Gy are used
for the acquisition of the signal.

2.3.2 Metabolic maps

After having linked the acquired spectra to a voxel in the brain, a specialized software called
LCModel[15] analyses each spectrum with a given basis containing the spectrum of a number
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of metabolites and identifies the most fitting linear combination of these. One of these fit
spectra can be seen in Fig. 2.8. The coefficients of this linear combination correspond to an
amplitude, which means that a higher peak in the spectrum, i.e. a stronger signal of a certain
metabolite correlates with its concentration in the voxel where the signal has been measured.
However, this is not an absolute concentration, as there are other factors that decorrelate the
extracted amplitude from the actual concentration. The reconstructed data have 4 dimensions,
three spatial dimensions and one spectral dimension that contains the extracted concentration
of the metabolites. Metabolic maps are a 2D slice of the 3D map containing the concentrations
of a single metabolite in every voxel. High-resolution metabolic maps of Glu and Gln along
with a T1-weighted image of the same slice can be seen in Fig. 2.8 [16].
As a non-deuterated reference molecule for the stability of the measurement sequence we use
N-acetylaspartate (NAA) combined with N-acetylaspartatylglutamate (NAAG), as their sum,
NAA+NAAG (tNAA), produces a large and constant signal both in white matter and in grey
matter, which means that we can expect the amplitudes extracted from the spectrum to be
very consistent over multiple measurements. Other metabolites that we are interested in are
Glutamine (Gln) and Glutamate (Glu), two amino acids that are metabolic byproducts from
glucose metabolism in the brain as well as Lactate. These and other metabolites involved in
metabolic cycles in the brain will be further introduced in the following section.

2.3.3 Metabolites in a human brain

Molecules involved in metabolic cycles in the brain are called metabolites. These can be inter-
mediary or end products of metabolism. While there are more chemical compounds involved
in metabolic pathways, some important ones, represented in the spectrum in Fig. 2.9 will be
briefly described in the following Section. All data on the following metabolites are taken from
[1].
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Figure 2.8: High resolution (80×80×47) T1-weighted maps obtained through MP2RAGE (left
column), metabolic maps of Glu (middle column) and Gln (right column) of a healthy subject
in 7T. The red arrow indicates the voxel where the spectrum below has been acquired. The
metabolites in this spectrum were fitted using LCModel and the fit curves for Gln (blue) and
Glu (pink) show the spectral separation between Gln and Glu resonances at 7T[16].
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Figure 2.9: Commonly detected metabolites using 1H-MRS in a voxel in a human brain [1].

Alanine (Ala)
Alanine is an amino acid that is closely linked to metabolic pathways such as glycolysis, gluco-
neogenesis and the TCA cycle. It is usually present in concentrations around 0.5mM/L. Alanine
shows a resonance signal has a doublet resonance at 1.47 ppm and a quartet resonance at 3.77
ppm.

Aspartic Acid (Asp)
Aspartate is an amino acid that acts as a excitatory neurotransmitter. Synthesized in the brain
from glucose, its a key component of the transport of electrons through the mitochondrial in-
ner membrane. It’s usually present in the brain in concentrations around 1-2 mM/L. Aspartate
has a pair of doublet-of-doublet resonance signals at 2.67 ppm and 2.80 ppm.

Total choline (tCho)
Total choline resonance signal at 3.2 ppm contains contributions from free choline (Cho), glyc-
erophoshorylcholine (GPC), and phosphorylcholine (PC) and is next to NAA and tCr one of the
most prominent resonance signals in the brain. High tCho signals can be observed in subjects
with Alzheimer’s disease, multiple sclerosis and cancer while low tCho concentrations are an
indication for liver disease and stroke.

Total creatine (tCr)
Total creatine refers to the combined resonance signal of creatine(Cr) and phospocreatine(PCr).
They have singlet resonance signals at around 3.03 ppm and 3.93 ppm. Total creatine plays a
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major role in the energymetabolism of cells. Concentrations of creatine are usually around 4.5-
6.0 mM/L and concentrations of phospocreatine are usually around 4.0-5.5 mM/L. Decreased
levels of creatine have been observed during the chronic phase of pathological disorders such
as tumors or strokes.

γ-aminobutyric acid (GABA)
γ-aminobutyric acid is an amino acid that acts as an inhibitory neutrotransmitter that is synthe-
sized from glutamate. GABA has a quintet resonance signal at 1.89 ppm and triplet resonance
signals at 2.28 ppm and at 3.0 ppm. All of its resonance signals overlap with stronger resonance
signals, making it hard to detect without spectral editing methods. It is usually present in the
brain in concentrations around 1 mM/L but altered levels of GABA can be observed in patients
with several neurological or psychiatric disorders.

Glutamine (Gln)
Glutamine is an amino acid synthesized fromGlutamate. It has a doublet-of-doublets resonance
at 3.77 ppm as well as multiplet resonance signals between 2.12 ppm and 2.46 ppm. It plays an
important role in intermediary metabolism in the brain and in the glutamate-glutamine neu-
rotransmitter cycle. Its usual concentrations in the brain vary from 2-4 mM/L.

Glutamate (Glu)
Glutamate is an amino acid acting as the major excitatory neurotransmitter and as a direct
precursor for GABA. Further, it is a relevant component in the synthesis of other metabolites,
small peptides and proteins. It has a resonance signal appearing as doublet-of-doublets at 3.75
ppm and mulitplet resonance signals between 2.04 ppm and 2.35 ppm. It’s present in concen-
trations between 8-12 mM/L.

Lactate (Lac)
Lactate is the end product of anaerobic glycolysis and is usually present in low concentrations
of 0.5 mM/L in a healthy brain. However, lactate concentrations in the brain are increased in
case of functional activation, restricted blood flow or in tumor tissue. A resonance signal in
form of a doublet can be observed at 1.31 ppm and a quartet resonance can be observed at 4.10
ppm.

N-Acetyl Aspartate (NAA)
N-Acetyl Aspartate is after glutamate the second most conentrated metabolite in the brain. It
has the most prominent resonance signal in 1H-NMR spectra at 2.01 ppm. Further, there are
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smaller doublet-of-doublets resonances at 2.49 ppm, 2.67 ppm and 4.38 ppm. NAA is used as
a marker of neuronal density, as a decrease in NAA concentrations can be observed in disor-
ders that are accompanied by neuronal loss. NAA is also used as a concentration marker, as it
is relatively immune to acute metabolic disturbances such as ischemia or hypoxia. There are
however differences in NAA concentrations in GM (8-11 mM/L) and WM (6-9 mM/L). In addi-
tion, N-acetyl aspartyl glutamate (NAAG) has a resonance signal that coincides with the NAA
methyl peak at 2.01 ppm so often the sum of both (tNAA) is used as a reference concentration
marker instead.

2.4 Brain Metabolism

The brain, being one of the most active and complex organs of the body, has to be constantly
supplied with nutrients and energy. This energy is stored in a molecule called adenosine
triphosphate (ATP), which is the molecule that all cells in the body require to function prop-
erly. In healthy tissue, glucose and oxygen are converted through aerobic respiration into ATP.
More precisely, this conversion happens in the mitochondria of the cell through the citric acid
cycle. Through glycolysis, glucose is broken down into pyruvic acid and the energy that is
being freed in the process is then used to form ATP. The schematic metabolic cycle including
other relevant enzymes can be seen in Fig. 2.10.

As this metabolic path happens aerobically, i.e. by using oxygen, it requires a constant sup-
ply of oxygen to the brain. Usually, when the cell’s oxygen supply is not sufficient to sustain
aerobic metabolism of glucose, the body switches to the less efficient anaerobic respiration,
where the conversion of glucose into ATP happens without oxygen through the lactic acid cy-
cle. In that case, lactate is metabolized as a byproduct. This happens in muscle tissue under
heavy stress, i.e. during intensive physical activity. In this case, oxygen supply is not sufficient
to sustain aerobic respiration and lactate is produced instead as the cells switch to anaerobic
respiration. Lactate is responsible for the muscle soreness after physical activity.
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Figure 2.10: Schematic overview of the 2H-labeled glucose metabolism in the brain[17]. The
downstream metabolites have the substituted deuterium groups which can be seen in red. The
oxidative conversion of Glucose requires the enzyme PDH which leads to the path towards
the right side of the graph and thus to deuterated Glx, while the non-oxidative conversion of
Glucose uses the enzyme LDH which instead leads to the production of deuterated Lac.

While it is normal in muscle tissue, it should never be the case in the brain. Instead, ATP
is supposed to be generated exclusively through aerobic glycolysis in the citric acid cycle. A
healthy brain, being one of the most perfused organs, is constantly supplied with sufficient
oxygen to keep all brain cells functioning. However, in case that blood vessels are partially
or completely blocked, preventing oxygen from reaching the brain cells, metabolism through
aerobic respiration is not possible. In this case, lactate is present in significantly higher con-
centrations in the brain, for instance after having a stroke.

