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Abstract

In this thesis, new acquisition and analysis methods are described for multinuclear

magnetic resonance spectroscopy (MRS) for the quantification of brain metabo-

lites at ultra high magnetic field strengths (7 T).

An analytical model was derived for the optimisation of the stimulated echo ac-

quisition mode (STEAM) sequence timing parameters for lactate detection. The

effects of the chemical shift displacement artefact on the J-modulated signal for a

weakly-coupled spin system were considered in the three applied directions of field

gradients and the product operator formalism was used to obtain expressions for

the signal modulation in each compartment of the excited volume. The validity

of this model was demonstrated experimentally in a phantom and acquisitions

with optimised parameters were performed on a healthy volunteer. The spectra

acquired with an echo time (TE) of 144 ms and with an optimised mixing time and

TE of 288 ms showed easily detectable lactate peaks in the normal human brain.

Additionally, the acquisition with the longer TE resulted in a spectrum with less

lipid/macromolecular (MM) contamination. The simulations demonstrated that

the proposed analytical model is suitable for correctly predicting the resulting

lactate signal. With the optimised parameters, it was possible to use a simple

sequence with sufficient signal-to-noise ratio (SNR) to reliably distinguish lactate

from overlapping resonances in a healthy brain at ultra high-field.

Estimation of metabolic changes during neuronal activation represents a challenge

for in vivo MRS, especially for metabolites with low concentration and signal

overlap, such as lactate. This thesis also includes work focused on the reliable

quantification of lactate during a paradigm with 15 minutes of visual stimulation.

The lipid and MM signals were significantly reduced by using a long TE (144 ms)

sequence and the remaining MM signals in the vicinity of the lactate peak were

individually fitted with simulated Lorentzian peaks, to ensure a good fit of the
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inverted lactate doublet. Statistically significant changes in lactate (∼10%) and

glutamate (∼3%) levels during stimulation were detected in the visual cortex and

agree with previous measurements. Furthermore, the use of a prolonged stimula-

tion period unveiled a distinctive metabolic response pattern, which can provide

further insight into brain activation mechanisms.

13C MRS combined with the infusion of labelled substrates is able to provide

unique information on the relationship between neuroenergetics and brain func-

tion. However, the lack of sensitivity associated with the general complexity of

13C experiments has hampered its widespread use for research into human brain

disease. In this study, a new methodology for acquisition and analysis of 13C

signal is presented for the study of neuroenergetics and neurotransmission in a

deep brain structure - anterior cingulate cortex - that is thought to play a ma-

jor role in the processing of sensory information and can be impaired in patients

with schizophrenia. In vitro testing was performed to evaluate the performance of

the implemented sequence for signal localisation and polarisation transfer, both

proving adequate for the intended purpose. In vivo data were acquired in four

subjects, one diagnosed with early schizophrenia, with a protocol which involved

60 minutes of infusion of [1-13C]glucose. Turnover curves for the labelled products

were generated from the dynamic 13C spectra with a temporal resolution of 10

minutes and were in agreement with the ones obtained from rodent experiments.

Therefore, the feasibility of 13C experiments for the study of psychosis was here

demonstrated, taking advantage of the increase in SNR at ultra high-field for de-

termination of metabolic fluxes.

Keywords: magnetic resonance spectroscopy, ultra high-field, chemical shift dis-

placement artefact, lactate, brain metabolism, visual stimulation, 13C magnetic

resonance spectroscopy.
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Chapter 1

Scope of the thesis

Magnetic resonance spectroscopy (MRS) is a non-invasive technique that allows

for simultaneous detection of numerous metabolites in a defined region of the

body. In the specific case of brain MRS, this constitutes an invaluable source of

information for the identification of the key mechanisms involved in a variety of

neurological and psychiatric diseases, as well as in the response to external stimuli

and in aging.

Despite being possible to perform MRS on any nucleus with a magnetic moment,

the most metabolically relevant nuclei are 1H, 13C, 31P and 23Na. The focus of

this thesis is on 1H and 13C MRS.

1H currently remains the most employed nucleus in MRS, due to its high sensitiv-

ity. Since almost all metabolites contain 1H, 1H MRS is a convenient method to

evaluate physiological alterations of important compounds.

In contrast to 1H, in which the metabolites of interest have absorption peaks in a

narrow chemical shift range, 13C MRS is generally characterised by its high spec-

tral resolution. The limiting factor for its use is the low sensitivity and natural

abundance, thus it is normally necessary to use a 13C-labelled substrate infusion

to observe the generated labelled metabolic products. Although more technically

and experimentally challenging than 1H MRS, 13C MRS remains a powerful tool

for studying neurochemistry.

The introduction of ultra high-field systems (higher than 3 T) has led to a more

accurate quantification of low concentration and poorly resolved metabolites, as

a result of the increase in signal intensity and spectral resolution. However, the

use of higher fields has also imposed additional constraints, especially regard-
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SCOPE OF THE THESIS

ing data acquisition. Moreover, these technological advances do not guarantee a

proper detection and quantification of brain metabolites. For example, even at

ultra high-field accurate quantification of lactate remains challenging, due to its

low concentration in the brain in normal conditions and overlap with other reso-

nances.

The aim of the work described in this thesis was to develop methodologies focused

on data acquisition, post-processing and spectral quantification compatible with

ultra high-field, taking advantage of its benefits and attempting to circumvent its

obstacles.

Chapter 2 provides a physical background for the nuclear magnetic resonance

(NMR) theory, which forms the basis of the MRS signal generation and detec-

tion. In chapter 3, the focus is turned to MRS, more specifically on the details of

the available techniques for spectral acquisition, post-processing and metabolite

quantification. These two chapters provide the necessary information for the un-

derstanding of the subsequent experimental chapters.

One of the major limitations of ultra high-field MRS is the exacerbation of the

chemical shift displacements artefacts, which can lead to the cancellation of the

coupled spin system’s signal if the sequence timing is not optimised. Chapter

4 describes the derivation of an analytical model for the characterisation of the

coupled-1H MRS signal under the effect of these artefacts for the optimisation

of the stimulated echo acquisition mode (STEAM) sequence timings in order to

improve the detection of lactate.

An accurate quantification of lactate is especially crucial in functional 1H MRS

experiments, where signal intensity is traded off for temporal resolution. In chap-

ter 5, a complete methodology is described for the measurement of the changes in

concentration of this metabolite during visual stimulation.

Brain metabolism can also be investigated using 13C MRS, which provides the

possibility of assessing the dynamics of glucose metabolism and measuring cycle

rates related to neurotransmission and neuroenergetics. Chapter 6 demonstrates

the feasibility of performing dynamic 13C MRS in a deep brain region at ultra

high-field.

Finally, in chapter 7 final remarks on the work presented in this thesis are given
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and opportunities for future methodological development in these areas are sug-

gested.

3



Chapter 2

Basic principles of nuclear
magnetic resonance

Nuclear magnetic resonance (NMR) is the study of the magnetic properties and

energy states of nuclei, through the examination of the interactions between a

radiofrequency (RF) magnetic field and matter to identify and characterise molec-

ular systems. In this chapter, the basic description of the phenomenon of NMR is

given, providing a physical background for the following chapters, in which NMR

is used for biomedical applications, and more specifically in magnetic resonance

spectroscopy (MRS).

NMR can be described through a classical or quantum mechanical approach. How-

ever, only with quantum mechanics it is possible to obtain a complete quantitative

description of the NMR phenomenon; the classical description is mainly used for

the understanding of the NMR principles at a macroscopic level.

2.1 Classical description of spins

The rotation of a particle with mass m on a circular orbit with radius r, with a

constant velocity v, is described using the orbital angular momentum:

~L = ~r × ~p = rmv~n, (2.1)

where ~p is the linear momentum vector and ~n the unit vector normal to the plane

encircled by the object. The angular momentum can be changed with an external

rotational force, torque, ~T , which is defined as the cross product of force and the
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BASIC PRINCIPLES OF NMR

orbital radius of the particle:

~T = ~r × ~F = ~r × d~p

dt
=
d~L

dt
. (2.2)

If the rotating object is carrying a charge q, a current loop is created, inducing a

magnetic dipole moment ~µ, described as the product of the current and the area

of the circular orbit:

~µ =

[
qv

2πr

]
πr2~n. (2.3)

Using the relation of Eq. 2.1, it is possible to express the magnetic moment as a

function of the orbital angular momentum:

~µ =
q

2m
~L = γ~L, (2.4)

where γ is the gyromagnetic ratio of a particle. In the next subsection, it is shown

that this relation can also be obtained using a quantum mechanical approach.

When the rotating object is placed in a static magnetic field ~B0, the torque from

Eq. 2.2 can be described as:

~T = ~µ× ~B0. (2.5)

From Eqs. 2.2, 2.4 and 2.5, we obtain:

d~µ

dt
= γ~µ× ~B0. (2.6)

The torque keeps the angle between the magnetic field and the magnetic moment

constant, thus making it precess around ~B0 (Figure 2.1). Equivalently,

d~µ

dt
= ~µ× ~ω0, (2.7)

yielding the Larmor equation ω0 = γB0, which expresses the frequency of this

precession (ω0) as a function of the magnitude of the magnetic field.

The potential energy associated with this torque is given by:

E = −~µ · ~B0 = −µB0cosθ, (2.8)
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where θ is the angle between the magnetic moment and the magnetic field. The

energy is minimum (for positive γ) when the magnetic moment is parallel to the

magnetic field (−µB0), and maximum when both are antiparallel with respect

to each other (+µB0). In the next section, it will be shown how a quantum me-

chanical approach can be used to describe the interaction between electromagnetic

waves and nuclear spins.

2.2 Quantum mechanical description of spins

In the quantum mechanical approach, a particle is characterised by the spin angu-

lar momentum ~S. In contrast to the orbital angular momentum, the spin angular

momentum is a vector independent of the particle motion or position. Its magni-

tude is given as:

|~S| = ~
√
I(I + 1), (2.9)

where ~ is the Planck constant divided by 2π and I is the spin quantum number.

The direction of the spin angular momentum can be changed with the influence

of an external force. For example, in the absence of an external magnetic field,

the spins orientate randomly. In the presence of a magnetic field, the spin angu-

lar momentum is quantised, and thus limited to discrete orientations and energy

values given by:

Sz = ~m, (2.10)

Figure 2.1: Schematic diagram of the precessional motion of a particle with magnetic moment
~µ about an external magnetic field ~B0 applied in the z direction, with orientation θ from the µ
vector (positive γ).
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where m is the quantum number:

m = −I,−I + 1, ..., I − 1, I. (2.11)

Therefore, a total of 2I+1 distinct energy states are allowed. For protons, neutrons

and electrons, the spin quantum number is 1/2. For nuclei, I can be deduced using

the atomic mass and charge number, according to the following:

1. For nuclei with an odd mass number, I is half integer (1/2, 3/2, 5/2, e.g.,

1H, 13C, 15N, 31P, 23Na);

2. For nuclei with an even mass and charge number I is zero (e.g. 12C, 16O,

32S);

3. For nuclei with an even mass number and odd charge number I is an integer

number (e.g. 2H, 14N).

In NMR, nuclei with zero net spin are invisible. The main properties of a nucleus

to consider for NMR experiments are listed in Table 2.1, which include spin,

gyromagnetic ratio and natural abundance. Both gyromagnetic ratio and natural

abundance affect the magnitude of the available magnetisation that will give rise

to a measurable signal. This relation will be discussed in the next subsection.

By analogy with Eq. 2.4, spins are also characterised by a magnetic moment ~µ

which is related to their spin angular momentum:

~µ = γ~S. (2.12)

By combining Eqs. 2.10 and 2.12, we are able to obtain:

µ = γ~m. (2.13)

In the quantum mechanical approach, the magnetic energy defined in Eq. 2.8 for

the different states of a nucleus within an external magnetic field ~B0 along the z

direction is given by:

E = −µzB0 = −γ~mB0. (2.14)
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Nucleus Spin I
Gyromagnetic ratio γ

(MHzT−1)
Natural abundance (%)

1H 1/2 42.577 99.985
13C 1/2 10.708 1.108
31P 1/2 17.254 100

23Na 3/2 11.268 100

Table 2.1: List of important nuclei in NMR and their physical properties [1].

The distribution of ~µ in the xy plane is random if a system is in equilibrium, thus

µx = µy = 0. For a particle of spin I = 1/2, the observed energy is quantised

in two values with m = −1/2 and m = +1/2, which correspond to an anti-

parallel (highest energy) and parallel (lowest energy) orientation with respect to

~B0, respectively. For simplicity, the anti-parallel orientation is denoted as “spin-

down” and the parallel orientation as “spin-up” (Figure 2.2).

The energy difference between the two states is as follows:

∆E = γ~B0 = ~ω0, (2.15)

in which ω0 is the Larmor frequency derived using the Planck relation. The res-

onance effect in NMR is achieved by application of an oscillating magnetic field,

perpendicular to µz and at the Larmor frequency to induce a transition between

energy levels.

Figure 2.2: Illustration of the split into different energy levels E as a result of an applied external
magnetic field in a particle with spin I = 1/2. The highest energy level corresponds to m = −1/2
and has an antiparallel orientation with regards to the magnetic field, while the lowest energy
level is characterised by m = 1/2 and a parallel orientation.
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2.3 Macroscopic magnetisation

The magnetisation ~M to which the NMR signal is proportional is given by the

sum of the individual magnetic moments in a unit volume V :

~M =
1

V

n∑
i=1

~µi. (2.16)

The sum is a vector sum and depends on the orientation of the individual spin an-

gular momentum vectors. As such, to observe an NMR signal, the different levels

- “spin-down” and “spin-up” - must be unevenly populated. In thermal equilib-

rium, the population of each state (Pm) is calculated according to the Boltzmann

distribution, which gives the population distribution probability of a spin system

with a certain energy and temperature T with respect to the total population:

Pm =
N

I∑
m=−I

exp

(
− Em
kBT

) exp

(
− Em
kBT

)
, (2.17)

where N is the number of spins per unit volume and kB is the Boltzmann constant.

At body temperature (310.15 K, 37 °C - high temperature), the thermal energies

are much higher than the nuclear magnetic energies, and thus there is only an

extremely small excess of the population oriented parallel with respect to the

magnetic field, which is the most energetically favourable. Therefore, the ratio

of the two populations in the different spin states can be simplified using the

expansion and truncation of the Taylor series, yielding:

P+1/2

P−1/2

= exp

(
∆E

kBT

)
∼ 1 +

∆E

kBT
. (2.18)

Due to the small but measurable population difference, there is a net component of

the magnetisation parallel to ~B0, along the z axis. From Eq. 2.16, the magnitude

of the magnetisation at thermal equilibrium ~M0 is given by:

M0 =
1

V

n∑
i=1

µi = P+1/2µ+1/2 + P−1/2µ−1/2 =
1

V

γ~
2

(
P+1/2 − P−1/2

)
. (2.19)

9
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The population difference can be approximated to (see Chapter 6.1 of [2]):

P+1/2 − P−1/2 ∼
Ptotal∆E

2kBT
, (2.20)

which is added to Eq. 2.19 to yield:

M0 =
N (γ~)2B0

4kBT
, (2.21)

using the definition of ∆E in Eq. 2.15. The equation for the equilibrium magneti-

sation contains important features related to the sensitivity of NMR experiments.

For example, the quadratic dependence on the gyromagnetic ratio shows that nu-

clei with higher values of γ yield more intense NMR signals. A higher signal is

also achieved at higher magnetic field strengths, shown by the linear dependence

of M0 on B0. In addition, the number of spins in a sample, which is related to its

natural abundance, is directly proportional to the equilibrium magnetisation. A

more detailed explanation of the factors that affect the sensitivity of a NMR-based

experiment will be given in subsection 3.3.1.5.

2.4 Time evolution of the magnetisation:

Bloch equations

In order to observe the nuclear magnetisation, the precessional motion over time

has to be detected. The time evolution of the magnetisation vector can be cal-

culated through the Bloch equations, which are valid for any arbitrary magnetic

field ~B. From Eq. 2.6, it is possible to generalise to the case of macroscopic mag-

netisation, which corresponds to the summation of all the magnetic moments, as

shown in Eq. 2.16, yielding:
d ~M

dt
= ~M × γ ~B. (2.22)

10
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This is a system of three coupled linear differential equations:

dMx

dt
= γ

(
MyBz −MzBy

)
dMy

dt
= γ (MzBx −MxBz)

dMz

dt
= γ

(
MxBy −MyBx

)
.

(2.23)

The nuclear magnetisation can only be detected in the plane orthogonal to the ~B0

field (the detection coil is placed with its symmetry axis orthogonal to the static

magnetic field). Therefore, the net longitudinal magnetisation (along z axis) needs

to be rotated onto the transverse plane (xy plane). This can be achieved by the

application of a time-varying magnetic field ~B1 in the transverse plane or more

commonly referred to as an RF pulse, as it oscillates in the MHz range and has a

limited duration. The process of rotating the magnetisation towards the detection

axis is termed excitation and will be described in the next subsection with the use

of the Bloch equations.

2.5 Effect of RF pulses

At thermal equilibrium, the phase of the spins is random, such that the net trans-

verse magnetisation is zero. The application of the RF pulse has two effects: the

two energy states will be more equally populated (transitions to the higher energy

level occur) and the spins achieve a state of phase coherence. The first effect re-

sults in a decrease of longitudinal magnetisation and the second in the generation

of transverse magnetisation.

The oscillating magnetic field is linearly polarised along the x axis and can be

written as:

~B1 = 2B1,max cos
(
ωrf t

)
~ex, (2.24)

where B1,max is the maximum amplitude of the applied field and ωrf its angular

transmitter frequency. The linearly polarised field can be decomposed into two
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circularly polarised fields rotating in opposite directions about the z axis:

~B1 = B1,max

[
cos
(
ωrf t

)
~ex + sin

(
ωrf t

)
~ey

]
+B1,max

[
cos
(
ωrf t

)
~ex − sin

(
ωrf t

)
~ey

]
.

(2.25)

Only the component rotating with the magnetisation has a significant effect on the

spins; the counter rotating component can be ignored, and the linearly polarised

RF field acts as a circularly polarised field, however of lower amplitude:

~B1 = B1,max

[
cos
(
ωrf t

)
~ex − sin

(
ωrf t

)
~ey

]
. (2.26)

Modern scanners typically make use of quadrature transmit, in which two linearly

polarised magnetic fields, perpendicular to each other and 90° out of phase (in

time), are combined to generate a circularly polarised field. The advantage of

using a circularly polarised field (quadrature mode) over a linearly polarised field

is the reduction in RF drive power by factor of 0.5 to achieve the same B1.