In tumor tissue, glucose is also metabolized through the lactic acid cycle, thus showing
increased levels of lactate [18] even though the oxygen supply would be sufficient for aerobic
respiration. This is called the Warburg effect and it is not yet known why this is the case[19].
Hence, glucose uptake in tumor tissue is also significantly higher than in healthy brain tissue.
So, by identifying lactate in the brain and by analysing glucose uptake, we can locate cancer
tissue. Nowadays in clinical applications, the standard method used to track glucose uptake in
the brain is positron-emission-tomography(PET).
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2.4.1 Positron emission tomography (PET)

In PET, a radiotracer is used to track glucose uptake. Most often, the hydroxyl group in glu-
cose is substituted with a radionuclide fluorine-18, this radiotracer is called fluorodeoxyglu-
cose (FDG). After injection of FDG in solution, the glucose will be distributed through the
body, mostly however in the brain. This modified glucose has the property of accumulat-
ing in higher concentrations in tumor tissue than in normal brain tissue. Through β+ decay,
positrons are emitted which react with electrons causing the annihilation of the two particles
and the creation of two energetically equal photons, which are emitted simultaneously in op-
posite directions. If they are then simultaneously detected in opposing spots with the same
energy, it can be deduced that they originate from the same annihilation event. Thus, it can
be tracked where the annihilation has taken place and where FDG has accumulated. The key
mechanism of PET can be seen in Fig. 2.11.

FDG uptake in the brain is similar to glucose, however FDG is metabolized differently than
glucose. Also, the radioactive group is not transferred to themetabolic follow-up products such
as glutamine, glutamate or lactate. While FDG can be used to quantify glucose consumption, it
cannot track its further metabolism. Instead, to track in vivo glucose downstream metabolism
we use a method called deuterium metabolic imaging.

Figure 2.11: Schematic representation of the PET mechanism[20]. A nucleus of the radio-
tracer FDG, which accumulates in tumor tissue because of the increased glucose uptake, emits
a positron which reacts with nearby electrons, causing the annihilation of the positron and
the electron and the subsequent emission of 2 equally highly energetic photons in opposite
directions. From the simultaneous detection of both photons we can track the location of the
annihilation process and thus the position of the tumor tissue.

2.4.2 Deuterium metabolic imaging

With standard 1H MRS, we can only directly detect the signal caused by hydrogen groups.
However, deuterium has an additional neutron in its core and its gyromagnetic ratio and thus
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its resonance frequency is significantly lower by a factor of about 6.5 than the one of a hydrogen
nucleus and thus outside of the measured spectrum. Technically it is possible to directly detect
the signal from deuterium groups, however a special deuterium coil is necessary to pick up
their signal, which is by itself already very expensive, requires hardware and software mod-
ifications in the scanner as well as additional maintenance. Instead, the deuterium signal is
captured indirectly in standard 1H spectroscopy.

Figure 2.12: Comparison of Gln and Glu resonances for different magnetic field strengths. The
percentage represents the overlap of the signals which decreases with increasing field strength,
where proton resonance frequencies above 300 MHz represent field strengths of more than
7T[1].

After the ingestion of deuterated glucose, where a hydrogen atom was substituted with
deuterium, deuterium will travel through the body and will mostly accumulate in the brain
where it is metabolized into its follow up products. Deuterated glucose is chemically similar
to glucose and is thus metabolized in the same way. As deuterated glucose replaces normal
glucose, the glucose signal that can be picked up by the receiver coil is different, precisely it
lacks the signal that originates from the deuterated group. As the presence of deuterium in
the molecule changes the NMR spectrum, it allows us to label and track molecules that are
deuterated. This labeling is also passed on to the metabolic follow-up products made from it
because deuterium does not influence the chemical reactions and the metabolic behaviour. Af-
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ter the ingestion of deuterated glucose, metabolic processes in the brain create among others
deuterated glutamate and deuterated glutamine. Their NMR spectra are very similar and most
of their peaks are just a few hundredths ppm apart as can be seen in Fig. 2.12[1]. With field
strengths of 3T glutamate and glutamine have almost overlapping peaks because of their simi-
lar chemical structure and their increased bandwidth compared to similar measurements with
7T MR scanners, where they have clearly separated peaks for the methyl groups of glutamate
at 2.04 ppm and 2.35 ppm, and of glutamine at 2.12 ppm and 2.46 ppm. While the chemical shift
is independent of the field strength, neighboring peaks in the spectrum can be distinguished
more easily at high magnetic fields B0, because the full width at half maximum (FWHM) of
signals decreases with increasing B0. That is why for measurements in 3T MR scanners, the
concentrations of glutamine and glutamate are combined to their sum, which is abreviated by
Glx.

Figure 2.13: Resonance spectra measured with a) 1H-MRS, b) 2H-MRS and c) their difference
spectra showing the evolution of the signals from the deuterated group in Glutamate Glu4. The
signal becomes less strong in 1H-MRS and simultaneously becomes stronger in 2H-MRS[17].
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As more Glx is deuterated, the measured signal caused by the deuterated group in Glx will
decrease for each subsequent measurement, as the receiver coil cannot pick up the deuterium
signal. In Fig. 2.13 we can see how the Glx4 resonance signal decreases in 1H-MRS and simulta-
neously increases in 2H-MRS (DMRS). This decrease will be proportional to the concentration
of deuterated Glx and will quantify the metabolism of glucose into glutamine and glutamate.
The NMR spectra of glutamate and glutamine are split up into two spectra with the hydrogen
groups and with the deuterium group (Fig 3.2), which will be two different basis sets given as
parameters for LCModel, which can then extract the amplitudes of the hydrogen groups and
the deuterium group of Glx independently from the measured spectrum and create metabolic
maps of both. This allows us to see how in a healthy brain glucose is metabolized into gluta-
mate and glutamine. This is not the case in tumor tissue, where glucose is instead metabolized
into lactate. The deuterium nuclei from glucose are also transmitted into lactate, which means
that lactate will also have a deuterated group and will thus be trackable by using the same
method. The NMR spectrum of lactate will be split up into an NMR spectrum with the deuter-
ated group (Fig 3.2 (a,b)) and an NMR spectrum with the hydrogen groups (Fig 3.2 (c,d)). Then,
given these two spectra as basis, LCModel can extrapolate lactate concentrations in the brain
over multiple measurements and in regions where the deuterated lactate signals decrease, we
can deduce that glucose is metabolized through the lactic acid cycle instead of the citric acid
cycle[21].
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Chapter 3

Methods

3.1 Measurement protocol

For this study, all measurement sessions have taken place in a 3T PrismaMR scanner (MAGNE-
TOM, Siemens Healthcare) with a 64-channel head coil (Siemens Healthcare). Written consent
from all healthy volunteers as well as a questionnaire to exclude abnormal medical conditions
were obtained before the measurements.

The first part of the measurement protocol is a 3D T1-weighted MPRAGE (Magnetization
Prepared Rapid Acquisition with Gradient Echoes) sequence, which will be used as a refer-
ence throughout the whole measurement process to position the MRSI volume. To reduce B0

field inhomogeneities, first and second order shimming was applied over the VOI using the
standard Siemens routines as well as manual shimming. A fluid-attenuated inversion recovery
sequence (FLAIR), with very long repetition time TR and echo time TE , is sometimes used to
identify cerebrospinal fluid and to suppress it by darkening it in the image. This further in-
creases the resolution of the picture and emphasizes the difference between white and grey
matter. Finally, the 3D-FID-MRSI sequence with an acquisition delay of 0.8 ms and a repetition
time TR = 850 ms was used to acquire the data that was later reconstructed into the metabolic
maps. The schematic composition of the MRSI sequence can be seen in Fig. 3.1.

During the MRSI sequence, a motion correction algorithm called volume Navigator (vNav)
was simultaneously turned on to correct small motions of the head in real time. Every time the
CRT radius is increased, a T1-weighted B0 image is generated through a single-echo sequence
and compared to the previous B0 image. By identifying relative translational and rotational
differences between consecutive B0 images, the Navigator can correct small motions of the
head and reposition the acquisition volume accordingly. The total navigator block including
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acquisition and processing of the B0 map and feedback to the MRSI sequence takes about
360 ms. Outer volume saturation bands (30mm) placed below the VOI were used to suppress
unwanted signals from outside areas. Signals from all the coils were combined using iMUSI-
CAL[22]. Water suppression was done using WET [23]. Finally the data is acquired during the
readout using concentric ring trajectories.

Figure 3.1: Schematic structure of the used 3D-FID-MRSI sequence with the key components
of the MRSI sequence being the volume Navigator (vNav), outer volume suppression (OVS),
the iMUSICAL coil combination pre scan and water suppression enhanced through T1 effects
(WET)[9].

More detailed information about the used MRSI sequence as well as the Navigator can be
found in [9].

3.2 Data Processing and Reconstruction

The raw data acquired by the MR scanner can’t be directly used because the FID of each voxel
is not acquired voxelwise but the FID of multiple voxels are acquired simultanously in an in-
terlayed manner. As k-space is transversed in concentric rings, the acquisition pattern has to
be taken into account to assign parts of the FID signal to their corresponding voxel. The raw
acquired data is reconstructed in what’s known as the processing pipeline, which was devel-
oped at the High Field Magnetic Resonance Centre and consists of a series of scripts based on
BASH[24] and MATLAB[25].

Several intermediate steps process the raw time-dependent signal to a 4D map that asso-
ciates a metabolic concentration to every voxel in the brain. First, the raw data are read into
the pipeline along with data acquired by a T1-weighted sequence, a control file, a basis set and
a number of options concerning various parameters required for the processing and the spec-
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tral fitting. The T1-weighted images are used as a reference for the localisation of the voxels.
The content of the control file includes among others the number and name of metabolites that
will be extracted from the spectra as well as the chemical shift range, i.e. the frequency range
in which signals will be fitted. The basis set contains the NMR spectrum of every metabolite
listed in the control file, which will be used as a reference for the fitting process.