With the application of an RF field ~B1 and substituting Bz by B0, the Bloch

equations of Eq. 2.23 become:

dMx

dt
= γ

(
MyB0 −MzB1y

)
dMy

dt
= γ (MzB1x −MxB0)

dMz

dt
= γ

(
MxB1y −MyB1x

)
.

(2.27)

Until now, the Bloch equations have been described in a Cartesian frame fixed with

respect to the laboratory (laboratory frame). However, it is more convenient to

express these equations in a reference frame, which rotates about the ~B0 axis with

the frequency ω, making the precession around the z axis appear stationary when

ω = ω0. The transformation of the magnetisation components to the rotating

reference frame designated with the prime, (M ′), is given as:

M ′
x = Mx cos (ωt) +My sin (ωt)

M ′
y = −Mx sin (ωt) +My cos (ωt)

M ′
z = Mz.

(2.28)

12



BASIC PRINCIPLES OF NMR

Using this transformation, the Bloch equations of Eq. 2.27 can be described as

below:
dM ′

x

dt
= −ΩM ′

y − γB′1,yM ′
z

dM ′
y

dt
= γB′1,xM

′
z + ΩM ′

x

dM ′
z

dt
= γB′1,yM

′
x − γB′1,xM ′

y,

(2.29)

where Ω = ω0−ω, the resonance offset. Thus, in this reference frame, the preces-

sion frequency in the transverse plane appears to be reduced.

A convenient way to express the precessional motion of the magnetisation in this

frame is to define an effective magnetic field vector, ~Beff , given as:

~Beff =

[
B1,x cos

(
ωrf t

)
, B1,y sin

(
ωrf t

)
,
Ω

γ

]
, (2.30)

using the definition of ~B1 in Eq. 2.26. Its amplitude is calculated as below:

| ~Beff | =

√[
B1,x cos

(
ωrf t

)]2

+
[
B1,y sin

(
ωrf t

)]2

+

(
Ω

γ

)2

=

√
B2

1 +

[
Ω

γ

]2

.

(2.31)

When the on-resonance condition is satisfied, i.e, when Ω = 0, the magnetisation

precesses about the ~Beff , which is, in this case, equal to the applied RF field

(Figure 2.3a). The magnetisation, initially in the longitudinal direction, is rotated

onto the transverse plane, by an amount expressed by the flip angle. The flip angle

β depends on the amplitude of the RF field and it is calculated by integrating the

rotation frequency of the magnetisation ω1 during the pulse with duration τ :

β =

∫ τ

0

ω1dt = −γ
∫ τ

0

B1dt = −γB1τ. (2.32)

Immediately after the application of the RF pulse, the magnetisation appears

static in the rotating reference frame. A β = 90° will result in maximum transverse

magnetisation, while β = 180° inverts the magnetisation vector.

On the other hand, when the off-resonance effects are not negligible (Ω 6= 0), the

effective field has a z component and the magnetisation will precess about the

13
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Figure 2.3: Schematic diagram of the effect of RF pulses in the rotating reference frame (x’, y’

and z’ ). An on-resonant (a) pulse ~B1 applied along the x axis tips the longitudinal magnetisation
~M0 onto the transverse plane. The final position of ~M depends on the pulse flip angle β and

appears static in this frame. On the other hand, an off-resonant (b) irradiation yields a more

complicated precessional motion around ~Beff , due to the contribution of the resonance offset Ω.

~Beff in a more complex manner (Figure 2.3b).

Although highly desirable, a homogeneously distributed RF transmit field cannot

always be achieved, resulting in spatially varying flip angles (see Eq. 2.32). This

can be circumvented with the use of adiabatic pulses. By manipulating the pulse

amplitude and frequency, spins which experience different Beff can be excited

with the same flip angle. A more uniform excitation is then achieved as long

as the adiabatic condition is met, i.e, the rotation frequency of the magnetisation

during the pulse, γBeff , is much larger than the change of direction of the effective

magnetic field. More information on adiabatic pulses can be found in Chapter 6

of [3].

The solution of the Bloch equations presented above, which describes the NMR

signal, excludes the effects of relaxation. These will be dealt in the next subsection.

2.6 Effect of relaxation

In an NMR experiment, the phenomenon which describes the return to the equi-

librium state after a perturbation, e.g., application of an RF pulse, is denoted as

relaxation. Two types of relaxation can be distinguished, spin-lattice, also known

14
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as T1 or longitudinal relaxation, and spin-spin, known as T2 or transverse relax-

ation.

The longitudinal relaxation is related to the return to the initial magnetisation

along the longitudinal axis. Another way to interpret this mechanism is to describe

T1 relaxation as the process of recovery of the Boltzmann population distribution

of m = −1/2 and m = +1/2 spin states.

The time evolution of the longitudinal magnetisation is given by:

dMz

dt
= −Mz −M0

T1

, (2.33)

which can then be added to the Bloch equations described in the previous subsec-

tion. The solution of this equation is:

Mz = M0

[
1− α exp

(
− t

T1

)]
, (2.34)

where α is the inversion factor, which depends on the experiment: it takes the

value of 1 if the magnetisation is initially in the transverse plane or 2 if the mag-

netisation is along -z, i.e, inverted. Therefore, T1 relaxation can be defined as the

time taken for longitudinal magnetisation to recover to 63% of its initial value

following a 90° excitation. Figure 2.4a depicts the recovery of the initial magneti-

sation by T1 relaxation.

The T1 relaxation process is mediated by the energy exchange between nuclear

spins and the surrounding matter (lattice). The rate with which the energy is

exchanged is correlated with the overall rotational tumbling of the molecule in

solution.

On the other hand, the motion of the molecules also induces a variation in the

effective magnetic field experienced by the spins, which will lead to slightly dif-

ferent spin resonance frequencies. Thus, some spins will gain phase, while others

will lose phase, leading to phase dispersion and a loss in phase coherence. This

loss of coherence amongst the nuclei in the transverse plane is described by T2 re-

laxation. In addition to these microscopic field variations caused by neighbouring

spins, macroscopic field inhomogeneities create additional dephasing. Therefore,

a relaxation constant T ∗2 is introduced to take into account the intrinsic T2 relax-

15



BASIC PRINCIPLES OF NMR

ation time of the tissue in addition to the one associated with field inhomogeneities

T2,∆B:
1

T ∗2
=

1

T2

+
1

T2,∆B

. (2.35)

Similarly to the longitudinal relaxation, the effects of the transverse relaxation

can also be added to the Bloch equations in the form:

dMx/y

dt
= −

Mx/y

T ∗2
, (2.36)

and the decay of the transverse magnetisation after a 90° RF pulse is described

by the first order exponential decay:

Mx/y = M0 exp

(
− t

T2

)
. (2.37)

T2 relaxation can be considered to be the time for signal to decay, in a homogeneous

static magnetic field, to 37% of its initial value, while T ∗2 is the equivalent time,

considering field inhomogeneities. In Figure 2.4b is depicted the exponential decay

of the initial magnetisation through T2 relaxation.

The influence of the random motion of the molecules within a magnetic field

to their relaxation times is explained by the Bloembergen-Purcell-Pound theory

Figure 2.4: Recovery and decay of the initial magnetisation M0 by T1 (a) and T2 (b) relaxation,
respectively. The recovery of M0 starts from 0, following a 90° excitation, and grows within the
sequence TR or from -M0, after an inversion pulse and builds-up with the TI. Measurement of
T1 relaxation times can be achieved by application of an inversion recovery sequence, repeated
for several TIs. Measurement of T2 relaxation times is performed with a spin-echo sequence for
various TEs.
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(BPP theory) [4]. Due to the Brownian molecular motion, the spins experience

field fluctuations mediated by the interaction with neighbouring nuclei through

dipolar coupling. These field variations can be described by the autocorrelation

function, which is defined as a decaying exponential:

G (t) ∝ exp

(
− t

τc

)
, (2.38)

in which τc is the correlation time, the time it takes for an average molecule

to rotate one radian. The correlation time is proportional to the hydrodynamic

volume (which relates to the size of the molecule), to the viscosity of the solution

and decreases with the temperature. The autocorrelation function is converted to

the frequency domain by applying a Fourier Transform to Eq. 2.38, resulting in

the spectral density function, which provides a measure of the tumbling motion

at a certain frequency:

J (ω) =

∫ ∞
0

G (t) exp (−iωt) dt ∝ τc
1 + ω2τ 2

c

. (2.39)

Therefore, for spin 1/2 nuclei, the dipolar longitudinal relaxation is given by:

1

T1

=
3

10

(
µ0~γ2

4πr3

)2 (
J (ω0) + 4J (2ω0)

)
, (2.40)

where µ0 is the vacuum permeability and r the distance between two spins. The

dipolar transverse relaxation is expressed as:

1

T2

=
3

20

(
µ0~γ2

4πr3

)2 (
3J (0) + 5J (ω0) + 2J (2ω0)

)
. (2.41)

Note the additional contribution from a low frequency component in Eq. 2.41,

which causes the T2 relaxation times to be less or equal to T1 relaxation times.

This is an expected consequence, as the return of the magnetisation to the longi-

tudinal axis intrinsically causes the loss of magnetisation in the transverse plane.

Figure 2.5 shows the relationship between relaxation times and the correlation

time derived from Eqs. 2.39, 2.40 and 2.41 for 1H spins at 3 T and 7 T, separated

by 0.2 nm [5]. Efficient spin-lattice energy transfer requires that the frequencies
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of the rotational tumbling match those of the nuclear spin transitions. Thus, T1

relaxation is optimal if the average rate of motion corresponds to the Larmor

precession frequency. At higher-fields, T1 relaxation times increase, especially for

molecules with higher correlation times. T2 times decrease (faster decay) for less

mobile molecules and the magnetic field strength has minimal influence on trans-

verse relaxation processes.

To calculate the amount of magnetisation associated with a group of spins with a

certain T1 relaxation time during an NMR experiment, t in Eq. 2.34 is substituted

by the repetition time (TR), which is the time between two consecutive excita-

tion pulses. Similarly, the signal generated by a group of spins with a certain T2

relaxation time is governed by the echo time (TE), which is the time between the

excitation and the acquisition of the signal.

In order to choose the appropriate experimental parameters, it is crucial to have

knowledge of the T1 and T2 relaxation times of the sample. Metabolite T1 relax-

ation times can be measured using an inversion recovery (IR) sequence (Figure

2.4a), which consists of inverting the longitudinal magnetisation vector with a

180° pulse and rotating it to the transverse axis with a 90° pulse, so that the mag-

netisation can be measured. The pulse sequence is repeated several times with

different values of the inversion time (TI), which corresponds to the time between

Figure 2.5: Relaxation times T1 and T2 at 3 T and 7 T as a function of the correlation time τc.
Less mobile molecules are associated with higher correlation times.
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inversion and excitation, to map the recovery of Mz, and the T1 relaxation time

is extracted from the curve. Metabolite T1 relaxation times typically range from

940 ms to 2150 ms in the human brain at 7 T [6].

Measurement of T2 relaxation times is carried out through a spin-echo experiment

(Figure 2.4b), in which the contribution of the field inhomogeneities to T ∗2 (see

Eq. 2.35) can be refocused using the 180° refocusing pulse TE/2 seconds after

the excitation. The T2 relaxation time of a sample can be obtained by fitting the

signal acquired from multiple spin-echo sequences with different TEs. Generally,

metabolite T2 relaxation times range from 61 ms to 200 ms in the human brain at

7 T [7].
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Chapter 3

Fundamentals of magnetic
resonance spectroscopy

In the previous chapter, the principles of the nuclear magnetic resonance (NMR)

signal origin were explained. Here, we focus on the translation of this signal into

a spectrum and the techniques applied for its detection with minimal artefact

contamination, post-processing for improving spectral quality and ultimately for

reliable quantification. The current in vivo applications of magnetic resonance

spectroscopy (MRS) are also discussed, concentrating on 1H and 13C MRS, which

are the nuclei of interest in this thesis.

3.1 The origin of the MRS signal

Following a radiofrequency (RF) pulse with a phase of 0° and a flip angle θ at

the offset Ω, the spins will oscillate at a specific frequency about the B0 field

vector, yielding a measurable signal in the xy plane. Simultaneously, the transverse

relaxation effects will reduce the amplitude of this signal. Considering once again

the temporal changes in the magnetisation in the rotating reference frame, we can

decompose the magnetisation vector into two components:

My(t) = M0 sin (θ) cos (Ωt) exp

(
− t

T ∗2

)
Mx(t) = −M0 sin (θ) sin (Ωt) exp

(
− t

T ∗2

)
.

(3.1)
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With quadrature detection, it is possible to measure these components individually

and then combine them into a complex signal:

S(t) = My(t)− iMx(t)

S(t) = M0 sin (θ) exp (iΩt) exp

(
− t

T ∗2

)
,

(3.2)

which is what we define as the free induction decay (FID) (Figure 3.1a). This signal

is detected without action of an external perturbation, e.g., RF pulse (free), and is

measured through the induction of a voltage (electromotive force) in the coil with

its amplitude decaying over time (decay). To convert this time domain function

into the frequency domain, and thus generate a spectrum, a Fourier Transform is

applied to Eq. 3.2:

S(ω) =

∫ ∞
0

S(t) exp (−iωt) dt = M0 sin (θ)
1

1

T ∗2
− i(Ω− ω)

, (3.3)

from which we can retrieve the real and imaginary parts:

Re[S(ω)] = M0 sin (θ)

1

T ∗2(
1

T ∗2

)2

+ (Ω− ω)2

Im[S(ω)] = M0 sin (θ)
Ω− ω(

1

T ∗2

)2

+ (Ω− ω)2

.

(3.4)

The real part of the spectrum is known as the Lorentz-shaped absorption signal

(Figure 3.1b). This lineshape has a maximum at ω = Ω and a full width at

half maximum (linewidth) of 2/T ∗2 . This means that the faster the FID decay is

(shorter T ∗2 ), the broader the linewidth becomes. However, the integral of the peak

remains the same, as the amplitude decreases proportionally. The area under the

curve provides essential information in MRS, since it is indicative of the number

of nuclei in the sample. This will be further explained in subsection 3.3.3.

Conversely, the imaginary part of the spectrum corresponds to the dispersion

signal (Figure 3.1b). In MRS, it is common to use the purely absorptive part of

the signal to represent the spectrum. This is because the absorption lines fall off
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Figure 3.1: Illustration of the real part of the free induction decay (a) and the real and imaginary
components of the Fourier Transformed complex free induction decay signal (b). The exponential
curve in a) is referred to as T ∗

2 envelope.

with 1/ (Ω− ω)2, instead of 1/ (Ω− ω) for the dispersion lines, making the latter

broader, and thus compromising the spectral resolution.

So far it has been assumed that the real part of S(t) is maximum at the start

of the acquisition (t=0), while the imaginary part is zero (Eq. 3.2). However,

it is common for a phase shift in the signal to occur, which makes the previous

assumption not valid. Therefore, the addition of a phase shift φ in the signal of

Eq. 3.2 is expressed as:

S(t) = M0 sin (θ) exp (iΩt) exp (iφ) exp

(
− t

T ∗2

)
. (3.5)

This phase shift can be reversed through a process termed phase correction, which

will be explained in subsection 3.3.2.4.

As expected, the FID acquisition parameters are closely related to the spectral

features. The detected FID is sampled at N complex points, with equal spacing

t (dwell time) over a duration T. In the frequency domain, the spacing between

the same N points corresponds to the inverse of the duration T and the spectral

width (SW ), range of frequencies covered in the spectrum, is equal to the inverse
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of the dwell time.

Therefore, in order to improve the spectral resolution, one option is to increase

the acquisition time T. However, prolonged acquisition times can lead to increased

noise levels and data storage. On the other hand, when the acquisition time is not

long enough, the exponential decay is truncated, giving rise to ringing artefacts in

the spectrum [1].

To expand the range of measured frequencies, it is necessary to decrease the dwell

time, i.e., sample faster. According to the Nyquist criterion, the sampling rate 1/t

or, equivalently, SW should be twice the maximum or minimum frequency arising

from the sample, in order to avoid signal aliasing in the spectrum.

3.1.1 Effect of spin interactions in MRS

Depending on the type of interaction of the spins with the surrounding environ-

ment, different features will be evident in the spectrum. In general, it is possible

to distinguish five types of interaction:

• Chemical shift, resulting from the effect of magnetic field shielding of the

electron cloud on the nuclear spins;

• Dipolar coupling, which results from the direct interaction between spins;

• Scalar coupling, referring to the indirect interactions of nuclear spins with

each other through electrons in chemical bonds;

• Quadrupolar coupling, representing the electric interactions of spins with I

> 1/2 with the surrounding electric fields;

• Spin-rotation, expressing the interactions of the spins with the magnetic

fields created by the rotational motion of molecules.

Despite being responsible for spin-spin relaxation, the dipolar coupling effect av-

erages out to zero, since the rotational motion of molecules in liquids is fast. For

the same reason, the contribution of the spin-rotation interaction mechanism is

cancelled. Since the quadrupolar coupling vanishes for I = 1/2 spins, this type

of interaction will not be described in this section. In this setting, chemical shift
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and scalar coupling are the phenomena that most affect the in vivo MRS signal

and, thus, will be further explained below. The chemical shift is predominantly an

intramolecular interaction, although the intermolecular interaction also provides

a significant contribution. The scalar coupling interaction is solely intramolecular

[2].

3.1.1.1 Chemical shift

When a molecule is placed in a magnetic field, its electronic energy states are

slightly altered, generating small magnetic field contributions at the nucleus, which

will oppose or add to the externally applied field B0. Hence, the precession fre-

quency of a given atomic nucleus Ω, which is proportional to the net magnetic

field experienced by it, can be characterised in terms of the shielding constant σ,

a parameter generally expressed in parts per million (ppm):

Ω = γB0 (1− σ) . (3.6)

The electron density around each nucleus depends on the type of nucleus and the

bonds in the molecule it pertains to, and consequently nuclei in different chemical

environments will resonate at slightly different frequencies. This phenomenon

constitutes the basis of MRS, allowing nuclei of different functional groups to be

distinguished, thus providing information about the structure of molecules. This

spectral dispersion is referred to as chemical shift. As the chemical shift measured

in frequency units (Hz) is field dependent, higher magnetic field strengths lead

to a better discrimination of the signals, and thus greater spectral resolution. In

practical applications, it is convenient to make the chemical shift dependent on

only the sample, and not the hardware. By convention, the field independent

expression, in ppm, for the chemical shift δ is:

δ =
Ω− Ωref

Ωref

× 106, (3.7)

where Ω and Ωref are the resonance frequencies of a particular compound and

of a reference compound, respectively. The reference compound should be chem-

ically inert, independent of external variables (e.g., temperature) and provide a
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strong signal. Tetramethylsilane (TMS) is usually used as a reference for 1H and

13C, although it cannot be set as an internal reference, since it is not found in

vivo and it is not water soluble. For brain 1H MRS, N-acetylaspartate (NAA) at

2.01 ppm is commonly chosen as internal reference as it is the highest peak in the

healthy brain spectrum. Total creatine is the second highest peak, and thus is

also often considered as an internal reference. For in vitro studies, 4,4-dimethyl-

4-silapentane-1-sulfonic acid (DSS) is typically used in aqueous solutions, and its

chemical shift is temperature and pH independent [3].

One of the drawbacks of 1H MRS is the limited chemical shift dispersion, arising

from the narrow chemical shift range (approximately 10 ppm) of the main mole-

cules’ resonances observed in the brain. As a result, several metabolites might be

overlapped with each other, making their detection and, consequently, quantifica-

tion challenging. This overlap can be mitigated by the use of stronger magnetic

fields, as mentioned previously. On the other hand, 13C MRS is generally char-

acterised by a high spectral dispersion, with a measured chemical shift range of

about 200 ppm.

3.1.1.2 Scalar coupling

Scalar coupling (J-coupling) arises from the fact that nuclei with magnetic mo-

ments can influence each other through electrons in chemical bonds. In uncoupled

spin 1/2 systems, there is only one allowed transition, and the resonance is a

singlet (Figure 3.2). In contrast, in a coupled system, where, e.g., two spins are

covalently bound (A and X), the magnetic field experienced by the spin depends

on the state of the coupled spin. Therefore, instead of only a “spin-up” or “spin-

down” state, each of them can be either “spin-up” or “spin-down”, leading to a

system with four energy levels and multiple possible transitions between the lev-

els. These transitions can be zero-, single- and double-quantum, where the spin

quantum number changes by 0, ±1 and ±2, respectively. Only single-quantum

transitions can be observed and in the spectrum these will yield multiple peaks.

Figure 3.2 shows the splitting of the two resonances ΩA and ΩX into doublets, in

which its peaks are separated by the J-coupling constant (J). J is independent of

B0, and it is expressed in Hz.
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Figure 3.2: Representation of the scalar coupling effect on spins in uncoupled (single spin system
- A) and coupled systems (A and X). Arrows indicate transitions between energy levels, which
can be zero-(ZQ), single-(SQ) and double-quantum (DQ). Single-quantum transitions will result
in peaks in the spectrum at the corresponding frequency. J refers to the spectral separation
between both peaks of the split resonances (ΩA and ΩX).

Scalar coupling between magnetically equivalent nuclei, i.e., nuclei within the same

chemical environment and thus possessing identical chemical shift and J-coupling

constants relative to spins of other groups in the molecule, does not produce any

splitting. In addition, the coupling strength rapidly decreases with increasing

number of chemical bonds and can be ignored for four or more bonds.

The pattern of the splitting will depend on the magnitude of the coupling relative

to the chemical shift difference of a spin system. Thus, a weakly-coupled spin sys-

tem, denoted as AX, refers to the case when the condition |2πJAX | � |ΩA − ΩX |

is valid, i.e., when the coupling is significantly smaller than the chemical shift dif-

ference. In contrast, the cases AB (strongly coupled two-spin system) and ABMX

(four spin system, with two nuclei being strongly coupled to each other) apply

when the referred condition does not hold.

In Figure 3.3, the line splitting pattern in an AXn spin system is shown. In such

a weakly-coupled spin system, the scalar coupling gives rise to n+1 lines, where n

is the number of nuclei in the neighbouring group. As mentioned previously, the

spin-spin coupling between magnetically equivalent nuclei does not appear in the
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spectrum, hence the X spin spectrum will only contain two lines from the coupling

with the single A spin. The relative intensity of the lines within a multiplet will

follow the distribution described by Pascal’s triangle.

Note that the J-coupling can be homonuclear (e.g.1H-1H) or heteronuclear (1H-

13C). Typical values for 1H-1H are 280 Hz, when the protons are directly bound to

each other and 0-12 Hz, when the protons are indirectly coupled across a common

carbon atom (H-C-H) [4]. For 1H-13C, the J-coupling constant between these two

nuclei, directly bound to each other, is 100-250 Hz, and 0-60 Hz for the H-C-13C

configuration [4].

The J-coupling pattern can provide useful information on the molecular structure.

However, the line splitting can lead to overcrowded and complex spectra with lower

signal-to-noise ratio (SNR), since the signal intensity is distributed over multiple

peaks. To overcome this, a technique named decoupling can be used to remove the

effect of homonuclear and heteronuclear couplings, which consists of the applica-

tion of an RF field on-resonance with the coupled partner of the detected nuclear

spin [5]. This technique leads to a simpler interpretation and increased sensitivity

of the spectra, as the isolated lines in the multiplet are combined into a single line.

Figure 3.3: Example of line splitting in an AXn spin system with n = 1 to n = 3. In weakly-
coupled spin systems spectra, J-coupling will give rise to n+1 lines, with the line intensities
following the Pascal’s triangle distribution. J corresponds to the frequency separation between
the peaks of the split resonance.
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3.2 In vivo applications of MRS

Ultra high-field MRS (e.g. 7 T) has improved the quantification of several me-

tabolites due to the increase in SNR and spectral resolution. In the case of 1H

MRS, it made possible the simultaneous detection of 17 metabolites in the healthy

brain with a short echo time (TE) acquisition [7]. The choice of pulse sequence

for signal localisation and its implications for the spectrum will be discussed in

subsection 3.3.1.1. An example of a typical short TE 1H spectrum is depicted in

Figure 3.4, where 11 of the 17 metabolites can be identified. These metabolites

possess distinct functions, allowing us to study different biochemical processes in

brain metabolism, which include brain energy metabolism - lactate, total creatine

(composed of both creatine and phosphocreatine) and glucose, neuronal function -

NAA, membrane metabolism - choline-containing compounds (total choline), neu-

rotransmission - glutamate, glutamine, γ-aminobutyric acid (GABA) and aspar-

tate or antioxidative/osmolyte processes - myo-inositol, glutathione and taurine.

Figure 3.4: 1H MRS spectrum acquired from the anterior cingulate cortex of a healthy volunteer
with a short TE sequence at 7 T. 11 different metabolites can be identified in the spectrum.
Note the significant overlap of some resonances even at ultra high-field. PCr - phosphocreatine,
Cr - creatine, Glu - glutamate, Gln - glutamine, GSH - glutathione, mI - myo-inositol, Tau -
taurine, tCho - total choline, Asp - aspartate, Lac - lactate.
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In Table 3.1, the spectral position of these metabolites in a 1H spectrum is listed,

as well as a description of their role in brain metabolism and their typical concen-

tration in normal brain.

1H MRS has been used in the clinical setting for diagnostic, prognostic and assess-

ment of treatment response in several brain pathologies, as a complement of struc-

tural magnetic resonance imaging (MRI). Furthermore, it is a powerful research

tool, specifically for probing biochemical mechanisms related to neuroenergetics

and neurotransmission. The study of neuroenergetics and neurotransmission has

contributed to our understanding of brain disease pathogenesis. For example, al-

tered concentrations of metabolites involved in neurotransmission glutamate, glu-

tamine and GABA have been observed in neurological and psychiatric diseases,

such as major depressive disorder [8], schizophrenia [9], epilepsy [10], genetic dis-

orders of metabolism [11] and neurodegenerative disorders [12]. In addition, the

investigation of certain metabolic pathways involved in energy conversion and

general neuronal activity is essential for the basic understanding of overall brain

function.

In the next subsections, the value of brain MRS in the clinic and in research

(in particular with respect to neuroenergetics and neurotransmission processes)

environments, will be discussed.

3.2.1 Brain MRS in clinical practice

One of the medical areas in which 1H MRS has been reported to have a clinical

impact is oncology, where it has been shown to assist in differentiating tumour

from other focal lesions, and also between metabolic changes induced by treat-

ment and recurring tumour. In addition, it helps in the identification of optimal

biopsy sites in heterogeneous gliomas. Typically, the metabolic feature observed

in brain tumours is the combination of elevated total choline and decreased NAA.

An increase in the lipid signal at 1.3 ppm has also been associated with higher

grade tumours and poor survival prognostics [13, 14].

1H MRS has also been part of the routine protocol in paediatric examinations.

In the newborn infant, excess of lactate caused by hypoxia/ischemia can indicate

brain injury, with consistently high lactate, being associated with poor outcome
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[15]. Inherited metabolic disorders also significantly affect the paediatric popu-

lation, in which the symptoms can arise due to the accumulation of metabolites

that are neurotoxic or interfere with normal metabolism, or due to the decreased

synthesis or transport of a compound. For example, a substantial increase in NAA

levels has been consistently detected in patients with Canavan disease [16]. On

the other hand, lower levels of total creatine are present in children with a creatine

synthesis [17] or transporter defect [18].

In the case of demyelinating diseases, 1H MRS provides important information

on the biochemical composition of brain tissue to assist in the differential diagno-

sis of pathologies characterised by hypomyelination, white matter rarefaction and

demyelination, each one associated with specific total choline/total creatine and

NAA/total creatine ratios [19].

Despite not yet being included in routine protocols, 1H MRS has the potential to

contribute to patient management in a wide range of disorders, such as neurode-

generative diseases [20], epilepsy [21], and acute stroke and brain ischemia, with

all of them characterised by a decrease in NAA in the affected region and the

latter with concurrent increase of lactate in the core of the ischemic tissue [22].

Currently, clinical MRS is performed at 1.5 T or 3 T, and the most used localisation

methods for single voxel spectroscopy are point-resolved spectroscopy (PRESS)

[23] and stimulated echo acquisition mode (STEAM) [24, 25], which will be de-

scribed in the next subsection.

Finally, 13C MRS techniques have not evolved from a research tool into a clinical

procedure, due to the complexity of the scanning pipeline and its high cost.

3.2.2 Study of neuroenergetics and neurotransmission

The brain is the organ of the human body with highest glucose consumption rate,

relative to its weight, using up to 20% of the glucose supply [26]. Glucose me-

tabolism constitutes the main mechanism for cellular energy generation, which

ultimately results in the formation of adenosine triphosphate (ATP), the primary

fuel for brain function, i.e., for the maintenance of cellular health and neurotrans-

mission cycling.

In Figure 3.5, the neuronal and glial metabolic pathways are represented, as well as
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the relationship between them, mediated via glutamate-glutamine cycling. Neu-

ronal and glial cells play a distinct role in the brain. The neurons are mainly re-

sponsible for the neurotransmission processes, while the glial cells, amongst other

functions, provide energy to neurons, regulate the interstitial space by removing

toxic chemical compounds and recycle the neurotransmitters. Glucose is trans-

ported from the plasma to the brain tissue through the blood brain barrier via

specific glucose transporters: GLUT1 mediates the transport into the glial cells,

whereas GLUT3 promotes the transport to the neurons. GLUT3 is associated with

a much higher transport rate than GLUT1, resulting in a larger uptake of glucose

by the neurons [26]. In both cellular compartments, pyruvate is generated from

the break down of glucose in the cytosol (glycolysis). Pyruvate is then converted

into lactate non-oxidatively (without the use of oxygen) or into Acetyl-CoA, which

is metabolised in the mitochondria and enters the tricarboxylic acid (TCA) cy-

cle, whose processes consume oxygen. Both oxidative and non-oxidative pathways

will ultimately produce ATP. In normal conditions, i.e., resting state, more than

90% of glucose consumption is oxidative [27]. Under different conditions, e.g.,

during brain activation, a mismatch between oxygen and glucose consumption oc-

curs. A study carried out by Fox et al. [27] using positron emission tomography

showed that during visual stimulation the cerebral blood flow and cerebral meta-

bolic rate of glucose in the visual cortex increased approximately 50%, while the

cerebral metabolic rate of oxygen only increased by 5%. Different theories have

Figure 3.5: Diagram of the main metabolic pathways in the neurons and surrounding glial cells
and interplay between both compartments. TCA cycle refers to the tricarboxylic acid cycle.
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been proposed to describe the predominant pathways during brain activation, with

no consensus being reached yet. To provide further insight into brain activation

mechanisms, Chapter 5 will focus on the investigation of the metabolic changes

during visual stimulation using functional MRS (fMRS).

As mentioned previously, part of the ATP generated will be used for neurotrans-

mitter synthesis. Glutamate is the main excitatory neurotransmitter (Table 3.1)

and is released by the pre-synaptic neurons. It then binds itself to the post-

synaptic receptors to launch an action potential in the post-synaptic neuron, be-

fore being cleared from the synaptic cleft by the the surrounding glial cells to avoid

excitotoxicity. In the glial cells, it is converted to glutamine, transported to the

neurons and converted back to glutamate, replenishing the glutamate lost dur-

ing neurotransmission. This series of steps, which begins with glutamate release

in the synapse and ends in its resynthesis forms the glutamate-glutamine cycle.

In resting state, approximately 80% of the ATP produced by oxidative glucose

consumption is used by the glutamate-glutamine cycle [28]. Approximately 18%

is used for the production of GABA [29], the main inhibitory neurotransmitter

(Table 3.1).

Therefore, it is possible to obtain a quantitative description of the neuroenergetics

and neurotransmission in the brain, through the measurement of the TCA and

glutamate-glutamine cycle rates, respectively. To measure these rates, substrates

labelled with 13C (e.g. glucose) are infused into the bloodstream and the flux of

this label into other metabolites in the neurons and glial cells can be quantified

using 13C MRS together with metabolic modelling. Chapter 6 will describe the

development of an improved 13C MRS acquisition strategy for deep-brain appli-

cations.

3.3 MRS techniques

Despite the increase in spectral resolution and SNR, several challenges arise at ul-

tra high-field, especially with regards to data acquisition. These can be mitigated

with the application of specific strategies, which will be discussed in this section,

together with the essential methods required for signal detection in single voxel
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MRS (localisation, water suppression and B0 shimming). The most common se-

quences, and relevant to this thesis, used for voxel localisation - PRESS, STEAM,

semiadiabatic localisation by adiabatic selective refocusing (sLASER) [30] and im-

age selected in vivo spectroscopy (ISIS) [31] - will be explained. In addition, some

of the techniques used at the post-processing level to improve spectral quality

will be described below, as well as the criteria to take into account for a robust

metabolite quantification.

3.3.1 Data acquisition

3.3.1.1 Spatial localisation

Spatial localisation allows the acquisition of spectra from a well-defined region and

avoids contamination by non-cerebral tissue, such as extra-cerebral fat. Moreover,

B0 and B1 inhomogeneities have less impact on signal arising from a limited vol-

ume.

Voxel localisation is achieved through application of three slice-selective RF pulses

concurrent with linear field gradients in orthogonal directions, thus resulting in

the selection of a volume, which corresponds to the intersection of the three slices

(Figure 3.6). Each RF pulse excites a particular range of frequencies, which will

affect a certain region in the presence of a gradient. Therefore, a proportional

relation is formed between the spatial position x and the frequency of the excited

spins ω:

ω(x) = γB0 + γGXx, (3.8)

where γ is the gyromagnetic ratio. The first term is related to the static magnetic

field and corresponds to the Larmor frequency, and the second to the spatially

varying magnetic field, determined by GX , the strength of linear field gradient

applied in the x axis direction.

Rearranging Eq. 3.8, we retrieve the voxel dimension VX in the gradient direction:

VX =
BW

γGX

, (3.9)
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Figure 3.6: Schematic diagram of the procedure for voxel localisation based on the application
of RF pulses with linear field gradients (GZ,Y,X) in orthogonal directions.

where BW is the RF pulse bandwidth, defined by ∆ω (see Figure 3.7 for a graphic

description of the volume localisation process).

The bandwidth and excitation profile of an RF pulse depend on its waveform and

duration. The longer the RF pulse, the narrower the range of frequencies it can

Figure 3.7: Representation of the volume localisation process and the resulting chemical shift
displacement artefact due to the limited RF pulse bandwidth (BW ). An RF pulse centred at the
Larmor frequency (γB0) and with a certain bandwidth is applied in combination with a linear
field gradient on a sample with two chemical groups, A and X, with a frequency separation of ∆Ω.
The voxels, with dimension V, where each of the signals will be acquired from will be spatially
displaced by ∆V . The overlapped region corresponds to the fraction of the volume-of-interest
common to both chemical groups.
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excite. The choice of waveform depends on the desired slice profile. Sinc pulses are

the most widely used, as they are associated with an approximately rectangular

excitation profile. An infinite sinc pulse should result in a perfect excitation pro-

file (small flip angle approximation). However, reducing the number of sinc lobes

will lead to a less ideal profile. Additionally, ringing artefacts start to appear

on the edges of the frequency domain profile, which can lead to the excitation of

non-desired regions. In Figure 3.8 is shown an example of a pulse waveform in the

time domain and its excitation profile in the frequency domain.

Another commonly observed artefact in localised MRS is the chemical shift dis-

placement artefact (CSDA), caused by the finite bandwidth of an RF pulse. The

origin and consequences of this artefact will be discussed in the next subsection.

Spatial localisation in direct 13C MRS is a challenge due to the need for an ex-

tremely large bandwidth pulse for the localised broadband detection of the entire

13C spectrum. To circumvent this, voxel localisation can be performed indirectly

using the 1H channel, thus minimising the bandwidth requirements, as shown in

Chapter 6.

Chemical shift displacement artefacts

All spatial localisation techniques suffer from the CSDA, which leads to a shifted

volume-of-interest (VOI) for off-resonance nuclei (Figure 3.7). The displacement

∆VX of the voxel for a given chemical shift difference ∆Ω, in the direction of a

linear field gradient (for example x axis) is given by:

∆VX =
∆Ω

γGX

. (3.10)

Combining Eqs. 3.9 and 3.10, the spatial displacement can be written as:

∆VX =
∆Ω

BW
VX = kVX , (3.11)

where k is the ratio between the chemical shift difference and the bandwidth of

the localisation pulse (in this case both converted to Hz). At stronger magnetic

fields, for the CSDA to be minimised, the range of frequencies that are contained

in the selected VOI (bandwidth) has to increase with B0 to counteract the lin-
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Figure 3.8: Simulation of an RF pulse with finite duration and its slice profile, obtained by
solving the Bloch equations. The transition bands are no longer sharp, as compared to an
infinite sinc pulse, and ringing artefacts start to appear on the edges of the slice profile.

ear effect of the increasing magnetic field strength on the frequency separation

between two resonances due to their chemical environment (chemical shift). To

attain that, keeping the same voxel dimensions, the linear field gradient strength

would have to increase proportionately. Considering a typical bandwidth for a

90° amplitude-modulated pulse (Figure 3.8) of 3000 Hz and a voxel size of 30 mm,

the equivalent gradient strength would be 2.3 mT/m. Comparing this with the

maximum gradient strength that the Philips 7 T MR system allows, 40 mT/m, it

is possible to conclude that the bandwidth restriction does not originate from the

gradient system capabilities, but instead from the RF system.