The next step is the pre-processing of the data, which includes among others the calculation
of noise for SNR maps, the generation of a brain mask for the exclusion of signals outside of
the brain and the suppression of water and lipid signals. The data are then reconstructed
by using a method called MUSICAL (MUltichannel Spectroscopic data combined by matching
Image Calibration Data)[22] which sums up the weighted signals from all 32 receiver coils. The
data will then be resampled by adding a number of zeros to the spectrum, which can further
increase the resolution of the spectrum and reduce unwanted artifacts after being Fourier-
transformed[26]. This is done to the data prior to being processed and fitted by LCModel.
Then the data will be transformed through a spectral FFT in the frequency domain and lastly
a 3D spatial FFT will bring the data from k-space into local space, yielding a 4-dimensional
tensor containing the location and the NMR spectrum of every voxel. In combination with
the T1-weighted B0 images, visual anomalies in the tissue can then be further investigated by
analysing the NMR spectrum at the corresponding location.

3.3 LCModel spectral fitting

These frequency spectra for every voxel are the input for the fitting software LCModel. This
software fits a linear combination of the metabolites given in the basis set to a given NMR spec-
trum in a spectral range from 1.8 ppm to 4.2 ppm. The basis used for Gln and Glu can be seen
in Fig. 3.2. The resonance signals have been split up into the signal caused by the deuterated
group of Gln (a) and Glu (b) as well as the corresponding non-deuterated groups signal right
below. Additionally for the simulation of Lactate, the fitting range was extended from 8 ppm
to 1 ppm with a gap between 7 ppm and 4.2 ppm to include the resonance signals of lactate
at 1.31 ppm and a reference signal at 8 ppm. The measured NMR spectrum is the black curve
in Fig. 3.3. and the fit spectrum is the red curve in Fig. 3.3. Some of the important metabolite
peaks are represented in the spectrum. The linear coefficient of each metabolite represents its
corresponding abundancy in the measured spectrum, which correlates with its concentration
in the voxel. The used reference molecule for the chemical shift at δ = 0 is sodium trimethylsi-
lylpropanesulfonate (DSS), as it is soluble in water and has a strong and stable signal in most
conditions.
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Glucose metabolism was tracked by measuring and fitting the Glx4 signal (A.5+A.8) inde-
pendently from the rest of the Glx spectrum. As the non-deuterated peaks produce a signal
that stays relatively constant over time, they are separated from the deuterated peak’s signal,
which decreases over time. LCModel treats their signals as if they were different metabolites
and can thus independently quantify the evolution of the Glx4 signal. From the fitted spectra,
the concentration of a metabolite at every voxel can be extracted and assembled in a metabolic
map containing the concentration of a metabolite at every voxel in a slice of the brain.

Figure 3.2: Basis spectra used for the detection of deuterated Glu and Gln. a) and b) represent
the deuterated groups of Gln and Glu respectively where hydrogen is exchanged with deu-
terium, the combined signal of a) and b) is Glx4. c) and d) represent the remaining resonances
caused by the non-deuterated groups of Gln and Glu respectively.
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Figure 3.3: Example of a fit spectrum (red curve) by LCModel of a measured NMR spectrum
(black curve) from 4.2 ppm to 1.8 ppm in a voxel in the brain with some of the relevant metabo-
lite signals.

3.4 Analysis

The data were processed and analysed with MATLAB[25]. The metabolic maps of tNAA as a
reference, of Glx and of the deuterated group in Glu and Gln, Glx4, were used for the analysis.
Every subject was repeateadly measured with the same measurement sequence and for every
repetition, concentrations were compared both voxelwise and averaged over whole slices. The
main indicator used for the quantification of the stability of the results was the coefficient of
variation CV = σ/µ with σ being the standard deviation andµ being the arithmetic mean.
The standard deviation represents how much the individual concentrations deviate from the
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mean,
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The CV of a probability distribution is a dimensionless indicator for the dispersion of the
distribution given in % and shows how much the data of the set fluctuate without taking into
account the absolute value of the concentration. The lower the CV of the extracted metabolites
concentration, the more consistently can the method quantify the actual concentration in the
brain. Even though different metabolites in the brain have different concentration ranges, the
coefficient of variation is always a meaningful indicator for the stability of the results. In tNAA
there should be almost no fluctuation over time as the tNAA concentration is very stable over
time, since it produces a strong and consistent signal both in WM and GM.

3.5 Linear Fitting

After ingestion of deuterated glucose substrate, the signal caused by the deuterated groups
will not be picked up in the receiver coil anymore as it is only able to pick up proton reso-
nances. Over time, more glucose will be metabolized into deuterated Glu and deuterated Gln
(deuterated Glx), which means that their deuterated group will not have a resonance effect at
the usual resonance frequency in the magnetic field and will not be picked up by the receiver
coil, as if Glx concentrations were decreasing.

The signal caused by the Glx4 group will decrease after each measurement as more Glx
will be deuterated through the metabolism of deuterated glucose. To quantify the decrease,
Glx4 concentrations in a single voxel over all repetitions were compared and a linear fit func-
tion calculated by linear regression in MATLAB was used to estimate the trend of concentra-
tions. Applied to every voxel, the decline of the Glx4 concentrations throughout the brain was
mapped in linear fit maps where every voxel contains the linear coefficient of the fit function.
The slope of the linear function in every voxel mapped on every slice gives information on
the metabolic rate of the deuterated metabolites. This does not imply that a linear model is
assumed for the metabolism, instead it is used to indicate how well the decay of deuterated
metabolites can be observed in 1H-MRS in 3T.
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Metabolites whose concentrations remain constant have little to no slope since their con-
centrations are only determined by random fluctuations and noise. The quality of the linear fit
function is quantified with two statistical indicators, namely the P-value and the R-value. The
P-value can take a value between 0 and 1 and is used to interpret the statistical significance
of a result. The p-value is the probability of getting a sample statistic given that a certain null
hypothesis is true. Our null hypothesis in this case is that after ingestion of the deuterated
glucose substrate no change in Glx or Lac concentrations will be observed. The alternative hy-
pothesis is that the ingestion of a deuterated glucose substrate will cause a variation in Glx or
Lac concentrations. If the p-value is larger than the threshold of 5% we can not reject the null
hypothesis as it would mean that at least 5% of the data points of the sample would confirm
the statistics described by the null hypothesis. If the p-value is lower than the threshold of 5%
we can reject the null hypothesis, indicating a correlation between the measured data and the
alternative hypothesis. This is due to the fact that more than 95% of the data points match the
statistics described by the alternative hypothesis, which is strong evidence for the alternative
hypothesis being true. Thus if p < 0.05 we can assume that the slope in a voxel is not random
but is due to the hypothesis being the decay in concentrations after the labeling of metabolites
with deuterium. The R-value can take a value between -1 and 1 and describes how strongly
the data points correlate with the slope. The closer the R-value is to the extreme points -1 and
1, the stronger does the slope correlate with the data in the voxel, i.e. the better does the linear
function follow the trend of the data. An R-value of ±1 means perfect correlation i.e. all the
data points are on the linear function and an R-value of 0 describes no correlation with the
data, i.e. all the data points are randomly distributed. A negative R-value in a voxel means that
concentrations decrease over time and a positive R-value indicates increasing concentrations
over time.

LCModel does not calculate absolute concentrations, instead the amplitudes extracted dur-
ing the fitting process are given in arbritray units and are thus not indicative for the actual
concentrations. Nevertheless the concentrations in the brain correlate with these arbitrary
units over time, which means that a decrease of 25% in A.U. corresponds to a decrease of 25%
in the actual concentrations. As a reference, the average concentration for Glu is 8 mM/L, the
average concentration of Gln is 2 mM/L and the average concentration of tNAA is 10 mM/L.
As Glu and Gln are combined to Glx, their average concentration is assumed to be 10 mM/L
[27]. These are taken as the starting concentrations for the linear fit function, to put the slopes
of Glx concentrations over time into perspective.
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3.6 Lactate signal simulation

Since Glucose can be metabolized non-oxidatively through the lactic acid cycle, DMI is also
used to track in-vivo lactate concentrations in the brain. Prior to being used in clinical studies
with cancer patients, the ability of the MRSI sequence to detect the lactate signal was eval-
uated by simulating it in the spectrum instead. After the generation of the spectra, a single
lactate NMR signal was added to the measured spectrum. This signal can be seen in Fig. 3.4.
The measured NMR spectrum in a voxel and the NMR spectrum before and after the lactate
signal has been added can be seen in Fig. 3.5. Afterwards, LCModel was able to extract the
amplitude of the lactate signal, allowing for the generation of metabolic maps for the simulated
lactate concentrations. For the measurements without the ingestion of deuterated glucose, the
simulated lactate was simulated as a constant signal and in line with other metabolic concen-
trations such as tNAA. For the measurements with deuterated glucose, the amplitude of the
simulated lactate signal was decreased for every repetition during the measurement session by
15%, which should simulate the metabolism of deuterated lactate. By analysing the metabolic
maps, the ability to consistently detect the simulated Lactate signal could be quantified. While a
decrease of 90% after an hour is way above what we would be measuring in a brain, it was used
to evaluate how well the lactate concentrations can be fitted below a certain signal strength.