Rearranging Eq. 2.32, it is possible to express the inverse of the RF pulse duration

τ , given by the pulse bandwidth, as a function of the flip angle β and RF field B1

amplitude:

BW = f
B1γ

β
, (3.12)

where f is a conversion factor, which depends on the pulse waveform. A linear

relationship between the bandwidth of an RF pulse and the amplitude of the RF

field B1 is obtained. However, the amplitude of the RF field that a coil is able to

generate decreases with the frequency it is designed to operate at, or equivalently

with the static magnetic field strength it is built for. It is known that the RF

power required to scan an object with radius r and length l scales with the square

38



FUNDAMENTALS OF MRS

of the resonant frequency [32]:

Power = πr4lω2σB2
1 , (3.13)

where σ is the conductivity of the object. The validity of this expression only holds

when the dimensions of the imaged object are small relative to the RF wavelength,

which is not the case for ultra high-field human MR. Experimental observations

demonstrated that at higher operating frequencies, the power required to obtain a

certain B1 will be more than that predicted for the quasistatic regime [32]. There-

fore, for a constant output power from the RF amplifiers to coils used at different

magnetic field strengths, their B1, and hence the bandwidth will decrease to a

greater proportion than the relative increase in ω. From the calculations above,

we can conclude that at ultra high-field, the voxel displacement, and thus the

CSDA is worse as the B1 requirements cannot be met to counterbalance the larger

chemical shift dispersion. Also note from Eq. 3.12 that a larger flip angle will

result in a narrower bandwidth. This is because the amplitude of the pulses is

set to reach the maximum B1 and its length is adjusted accordingly. Thus, 180°

pulses are associated with larger CSDAs, when compared to 90° pulses for the

same frequency difference between two resonances.

The case of the CSDA in scalar-coupled spins is more complex. Let us consider

the response of an AX spin system to a PRESS sequence (refer to Figure 3.10

for the diagram of this sequence). Due to this artefact, the voxel for A spins is

shifted from the voxel for X spins and, as a result, not all A nuclei within the

X voxel will be refocused by both 180° pulses of the sequence. This will lead to

an effect termed “anomalous J-modulation”, which results in the superposition of

signal from different regions with distinct modulation patterns.

Note the schematic diagram in Figure 3.9a. In compartments 1-4, X spins experi-

ence both 180° pulses. In compartments 2 and 3, the A spins only experience the

first and the second 180° pulses, respectively. In compartment 1, both RF pulses

affect A spins, whereas in compartment 4, they are not refocused by any of the

pulses.

After the application of an excitation pulse (90°) along the x direction, which ro-

tates the magnetisation to –y, the spins are under the effect of chemical shift and
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J-coupling evolution over a defined period of time. In this case, the chemical shift

evolution is refocused by the two 180° pulses, thus only the J-coupling evolution

has to be calculated (see [2] for the description of the product operator formal-

ism). The signal will depend on which refocusing pulses are experienced by the A

spins, when observing the X spins. Considering that only in-phase terms at the

X spins resonance oriented along the -y axis are detected, the signal arising from

each compartment is as follows:

Compartment 1⇒ SX = Xycos (πJTE)

Compartment 2⇒ SX = Xycos (πJTE1)

Compartment 3⇒ SX = Xycos (πJTE2)

Compartment 4⇒ SX = Xy.

(3.14)

The signal modulation in each compartment as a function of TE is depicted in

Figure 3.9b, for the case where J was set to the coupling constant of lactate

(6.933 Hz), TE1 was assumed to have a fixed value of 27.2 ms and TE2 was the

remaining time until acquisition, varying with TE.

The signal arising from the entire excited volume is calculated based on the in-

dividual volumes of each compartment (V1,2,3,4), which depend on the fraction of

voxel displacement, expressed by the factor k of Eq. 3.11. Therefore, the partial

Figure 3.9: Effect of chemical shift displacement artefact on coupled spins during the PRESS
sequence. The dotted square in a) represents the spatial shift of A spins relative to X spins (solid
line). The 90° pulse is applied in the third direction (not shown here), whereas the first and
second 180° pulses are applied in orthogonal directions. The spatial displacement of one spin
relative to the other leads to the formation of 4 compartments with different signal modulation
patterns shown in b). The signal arising from each compartment as a function of TE was
simulated with J set to the coupling constant of lactate and TE1 = 27.2 ms.
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volumes will result from the product of terms combining k or 1− k factors, where

k applies when only one of the pulses affects the A spins and 1− k when both do,

as defined in [33, 34]:

V1 = (1− k)2;V2 = V3 = k(1− k);V4 = k2. (3.15)

The overall signal is determined by the weighted sum of the signals arising from

each compartment. Depending on interpulse timings and the severity of the CSDA,

the combination of different modulation patterns can lead to the cancellation of

the signal [33].

PRESS and STEAM

PRESS and STEAM are localisation techniques capable of achieving 3D localisa-

tion in one acquisition. The PRESS sequence (Figure 3.10) is a spin-echo-based

technique, in which a slice-selective 90° excitation pulse is combined with two

slice-selective 180° refocusing pulses. The echo that contains the signal from the

intersection of the three planes, selected by the three gradients, is formed at TE,

which equals TE1 + TE2, where TE1 is the time between the 90° pulse and the

first spin-echo and TE2 the time between both echoes. The excitation profile of

the 90° pulse can be altered due to the dephasing of the magnetisation through

Figure 3.10: Schematic diagram for the PRESS sequence. One excitation and two refocusing
pulses are applied to generate a spin-echo at TE = TE1 + TE2. Gs represent the gradients for
slice selection and Gsr is the slice refocusing gradient used to compensate the phase dispersion
introduced by the first slice selection gradient. G1 to G4 are crusher gradients, which spoil
unwanted coherences.
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Figure 3.11: Schematic diagram of a standard STEAM sequence. Three 90° pulses are applied
in conjunction to generate a stimulated echo. Each of the RF pulses is applied concurrently with
slice selection gradients mutually orthogonal to each other (Gs). Dephasing/rephasing gradients
G1 and G3 are introduced during TE/2 intervals, while G2 gradients, which crush unwanted
coherences, are added during the TM interval.

the slice profile. This phase dispersion can be compensated by the use of a refo-

cusing gradient, typically with half the duration of the gradient applied during the

RF pulse and opposite polarity. In addition, crusher gradients are introduced in

between the RF pulses to dephase unwanted signal arising from outside the VOI.

On the other hand, the STEAM sequence (Figure 3.11) consists of three slice-

selective RF pulses, each one with a flip angle of 90°. The two first pulses are

separated by a delay of TE/2 and the mixing time (TM) represents the delay be-

tween the second and the third pulses. The stimulated echo is formed at TE+TM .

In this sequence, the second RF pulse only rotates half the transverse magnetisa-

tion to the longitudinal axis, while the other half is dephased by crusher gradients,

which results in a reduction of the signal by half when compared to the PRESS

sequence.

Despite being associated with a higher SNR, PRESS cannot be performed with

a very short TE, as the duration of 180° pulses is longer than that of 90° pulses.

This might constitute a problem in the detection of metabolites with very short T2

relaxation times, whose signal decays more rapidly, and also for additional correc-

tion of different T2 decays of the metabolites of interest. Additionally, the PRESS

sequence leads to larger CSDAs, because of the use of 180° pulses, as discussed

in the previous subsection. The effect of the CSDA on the STEAM sequence at

ultra high-field will be discussed in Chapter 4.
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sLASER

sLASER is a single-shot 3D localisation technique, consisting of an excitation and

a series of adiabatic refocusing pulses, making this sequence less susceptible to

RF inhomogeneities, while reducing the CDSA with the use of high bandwidth

pulses. A diagram of a basic sLASER sequence is depicted in Figure 3.12. The

selective refocusing is achieved by the use of two pairs of adiabatic full passage

(AFP) pulses. The presence of a second AFP pulse aims to refocus the nonlinear

B1 and position dependent phase across the slice, generated by the first pulse

of the pair. A spin-echo is then generated at TE = 2(τ2 + τ4), in which τ2 and

τ4 are the delays between the pulses of the first and second pair of AFP pulses,

respectively.

At ultra high-field, sLASER is preferred over the PRESS sequence due to the

better spatial selection properties of AFP pulses. In contrast to the STEAM

sequence, short TE acquisitions are not available, with TEs under 20 ms not being

typically achievable [35]. However, sLASER constitutes an attractive option for

the detection of certain coupled metabolites, whose J-coupling constants lead to

optimal TEs longer than the minimum sLASER TE. This sequence was employed

for the detection of the weakly-coupled spin system lactate, described in Chapter

5.

Figure 3.12: Schematic diagram for the sLASER sequence. The sLASER sequence is based on
the PRESS sequence, except the 180° pulses are substituted by a pair of adiabatic full passage
(AFP) pulses. Each pulse of the pair is applied with the slice selection gradients Gs, with the
first Gs being followed by the slice refocusing gradient Gsr. Crusher gradients G1,2,3,4,5 are
introduced in between the pulses.
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ISIS

ISIS uses multiple-acquisitions combined with an add/subtract scheme for the

localisation of a VOI. Figure 3.13a shows a schematic diagram with a description

of the acquisition steps involved in this sequence. In each acquisition, a set of

slice-selective inversion pulses applied concurrently with orthogonal field gradients

prepares the longitudinal magnetisation, which is then rotated to the transverse

plane by a 90° pulse. The inversion pulses are turned on or off following a specific

scheme and the number of required acquisitions is determined by the number of

desired spatial encoding directions. The addition/subtraction of the individual

scans will result in the nulling of the signal outside the region of interest, while

accumulating the signal in the desired location. 1D and 2D ISIS are performed

with the first two and four acquisitions, respectively. In Figure 3.13b is depicted

an example of the selection of a region of interest using 2D ISIS. When zero or an

Figure 3.13: Schematic diagram for the ISIS sequence. a) Different acquisitions are run with the
presence or the absence of the 180° pulses applied in conjunction with slice selection gradients
(Gs). The number of acquisitions depends on the number of spatial encoding directions. The
magnetisation is then rotated to the transverse plane with a 90° pulse. b) Example of the 2D
ISIS scheme. Four acquisitions are necessary to localise the area in dark blue, which are followed
by the application of the appropriate add/subtract scheme.
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even number of pulses are applied, the final magnetisation in the selected cross-

section is positive, whereas an odd number of pulses results in a magnetisation

with negative sign. The combination of the resulting FIDs acquired according to

the scheme shown in the figure localises the area in dark blue. To extend to a

complete 3D localisation, eight consecutive individual acquisitions (Figure 3.13a)

are required to select a VOI with the following adding/subtraction scheme:

3D ISIS FID = FID1 − FID2 − FID3 − FID4

+ FID5 + FID6 + FID7 − FID8.
(3.16)

ISIS is rarely used in 1H MRS since the localisation accuracy can be compromised

by a number of factors. For detection of metabolites with long T1, whose T1 relax-

ation is incomplete within the sequence repetition time (TR), an effect termed T1

smearing arises, leading to the incomplete cancellation of unwanted signals. Addi-

tionally, when the VOI is small relative to the whole excited volume, subtraction

errors can lead to large contamination artefacts, making this sequence particu-

larly sensitive to physiological and patient motion. On the other hand, ISIS is

suitable for the detection of metabolites with short T2 relaxation times, as the

short delay between excitation and the start of acquisition minimises signal loss.

This sequence was used for the 1H signal localisation in the 13C MRS experiments

described in Chapter 6.

3.3.1.2 Water suppression

The water peak is a dominating resonance in the 1H spectrum arising at 4.7 ppm,

due to the abundance of water in all tissues. As the concentration of metabolites

is about four orders of magnitude lower than the water concentration, suppression

of this peak is required to make the molecules of interest visible in the spectrum.

Most commonly employed water suppression techniques are based on the chemi-

cal shift selective (CHESS) method [36], which employs a narrow band RF pulse

centred on the water frequency to transpose this resonance onto the transverse

plane, followed by crusher gradients to dephase the signal. This module precedes

the acquisition of the metabolite spectrum and the delay between them should be

as short as possible to avoid water signal recovery by T1 relaxation.
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Figure 3.14: 1H spectra acquired with different water suppression techniques: VAPOR, MOIST
and excitation. The spectra were acquired with the sLASER sequence (TR/TE = 5000/144 ms,
64 averages) from a 15x30x20 mm3 voxel placed in a volunteer’s occipital cortex.

In Figure 3.14, 1H brain spectra acquired with three distinct water suppression

methods are shown. The excitation method is the simpler of the three and uses

only two excitation pulses, therefore proving to be the least effective method.

On the other hand, techniques as multiply optimised insensitive suppression train

(MOIST) [37, 38] and variable pulse powers and optimised relaxation delays (VA-

POR) [39] employ a train of pulses, being more robust to flip angle variations.

Due to its efficient water signal suppression (Figure 3.14), VAPOR was the pre-

ferred method in the studies of this thesis and was used whenever available and

compatible with the subsequent MRS sequence.

An effective water suppression minimises baseline distortions and spurious signals

due to vibration-induced signal modulation, which leads to a more reliable quan-

tification. Water signal suppression is not necessary in direct 13C MRS, due to

the absence of 1H signal.
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3.3.1.3 Techniques to reduce outer volume contamination

An RF pulse with imperfect excitation or inversion profile can at times lead to

the excitation of regions outside the VOI. This can be the case in brain MRS, in

which the spectra might be contaminated by extra-cerebral fat, especially when

the VOI is placed near the scalp. To suppress these signals, an outer volume sup-

pression (OVS) module, preceding the metabolite spectrum acquisition, can be

added. The principle of OVS is based on the application of a slice-selective pulse

and crusher gradients to suppress the signal within bands. On the Philips 7T MR

system, these bands are termed regional suppression technique (REST) slabs [40]

and their power, thickness, central frequency (water or fat) and position can be

adjusted.

Figure 3.15: 1H spectra (b) acquired with the sLASER sequence (TR/TE = 5000/144 ms, 64
averages) from a 15x30x20 mm3 voxel placed in a volunteer’s occipital cortex, with and without
regional suppression technique (REST) slabs (two slabs, power = 4, thickness = 30 mm, centred
on fat). Voxel and REST slabs position on the anatomical image shown in a). Lac refers to
lactate.
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In Figure 3.15, an example of the application of this technique for suppression of

the lipid signal is shown. 1H spectra were acquired with the sLASER sequence

from a voxel located in the occipital region. Note that when the spectrum is

acquired with REST slabs, the contamination in the spectral region of 1.8 to

1.45 ppm vanishes, while the amplitude of the negative lipid peak at 0.9 ppm is

reduced, in comparison with the spectrum obtained without REST slabs. This

shows that these signals originated largely from outside the VOI.

A spectrum free of lipid contamination is particularly important for lactate quan-

tification. For example, the artefact from 1.8 to 1.45 ppm causes baseline distortion

near the lactate peak, which can lead to unreliable spectral quantification. An-

other strategy that can be used to minimise outer volume contamination is to

change the chemical shift direction by inverting the linear field gradient direction.

For example, the lactate VOI represented by the white box in Figure 3.15a was

chosen to be shifted to the anterior direction. Thus, resonances with lower chem-

ical shift than the water peak are acquired from a volume further away from the

scalp.

3.3.1.4 Techniques to improve B1 and B0 homogeneity

The effect of the static and RF field inhomogeneities can directly be observed in

the spectrum and the application of techniques to attenuate them is crucial to

guarantee a good spectral quality in MRS.

In a perfectly homogeneous static magnetic field, all the Lorentzian lines acquired

within a volume are centred at the same frequency. They will add coherently

generating a single Lorentzian line with a linewidth solely dependent on the T2

relaxation properties of the object. However, in the presence of B0 field inho-

mogeneities, each Lorentzian line will have a distinct frequency that when added

together will give rise to a broadened line. This distribution of frequencies can

also lead to a loss of phase coherence, resulting in a faster decay of the transverse

magnetisation, now dictated by T ∗2 , and thus broadening the peak (see section

3.1).

B0 inhomogeneities can arise from the hardware or be intrinsic to the sample.

With regards to the first, these inhomogeneities can be corrected with the addi-
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tion of shim coils when the magnet is built. Inhomogeneities caused by the sample

are object-specific and depend on several factors, such as the geometry and sus-

ceptibility interfaces between different materials, which yield field perturbations.

The field perturbations caused by the susceptibility effect are exacerbated with in-

creasing magnetic field strength. This type of B0 inhomogeneity can be corrected

by a method termed shimming.

Preceding the acquisition of MR spectra, an appropriate sequence is run to pro-

vide a measure of these field inhomogeneities (B0 mapping). Shimming methods

are subsequently applied to minimise the perturbations, which generally involve

decomposing the field inhomogeneities into a linear combination of spherical har-

monics. These are then generated by shim coils to correct the magnetic field for

the perturbations. In spectroscopy, the smaller the volume to be shimmed, the

more efficient the correction of the field perturbations is.

The shimming technique used for all of the MRS acquisitions described in this

thesis is termed pencil-beam volume shimming, a Philips routine based on the

fast, automatic shimming technique by mapping along projections (FASTMAP)

[41].

On the other hand, the major cause for B1 inhomogeneities at ultra high-field

is the shorter RF wavelength, further shortened by the dielectric properties of

the tissue. As the magnetic field strength increases, the wavelength becomes the

same size or smaller than the imaged anatomic regions, which gives rise to stand-

ing waves that constructively or destructively interfere. Severe B1 inhomogeneity

leads to substantial variations in the flip angle and receive sensitivity (principle

of reciprocity) across the VOI, which result in variable SNR in images (dark and

bright areas) and low SNR in spectra with improper signal modulation.

Similarly, B1 shimming can be performed using multiple transmit coils [42]. B1

homogeneity can be achieved by manipulating the magnitude and phase of each

transmitter channel until an uniform excitation is obtained over a target region

(active B1 shimming). A more readily available option involves the use of di-

electric pads [43] (passive B1 shimming). Dielectric pads are composed of high-

permittivity materials and are able to alter the spatial distribution of the electro-

magnetic fields, shifting the B1 constructive interference pattern to regions with
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Figure 3.16: Calcium titanate dielectric pads (a), placed on top of a volunteer’s head inside a
13C/1H volume coil (b).

low sensitivity due to the geometry of the sample. Dielectric pads with calcium

titanate were used in the experiment described in Chapter 6 (see Figure 3.16).

Note the increase in relative flip angle values observed in the B1 transmit field

maps with the presence of dielectric pads (Figure 3.17).

Finally, in order to obtain the correct flip angle, careful pre-scan calibration se-

quences should be run to adjust the RF voltage appropriately for each experiment.