Figure 3.4: Lactate signal used for the simulation with the doublet resonance at 1.31 ppm and
the quadruplet resonance at 4.10 ppm.
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Figure 3.5: Measured spectrum before (top) and after (bottom) the addition of the doublet lac-
tate resonance at 1.31 ppm. The resonance at 1.4 ppm originates from a lipid signal.
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The lactate resonance at 1.31 ppm is mostly covered by strong lipid (fat) signals so it is
hard to directly detect them in the spectrum. To supress lipid signals, L2-lipid regularization
has been applied [28]. This can reduce lipid signals to a minimum, however they are still
noticeable as can be seen in Fig. 3.5 which interferes with LCModel’s detection and fitting
capability of the lactate signal. Further it is not clear, how this L2-lipid regularization can
affect the simulated lactate signal. Even though the signal was simulated to be constant, it
could not be identified reliably in all voxels. Stronger simulated lactate signals corresponding
to concentrations of around 10mM/L, which is the order of magnitude of lactate concentrations
in patients with brain tumors [18], can be fit more reliably. A method used to further increase
the sensibility towards lactate signals is the use of subtraction spectra.

3.6.1 Subtraction spectra used for lactate fitting

A major problem when fitting lactate signals is the presence of dominating lipid signals that
are in the same chemical shift range as the lactate signal. Even though L2-regularization is
applied prior to the fitting process, lipid signals can’t be fully suppressed which makes fitting a
lot harder. To further increase the quality of the fitting of lactate signals, subsequent spectra of
measurements after the first repetition will be subtracted from the inital measurement before
the lactate concentration can be extracted from the spectrum. As lipid signals stay relatively
constant, they cancel each other out in subsequent spectra. However the lactate signal is simu-
lated to be weaker in every repetition which means that the subsequent subtraction spectrum
will have a slightly larger lactate signal, as less of the lactate signal is subtracted from the ini-
tal signal in every repetition. While the lactate signal is simulated to decrease over time, the
signal strength in the subtraction spectrum will grow for every repetition. That is because the
difference between the intial spectrum and spectrum of repeated measurements will become
less over time, thus the lactate peak in the subtraction spectrum will become stronger. The
other metabolite resonance signals that remain constant over time, like lipid signals, will can-
cel each other out and cannot be fitted anymore. In theory, subtraction spectra can also be
used to detect and to fit deuterated Glx signals as they are also decreasing over time. This has
not yet been implemented. The fitting range for these metabolic maps has been increased to 1
ppm to 8.5 ppm with a gap between 4.2 ppm and 7 ppm. An additional inverted lactate signal
with a resonance at 8 ppm is used as a reference signal for the fitting process in the subtraction
spectra. The inverted lactate signal basis as well as its fit by LCModel in the spectrum with
the increased fitting range can be seen in Fig. 3.6 on the left while the simulated lactate signal
with the resonance at 1.31 ppm can be seen on the right.
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Figure 3.6: Fit spectrum with increased fitting range from 1 ppm to 8 ppm and a gap between
4.2 ppm and 7 ppm including the inverted lactate resonance at 8 ppm shown in the gap. The
lactate resonance at 1.31 ppm on the right is about as strong as the signal of tNAA while the
inverted lactate is simulated to be about 4 times stronger. The amplitude is in arbitrary units.

3.7 Experimental Setup

3.7.1 Stability of the measurement sequence

As a reference for the stability of the results, 5 measurement sessions with 5 healthy subjects
took place. In 4 measurement sessions, every subject was scanned 5 consecutive times with an
MRSI sequencewith a spectral bandwidth of 1030Hz, a resolution of 32×32×19 voxels, 258/516
(resampled) spectral points. Everymeasurement block has taken 3:30min. In onemeasurement
session the subject was scanned 7 consecutive times with an MRSI sequence with a spectral
bandwidth of 1325 Hz, a resolution of 32×32×21 voxels, 588/1176 (resampled) spectral points
and a measurement time of 4:18 min. During the reference measurements, the subjects were
not given 2H labeled glucose prior to the measurement session, thus Glx concentrations in the
brain were expected to be constant over the entire measurement session. Apart from the usual
fluctuations in the brain, tNAA and Glx concentrations were assumed to be constant over time.
Between theMRSI sequence blocks, an autoalign sequence was applied to reposition the VOI to
compensate for movements during the measurement. The stability of the results was evaluated
afterwards with the CV and by using linear regression to estimate the trend in tNAA and Glx
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concentrations over time. Concentrations were compared and analysed with the CV over all
repetitions both voxelwise and averaged over the whole slice. The voxelwise comparison and
the CV is important for mapping of Glx concentrations as it gives information on how reliable
high resolution maps of concentrations can be created from the MRSI data. The slicewise
averaged data is indicative for the overall temporal stability in metabolite concentrations over
time as the spatial information is lost but large scale trends are more visible when averaged
over local fluctuations. In particular the stability of the Glx4 signal was independently analysed
to see how well the signal can be identified compared to the non-deuterated groups of Glx.

3.7.2 Measurement sessions using 2H labeled glucose

To see the metabolic behaviour in the brain after ingestion of a deuterated [6,6’-2H2]-glucose
substrate, 5 subjects were scanned after having ingested a deuterated glucose substrate. These
subjects were scanned 14 consecutive times with an MRSI sequence with a spectral bandwidth
of 1325 Hz, a resolution of 32 × 32 × 21 voxels, 588/1176 (resampled) spectral points and a
measurement time of 4:18 min. During the MRSI sequence, a Navigator sequence [9] was used
to detect head movements in real time. The VOI was then continuously updated according to
the Navigator scans to follow the head position changes. As the signal amplitude of the Glx4
signals were declining over time, Glx concentrations extracted by LCModel were modeled
using linear regression to see how distinctive the variation in concentrations over the whole
measurement session would be. These linear fits of concentrations over time were applied both
voxelwise to map local variances in metabolic rate as well as on the slicewise averaged con-
centrations. These two approaches can be used to detect the overall decrease in concentrations
as well as local differences, for example between white matter and grey matter.

3.7.3 Stability of a constant lactate signal

Lactate can also be labeled and quantified by using DMI. However, before applying the method
in clinical studies with patients, the detection capability and stability of lactate signals in the
brain with the MRSI sequence was evaluated with a simulated lactate signal. A constant lactate
signal (Fig 3.6) was simulated and added to the in vivo spectra of the reference measurements
in every voxel in the VOI. Then, LCModel was able to fit the spectrum with the added lactate
signal. Unlike in the referencemeasurements and the DMImeasurements, the fitting range was
increased to 1 ppm to 4.2 ppmwith an additional fitting range between 7 ppm and 8 ppm for the
inverted reference lactate signal. Afterwards, the lactate concentrations extracted by LCModel
were analysed and the stability was evaluated with the CV. Further, the lactate concentrations
over time were modeled using linear regression. As the simulated signal is constant, little to
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no variation in concentration should be detected over time.

3.7.4 Detection capability of a decaying lactate signal

Not only do the lactate concentrations have to be consistent when the simulated lactate signal
is constant, a decaying lactate signal, as it would be measured in dynamic DMI in a cancer
patients brain, has to be detectable as well. For this goal, a lactate signal at 1.31 ppm with
decreasing strength was simulated into the spectra of measurement data with 7 repetitions. As
the decay rate with which the signal is decaying is known, we can compare it afterwards with
the average decay rate of the extracted concentrations. The lactate signal in Fig. 3.4 was scaled
to be as strong as the average tNAA signal in the brain for the first repetition and every other
repetition the scalingwas reduced by 15%. As the simulated signal becomesweaker, the FWHM
of the resonance peak increases and the quality of the metabolic maps decreases accordingly.
The goal of this experiment was to determine up to which simulated concentration the lactate
signal can be reliably detected and fitted by LCModel.

3.7.5 Fitting of simulated lactate signals in subtraction spectra

Additionally to fitting the decaying lactate signal directly from the spectra, they were fitted
from the subtraction spectra as well. The subtraction spectra were generated during the re-
construction process of the same data sets as the ones used in 3.7.4 to allow for a direct com-
parison of the fitting quality. This means that the simulated lactate signal decay rate as well as
the initial lactate signal strength are the same as in 3.7.4.
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Chapter 4

Results

For the evaluation of the stability, a quality control mask was used to exclude certain voxels
that have either insufficient SNR or a FWHM that is too broad to contain the signal in the voxel
in k-space. Voxels were removed mostly in the lower frontal lobe of the brain above the nasal
cavity and along the border of the skull where unwanted artifacts lead to low SNR and higher
fluctuations. The slices selected for the analysis can be seen in Fig. 4.1. The lowest slice is
slice number 7 while the highest slice is number 14. Concentrations in voxels below slice 7 and
above slice 14 are more affected by unwanted artifacts which is why they were not taken into
consideration. On average about 55-60% of the voxels have been taken into consideration for
the analysis.

Section 4.1 contains the results of the stability of the reference measurement sessions with
the MRSI sequence used without ingestion of any substrate. Stability of Glx and tNAA con-
centrations were analysed by comparing the metabolic maps for every repeated measurement.
This reflects the MRSI sequence’s ability to reliably quantify assumed constant concentrations
with a high spatial resolution. After having shown the temporal and spatial stability of the
MRSI sequence, it was used for the 1H-DMI measurement sequence for which the results can
be found in Section 4.2. The measurement sessions have taken place after the ingestion of
deuterated glucose and the 3D-FID-MRSI sequence was the method used to image and quan-
tify the deuterated Glx concentrations. Lastly, in Section 4.3 we will analyse the stability of the
simulated lactate signal as well as the detection capability of the software for different simu-
lated lactate signal strengths.
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Figure 4.1: T1-weighted image of the brain in the sagittal plane with the size and position of
slices 7 to 14 in the brain.
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4.1 Reference measurements with the MRSI sequence

In the reference measurement sessions the MRSI sequence’s ability to consistently detect quasi
constant concentrations of metabolites in a healthy subject’s brain was tested. The coefficients
of variation of the concentrations of a metabolite over all measurement sequence repetitions
were analysed both voxelwise and averaged over an entire slice. On the one hand, a voxelwise
analysis gives more insight into the spatial stability of the measurement sequence. Assuming a
perfectly still brain, this can give information on howwell the signal can be localised in a single
voxel in repeated measurements. On the other hand averaging concentrations over an entire
slice will neglect local fluctuations of metabolite concentrations which gives more information
about the overall trend in concentrations over time.

To improve the spatial resolution, an autoalign sequence was applied before everyMRSI se-
quence repetition. Themeasured volume is thus realigned with a T1-weighted map of the brain
before every MRSI sequence to compensate for movements of the head between the measure-
ment sequence repetitions. However, during the measurement sequence no real-time motion
correction algorithms were used and thus small movements of the head have lead to stronger
fluctuations in single voxels as the precise localisation of the signals has become more difficult.
This can explain the increased voxelwise CV for certain metabolites shown in Table 4.1.

Taking a closer look at the voxelwise stability, we have the voxelwise CV of tNAA and Glx
concentrations mapped in four central slices of one subject’s brain in Fig. 4.2. This is further
quantified in Fig. 4.3. where the CV’s in every slice are averaged over the whole slice. This
was done for all 5 subjects of the reference measurements with the CV’s of tNAA, Glx and
Glx4 concentrations. In order to see how consistently the Glx4 signal can be detected, it was
separated from the Glx signal and measured independently. In Fig. 4.3. we can see that the
Glx4 signal has a slightly higher voxelwise CV than the Glx signal.

The CV of slicewise concentrations averaged over the VOI for different metabolites for ev-
ery subject can be found in Table 4.2. The concentrations of tNAA and Glx in 5 different test
subjects were consistently in the same concentration range with the CV of tNAA being on av-
erage per slice around 3% while the CV of Glx being around 4% and the CV of Glx4 is slightly
higher at about 4.5%.
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Figure 4.2: Voxelwise CV of tNAA and of Glx in four transversal slices in the central region of
one subject’s brain.
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Subject CV of tNAA [%] CV of Glx [%] CV of Glx4 [%]
1 7.33 ± 0.73 11.19 ± 0.84 16.27 ± 1.67
2 5.65 ± 1.32 10.11 ± 2.33 13.27 ± 3.17
3 10.21 ± 0.79 16.85 ± 1.96 19.15 ± 2.34
4 7.90 ± 1.39 11.95 ± 0.97 14.97 ± 1.12
5 8.39 ± 0.75 13.89 ± 1.69 18.56 ± 2.46

Table 4.1: Voxelwise CV averaged over all slices 7 to 14 (Fig 4.1).

Subject CV of tNAA [%] CV of Glx [%] CV of Glx4 [%]
1 3.21 ± 0.41 4.48 ± 0.91 5.22 ± 0.71
2 3.56 ± 0.59 4.12 ± 1.06 4.28 ± 1.08
3 3.05 ± 0.62 3.80 ± 0.82 5.06 ± 0.80
4 2.71 ± 0.52 3.19 ± 0.48 3.69 ± 0.69
5 3.14 ± 0.51 4.04 ± 0.55 4.49 ± 0.66

Table 4.2: Slicewise averaged CV averaged over all slices 7 to 14 (Fig 4.1).

The average CV of all subjects of the concentrations of Glx/Glx4 averaged over a slice is
3.92%/4.54% and the voxelwise CV of Glx/Glx4 is on average 12.79%/16.44%. Thus, the CV of
concentrations averaged over the slice of Glx4 is on average 11.58% higher than the CV of Glx
and the voxelwise CV of Glx4 is 28.53% higher than the voxelwise CV of Glx.

The high voxelwise CV of Glx and Glx4 is due to local variations in metabolic activity and
the lack of a real-time motion correction algorithm like the Navigator during the measurement
session. This reduces the MRSI sequence’s ability to localise signals with such high resolution.
As these reference measurements were made prior to the DMI measurements, the Navigator
was not yet ready to be implemented in the reference measurement session. As we will see
in the next part, the Navigator [9] was able to further reduce the CV and thus increase the
voxelwise stability during the DMI measurements.

To quantify the trend in concentrations over all repetitions, a linear fit function was used
in every voxel. The linear coefficient of the fit function is mapped in voxels in slices of the
brain for tNAA and Glx in Fig. 4.4 and Fig. 4.5 respectively. For quantification of the quality
of the linear fit, statistical indicators such as the P-value and the R-value are also mapped in
the same slices. As these concentrations are mostly fluctuating because of noise, we would not
expect them to correlate and thus slopes as well the R-values should be centered around 0. The
p-values of the linear fit function for tNAA and Glx are both largely above the threshhold for
statistical significance of p = 0.05, which means that the slopes in most voxels cannot be linked
to an actual decay but represent normal fluctuations of metabolites in a healthy brain. Both in
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Figure 4.3: Voxelwise CVs of tNAA, Glx and Glx4 depicted in Fig. 4.2. averaged over each
transversal slice in the central region of the brain from slice 7 to 14 in all 5 subjects.
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Fig. 4.4 and Fig. 4.5 there is no apparent difference between GM and WM and the measured
concentrations in every voxel fluctuate on the order of magnitude of µM/min, for both tNAA
and Glx.

Figure 4.4: Slope of linear fit function of tNAA(left column), its P-value(center column) and
its R-value(right ) in all voxels of four transversal slices in the central region of one subject’s
brain.
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Figure 4.5: Slope of linear fit function of Glx(left), its P-value(center) and its R-value(right) in
all voxels of four transversal slices in the central region of one subject’s brain.
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4.2 Stability of deuterium metabolic imaging results

4.2.1 Stability of tNAA concentrations

For the DMI measurements there was an increased amount of repetitions compared to the
reference measurements and the vNAV sequence was used during the measurements, which
allowed for a further reduction of the coefficent of variation in both voxelwise and slicewise
averaged concentrations over time. Voxelwise comparison means that the concentrations of
a metabolite in a same voxel are compared over all repetitions and the CV can be mapped on
every voxel, which can be seen in Fig. 4.6. Compared to the reference measurements, the vox-
elwise CV mapped on the slices is significantly lower, which can be seen when comparing the
scales of Fig. 4.2 and Fig. 4.6.

Slicewise comparison means that concentrations have been averaged over the slice for all
repetitions and subsequently the CV has been taken from the set of averaged concentrations.
This yields a lower CV since local fluctuations do not affect the slicewise averaged concen-
trations as much, however it also gives more precise information of the overall trend in con-
centrations and the temporal stability of the measurement sequence. The voxelwise CV can
quantify the spatial stability and how consistently the acquired signal can be associated to
a location in the brain. The slicewise and voxelwise CV of tNAA concentrations in all sub-
jects can be found in Table 4.3. The CV of slicewise averaged concentrations per slice can be
seen in Fig. 4.7. The CV of the concentrations of tNAA show that the results are consistently
in the same concentration range with the average CV per slice in most subjects being below 2%.

The linear coefficients (slopes) of the fit function that estimate the trend of tNAA con-
centrations over time in a voxel along with their P-value and their R-value are mapped on
the central slices of a subject’s brain in Fig. 4.8. Most slopes in the brain slice are between
±2× 10−1µM/min which is a decay of about 0.002% of the average tNAA concentration of 10
mM/L in the brain. The center and right column indicate the relatively low correlation with the
fit function, which means that the slopes represent mostly uncorrelated fluctuations of tNAA
concentrations due to noise. The distribution of tNAA slopes in slice 11 from Fig. 4.8 can be
seen in Fig. 4.9.

This histogram clearly shows that the slope of tNAA concentrations, i.e. the decrease of
tNAA concentrations over time, is centered around 0 with most slopes being between −4 ×
10−4 and 4 × 10−4. This confirms the results seen in the left column of Fig 4.8, showing the
concentration decrease per voxel, and in the right column of Fig. 4.9 we can see that there is a
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low correlation between the fit function and the concentrations, as the r-value of the function
is mostly between -0.5 and 0.5 throughout all slices.

Figure 4.6: Voxelwise CV of tNAA concentrations in the central transversal slices of the brain of
a subjects during the DMI measurements with 14 repetitions and with the Navigator correction
algorithm turned on. Notice the scale compared to Fig. 4.2 which is halfed, which means that
the range of CV throughout the slice is significantly lower, indicating a substantially increase
of spatial stability with the Navigator sequence.
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Figure 4.7: CV of tNAA concentrations that were averaged over the transversal slices 7 to 14
in all 5 subjects. The increased average CV for subject 3 can be explained by a possible mal-
function of the vNav sequence or increased agitation of the subject during the measurements
session, as the slicewise CV is in the order of magnitude of the CV in the reference measure-
ments (Table 4.2), where no vNav sequence was used.