3.3.1.5 Sensitivity

In the previous chapter, it was shown that the equilibrium magnetisation M0 in-

creases with γ2B0. The signal measured by the receiver coils is proportional to

Figure 3.17: B1 transmit field maps obtained with and without calcium titanate dielectric pads
positioned on top of the frontal region of a volunteer’s scalp. The black boxes show the VOI in
a 13C experiment. Colourbar represents percentage change in flip angle values.
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ω0M0, or equivalently, γ3B2
0 . However, in high-field human MR the noise contri-

bution from conducting samples also increases linearly with the frequency, which

makes the sensitivity, defined in this case as SNR, proportional to γ2B0 [1]. This

expression provides the mathematical derivation of the observed linear increase

in SNR with increasing magnetic field strength. It also allows the comparison

between the relative sensitivities of 1H and 13C experiments. As the gyromagnetic

ratio of 13C is four times smaller than the one of 1H, the overall SNR of a 13C scan

(considering a 100% 13C-labelled molecule and a single nucleus detection) is 1/16

times less than a 1H scan. In this case, polarisation transfer techniques can be used

to enhance the sensitivity in multinuclear MRS, by transferring the polarisation

of the 1H to the 13C nuclei. Under optimal conditions, the initial magnetisation of

13C can be increased by a factor of four (γH/γC). The distortionless enhancement

by polarisation transfer (DEPT) sequence [44] is one of the available polarisation

transfer techniques and has been used in the 13C MRS experiment described in

Chapter 6.

The sensitivity of an experiment is also proportional to square root of the total ac-

quisition time divided by TR. Hence, longer experiments combined with a shorter

TR provide an increased SNR. However, it is important to consider that the choice

of TR should also take into account the T1 relaxation times of the sample, as a

short TR can result in an incomplete longitudinal magnetisation recovery. One

way to circumvent this temporal dependence is to express the sensitivity as a func-

tion of the square root of the number of acquisitions. From this, it is clear that

averaging more spectra together will result in a higher SNR.

Finally, in single voxel MRS, the sensitivity is also scaled with the voxel dimen-

sions. Thus, larger voxels will be associated with increased SNR, but the specificity

of the measurement (tissue type/location) decreases.

3.3.2 Data post-processing

3.3.2.1 Truncation

Signal and noise are simultaneously recorded during the acquisition of an FID.

Noise reduction can be performed after signal detection in order to improve spec-
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tral quality.

The FID signal is maximum at the beginning of the acquisition and decays over

time, until only noise is measurable. The acquisition time can be artificially trun-

cated by removing the last set of points of an FID corresponding to noise, thus

increasing the sensitivity (Figure 3.18). However, severe truncation at the post-

processing level, similarly to a shorter acquisition time, can lead to the emergence

of ringing artefacts.

3.3.2.2 Apodisation

Apodisation is another post-processing method used to increase the sensitivity

of the spectrum and consists of multiplying the FID by a filter function, which

leaves the early part of the FID unaffected and attenuates the later parts. A

common choice for a filter function is an exponential with an adjustable decay

rate. However, the use of a filter function will not only attenuate noise, but will

also broaden the linewidth of the peaks in the spectrum. This effect is shown by

combining Eq. 3.2 with the one of an exponential decaying filter:

S(t) = M0 sin (θ) exp (iΩt) exp

(
− t

T ∗2

)
exp

(
− t

RLB

)
, (3.17)

from which we conclude that the final linewidth of the spectrum will be a result of

the sum of its original linewidth with the artificial line broadening. As discussed

previously, line broadening will cause a reduction in the peak height, thus com-

promising SNR (Figure 3.18). An optimal SNR is achieved by choosing a decay

rate that matches the original peak linewidth [1].

3.3.2.3 Zero filling

As mentioned in subsection 3.1, the FID is composed of a certain number of data

points which will remain the same after the Fourier Transform. Increasing the

number of sampled points will result in a better spectral resolution, but also in

the increase of the acquisition time and thus in the noise contribution. A common

solution is to add a determined number of zeros to the FID, at the post-processing

level. Zero filling will not add new information, but rather improves the spectral
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appearance by interpolation of the data points (Figure 3.18).

3.3.2.4 Phase and frequency correction

As shown in Eq. 3.5, it is common for a shift in the phase of the signal at the

reception stage to occur, which can arise from a miscalibration of the phase de-

tectors. In this case, the real part of the Fourier transform of the signal would not

correspond to the purely absorptive signal, but rather contain a mixture of the

absorption and dispersion modes. In order to recover the purely absorption mode,

phase correction can be applied to the FID simply by including a phase correc-

tion term, as described in the following expression, for a single magnetisation at

frequency Ω:

S(t)corrected = M0 sin (θ) exp (iΩt) exp
[
i(φ+ φcorr)

]
exp

(
− t

T ∗2

)
, (3.18)

where φcorr would be chosen to be −φ, thus removing the phase offset term. If

the correction is applied in the frequency domain, S(ω)corrected will be:

Re[S(ω)]corrected = Re[S(ω)]cos (φcorr) + Im[S(ω)]sin (φcorr)

Im[S(ω)]corrected = Im[S(ω)]cos (φcorr)−Re[S(ω)]sin (φcorr) ,
(3.19)

where the phase corrected signal is composed of a combination of the phase cor-

rected real and imaginary components. Here, the phase shift is the same for all

frequency offsets ω, such that the phase correction is independent of the frequency

and is called zero-order phase correction (Figure 3.18). On the other hand, a pre-

sampling delay, a gap between the RF pulse and the start of the acquisition of

the FID may also introduce a phase shift in the data, so that the maximum of

the FID does not correspond to t = 0. This phase shift will vary linearly with the

frequency, and requires a first-order phase correction:

φcorr(ω) = φzero−order + φfirst−order ×
ω

SW
. (3.20)

Another option is to use the power spectrum, which is not phase-dependent.

However, the resulting peaks are broader, therefore compromising the spectral
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Figure 3.18: Example of post-processing techniques applied to the FID (before Fourier Trans-
form) - truncation, apodisation and zero filling - and to the spectrum - phase correction. The
original FID with 4096 data points was truncated to 2048 points, apodised with a 8 Hz expo-
nential filter and zero filled with 4096 points. The phase of the spectrum was corrected by
45°.

resolution.

Occasionally, it might also be necessary to correct for small B0 drifts in the spec-

trum. These shifts can be caused by magnetic fluctuations, in particular the

fluctuations of the shim coils with temperature over time. The fluctuations of the

sample temperature can also be a source of frequency shift. The position of the

water peak, used for frequency reference in 1H MRS, is also dependent on the

local pH. When spectra are added or subtracted, it is convenient to correct these

frequency drifts by alignment of a reference peak (e.g.creatine) [45], in order to

avoid the emergence of additional/residual peaks.

In 13C MRS, where no internal reference is available pre-infusion, calibrations for

frequency adjustment might be insufficient and generate a frequency offset in the

measured spectrum.

3.3.3 Spectral quantification

The final step in the MRS pipeline involves the estimation of the metabolite con-

centration levels based on the relative resonance areas, which are proportional to

the amount of spins in the sample. The area under the peak can be calculated in

the FID (signal amplitude in the time domain) or in the spectrum (signal integra-

54



FUNDAMENTALS OF MRS

tion in the frequency domain).

Several packages are available for automatic fitting of spectra using prior knowl-

edge information, which allows biophysically relevant information to be included

in the spectral fitting procedure. Two packages are used in the experiments de-

scribed in this thesis: LCModel [46] and advanced method for accurate, robust,

and efficient spectral fitting (AMARES) [47] from the jMRUI software [48].

LCModel is based on the fact that the total NMR signal can be decomposed into

a linear combination of signals from isolated compounds. Therefore, this program

uses linear combination (LC) modelling algorithms to estimate metabolite concen-

trations. This type of algorithm relies on the creation of an accurate metabolite

basis set, which contains all the individual resonances which are expected to be

present in the spectrum. The basis set can be obtained experimentally or it can

be simulated. The advantage of the in vitro approach is that the acquisition pa-

rameters will be very similar between both in vitro and in vivo measurements.

However, it can be an intensive and costly task to obtain several individual spec-

tra, especially when it has to be repeated for each MR sequence. Alternatively,

the metabolite spectra can be simulated through the use of density matrix cal-

culations. Despite rapidly providing a complete basis set, a clear disadvantage

of this method is that the simulations are noiseless and artefact-free, thus not

giving an accurate description of the experiment. Various programs are available

for simulation of MR spectra such as Versatile Simulation, Pulses, and Analysis

(VESPA) [49], which is used in the data analysis pipeline described in Chapter 5.

In essence, LC modelling algorithms adjust the amplitudes, frequencies, linewidths

and phases of the metabolite basis set to match the in vivo spectrum. The user can

also impose soft constraints on the fitting parameters in order to achieve a more

meaningful spectral fitting. Some of the most crucial parameters for an accurate

metabolite quantification are involved in the determination of the macromolecular

(MM) profile. At short TE, the spectra are characterised by a significant oscillating

background arising from high molecular weight compounds (macromolecules). In

LCModel, the MM profile is simulated for some typical MM resonances. However,

artefacts, metabolites which might not be included in the basis set or even changes

in the metabolite levels can be erroneously modelled as part of the MM profile,
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thus resulting in a biased quantification. In this case, a more robust method is to

measure the MM profile and include it in the basis set. Details on how to handle

the MM profile depending on the specific features of the spectrum are discussed

in Chapter 5. In Figure 3.19 is shown an example of spectral fitting performed

with LCModel, with the fitted data and its decomposition into some individual

metabolite signals depicted.

In this thesis, the non-linear-least-squares algorithm AMARES from jMRUI was

used for the quantification of 13C MRS data (Chapter 6). The user can add some

prior knowledge, regarding amplitudes, frequencies, phases, linewidth, and shape

of the peaks, which can improve the precision of the quantification. The analysis

of the spectra is performed in the time domain, in contrast to LCModel, which

uses the frequency domain.

Quantitative results should always be given with error estimates. The stochastic

uncertainty for a single measurement is reflected in the Cramér–Rao lower bound

(CRLB). They represent the variance of the estimated parameters, with respect

to a certain model, a set of parameters, and a noise level. Given that the CRLBs

include the effects of SNR and that they are calculated under the assumption the

Figure 3.19: Example of spectral fitting performed with LCModel. The fitted data and the
corresponding fits for glutamine (Gln), glutamate (Glu) and glutathione (GSH) are shown. The
1H MRS spectrum was acquired from the anterior cingulate cortex of a healthy volunteer with
a short TE STEAM sequence at 7 T.
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fitting model is correct, systematic errors can be neglected, leading to an under- or

over-estimation of the confidence limits. Typically, metabolite levels determined

with CRLBs below 20% are considered sufficiently reliable [50].

The next step in the spectral quantification pipeline is to convert the relative res-

onance areas to absolute concentrations, expressed in molar (molL−1) or molal

(molg−1) concentration. The reference for absolute quantification can be provided

with an internal compound naturally occurring in the tissue or with a reference sig-

nal from an external source. Only internal referencing will be discussed here. For

1H MRS, water, total creatine and NAA have been proposed as internal concen-

tration references. However, care must be taken when referencing to metabolites,

whose concentration might change with disease progression. For example, a sub-

stantial decrease in NAA levels is observed in a wide range of pathologies (see

subsection 3.2.1). Water [51] and total creatine [52] are relatively stable mole-

cules. Nevertheless, both molecular concentrations are known to vary with the

tissue type (gray matter, white matter and cerebrospinal fluid). To correct for

partial volume effects, i.e., mixture of different tissue types within the MRS voxel,

a method described by Gasparovic et al. [53] can be applied, which also takes

into account the differences in relaxation times between distinct metabolites. The

water signal, acquired from an unsuppressed water scan, is also used to correct

distorted metabolite lineshapes caused by eddy currents [54].

Finally, visual inspection is advisable before and after metabolite quantification,

independently of the metabolite concentrations given by the fitting packages. Be-

fore quantification, inspection for potential artefacts, poor water suppression, lipid

contamination and baseline distortions is recommended. SNR is often used to

discard unsatisfactory spectra. However, since SNR is directly linked to the cal-

culation of CRLBs, a rejection criterion based on the CRLB of each metabolite

seems more reasonable [55]. Rejection based on the overall spectral linewidth has

also been proved to be very useful [56]. After quantification, visualisation of the

fitted spectrum, as well as of the residuals are used to verify the accuracy of the

analysis.
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Chapter 4

The effect of the chemical shift
displacement artefact on the 1H
lactate signal

4.1 Introduction

The measurement of lactate concentration has generated great interest over the

years due to its role as a potential indicator for several conditions associated with

abnormal anaerobic metabolism. Elevated concentrations of lactate, which can

exceed 10 mM, are observed in situations where blood flow, hence also oxygen

supply, might be restricted, such as in ischemic stroke [1] and tumours [2]. Tran-

sient increases in lactate levels have also been observed in human brain following

neuronal activation [3, 4, 5] and hyperventilation [6].

lactate detection with 1H magnetic resonance spectroscopy (MRS) is challenging

due to its low concentration in normal brain tissue (∼1 mM) and overlap with sig-

nals of higher concentration compounds, namely macromolecules (MM) and lipids.

To resolve the lactate methyl signal at 1.31 ppm from its overlapping resonances,

some MRS methods exploit J-modulation effects in combination with the use of

a long echo time (TE) to reduce the intensity of the MM and lipid signal. The

point-resolved spectroscopy (PRESS) [7] sequence has been widely used for lactate

detection in a clinical setting (field strengths of 3 T and lower). In this spin-echo

based experiment, J-evolution operates on the methyl group, which is refocused

by the 180° pulses, to obtain an inverted doublet peak at a TE of 144 ms (1/J, J

= 6.933 Hz).

On the other hand, ultra high-field, which offers increased signal-to-noise ratio
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(SNR) and spectral resolution, imposes some constraints on the use of the PRESS

sequence. Due to the limited bandwidth of the slice-selective refocusing pulses, this

sequence is associated with a large chemical shift displacement artefact (CSDA),

which is worsened with increasing magnetic field strength. Due to the larger

bandwidth of the 90° pulses relative to the 180° pulses, the stimulated echo acqui-

sition mode (STEAM) [8, 9] sequence minimises the CSDA effects compared to

the PRESS sequence, which makes the former a popular sequence for use at higher

field strengths. The modulation in the STEAM sequence arising from scalar cou-

pling is governed by both TE and mixing time (TM).

The optimisation of the STEAM sequence timing parameters has been investigated

for the improved acquisition of scalar-coupled metabolites at ultra high-field, such

as glutamate [10, 11, 12]. For lactate measurement, previous work reported an an-

alytical expression derived for the STEAM signal modulation in a weakly-coupled

spin system of the lactate form [13], AX3, where A corresponds to the proton in

the methine group and X to those in the methyl group. However, the effects of

the CSDA were not included in the latter, it being assumed that both chemical

groups experience all 90° pulses.

Although STEAM simulations performed at 4 T with a TE of 70 ms have not

shown substantial localisation artefacts for weakly-coupled spin systems [14], the

effects of the CSDA should be taken into account when using longer TEs (144 ms)

at higher field strengths. Analytical solutions for the response of the STEAM sig-

nal have been obtained considering the effect of the CSDA in two dimensions [15].

Numerical solutions incorporating two [16] and three-dimensional [14] localisation

have also been implemented.

However, there is no complete three-dimensional analytical model with the con-

sideration of the CSDA for assisting the optimisation of the STEAM sequence in

the detection of weakly-coupled spin systems (AXn). The model derived in this

work will enable the accurate determination of the signal as a function of TE, TM

and pulse bandwidth for any AXn metabolite, including lactate (n=3), as well

as the localisation of the signal throughout the excited region. This model was

validated with a phantom experiment and was also applied to the optimisation of

the STEAM sequence timing parameters for lactate detection in the human brain.
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4.2 Theory

The STEAM sequence (Figure 3.11) is composed of three slice-selective 90° pulses,

each of which is subject to a CSDA. The excited volume, defined as the region

in which at least one of the A or X spins is excited by at least one of the ra-

diofrequency (RF) pulses, can be segmented into partial volumes, according to

the excitation pattern. For each direction there are three possible patterns of ex-

citation, two in which only one of the spins experiences the pulse (A or X spins)

and one in which both spins experience the pulse. Therefore, the excited volume

comprises a total of 3x3x3 = 27 compartments (Figure 4.1).

The product operator formalism was used to derive expressions for the X spin sig-

nal from each compartment as a function of TE and TM, following the convention

defined in [17]. Signal modulation in the central compartment (number 14 in Fig-

ure 4.1c and shown in darker blue in Figure 4.1b) has been previously described

in [13]. It is referred to as the ‘ideal condition’, in which both chemical groups

experience all three RF pulses. This work extends the analysis to include the re-

maining compartments, which is required to fully describe the three-dimensional

model. A similar approach to [13] was adopted here: all 90° pulses were assumed

to be hard, applied with a phase of 0°.

After the application of the first pulse (see Figure 3.11), which transforms longi-

tudinal (L) into transverse magnetisation (single-quantum coherence, SQ), each

of the spins will undergo chemical shift and J-coupling evolution during TE/2.

The objective is to determine the X spin signal: some of this arises directly from

excitation of X spins, some is transferred to the X spins from the excited A spins.

Thus, A spins terms that do not contribute to the transfer of transverse mag-

netisation to the X spins or will generate higher-order coherences in the next

interval are excluded. After the second pulse, the transverse magnetisation is

converted to longitudinal, single- and multiple-quantum coherences terms. Only

those terms insensitive to the gradient G2 applied in the TM period will survive,

i.e., zero-quantum coherences (ZQ) and longitudinal magnetisation; transverse

and higher-order coherences are dephased by the gradient. The final pulse is used

to convert the longitudinal and zero-quantum coherences back to single-quantum
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terms, which can be detected in the acquisition period. The dephasing created by

the gradient G1 in the first TE/2 interval is recovered by the gradient G3 present

in the last TE/2 interval. In addition, only in-phase signal at the X spins reso-

nance and detected in the y axis was considered. The possible coherence pathways

contributing to the X spin resonance (top) and the respective signals (bottom) are:
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(4.1)

where ∆Ω is the chemical shift difference (in Hz) between A and X spins. SA1,

SA2 and SA3 represent the signal contribution arising from A spins, while SX1,

SX2 and SX3 arise from X spins. The derivation of SA1 is shown in the appendix,

as an example of the application of the product operator formalism in this work.

For the plane in which both spins experience the first 90° pulse, nine compartments

(3x3) can be identified (compartments 10 to 18, as depicted in Figure 4.1c). The
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first 9 compartments represent the plane in which only A spins experience the first

pulse (Figure 4.1a) and in compartments 19 to 27 only X spins experience the pulse

(Figure 4.1d). The signal in these two planes is equivalent to that in the central

plane, excluding the contributions related to the spin that is not affected by the

first pulse. Thus, if the X spins are not affected by the first pulse, the chemical

shift dephasing in the last interval is not refocused. With respect to the A spins,

their magnetisation would remain oriented along the longitudinal axis after the

first pulse and, it would not therefore be possible to transfer any magnetisation

to the X spins.

Expressions for the signal from each compartment are given in Figure 4.1 (see Eqs.

4.1). Their relative contribution to the overall signal depends on the volume of the

individual compartments. As defined in subsection 3.3.1.1, k, the ratio between

the chemical shift difference and the bandwidth determines the volume of each

compartment. The expressions for the partial volumes contain the products of

k or 1 − k factors, in which k applies when only one of the spins experiences a

given pulse and 1 − k when both do. The weightings are shown in Figures 4.1a-

d for each compartment. In the central slice, at least one factor of (1 − k) is

present as all spins are affected by the first pulse. The remaining factors for each

compartment are selected according to the spins excited by the second and third

pulses. For example, in compartment 16 only A spins are affected by those pulses,

which results in an additional k2 contribution.

Provided the metabolite of interest is uniformly distributed throughout the excited

region (homogeneous case), the net signal S is given by:

S = SX1 − SX2

(
1− k2

)
+ SX3k

2 + SA1

(
1 + k2

)
− 2SA2k (1− k) + SA3k

2. (4.2)

Note that the net signal is the same as would be obtained from a model that

just considers the central plane (two dimensional model), and thus the resulting

modulation pattern is also equivalent. However, this simplified approach does not

fully reflect the spatial origin of the signal contributions.

Note also that when TE is very short (TE∼ 0) or is set to a multiple of 2/J,

e.g., TE = 288 ms, for the methyl group of lactate, all terms vanish due to the

sin2
(
πJTE/2

)
term, except one and Eq. 4.2 simplifies to S = SX1. This indicates
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Figure 4.1: Representation of the CSDA effects in three dimensions on the weakly-coupled spin
system signal during a STEAM sequence. The excited volume can be decomposed into 3 regions
in each slice selection (SS) direction, two where only one of the spins experiences the pulse and
one in which both do. The central plane depicted in b) and in more detail in c) represents the
set of compartments, in which A and X spins are affected by the first pulse. The planes in which
only the A or X spins experience the first pulse are also represented in a) and d), respectively.
The signal yielding from each chemical group is shown for each compartment, as well as the
weightings for the calculation of the partial volumes, where k is the ratio between the chemical
shift difference and RF bandwidth.

that the signal is independent of the CSDA effects (not dependent on k). For un-

coupled spins (J = 0), Eq. 4.2 reduces to S = 1/2, validating the well-known fact

that the STEAM signal is half the original magnetisation. The analytic expressions

of Eqs. 4.1 were implemented in MATLAB (Mathworks, Natick, Massachusetts,
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USA), with n = 3, making it possible to express the amplitude of the lactate

doublet as a function of sequence parameters, TE and TM, pulse bandwidth and

field strength. The effects of T2 relaxation were not taken into account in this

model. lactate chemical shifts and J-coupling constant were taken from [18].

4.3 Methods

Magnetic resonance (MR) measurements were performed on a 7 T Philips Achieva

MR system (Philips Healthcare, Best, Netherlands) with a 32-channel receive head

coil (Nova Medical, Wilmington, Massachusetts, USA) and a volume transmit coil

(Nova Medical) with a maximum transmit B1 field of 20µT. In vitro acquisitions

were performed to validate the simulations using a spherical phantom (85 mm

diameter) that contained metabolites with similar concentrations to those found

in normal brain: 10 mM of N-acetylaspartate (NAA), 8 mM of creatine, 3 mM

of choline, 1 mM of lactate, 6 mM of myo-inositol, 10 mM of glutamate, 5 mM

of glutamine and 2 mM of 4,4-dimethyl-4-silapentane-1-sulfonic acid (DSS) as a

reference. To illustrate a whole cycle of TM modulation, 1H MRS data were

acquired from a 30x30x30 mm3 voxel positioned in the centre of this phantom

using a STEAM sequence (repetition time - TR/TE = 2400/144 ms, number of

averages = 128) with a series of TM values (from 16.1 to 17.4 ms and a step size

of 0.1 ms). The three 90° pulses used in the STEAM sequence had a bandwidth

of 3110 Hz (k = 0.27). Water suppression was performed with the variable pulse

powers and optimised relaxation delays (VAPOR) [19] scheme and unsuppressed

water spectra were also acquired before each scan. A second-order pencil-beam

volume shimming, a Philips routine based on fast, automatic shimming technique

by mapping along projections (FASTMAP) [20], was applied across the volume-

of-interest (VOI) that corresponded to the water frequency and the shifted VOI

that corresponded to lactate.

Area integration was used to quantify the lactate doublet (X resonance, 1.31 ppm)

in the TM series of proton spectra using a home-built script in MATLAB. All the

area values were normalised to the maximum value of the TM series for comparison

with the theoretical values.
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To demonstrate the applicability of this analytical model of the STEAM sequence

in vivo, 1H MRS data were collected from a voxel (40×30×25 mm3) positioned,

as depicted in Figure 4.5, within a healthy human brain (27 years old, female).

The subject gave informed consent to the protocol approved by the local ethics

committee. Based on the findings from the simulations and in vitro experiment,

the minimum TM value (16.9 ms), limited by the dephasing gradient duration,

that resulted in a maximal inversion of the lactate doublet for a TE = 144 ms,

was used. For comparison, a second acquisition with a longer TE, multiple of 2/J

(TE = 288ms) and the same TM was performed. As shown above, the CSDA

effects should not contribute to signal cancellation in this case. Both spectra were

acquired over a period of approximately 11 minutes (number of averages = 264,

TR = 2500 ms). The spectra were phase corrected and visualised using MATLAB

with 2 Hz of line broadening.

4.4 Results

Expressions for the signal from each compartment are given in Figure 4.1. Eqs.

4.1 reveal their dependence on TE and TM. The expression derived for the central

compartment, where all 1H resonances experience the entire pulse sequence, is in

agreement with the one published in [13, 21]. Figures 4.2a-c show the location of

the compartments and their contributions to the total signal for TE values of 72,

144 and 288 ms, respectively. This is illustrative for the methyl group of lactate

at 7 T. The amplitudes have been scaled according to their partial volumes given

in Figure 4.1, using a k factor of 0.27, as defined by the bandwidth of 3110 Hz,

used for the experimental work.

Note that for a TE value of 288 ms, sin2
(
πJTE/2

)
= 0, so all signal components

in Eqs. 4.1 vanish apart from SX1 and there is no dependency on TM. For a TE of

144 ms, cos
(
πJTE/2

)
= 0, and so SA1, SA2, SA3 and SX1 terms all vanish, leaving

just SX2 and SX3 terms non-zero. Of these, only SX2 has a dependence on TM.

For TE = 72 ms (Figure 4.2a), most compartments contribute to the total signal.

The total signal is given by Eq. 4.2. It is plotted in Figure 4.3 as a function

of TM for the same three TE values. Note again the lack of dependence on
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Figure 4.2: Simulation of the relative contributions for the resulting lactate methyl group signal
from each compartment of the three-dimensional model for TE values of 72, 144 and 288 ms in
a STEAM sequence. The first row represents the plane where only A spins experience the first
pulse, the middle row indicates the central plane, where both chemical groups experience the
same pulse and the last row represents the plane where only X spins experience the first pulse.
Simulation parameters are TM = 16.9 ms, magnetic field strength of 7 T and pulse bandwidth
of 3110 Hz.

TM and the CSDA for TE = 288 ms, and that thus yields the maximum signal

(ignoring relaxation effects). When TE = 144 ms, an inversion of the lactate

peak is obtained, reaching its maximum at TM = 16.9 ms. The efficiency of the

inversion is reduced when the CSDA is taken into account in the simulations,

when compared to the ‘ideal condition’, which would invert half of the initial

magnetisation (-0.5). For TE = 72 ms, the signal is never maximised nor inverted,

thus diminishing the suitability for in vivo applications.
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Figure 4.3: Simulation of the lactate methyl group net signal in the excited volume as a function
of TM for TE values of 72, 144 and 288 ms in a STEAM sequence. Simulation parameters are
magnetic field strength of 7 T and pulse bandwidth of 3110 Hz.

The experimental TM dependence of the total signal for TE = 144 ms is shown in

Figure 4.4 (individual points) and compared to the theoretical curve (solid line).

Spectra recorded from the phantom at TM values of 16.3 (magenta arrow), 16.6

(red arrow) and 16.9 ms (black arrow) are shown in the inset of the figure.

Figure 4.5 shows the 1H brain spectra obtained from the human volunteer using

a TE of 144 (upper trace) and 288 ms (lower trace) and a TM of 16.9 ms, chosen

to give the maximum inverted signal for the lactate doublet at TE = 144 ms (see

Figure 4.4). Clear signals from the methyl group of lactate are seen in both cases

(inverted in the case of TE = 144 ms).

4.5 Discussion

The quantum mechanical formulation of the coherence pathways in PRESS is

relatively straightforward, as the two selective 180° pulses can be treated inde-

pendently of each other, in contrast with the selective 90° pulses in the STEAM

sequence which act in combination to induce a stimulated echo [16]. In this work,

simulations based on the derived analytical expressions in the product operator

formalism allowed a better understanding of the spatial distribution of a weakly-

coupled spin system signal, as a function of the STEAM sequence parameters. The

simulations revealed that for a homogeneous volume, the spatial sum of the signal
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Figure 4.4: Experimental and predicted TM modulation pattern for the methyl group of lactate
(Lac). Experimental data were acquired from a phantom with approximate brain metabolite
concentrations ([Lac] = 1 mM) at 7 T using a STEAM sequence (voxel size = 30x30x30 mm3,
TR/TE = 2400/144 ms, number of averages = 128 for TM values from 16.1 to 17.4 ms). The
90° pulse bandwidth was 3110 Hz. Representative spectra zoomed in the lactate doublet are also
shown for key TM values (16.3, 16.6 and 16.9 ms).

from all the compartments in a two- and three-dimensional analysis will generate

equivalent modulation patterns. Nevertheless, additional three-dimensional infor-

mation illustrates an accurate spatially-discriminated signal generation, which can

be useful in the case of an inhomogeneously distributed metabolite.

Considering the case of lactate (AX3), it was found that for a TE value of 72 ms,

the methyl group of lactate signal is not confined to a specific plane or set of

compartments, while with a TE = 144 ms, there is no signal contribution from the

plane where only A spins experience the first pulse; however the signal is still dis-

tributed throughout the excited volume. On the other hand, with TE = 288 ms,

the net signal is restricted to the VOI of the methyl group of lactate, which demon-

strates the signal independence of k and therefore of the CSDA. The fact that,

with this TE value, the signal arises from a region with defined boundaries can

be exploited to optimise the positioning of the spectroscopy voxel; if the focus of

the measurement is the methyl group of lactate, the VOI for this chemical group

should coincide with the region of interest one desires to acquire signal from.

The information on the lactate signal distribution within the excited volume was

also used in the work of Edden et al. [22], which suggested the combined use of

inner volume saturation bands and the PRESS sequence with a TE = 144 ms at

3 T, to remove the contribution of compartments that lead to signal cancellation.
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Figure 4.5: Spectra acquired with the STEAM sequence using a) the optimised TM for the
inversion of the lactate (Lac) peak (TR/TE/TM = 2500/144/16.9 ms) and b) the optimised TE
for attenuation of the CSDA (TR/TE/TM = 2500/288/16.9 ms). A 40×30×25 mm3 voxel was
placed in the brain of a healthy volunteer and 264 averages were used to obtain the spectra.
The red box represents the voxel at the lactate frequency and blue box the voxel at the water
frequency (pulse bandwidth = 2799 Hz). The spectra were phase corrected and displayed in
MATLAB with 2 Hz of line broadening. Glx represents the combined peaks of glutamate and
glutamine. PCr - total creatine, mI - myo-inositol, Cho - choline.

In this work, it was shown that with the STEAM sequence some compartments

also contribute negatively to the net signal in the cases of TE = 72 and 144 ms.

However, a similar strategy as used by Edden et al. cannot be easily applied

with the STEAM sequence, as the position of the compartments which lead to

unwanted signal is not as favourable as in the PRESS sequence. Moreover, the

addition of saturation slabs to only retain the signal from the central compart-

ment, which corresponds to the ‘ideal situation’, would result in a further signal

reduction of approximately 50%. Nonetheless, it is possible to observe that at TE

= 288 ms, all the compartments contribute positively to the overall signal, result-

ing in a maximal signal (neglecting the relaxation effects).

The simulations carried out with the proposed model also allowed the investiga-

tion of the signal modulation as a function of TM. It was possible to verify that

with a TE = 288 ms, there is no TM modulation, while for a TE = 144 ms, the
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TM modulation can be used to obtain an inverted lactate doublet. The TM that

led to maximal inversion of the lactate peak for this TE, which matched in both

theoretical and experimental data, was 16.9 ms. However, for a non-negligible

pulse length, it is not possible to achieve a complete inversion, and the inversion

efficiency depends on the RF bandwidth.

The performance of the STEAM sequence at TE = 144 ms with the optimal TM

and at TE = 288 ms was assessed with an in vivo acquisition. Despite not being

able to achieve 100% inversion efficiency, due to the limited bandwidth and the

RF field inhomogeneities at 7 T, an inverted lactate peak was easily detectable

in a healthy human brain (TE = 144 ms). By visual inspection of the spectrum

acquired with TE = 288 ms, a positive lactate peak could be detected, comparable

in magnitude with the one obtained with TE = 144 ms.

Additionally, in the acquisition with TE = 288 ms, the lactate signal was less af-

fected by lipid and MM contamination, making this measurement less dependent

on the individual lipid/MM content. Although it has been suggested that a gen-

eral MM profile is sufficient for an accurate metabolite quantification at 7 T [23],

individual variability in any of these superimposed signals could contribute to an

over- or under-estimation of the lactate concentration.

As first proposed by Lange et al. [24] for 3 T acquisitions with the PRESS se-

quence, the use of TE = 288 ms can be a strategy to overcome the CSDA. Here,

the non-dependence of the signal on the CSDA at TE = 288 ms and the non-

significant relaxation losses allowed the detection of a clear lactate peak. There-

fore, in acquisitions with the STEAM sequence at 7 T, it is recommended to use

TE = 288 ms, with as short a TM as possible to minimise longitudinal relaxation.

However, at higher-field strengths than 7 T, the use of TE = 144 ms might be

more advantageous for lactate determination, due to the shorter transverse relax-

ation times. In this case, strategies to further increase the pulse bandwidth are

required, which should focus on RF pulse design or the use of multi-channel RF

transmission approaches.

Finally, it is also worth to reference the cases of AX and AX2. With a TE =

144 ms, SX2 contains the expression cosn−1 (πJTM), which is dependent on the

number of X spins, n. Considering a different value for n will change the optimal
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TM for inversion. With regards to TE = 288 ms, the only term that contributes

to the signal is SX1, which does not contain any dependence on n.

The effect of the CSDA on J-coupled spins at ultra high-field has raised the mo-

tivation for studies to provide a quantitative description of the signal loss using

a quantum mechanical approach, while proposing several methods to mitigate

its influence. This work demonstrated the feasibility of detecting lactate at 7 T

with sufficient SNR and minimal contamination from lipids/MM by using a stan-

dard STEAM sequence with optimised timing parameters. This optimisation was

carried out through the implementation of an analytical model that takes into

account the CSDA in the three applied directions of field gradients for a correct

determination of the weakly-coupled spin system signal.
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Chapter 5

Investigation of cerebral
metabolic changes during a
prolonged visual stimulus using
1H MRS

5.1 Introduction

The study of the metabolic fluctuations during neuronal stimulation has been a

topic of interest since Fox and colleagues [1] evidenced the uncoupling between glu-

cose consumption and the cerebral metabolic rate of oxygen (CMRO2). Previous

works have attributed this mismatch to a rise in non-oxidative metabolism during

brain activation, as a means to respond to the energy demand. Despite being a less

energetically efficient process, the temporarily increased non-oxidative reactions

can potentially generate adenosine triphosphate (ATP) faster than through glu-

cose oxidation, in particular using the fast conversion of pyruvate, the end-product

of glycolysis, into lactate. This hypothesis was supported by an observed increase

in the concentration of lactate during neuronal activation. [2]. Alternatively,

these transient increases in lactate levels have been suggested to be linked to the

astrocyte-neuron lactate shuttle model [3]. This model associates the rise in lac-

tate concentration to a global increase in glucose consumption, which is higher in

the astrocytes, where the process is considered to be predominantly non-oxidative,

than in neurons.

The first measurements performed with in vivo magnetic resonance spectroscopy

(MRS) to determine lactate concentration changes during visual stimulation de-
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tected a rise in lactate levels of 57% [2], 170% [4] and 250% [5], while a study

by Merboldt et al. [6] reported an absence of lactate accumulation. Although

the results of the initial studies were contradictory, consistent response patterns

of lactate concentration upon visual stimulation have been reported at 7 T, ben-

efiting from the increase in signal-to-noise ratio (SNR) and spectral resolution at

ultra high-field. The average rises in lactate levels during visual stimulation were

in the range of 7% to 37% [7, 8, 9, 10, 11, 12], reaching steady-state during stim-

ulation, which was maintained until the end of the stimulus in most studies. On

the contrary, Lin et al. [8] observed a transient increase in lactate levels with a

subsequent return toward baseline during neuronal activation. This discrepancy

was proposed to be related to the choice of stimulus (moving wedges), which ex-

cited distinct neuronal populations from the remaining studies that used a flashing

checkerboard.

Due to the low concentration of lactate in normal brain tissue, the majority of

functional MRS (fMRS) studies used short echo time (TE) sequences, reducing

signal loss by transverse relaxation mechanisms. However, with this method the

accurate determination of lactate, whose resonances overlap with higher amplitude

signals, in particular macromolecules (MM), can be challenging. In this case, the

dissociation of the MM/lipid and lactate contributions is accomplished by linear

fitting of the model spectra. Nonetheless, even in brain tissue, where lipid con-

tamination is less intense than in the muscle, the robustness of the fitting might

depend on the a priori knowledge set into the degrees of freedom of the MM pro-

file.

In addition, the spectral quantification with a general measured MM profile may

not be sufficiently robust to account for inter-subject variability in the different

MM components. A previous study investigating whether tissue-specific MM sig-

nal affects metabolite quantification showed that a general MM profile provides an

accurate determination of most metabolites [13]. However, significant differences

in lactate levels were found between spectral quantification with a MM profile

acquired from a predominantly white or gray matter rich tissue.