Subject Slicewise CV [%] Voxelwise CV [%]
Subject 1 1.12 ± 0.19 2.87 ± 0.61
Subject 2 1.27 ± 0.15 4.69 ± 0.97
Subject 3 3.51 ± 0.46 4.35 ± 1.55
Subject 4 2.14 ± 0.52 4.04 ± 0.77
Subject 5 1.40 ± 0.26 4.18 ± 0.71

Table 4.3: CV of tNAA concentrations averaged over a slice and voxelwise over 14 repetitions
averaged over all slices 7 to 14 (Fig 4.1) in all subjects.
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Figure 4.8: Slope of linear fit function of tNAA concentrations, its P-value and its R-value in
all voxels of slices in the central region of one subject’s brain.
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Figure 4.9: Distribution of the calculated tNAA concentration decay rates in all voxels in a
central transversal slice of the brain.
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4.2.2 Variation of Glx concentrations

After having shown that the measurement sequence can deliver consistent results for constant
concentrations, we will further inspect the Glx concentrations which have been deuterated
and are thus decreasing over time. A starting concentration for Glx of 10 mM/L was assumed,
with the starting concentration of Glu being 8mM and the starting concentration of Gln being
2mM, which are standard concentrations in a healthy brain[27].

Comparison of a slice in the brain at the beginning of the measurement and after the 14th
repetition show that the measured concentrations of Glx are significantly lower at the end of
the session. These metabolic maps along with T1-weighted maps of a brain slice can be seen
in Fig. 4.10. In Fig. 4.11 we can see the slopes of the linear fit functions describing the decay
of non-labeled Glx concentrations in slices of one subject’s brain in mM/min on the left and
the 2H-labeled Glx concentrations on the right. The slope of the linear function that describes
the trend of the 2H-labeled Glx concentration in a single voxel over time shows a clear decline
throughout most of the slice. A comparison of the slopes in WM and GM can be found in
Fig. 4.12. The slope distribution of 2H-labeled Glx concentrations in slice 11 from Fig. 4.11 is
represented by the histogram in Fig. 4.13, which clearly shows the overall negative tendency
of 2H-labeled Glx concentration decay being centered at around -0.05 mM/min. The slopes
in voxels in WM are less steep than the slopes in GM and in slices located higher we have an
overall stronger decrease in Glx concentrations.

To put these slopes into perspective, Fig 4.14 and Fig. 4.15 show the 2H-labeled Glx con-
centrations averaged over the VOI for every repetition of the measurement sequence for every
subject inWMandGM respectively. Using linear regression, the decrease inGlx concentrations
was estimated with the slope of the fit function. As we can see, the average concentrations of
deuterated Glx over the entire VOI are declining for all 5 subjects with GM showing a stronger
decline of 2H-labeled Glx signal than WM. The slopes in voxels in WM over the VOI are on
average 39.4±8.5% less than in voxels in GM.
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Figure 4.10: T1-weighted image and metabolic maps of 2H labeled Glx of all subjects (1
to 5 from top to bottom) at the beginning of the measurement session and at the end of
the measurement session.
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In all subjects the 2H-labeled Glx concentration show a steady decrease over the measure-
ment session with the least decrease in WM being -7.83% and the strongest decrease in WM
being -15.10% from the starting concentration. The average decrease of concentrations aver-
aged over WM in the VOI is −10.13% ± 1.36%. In GM the average Glx concentration decay
in the VOI ranges from -10.84% to -23.4% with the average decrease being −14.18%± 2.35%.
This means that the deuterated glucose substrate has been metabolized into Glu and Gln which
translates in the decrease of Glx concentrations. On average, the metabolic rate i.e. the slope of
Glx concentrations in the higher slices of the brain are higher then in the lower slices and Glx
concentration decay is increased in GM compared to WM. Further, same subjects have similar
metabolic rates in different slices of the brain, which means that subjects with high metabolic
rate in the lower slices also tend to have a high metabolic rate in the upper slices. The decay
rate of Glx concentrations averaged over the VOI as well as the concentration decrease after
one hour in WM and GM can be found in Table 4.4 and Table 4.5 respectively.

To put the concentrations of 2H-labeled Glx over time further into perspective, the average
ratio of 2H-labeled concentrations ([Glx]) to tNAA concentrations ([tNAA]) of all subjects over
all repetitions can be seen in Fig. 4.15. As tNAA concentrations were very consistent through-
out the DMI measurements, the ratio of decaying Glx concentrations to tNAA concentrations
emphasizes the decay further than the Glx concentrations by themselves and does not require
any assumptions on the absolute concentrations in the brain, even though they were assumed
to have on average the same concentration in the beginning. The ratio of [Glx]:[tNAA] at the
beginning of the measurement session compared to the ratio at the end shows that concentra-
tions of Glx have decreased by an average of 20% compared to concentrations of tNAA which
is clearly below the normal fluctuation of concentrations quantified by the CV. The ratio of
Glx concentrations to tNAA concentrations at every repetition of the measurement sequence
during the measurement session can be seen in Table 4.6.
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Figure 4.11: Slope of linear fit function of non-labeled Glx (left) and 2H-labeled Glx4 (right)
concentrations in all voxels of slices in the central region of one subject’s brain.
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Figure 4.12: Slope of linear fits of Glx4 concentrations over time in entire transversal slices
(left) and with non-zero slopes only in WM (middle) and in GM (right).
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Figure 4.13: Distribution of the calculated Glx concentration decay rates in all voxels in a
central transversal slice of the brain. Note the different range of decay rates compared to the
decay rates of tNAA in Fig. 4.9.

Subject Average slope in WM [mM/min] ∆ [%/h] ∆ [mM/h]
Subject 1 -0.015 -9.03 -0.903
Subject 2 -0.013 -7.83 -0.783
Subject 3 -0.018 -10.84 -1.084
Subject 4 -0.025 -15.10 -1.505
Subject 5 -0.013 -7.83 -0.783

Table 4.4: Decrease of Glx concentrations in all subjects on average inWM the VOI per min and
over the full 1 hour session in absolute concentrations in mM/L and in relative concentrations
in %.

Subject Average slope in GM [mM/min] ∆ [%/h] ∆ [mM/h]
Subject 1 -0.018 -10.84 -1.084
Subject 2 -0.018 -10.84 -1.084
Subject 3 -0.022 -13.24 -1.324
Subject 4 -0.039 -23.4 -2.348
Subject 5 -0.021 -12.6 -1.264

Table 4.5: Decrease of Glx concentrations in all subjects on average in GM the VOI per min and
over the full 1 hour session in absolute concentrations in mM/L and in relative concentrations
in %.
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Figure 4.14: Concentrations of Glx in WM averaged over the VOI for every repetition in all 5
subjects.

Figure 4.15: Concentrations of Glx in GM averaged over the VOI for every repetition in all 5
subjects.
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Figure 4.16: Average ratio of Glx to tNAA in the VOI averaged over all subjects (Table 4.6).

[Glx]:[tNAA] 0.789 0.771 0.753 0.743 0.721 0.702 0.692
σ 0.075 0.073 0.070 0.070 0.071 0.068 0.068
t[min] 4.3 8.6 12.9 17.2 21.5 25.8 30.1
[Glx]:[tNAA] 0.691 0.677 0.666 0.662 0.650 0.647 0.636
σ 0.071 0.065 0.067 0.066 0.066 0.065 0.064
t[min] 34.4 38.7 43 47.3 51.6 55.9 60.2

Table 4.6: Ratio of Glx to tNAA concentrations and its standard deviation σ averaged over the
VOI of all subjects at equidistant timepoints over an hour which correspond to the data plotted
in Fig. 4.16.
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Slice Lac signal strength 7 8 9 10 11 12 13 14 Mean over VOI
CV [%] 200% of tNAA 1.41 1.06 0.91 0.94 1.07 1.24 0.90 1.39 1.24±0.14
CV [%] 100% of tNAA 2.47 2.19 2.67 3.98 4.20 4.46 4.80 4.38 3.64±0.36

Table 4.7: Slicewise CV for different Lac signal strengths.

Slice Lac signal strength 7 8 9 10 11 12 13 14 Mean over VOI
CV [%] 200% of tNAA 1.46 1.44 1.45 1.46 1.41 1.48 1.55 1.66 1.48±0.03
CV [%] 100% of tNAA 5.17 4.82 5.13 5.90 5.54 6.62 6.76 6.26 5.77±0.26

Table 4.8: Voxelwise CV averaged over the slice for different Lac signal strengths.

4.3 Lactate signal simulation

4.3.1 Simulation of a constant signal

The constant signal was simulated into the measurement data from Subject 5 in the reference
measurements. For every repetition, the same signal was been added into the spectrum and
the detectability of the same signal in different spectra was evaluated by analysing the lactate
concentration maps over time. The strength of the signal was chosen to be as strong as the
signal from tNAA. The position of the lactate resonance at 1.31 ppm is usually covered by lipid
signals that cover the entire lactate signal, which is why LCModel could not accurately fit the
lactate signal in all voxels in all repetitions. The CV of the lactate signal is consistently low as
it can be seen in Fig. 4.17. If the lactate signal can be fitted, then the extracted concentration is
relatively constant, with a voxelwise CV that is mostly below 3%. During the processing, L2-
regularization was applied to supress these lipid signals, however as it is on the same chemical
shift range, the lactate signal can also be affected by this L2-regularization. The CV of slicewise
and voxelwise averaged concentrations can be found in Table 4.7 and 4.8 respectively.
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Figure 4.17: CV map of lactate concentrations simulated at twice the strength of the tNAA
signal.
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4.3.2 Simulation of a decaying signal

To simulate the behaviour of deuterated lactate in the brain, the lactate signal’s strength was
then simulated with a decreasing strength of 15% for every repetition. The inital strength of
the lactate signal was chosen to be at the same level as the signal from tNAA. The lactate sig-
nal simulated into the spectrum with different strengths can be seen in Fig. 4.18. The spectra
with the Lactate fit at different signal strengths can be seen in Fig. 4.19. The lactate signal
was simulated from 100% to 10% of the strength of the constant tNAA signal. The peak of the
signal in c) simulated at 10% of the tNAA signal is very small and barely distinguishable from
the surrounding noise. Even though LCModel can fit a signal, it has a very high FWHM of
44% and would not be included in the analysis anymore as it is not a reliable signal and would
be insufficient for the quality control mask. For lactate signals that are weaker than 10% of the
signal strength of tNAA, very few voxels can be used for a reliable fit. As the average tNAA
concentration in the brain is at about 10 mM/L, this would correspond to lactate concentra-
tions of around 1 mM/L, which is a normal concentration in a healthy brain. In tumor tissue,
lactate concentrations are around 10 mM/L [29] which would correspond to about the same
strength as in the fit signal in a) in Fig. 4.19. As the ratio of Glx to Lac is used for imaging of
anaerobic respiration in the brain, the contrast would be increased even further, as Lac would
have increased concentrations and Glx would have reduced concentrations in tumor tissue.
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Figure 4.18: Decaying Lactate signal added into the spectra with decreasing intensity corre-
sponding to 100% of the inital tNAA signal down to 40% of the initial tNAA signal strength.
The peak at 1.4 ppm originates from a lipid signal.
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Figure 4.19: Decaying Lactate signal in the fit spectra from 1 ppm to 4.2 ppm with a simulated
signal strength corresponding to a) 100% , b) 70% and c) 10% of the tNAA signal. The FWHM of
the lactate resonance peak is in a) 4%, b) 9% and c) 44% and the extracted lactate concentration
is in a) 1.24×106 (100% of tNAA), b) 8.89×105 (71% of tNAA) and c) 1.29×105 (10% of tNAA).
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Figure 4.20: Average Lac concentrations in the VOI with decaying simulated Lac signal
strength, repetition 1 had a Lac signal strength equal to the tNAA signal while repetition 7
had a Lac signal with a simulated strength of 10% of the tNAA signal.

After having excluded voxels with insufficient SNR and a FWHM, that is too broad, with
a quality control mask, the lactate concentrations in the brain were averaged over the VOI
and the decay of concentrations with decreasing simulated lactate signal strength for every
repetition can be seen in Fig. 4.20. The orange curve represents the modeled decay of 15% per
repetition. As it can be seen, the error becomes increasingly large as the concentrations become
smaller, which is due to the fact that less voxels have sufficient signal to be fitted by LCModel
and thus the fluctuation is higher. The signal simulated after 7 repetitions corresponds to a
concentration that is about 10% of the concentration simulated at the beginning or around 1
mM/L. The averaged concentrations as well as the absolute and relative error of the lactate
concentrations can be found in Table 4.9.

4.3.3 Improvements through the use of subtraction spectra

Before fitting the metabolites, the spectrum in every voxel for every repetition was subtracted
from the spectrum from the initial measurement, such that every spectrum represents the dif-
ference compared to the initial state. This reduces the lipid signals significantly and allows the
fitting of lactate in more voxels of the brain. The metabolic maps for similarly scaled lactate
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Repetition 1 2 3 4 5 6 7
Signal[%] 100 85 70 55 40 25 10
Conc[A.U] 1.32× 106 1.14× 106 9.91× 105 8.93× 105 8.10× 105 4.63× 105 1.37× 105

Err[A.U] 1.34× 105 1.19× 105 1.12× 105 1.20× 105 1.57× 105 1.74× 105 2.73× 105

Rel. Err[%] 10.15 10.43 10.30 13.43 19.38 37.58 199.20

Table 4.9: Lac signal strength decaying over 7 repetitions from 100% of the tNAA signal to 10%
of the tNAA signal. Variation of the extracted Lac concentrations in arbitrary units (A.U.) along
with the error in the same arbitrary unit and the relative error compared to the concentration.
Graphically represented in Fig. 4.20.

signals in a central slice of the brain fitted with and without the use of subtraction spectra can
be seen in Fig. 4.21. Next to the metabolic map is the corresponding spectrum in a voxel in the
represented slice.
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Figure 4.21: Metabolic maps of lactate for differently scaled simulated signal strengths relative
to tNAA a) 100%, b) 80%, c) 60% and d) 40% of the tNAA resonance signal obtained through
normal fitting on the left and through the use of subtraction spectra on the right. Next to
the metabolic maps is a fit spectrum in a central voxel of the represented slice along with the
extracted concentration and FWHM of the signal.
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Chapter 5

Discussion

In this thesis, a 3D-FID-MRSI sequence was used in a 3T scanner for a dynamic method that
is able to quantify and localize glucose uptake and its downstream metabolism in the brain.
Metabolites that are part of the glucose metabolism in the brain, e.g. Gln, Glu and Lac were
labeled through deuterium nuclei that were metabolized from an orally administered deuter-
ated [6,6’-2H2]-glucose substrate over time. The current gold standard for metabolic imaging
used in clinics is FDG-PET, which uses the radiotracer FDG to detect and image anomalies of
glucose metabolism in the brain. This method is an alternative to PET that does not require
ionizing radiation that can be implemented in regular MR scanners, as it uses standard 1H-
MRS. Further, unlike FDG-PET, it can be used to track the metabolism of glucose follow-up
products as well.

As 2H nuclei are not detectable by the 1H coil in the MR scanner, passing on of the label to
Glx leads to a decrease in Glx signals from the deuterated group (Glx4) over time. The combi-
nation of the 3D-FID-MRSI sequence with spatial encoding using CRT can be used to obtain
3D metabolic maps of Glx. In this dynamic setting, the same VOI in the brain was repeat-
edly measured with the same MRSI sequence in order to detect changes in concentrations of
these labeled metabolites over time. Voxelwise comparison of these concentrations for every
repeated measurement allowed us to detect a decrease in concentrations with a distinctive dif-
ference in GM and WM.

While the overall Glx concentration decay is clearly visible over entire slices, voxelwise
decay is more susceptible to local variations and noise. A slight distinction between grey and
white matter can be made, as grey matter has an increased metabolic rate of glucose. However
with the current spatial resolution, voxelwise coefficients of variation are still high and can-
not be used to precisely locate metabolic anomalies. This can be improved by more precise,
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real-time motion correction that can be implemented with CRT acquisition patterns. Use of
a camera in combination with a tracker placed in the subjects mouth can be used to recreate
and compensate movements of the head in real-time and is the subject of current studies at the
HFMRC. Further, increasing SNR leads to an improved spatial resolution as metabolic signals
will be extracted from the spectrum more reliably. Repeated MRSI scans with assumed con-
stant concentrations of metabolites can be used to improve SNR in 3T. By averaging the noise
of multiple repeated MRSI scans, noise can be identified and further supressed, thus increasing
the detection sensitivity for metabolites that vary in lower concentrations or that are harder to
detect in the spectrum. In particular these are j-coupled metabolites with multiplet resonance
signals such as Glutamate, Glutamine or Lactate, which all play an important role in metabolic
and neuronal activity in the brain. Additional higher-order shimming as well as dynamic shim
updates during the MRSI sequence can further reduce inhomogeneities in the scanner field
which will also enhance SNR.

These results are in line with current studies with 1H-MRSI involving deuterium labeled
metabolites in 7T MR[3, 21], however 3T scanners are more widely available which increases
the potential for further research. In the recently published study [21] a similar method was
applied in 7T and they found the decrease in Glu concentrations in WM and GM over 100 min-
utes to be 15% and 18% respectively. In this study, the decrease of the combined concentrations
of Glu and Gln inWM and GM over 60 minutes is 10% and 14% respectively. As there is no ap-
parent slowdown in the decrease of Glx4 concentrations towards the end, it has to be assumed
that concentrations would further decrease with more measurements. With field strengths of
7T, labeled Glu can be identified more accurately and with a lower CV in WM and GM [3] and
in 3T it is not possible to accurately distinguish Glu from Gln. However, Glu and Gln have
different roles in brain metabolism while also being both in the glutamate–glutamine neuro-
transmitter cycle[1], thus their metabolic behaviour is intertwined. It is unclear whether the
difference to the decay of labeled metabolites in 7T studies stems from the individual detection
of labeled Glu compared to the detection of Glx. To further understand their individual roles,
it is necessary to independently detect the labeling over time of Glu and Gln both in WM and
GM, which proves to be difficult in 3T as their signals partially overlap. Nevertheless, it was
shown that the changes in Glx4 concentrations are related to the deuterium labeling through
deuterated glucose given prior to the measurements, as the decrease in slicewise averaged Glx4
concentrations is clearly above the usual fluctuations in the brain.