To resolve the lactate signal from overlapping resonances, several methods that

make use of J-modulation effects have been proposed. Despite limiting the num-
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ber of measured metabolites, the use of a longer TE acquisition is an attractive

approach to dissociate lactate from other signals and has been shown to be feasi-

ble for fMRS studies [11]. With TE = 144 ms, the lactate doublet at 1.31 ppm is

inverted, while the intensity of the lipid and MM signals is substantially reduced.

The use of multiple-quantum filters has been shown at 7 T [14]. These require the

application of pulses centred on lactate resonances and the use of crusher gradients

to dephase non-coupled resonances. However, selective excitation with quantum

filters is challenging, because the performance of such filters degrades rapidly in

inhomogeneous magnetic fields. Furthermore, an additional measurement is also

required to obtain the non-coupled resonances.

Another common technique to eliminate co-resonant signals is J-difference edit-

ing. This technique is employed in Mescher-Garwood (MEGA) sequences, such as

the MEGA-semiadiabatic localisation by adiabatic selective refocusing (sLASER)

sequence [15, 16, 17]. At least two measurements are required: in the first one

the J-modulation is allowed to evolve, resulting in an inverted doublet signal for

the selected TE, while the other non-coupled resonances remain unchanged; in

the second one, the J-coupling evolution is nulled by selective refocusing of the

coupled partner at 4.10 ppm, leaving the lactate doublet in-phase with the other

resonances. Subtraction of these spectra results in an upright lactate peak without

overlapping resonances. This technique was further refined to reduce the contam-

ination by the co-edited MM through addition of an inversion recovery (IR) se-

quence (MM nulling) before the J-difference editing [17]. The use of a highly selec-

tive editing pulse in the MEGA-sLASER sequence was shown to be more effective

for the detection of lactate than the combination of MEGA-sLASER with MM

nulling. Nevertheless, subtraction-based methods are prone to motion-induced

artefacts that can result in an incorrect determination of the lactate concentra-

tion. Moreover, the efficiency of the MEGA editing is also prone to miscalibration.

Given that the metabolic changes during neuronal stimulation are relatively small,

a proper determination of the resonances of interest is imperative to ensure a cor-

rect characterisation of the metabolic time courses. Therefore, the aim of this work

was to accurately determine the changes in lactate during visual stimulation, with

an optimised J-modulation selection using the sLASER [18] sequence, which is
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commonly employed in ultra high-field studies and less susceptible to magnetic

resonance (MR) system instabilities and subject motion. No previous fMRS stud-

ies have investigated the metabolic fluctuations using a prolonged visual stimulus.

Potentially, this could lead to a deeper understanding of the transient/sustained

changes in the concentration of key metabolites and their role during neuronal

activation. Besides lactate, the analysis of the temporal changes in glutamate

concentration is also of interest, since it is an indirect product of oxidative me-

tabolism. Therefore, in this work, lactate and glutamate response patterns were

explored during a 15-minute visual stimulus.

5.2 Methods

5.2.1 MR measurements

Six healthy volunteers (3 males; age range: 25 - 30 years old) participated in this

study and gave informed consent to a protocol approved by the local ethics com-

mittee. MR measurements were performed on a 7 T Philips Achieva MR system

(Philips Healthcare, Best, Netherlands) with a 32-channel receive head coil (Nova

Medical, Wilmington, Massachusetts, USA) and a volume transmit coil (Nova

Medical) with a maximum transmit B1 field of 20µT.

Prior to the fMRS measurements, a functional MR imaging (fMRI) localiser

(multi-slice echo-planar imaging - EPI, repetition time - TR/TE = 2000/25 ms,

spatial resolution = 2x2x3 mm3, 30 slices) was acquired for assessment of the neu-

ronal activity, through measurement of the blood oxygenation level–dependent

(BOLD) effect. The activation paradigm consisted of 8 seconds of a radial checker-

board that reversed its contrast between white and black at 8 Hz, followed by

24 seconds of rest with a total of 6 repeats. Real-time analysis of the fMRI

data was performed using IViewBOLD package (Philips Healthcare) integrated

in the scanner console to assist the positioning of the spectroscopic volume-of-

interest (VOI) within the activated visual cortex. High-resolution anatomical im-

ages (magnetisation-prepared rapid gradient-echo - MPRAGE, TR/TE = 7/3 ms,

1 mm3 of isotropic resolution) were acquired to confirm the voxel position, ensur-

ing that the VOI (20x30x20 mm3) of water and lactate (1.31 ppm) resonances were
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entirely within the visual cortex.

The fMRS measurements were performed with the same visual stimulus as men-

tioned previously for fMRI, with a paradigm which involved 15 minutes of stimula-

tion (ON period), preceded and followed by 5 minutes of rest with gray background

(OFF periods). The ON period consisted of 8 Hz flashing checkerboard stimula-

tion blocks (50 seconds) interleaved with short resting blocks (10 seconds), in order

to minimise adaptation and decrease inattention of the subjects. In addition, the

subjects were asked to participate in an activity, which consisted of evaluating the

colour of the fixation cross in the centre of the field of view and responding through

a button press according to previous instructions, to further increase engagement

to the task.

1H spectra were acquired during the application of the paradigm for a total of

25 minutes with a sLASER sequence (TR/TE = 5000/144 ms). This sequence

consisted of an adiabatic pulse with a bandwidth of 5372 Hz for excitation and

two pairs of adiabatic full passage pulses (AFP) with bandwidths of 5424 Hz for

refocusing. Water suppression was performed with the variable pulse powers and

optimised relaxation delays (VAPOR) [19] scheme and unsuppressed water spectra

were also acquired before each scan. A second-order pencil-beam volume shim-

ming, a Philips routine based on fast, automatic shimming technique by mapping

along projections (FASTMAP) [20], was applied to cover both water and lactate

VOIs. To minimise contamination from extra-cerebral lipid signals, a regional sup-

pression technique was applied, by placing two saturation slabs onto the subjects’

scalp (see subsection 3.3.1.3 for more information).

To evaluate the contribution of the MM to the spectra at TE = 144 ms, metabolite-

nulled spectra were acquired from a voxel with the same dimensions as previously

described placed in the visual cortex of one of the subjects with the sLASER se-

quence (TR/TE = 5000/144 ms, 64 scans) using an IR technique. To determine

the inversion time (TI) that corresponds to the most effective metabolite-nulling,

the recovery of the longitudinal magnetisation during the IR experiment, con-

sisting of a sLASER sequence preceded by an inversion pulse (Figure 5.1a), was

simulated. The simulated curve has the form of Eq. 2.34, where the inversion

factor α is calculated based on the evolution of the longitudinal magnetisation
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between the acquisition step of the sLASER sequence and the following inversion

pulse:

1− α = −

[
1− exp

(
−TR− TI

T1

)]
. (5.1)

Solving for α, we obtain:

α = 2− exp

(
−TR− TI

T1

)
. (5.2)

Substituting Eq. 5.2 onto Eq. 2.34, the recovery of the longitudinal magnetisation

following the inversion pulse is given as:

Mz =

1−

[
2− exp

(
−TR− TI

T1

)]
exp

(
−TI
T1

) exp

(
−TE
T2

)
, (5.3)

where the T2 relaxation effects were also included. The simulation was performed

for the creatine signal at 3.02 ppm. Considering TR = 5000 ms, T1 = 1760 ms [21]

and T2 = 107 ms [22], the optimum TI for the cancellation of the creatine peak

is 1120 ms (blue trace in Figure 5.1b). Since the T1s of metabolites are longer

than the T1s of MM [23], spectra obtained with TIs close to the optimal TI for

creatine nulling will show a progressive change in the amplitude of the metabolites’

Figure 5.1: Calculation of the optimum TI for the cancellation of the creatine signal at 3.02 ppm
in an IR experiment, consisting of a sLASER sequence preceded by an inversion pulse (a). The
curves in b) show the recovery of the longitudinal magnetisation as a function of TI (Eq. 5.3).
The creatine signal is nulled at TI = 1120 ms for a TR = 5000 ms (blue trace). Shorter TRs
result in a reduced amount of inverted magnetisation, and thus shorter TIs for the nulling of the
same metabolite (red trace). The curves were simulated considering a T1 and T2 of creatine of
1760 and 107 ms, respectively.
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peaks with a phase inversion, while the MM will remain almost unchanged. This

will allow the MM to be distinguished from the metabolites. Therefore, four IR

spectra were acquired with TIs of 800, 900, 1000 and 1100 ms. Water suppression

was achieved using the multiply optimised insensitive suppression train (MOIST)

[24, 25] technique, as the VAPOR option was not compatible with the pre-existing

IR module in the Philips pulse programming environment. One additional scan

without IR was also performed.

5.2.2 Data processing

The fMRS data acquired independently from the 32 channels were reconstructed

based on an optimised coil combination method [26] and frequency aligned using

the creatine peak at 3.02 ppm in MATLAB (Mathworks, Natick, Massachusetts,

USA). Then for each subject, spectra were averaged into blocks of 20 scans, fol-

lowed by a moving average with a kernel of 3 blocks, resulting in nine spectra for

further quantification (60 averages each). Only averages fully composed of blocks

from either the ON or OFF period were kept, to avoid a mixture of signals ac-

quired in different conditions.

All spectra were checked for potential artefacts, lipid contamination or poor shim-

ming. The water linewidth was obtained by calculating the full width at half

maximum of the Lorentzian-fitted water peak from the unsuppressed water spec-

tra of each subject. The SNR of the creatine peak at 3.02 ppm was calculated as

the ratio of the amplitude of the Lorentzian-fitted creatine peak to the standard

deviation of noise (spectral region without resonances) for each individual subject

time point.

For group analysis, spectra were averaged across subjects after frequency align-

ment using the creatine peak, resulting in a time series with the same temporal

resolution as previously, with each time point corresponding to a total of 360 av-

erages (6 subjects x 60 averages).

All spectra were quantified using LCModel [27], with a basis set composed of 19

metabolites, simulated using Versatile Simulation, Pulses, and Analysis (VESPA)

[28] software: aspartate, choline, creatine, gamma-aminobutyric acid (GABA),

glucose, glutamate, glutamine, glutathione, glycerophosphocholine, glycine, lac-
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tate, myo-inositol, N-acetylaspartate (NAA), N-acetylaspartylglutamate, phos-

phocholine, phosphocreatine, phosphorylethanolamine, scyllo-inositol and taurine.

The methyl group of NAA, creatine and phosphocreatine was added to the basis

set separately from the methylene group, to take into account their different trans-

verse relaxation times [22]. All pulses in the sLASER sequence were simulated as

block pulses with interpulse timings of 6, 8, 8, and 64 ms.

By visual inspection of the measured IR spectra (Figure 5.2), the residual MM

resonances were identified, which consist of MM1 (0.89 ppm), MM2 (1.20 ppm)

and MM3 (1.37 ppm). These MM resonances were simulated in MATLAB as

Lorentzian peaks of 3 Hz linewidth, to match the linewidth of the simulated meta-

bolic peaks, and then included in the basis set.

LCModel analysis was performed over the spectral range from 0.2 to 4.2 ppm, with

the node spacing of the spline function for baseline fitting (parameter dkntmn) set

to 4 ppm, to ensure a flat baseline, as the majority of the MM and lipid signals

are fully relaxed at TE = 144 ms, which can be confirmed in Figure 5.2. Allowing

multiple degrees of freedom in the baseline spline fit of LCModel may cause these

MM resonances to be erroneously considered as part of a wild baseline. This can

lead to a readjusting of the baseline fitting in other parts of the spectrum, and

consequently to the under/overestimation of the resonances of interest. No addi-

tional MM or lipids resonances simulated by LCModel were added to the analysis.

Statistical analysis was performed using a two-tailed t-test on the percentage

change relative to the first OFF period (baseline) in the individual subject me-

tabolite time courses.

Off-line analysis of the multi-slice EPI data was performed with the statistical

parametric mapping (SPM8) software package (University College London, Lon-

don, United Kingdom). The data were motion-corrected using the first image as

a reference and resliced after alignment, such that the following images matched

the first. No spatial smoothing was applied to the data. Statistical parametric

maps (p-value < 0.05) of activation versus baseline were generated by means of a

general linear model [29]. The spatial coordinates of the MRS voxel were used to

determined the shifted VOIs for the lactate resonance at 1.31 ppm and glutamate

resonances at 2.08, 2.35, 3.74 ppm, allowing the generation of four distinct VOI
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masks. These masks were superimposed onto the parametric maps to obtain the

overall BOLD signal within the spectroscopic voxels. Finally, the mean BOLD

signal across each voxel, obtained by dividing the BOLD signal by the number of

signal-contributing pixels, was tested for significant correlation with the maximum

percentage change of lactate and glutamate concentrations during visual stimula-

tion, obtained through analysis of the fMRS data. The BOLD signals obtained

for each glutamate resonance shifted MRS voxel were averaged to yield a single

BOLD value for the glutamate detection volume.

Figure 5.2: Spectra measured with the IR technique, with TIs of 800, 900, 1000 and 1100 ms.
An additional spectrum without IR was also acquired. Spectra were measured with a sLASER
sequence (TR/TE = 5000/144 ms, 64 scans) from a 20x30x20 mm3 voxel placed in the visual
cortex. Residuals from the metabolite-nulling technique are visible in the IR spectra, as well
as non-nulled MM resonances, MM1, MM2 and MM3. The phase of the creatine (Cr) peak
at 3.02 ppm changes from negative to positive between TI = 1000 ms and TI = 1100 ms, thus
placing the optimal TI for creatine cancellation close to the one obtained through simulation
(1120 ms). Cho - choline, Glu - glutamate, Lac - lactate.
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5.3 Results

The mean water linewidth in the VOI was 11.4±1.0 Hz and the SNR of the creatine

peak during the paradigm was 52.2±5.7, for all individual subject time points (9

time points x 6 subjects). Figure 5.3 shows the individual subject spectra summed

over the paradigm time course. There is a good agreement between all subjects’

spectra with no indication of lipid contamination. Additionally, glutamate and lac-

tate levels were estimated in LCModel with Cramér–Rao lower bounds (CRLBs)

of ∼ 2% and ∼ 8%, respectively (based on 6 subjects’ data - individual subject

spectra with 60 averages). This demonstrates the efficacy of the data acquisition

and post-processing methods, with no spectrum having to be discarded. The sim-

ulated basis set with the addition of the relevant MM resonances exhibited a good

agreement with the individual spectra, resulting in a well-fitted inverted lactate

peak (Figure 5.4).

Glutamate, lactate, NAA and total creatine time courses for individual subjects

Figure 5.3: Individual subject spectra (N = 6) acquired during the applied paradigm and summed
over the entirety of the time course (540 averages for each spectrum). Spectra (b) were measured
with a sLASER sequence (TR/TE = 5000/144 ms) from a region of strong activation assessed
through an fMRI acquisition. The representative BOLD response (a) shows the voxel position
(20x30x20 mm3) in the activated visual cortex - lactate VOI (black box) is chemically shifted
from the water VOI (white box).
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Figure 5.4: Example of an individual subject spectrum (sLASER, TR/TE = 5000/144 ms, voxel
size = 20x30x20 mm3, averages = 60), related to one time point of the time course analysis,
and corresponding LCModel fits for lactate and macromolecules MM1, MM2 and MM3. A flat
residual between the data and LCModel fit was consistently obtained.

are shown in Figure 5.5. Detection of a trend in the metabolic temporal changes is

challenging, due to the wide range of amplitudes amongst different subjects’ data.

Therefore, the quantitative changes in metabolic levels were measured based on the

percentage change relative to the baseline. In Figure 5.6, mean changes based on

the concentration during the first OFF period of the paradigm are depicted. Sig-

nificant increases (p-value < 0.05) in glutamate levels of 2.6±0.7% and 2.5±0.9%

were observed as an immediate response to the stimulus, as well as a rise in lac-

tate levels of 10.4±4.4% reached halfway through the stimulation. However, no

statistically significant changes in NAA and total creatine levels were observed

during the stimulation, as expected for these molecules. The analysis of the group

spectra confirmed lactate and glutamate response pattern obtained with the indi-

vidual subject analysis (Figure 5.7).

No significant correlation was found between lactate and glutamate changes dur-

ing visual stimulation and the BOLD signal from the respective VOIs (data not

shown).
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5.4 Discussion

The role of lactate in brain activation, and thus the relevance of the oxidative and

non-oxidative metabolic pathways in that condition, still remains unclear. There-

fore, a proper quantification of the key metabolites involved in these processes

is fundamental, in order to elucidate the main mechanisms underlying neuronal

stimulation. This has previously proved challenging, especially for lactate, whose

signal is strongly contaminated by MM and lipids; this contamination is partic-

ularly worsened when the selected VOI is in a region adjacent to pericranial fat,

as in the case of the occipital cortex in fMRS studies with visual stimulation. In

this work, we minimised the overlapping signals of MM and lipids by using a long

TE sLASER sequence in combination with saturation slabs. The remaining MM

signals were identified through visual inspection of metabolite-nulled spectra, and

Figure 5.5: Individual subject time courses for glutamate, lactate, NAA and total creatine and
respective mean (black trace). Error bars represent standard error of the mean. Shaded areas
correspond to the ON period of the paradigm.
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Figure 5.6: Mean percentage change relative to the metabolite concentration in the first OFF
period calculated from the individual subject spectra for glutamate, lactate, NAA and total
creatine. * indicates a significant difference (p-value < 0.05). Error bars represent standard
error of the mean.

were then individually fitted with simulated Lorentzian peaks.

A long TE sLASER sequence has been used for lactate detection in a previous

fMRS study [11]. However, at TE = 144 ms, a non-negligible amount of MM signal

is still present in the spectral regions adjacent to lactate and needs to be carefully

characterised. The study described here differed from the preceding one by not

including a general measured MM profile into the basis set. Since the remaining

MM could be clearly identified in the metabolite-nulled spectra, it was possible

to simulate their contribution. The addition of individual simulated components

allows the variability in each component to be adequately accounted for.

The results from this study showed highly reproducible spectra obtained from dif-

ferent subjects (N = 6), with no manifestation of artefacts or lipid contamination.

The CRLBs of glutamate and lactate were lower than the ones reported in the

previous fMRS study which also used a long TE sLASER sequence; lactate in par-
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Figure 5.7: glutamate and lactate time courses (b) during a paradigm, which consisted of 15
minutes of visual stimulation, preceded and followed by 5 minutes of rest (a). The time courses
were calculated on the group-averaged spectra (N = 6) quantified using LCModel. The per-
centage change was determined based on the concentration during the first OFF period of the
paradigm. Error bars represent CRLBs of the spectral fitting.

ticular was more precisely quantified in this study with a CRLB of 8% on average

(based on spectra with 60 averages), when compared to 16% (based on spectra

with 64 averages). This indicated a good fit of the basis set with the addition of

the simulated MM components to the acquired lactate signal, which could be also

confirmed by visual inspection of the individual subject spectra.