Thus the used method can be utilized for quantifying and imaging deuterated metabolite
concentrations in vivo with a 1H-MRS in a 3T scanner. This more affordable approach does not
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require the expensive radioactive FDG substrate used in PET or a scanner built specifically for
2H-MRS that is used for the direct detection of deuterium nuclei. Instead it can indirectly track
deuterated metabolites and can reveal metabolic processes such as the glucose metabolism in
the brain by using standard radiofrequency coils and 1H-MRS. Neurotransmitters present in
sufficiently high concentrations in the brain can be deuterated and its concentration levels can
be mapped over time in a dynamic method, this sequence can be used to identify the metabolic
anomalies that go along with most brain disorders such as Alzheimer’s disease[2]. Further,
since the signal of deuterated nuclei is indirectly picked up in 1H-MRS, all the other non-
deuterated metabolites can simultaneously be measured and quantified. The use of 1H-MRS to
quantify deuterated metabolites indirectly is difficult because of the strong influence of water
and lipid signals that have large resonances in a similar chemical shift range and overshadow
most other signals. Thus, these lipid and water signals have to be suppressed in order to reveal
the weaker metabolic signals.

5.1 Limitations

The quality of the reference measurements and the obtained stability of the sequence could
have been optimized with the vNav sequence that was only used in the measurement sessions
with 2H-labeled Glx. This does not allow for a comparison in an undisturbed setting with
real-time movement correction and constant concentrations of metabolites. Also an increased
number of repetitions of the measurement sequence per session could have quantified the
stabilitymore precisely. The number ofmeasurement repetitions in the referencemeasurement
sessions (5 and 7 repetitions) could have been as high as in the measurement session with
the 2H compounds (14 repetitions). Then the stability of Glx concentrations in the reference
measurements could have been directly compared to the measurements with labeled Glx. The
number of subjects was relatively low and even though it was shown that the method works
in principle, the statistical analysis of the results is very limited.

5.2 Comparison with DMI and 13C MRS

The indirect detection of 2H using 1H-MRS offers many advantages compared to deuterium
metabolic imaging using 2H-MRS. Simultaneously to the indirect detection of deuterated com-
pounds, standard 1H-MRS can still detect all other metabolites present in the brain. No further
hardware modifications are necessary for the implementation of the method in a standard 1H
MR scanner. DMI uses 2H MRS to detect deuterium nuclei in biological compounds. With a
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very low natural abundancy of 0.0115%, 2H signals are very weak in endogenous biological
tissue[30]. Unlike with 1H-MRS, where water and fat signals have to be suppressed, it is not
necessary in DMI as the proportion of 2H nuclei is very low in water and lipid tissue. Thus
the direct detection of 2H compounds in DMI offers a higher contrast compared to the indirect
detection method presented in this thesis, as there are no other dominant resonance signals
with 2H-MRS that would overlap with the Glx resonance. In most studies using DMI similar re-
sults to those in this thesis have been found. The results of the study with a 11.7 T scanner[4]
have come to the conclusion that the concentrations of labeled Glx were higher in GM and
lower in regions that contain mostly cerebrospinal fluid. Similar to the results of this thesis,
a study evaluating DMI in 9.4T[31] has come to the conclusion that Glx is metabolized more
rapidly in GM. They also concluded that glucose uptake in GM is initially higher than in WM
but decreases faster in GM than in WM. In another study that will be further described in the
next paragraph, DMI and hyperpolarized 13C-MRI (13C-HPMRI) was compared in 3T[32], they
could not distinguish GM from WM from the results in DMI. This may be because of a rela-
tively low spatial resolution of their MRSI matrix of 10×10×10. Quantitative comparison with
other studies is difficult, as DMI as well as the method used in this thesis are relatively new
methods and most studies offer more qualitative results.

Another method used for non-invasive imaging of glucose metabolism in the brain is 13C-
MRI. This method makes use of the properties of the stable isotope Carbon-13, which, unlike
Carbon-12, has a non-zero spin and is thus detectable using NMR. After ingestion of a 13C-
labeled compound such as [1-13C]-glucose, the compound is rapidly metabolized in the brain
like regular glucose and can be detected either directly using 13C NMR or indirectly using
1H-[13C]-NMR. A comparison of direct and incdirect detection can be found in[33]. Using dy-
namic nuclear polarization(DNP), the nuclear spins polarization can be increased. This enables
a much larger proportion of the spins in bulk matter to be used for imaging, thus increasing
the SNR achieved in 13C-MRI. An improved method based on DNP using hyperpolarization
is used to further increase the polarization of the 13C-labeled compound[1]. The relaxation
times T1 of 13C nuclei are around 1500 ms, making them more interesting for hyperpolariza-
tion. This approach is called Hyperpolarized Carbon-13 Magnetic Resonance Spectroscopic
Imaging (HP 13C-MRSI ) and is mostly used in combination with [1-13C]pyruvate for imaging
of brain metabolism[34]. This compound plays an important role in glycolysis and is thus part
of both the lactic acid cycle which yields lactate as an end product and the TCA cycle which
is characterized by the metabolism of Glx. Due to the hyperpolarization of the 13C-labeled
compound, the 13C-MRI has to be performed immediately after injection of the compound, as
the polarization will quickly disappear within minutes after injection[32].
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Thiswas done in the recently published study[32]whereHP 13C-MRSIwith [1-13C]pyruvate
was compared to DMI with [6,6’-2H2]-glucose in 3T. These two methods can be used to inves-
tigate different aspects of glucose metabolism. The results of dynamic DMI started one to two
hours after ingestion of the glucose substrate and have shown an increase in 2H-Glx concen-
trations after 12 repeated measurements over an hour up to 3.0 mM/L. Both methods can be
used to image the ratio from oxidative to reductive metabolism in the brain, however they
are also used to probe alternative metabolic pathways. While the results obtained through
DMI favored the oxidative metabolism into 2H-Glx over the reductive metabolism into 2H-Lac,
the results from 13C-HPMRI favored the reductive metabolism into 13C-Lac over the oxidative
metabolism into 13C-bicarbonate. Overall, they found that with 13C-MRI a higher SNR and
higher spatial and spectral resolution could be obtained during the measurements, however
the method is limited to a few minutes after injection of [1-13C]pyruvate as the uptake is sig-
nificantly quicker than [6,6’-2H2]-glucose uptake. With DMI measurements over an hour they
were able to increase the sensitivity of the results compared to 13C-HPMRI. While they were
able to identify differences in metabolism between GM and WM with 13C-HPMRI in 3T, they
were unable to distinguish metabolism in GM and WM using DMI in 3T. Both 13C-HPMRI and
DMI require hardware modifications in the scanner and 13C-HPMRI also requires additional
hyperpolarization equipment and pharmacy preperation. Both methods are complementary as
they describe different aspects of glucose metabolism.

5.3 Outlook

Research with DMI or 1HMRS using 2H labeled compounds in 3T is still scarce, but the method
is a promising alternative to FDG-PET as most studies have shown the potential of deuterium
labeled compounds for imaging. With advancementsmade towards the higher resolution imag-
ing and more stable and more robust data acquisition methods, MRSI has the potential of ap-
plication in more dynamic methods.

Another application of the MRSI sequence in a dynamic setting is functional MRSI (fMRSI),
which is a dynamic method where repeated measurements of the brain can be used to identify
neuronal activity in the brain through metabolite concentrations. This method shows poten-
tial for clinical use and has been used to investigate activity in the visual cortex with visual
stimuli [35] and activity in the motor cortex when subjects were asked to execute different
finger tapping movements [36]. Visual stimuli as well as finger tapping has led to an increase
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in Glutamate and Lactate concentrations in the respective cortex in the order of magnitude
of 10−4 mM/L. These studies were made in 7T MR scanners, which inherently have higher
SNR and can thus detect smaller variations in metabolite concentrations. Further develop-
ments in motion and shim correction methods can lead to a higher voxelwise stability of the
method, which is required for a more precise localisation of metabolic behaviour after stimuli.
The advancements in localisation, acquisition and noise suppression techniques in 1H-MRS
can be used to further inspect the variations of metabolic behaviour after perceptual, motor,
and cognitive tasks especially in patients with psychiatric disorders[37]. Especially as Glu is
the major excitatory neurotransmitter, responsible for the stimulation of most of the neurons
in the brain[37], a stimulation of a certain region of the brain will cause an increase in Glu
concentrations in the area.
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Chapter 6

Conclusion

The MRSI sequence developed at the High Field Magnetic Resonance Centre can be used to
create high-resolution 3D metabolic maps in the brain. Given the required scanning time of
a few minutes and a high spatial and temporal stability, the MRSI sequence fulfills all the re-
quirements for the application in dynamic 1H-MRS deuterium metabolic imaging in a 3T MR
scanner.

At timepoints that are just a few minutes apart, the evolution of concentrations of certain
metabolites in a volume in the brain can be quantified by repeatedly scanning the brain with
the MRSI sequence. In 1H-MRS DMI, deuterated glucose is ingested prior to the measurement
session and by identifying the decay of concentrations of deuterated metabolites at points in
space and in time, we were able to not only locate and quantify glucose uptake but also the
metabolic rate of its follow-up products namely Glutamine, Glutamate or Lactate relative to
other non-deuterated metabolites.

By using acquisition patterns in concentric ring trajectories to reduce the required scanning
time, real time motion correction algorithms to maximize spatial stability as well as through
highly optimized reconstruction algorithms that can largely suppress unwanted signals from
lipid or water sources and substantially increase SNR. The main drawbacks of the weaker mag-
netic field in 3T scanners can thus be compensated, proving the potential application of 3D-
FID-MRSI for dynamic imaging methods in 3T in future clinical applications.
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