The analysis of the metabolite time courses based on either individual subject

spectra or the group-averaged spectra led to identical trends. The glutamate time

course showed an increase in glutamate levels within the first minutes of stimula-

tion, followed by a return to baseline. In contrast, lactate levels gradually increased

during the ON period, reaching its maximum in the middle of this period, and

maintaining a steady-state until the end of the stimulation. The changes in gluta-

mate and lactate levels proved to be significant when compared to the first OFF
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period of each individual subject time course. These changes agree with previous

observations performed at 7 T; the percentage change for glutamate was within

the reported range (2% to 5%), as well as for lactate (7% to 37%). However, the

application of a prolonged visual stimulus led to additional information about the

metabolic response pattern. Glutamate was shown to have an initial transient

concentration increase, whereas lactate showed a delayed response to the stimu-

lus, with a rise to a higher concentration plateau sustained until the end of the

stimulation.

Results from the previous 7 T fMRS studies have shown significant changes in

other metabolites’ levels during neuronal activation, such as aspartate [7, 8, 10],

glucose [9, 10], glutamine [8], glutathione [8], glycine [8], GABA [12] and phos-

phorylethanolamine [10]. In this work, the acquisition and analysis methods were

optimised for the detection of lactate. NAA, total creatine and glutamate possess

a high amplitude signal, and thus could also be accurately quantified. Since the

aim of this work was to provide a robust metabolic quantification, only changes in

molecules, whose fitting with LCModel had shown to be visibly plausible (regard-

less of their CRLB) were tested for statistical significance, to avoid the emergence

of false positives.

No significant changes in NAA and total creatine levels were detected during visual

stimulation, even without linewidth correction, to account for the BOLD effect.

Short TE fMRS studies that measure the metabolic changes by means of a dif-

ference spectrum (ON - OFF period) require the application of a line broadening

filter to the spectra, in order to compensate for the small line narrowing effect

caused by the BOLD-related T ∗2 changes during neuronal activation [30]. In this

study, the lactate peak was shown to be easily identifiable, hence eliminating the

need of employing difference or linewidth matching methods.

Finally, no correlation was found between the BOLD response and the concentra-

tion changes of lactate and glutamate during stimulation. Bednař́ık at al. [10]

reported that the BOLD-fMRI amplitudes significantly and positively correlate

with the relative glutamate and lactate levels changes. The lack of correlation in

this study might be due to a reduced sample size.

In conclusion, the presented acquisition and analysis strategies focused on lac-
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tate quantification were shown to provide a reliable way to detect changes in the

concentration of this metabolite, as well as glutamate, during visual stimulation.

The use of a longer stimulation period showed a different behaviour of lactate

and glutamate, respectively downstream products of non-oxidative and oxidative

metabolism of glucose, achieving statistical significance even with a small sample

size. It is expected that the application of this protocol to a larger sample size will

enable further interpretation of the dynamics of brain metabolism, by modelling

of the metabolic time courses.
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Chapter 6

In vivo 1H-localised 13C MRS for
deep human brain applications

6.1 Introduction

Changes in the brain’s energy metabolism can reflect abnormal neuronal activity

and be indicative of neurological and psychiatric syndromes. Positron emission

tomography (PET) has been used to assess regional glucose metabolism in the

human brain by tracing the injected glucose analogue, 2-fluoro-2-deoxy-D-glucose

(FDG), through part of the glycolytic pathway. However, FDG is phosphorylated

to FDG-6-PO4, which is not a substrate for further metabolism, thus accumulating

in the tissue and not being able to provide information on downstream metabolic

fluxes. Additionally, PET suffers from lack of chemical specificity, as it cannot

distinguish between the signal yielded from glucose itself and the one from glucose

products. On the other hand, 13C magnetic resonance spectroscopy (MRS) uses

non-radioactive tracers to detect and distinguish signal from all metabolites with

sufficient concentration involved in glucose metabolism.

Most 13C MRS brain studies use [1-13C]glucose as a tracer, since the 13C label

in the first carbon is processed in several consecutive tricarboxylic acid (TCA)

cycles, as opposed to other substrates, whose label is lost faster. The feasibility of

this technique relies on the transfer of the 13C label to the metabolites involved

in energy production and neurotransmitter cycling, such as glutamate and glu-

tamine. As can be seen in Figure 3.5, the neurotransmitter glutamate is one of

the products of the TCA cycle and is replenished through the glutamate-glutamine

cycle. The 13C label, initially present in the first carbon of the glucose molecule
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(GlcC1), is transferred to the fourth carbon of glutamate (GluC4) and glutamine

(GlnC4), in the first turn of the TCA cycle. In the second turn of the TCA cy-

cle, the 13C label is equally distributed between the position 2 and 3 in glutamate

(GluC2 and GluC3) and glutamine (GlnC2 and GlnC3). This is only valid if other

reactions are neglected, in particular the pyruvate carboxylase reaction, which is

involved in the de novo synthesis of TCA cycle intermediates and downstream

glutamate-glutamine in the astrocytes. The quantification of these distinct reso-

nances combined with mathematical modelling of glucose metabolism allows the

determination of the TCA cycle rate, providing a measure of neuroenergetics, as

well as the glutamate-glutamine cycle rate, for assessing neurotransmission.

The choice of acquisition method for 13C MRS studies is dependent on the amount

of chemical information (number of resonances) one desires to obtain, as well as

on the MR system capabilities. These methods can either directly detect the 13C

signal or indirectly provide a measurement of the 13C fraction by detecting the

protons attached to 13C and 12C nuclei. While indirect 1H-[13C] MRS methods are

associated with an increased sensitivity compared to direct 13C MRS, 1H spectra

have a chemical shift dispersion for the resonances of interest of less than 5 ppm.

Since the number and accuracy of determined metabolic rates depend on the cor-

rect separation of glutamate and glutamine resonances, direct 13C MRS becomes

a more attractive option [1].

For direct 13C signal detection, two major techniques can be distinguished: po-

larisation transfer and direct excitation. Polarisation transfer from neighbouring

hydrogen nuclei allows an enhancement in the sensitivity of the 13C signal of up

to 4 times when compared to direct excitation. However, the signal enhance-

ment depends on the choice of echo time (TE), which is set to the inverse of the

J-coupling constant of the spin system, thus favouring the detection of spin sys-

tems with small scalar couplings with direct excitation (GluC1, GlnC1, GluC5

and GlnC5 obtained with [2-13C]glucose infusion). Similarly, direct 13C excitation

is more suitable for the detection of metabolites with short T2 relaxation times

(e.g. glycogen), as the signal is acquired immediately after excitation. Polarisation

transfer techniques are mainly chosen for detection of the resonances associated

with the positions 2, 3 and 4 in glutamate and glutamine.
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Most 13C studies have been performed with surface coils, ensuring high radiofre-

quency (RF) efficiency and receive sensitivity [1]. However, surface coils suffer

from inhomogeneous B1, which can lead to inaccurate flip angles and thus signal

loss. To overcome this, adiabatic RF pulses, such as the B1 insensitive rotation

(BIR) pulses [2], can be used to ensure a constant flip angle insensitive to B1 field

variations. Nevertheless, the reduction of the sensitivity in surface coil reception

when the distance from the coil to the sample progressively increases still remains

an issue, making challenging the acquisition of signal from deep brain structures.

Therefore, in vivo human 13C studies have been focused on the occipital region

[3].

The work by Li et al. [3] describes the acquisition of 13C signal from the frontal

lobe, using a 1H birdcage coil to increase the decoupling efficiency, as also de-

scribed previously [4, 5]. Nonetheless, the sensitivity in the 13C channel has not

been optimised for deep brain regions as a surface coil was used for signal detec-

tion.

In this study, a 1H-13C birdcage coil was used to acquire 13C spectra from the

anterior cingulate cortex (ACC) in the human brain at 7 T. This is the first study

that describes the feasibility of detecting the 13C resonances in the positions 3 and

4 in glutamate and glutamine at 7 T from a deep brain structure of the human

brain. A previous 13C MRS study at 7 T has only explored the detection of the

13C signal in the position 1 and 5 in glutamate and glutamine from the occipital

lobe [6].

6.2 Methods

6.2.1 Sequence design

In this work, the polarisation transfer method, distortionless enhancement by

polarisation transfer (DEPT) [7], was combined with 3D image selected in vivo

spectroscopy (ISIS) [8] for signal localisation. Here, the acquisition is performed

in the 13C channel, while the 1H channel is used for coherence transfer, spatial

localisation, shimming steps and acquisition of localiser images.

DEPT is a method widely used for acquiring multiple 13C resonances, and can
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be employed to edit the 13C signal into subspectra containing only the CH, CH2

and CH3 groups or spectra showing all the groups with optimised parameters for

a specific group [9]. The polarisation transfer mechanism is similar to the one

in the insensitive nuclei enhanced by polarisation transfer (INEPT) experiment

[10], with the difference that the magnetisation from the 13C nuclei multiplets is

in phase at the end of the pulse sequence without the need for an extra refocusing

delay.

The quantum coherence pathways in the DEPT sequence (Figure 6.1) can be de-

scribed through the product operator formalism [11]. Let the 1H magnetisation

be represented by the H spins with an initial polarisation of PH and the 13C

magnetisation by the C spins with an initial polarisation of PC . The 1H magneti-

sation, which is initially in the longitudinal axis, is transformed into transverse

magnetisation and will undergo chemical shift (Ω) and J-coupling evolution during

τ (1/2J):

PH2H1xCzcos (ΩHτ) + PH2H1yCzsin (ΩHτ) . (6.1)

Next, the 180° pulse in the 1H channel is applied simultaneously with a 90° pulse

in the 13C channel, which tips the 13C magnetisation into the transverse plane,

Figure 6.1: Schematic diagram of the ISIS-DEPT sequence. 3D ISIS localisation is performed on
the 1H channel with adiabatic full passage (AFP) pulses and slice selection gradients Gs applied
concurrently. The DEPT sequence uses both channels for polarisation transfer, which occurs
when TE equals 1/JCH . Crusher gradients G1, G2 and G3 are applied in the first, second and
third τ periods. θ is the flip angle of the last 1H pulse.
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creating zero-quantum and double-quantum coherences. These will evolve under

the influence of H and C chemical shifts during the second τ interval:

−PH2H1xCycos (ΩCτ) + PH2H1xCxsin (ΩCτ) . (6.2)

Note that the 1H chemical shift has been refocused, but not the one of 13C. Also,

there is no longitudinal magnetisation for either of the spins, thus the coherences

will not undergo J-coupling evolution under JH1C ; however the coherences will

couple with the z component of H2 and H3 and will evolve under JH2C and JH3C .

Depending on whether we want to describe the CH, CH2 or CH3 groups, the spin

states after the second τ interval are:

CH⇒ −PH2H1xCycos (ΩCτ) + PH2H1xCxsin (ΩCτ)

CH2 ⇒ PH4H1xH2zCxcos (ΩCτ) + PH4H1xH2zCysin (ΩCτ)

CH3 ⇒ PH8H1xH2zH3zCycos (ΩCτ)− PH8H1xH2zH3zCxsin (ΩCτ) .

(6.3)

Finally, after the 180° pulse in the 13C channel and the final 1H pulse, the het-

eronuclear multiple-quantum coherences are transformed into single-quantum co-

herences:

CH⇒− PH2H1zCycos (ΩCτ) sin (θ)

− PH2H1zCxsin (ΩCτ) sin (θ)

CH2 ⇒− PH4H1zH2zCxcos (ΩCτ) sin (θ) cos (θ)

+ PH4H1zH2zCysin (ΩCτ) sin (θ) cos (θ)

CH3 ⇒+ PH8H1zH2zH3zCycos (ΩCτ) sin (θ) cos2 (θ)

+ PH8H1zH2zH3zCxsin (ΩCτ) sin (θ) cos2 (θ) .

(6.4)

Following the chemical shift evolution of the 13C spins, which is then refocused, and

the J-coupling evolution, the resulting 13C spectrum will contain a combination of

the CH, CH2 or CH3 resonances with a signal enhancement of PH/PC
(
γH/γC

)
,
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modulated by the angle θ of the last 1H pulse:

CH⇒ PHCxsin (θ)

CH2 ⇒ PHCxsin (θ) cos (θ)

CH3 ⇒ PHCxsin (θ) cos2 (θ) .

(6.5)

The 1H localisation will act on terms derived above, which evolved from the 1H

magnetisation with initial polarisation PH . However, it is also important to follow

the operator representing the 13C initial polarisation, which is not arising from

coupling with the neighbouring 1H spins and is therefore non-localised. The quan-

tum mechanical description of this coherence pathway is analogous to the one

described above; 13C longitudinal magnetisation with initial polarisation PC will

be rotated to the xy plane with the 90° pulse in the 13C channel and will undergo

chemical shift and J-coupling evolution during the second τ interval:

CH⇒ PC2H1zCxcos (ΩCτ) + PC2H1zCysin (ΩCτ)

CH2 ⇒ PC4H1zH2zCycos (ΩCτ)− PC4H1zH2zCxsin (ΩCτ) (6.6)

CH3 ⇒ −PC8H1zH2zH3zCxcos (ΩCτ)− PC8H1zH2zH3zCysin (ΩCτ) .

The final 1H and 13C pulses, as previously, will generate single-quantum coherence

terms, modulated by the angle θ:

CH⇒+ PC2H1zCxcos (ΩCτ) cos (θ)

− PC2H1zCysin (ΩCτ) cos (θ)

CH2 ⇒− PC4H1zH2zCycos (ΩCτ) cos2 (θ)

− PC4H1zH2zCxsin (ΩCτ) cos2 (θ)

CH3 ⇒− PC8H1zH2zH3zCxcos (ΩCτ) cos3 (θ)

+ PC8H1zH2zH3zCysin (ΩCτ) cos3 (θ) .

(6.7)
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Pulses/Acquisition 1H 90° 1H 180° 1H θ 13C 90° 13C 180° Acquisition

Phase cycle # 1 (degrees) 0 0 90 0 0 90
Phase cycle # 2 (degrees) 0 0 270 0 0 270

Table 6.1: Phase cycling scheme for the DEPT sequence. θ is the final 1H pulse.

Finally, the 13C signal yielded at the end of the third τ interval from this coherence

pathway will carry the 13C initial polarisation and will be oriented along the y axis:

CH⇒ PCCycos (θ)

CH2 ⇒ PCCycos
2 (θ)

CH3 ⇒ PCCycos
3 (θ) .

(6.8)

As mentioned previously, these resonances are not localised, and thus must not

be allowed to contribute to the signal. Therefore, a 2-step phase cycling scheme,

described in Table 6.1, was implemented in the DEPT sequence to eliminate this

component. The phase of the last 1H pulse is varied so the pulse is applied

along the y and -y direction, respectively for each phase step. The phase cycling

scheme on the localised terms (CH group example, Eq. 6.5) will generate two

components with opposite signs, since sin (−θ) is equivalent to −sin (θ), while for

the non-localised terms (Eq. 6.8) both components have the same sign, due to the

trigonometric identity cos (−θ) = cos (θ). Finally, the phase cycling scheme on

the acquisition segment will result in the subtraction of these components:

PCCycos (θ)− PCCycos (θ) = 0

PHCxsin (θ) + PHCxsin (θ) = 2PHCxsin (θ) .
(6.9)

The non-localised component is thereby eliminated.

In addition to phase cycling, crusher gradient pulses (spoilers) were also added

in all of the field gradient directions to further eliminate unwanted coherences re-

lated to RF profiles imperfections. All spoilers were implemented with a strength

of 10 mT/m and duration of 1 ms.

All RF pulses used in the DEPT sequence were block pulses. Adiabatic pulses are

often used when the B1 field is extremely inhomogeneous, due to their insensitiv-
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ity to variations in the RF field amplitude. Even though in this study, a birdcage

coil is used for both 1H and 13C channels, which is associated with a more ho-

mogeneous B1 field compared to a surface coil, the homogeneity of the dynamic

magnetic field rapidly degrades with increasing static magnetic field strength. On

the other hand, the performance of adiabatic pulses is dependent on whether the

RF amplitude is above a certain threshold value. Given that the 1H and 13C coils

have a maximum transmit B1 field of 12µT and 70µT, respectively, it would not

be possible to reach the adiabatic condition when using BIR pulses. Additionally,

the long duration of these pulses is not compatible with the timing for the polar-

isation transfer.

Another consequence of not utilising adiabatic pulses is the reduced bandwidth

achieved with solely amplitude-modulated pulses. Ideally, such dynamic studies

require broadband excitation/inversion of the 13C-labelled metabolites, since fewer

assumptions in the model lead to more robust metabolic modelling. In this study,

the focus is on the detection of the GluC3, GluC4, GlnC3 and GlnC4. Moreover,

the signal from GluC4 and GlnC4, originated from the labelling of these metab-

olites in the first turn of the TCA cycle, is the most crucial for the metabolic

modelling, and thus the transmit frequency was centred on these resonances. The

effect of the limited bandwidth on the 1H and 13C signal is shown in Figure 6.2.

The magnetisation in the x - and y- axis after the application of a 180° refocusing

pulse was simulated through the Bloch equations to demonstrate the case of nar-

rowest bandwidth within the sequence. In the 1H channel, the pulse is centred at

2.43 ppm (green dashed line) with the resonances in the edges (black dashed lines)

at 2.67 ppm and 1.82 ppm, corresponding to the multiplets of GlnC4 and GluC3,

respectively. In this case, the refocusing profile is almost perfect, since 98% to

100% of the magnetisation of the spectral region of interest is refocused. On the

other hand, the 13C pulse is centred at 33 ppm. The GluC4 triplet resonance at

36.1 ppm is close to full refocusing (99%), while only 69% of the GlnC3 triplet

resonance (25.4 ppm) magnetisation is refocused. Also, note in the 13C channel

that a non-nulled Mx component (red trace) appears for chemical shifts larger or

smaller than the central frequency. The crusher gradients will act on these com-

ponents, preventing them from contributing to the overall signal.
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Spatial localisation, performed with the ISIS sequence, preceded the polarisation

transfer module (Figure 6.1). Therefore, a total of 16 phase steps were imple-

mented in the ISIS-DEPT sequence (ISIS: 8 steps × DEPT: 2 steps). The ISIS

sequence used AFP inversion pulses, more specifically, offset independent trape-

zoid (OIT) adiabatic inversion pulses [12] with sufficiently large bandwidth at

12µT (3829 Hz) to reduce the chemical shift displacement artefact and of suffi-

ciently short duration to ensure that the RF power output was within the specific

absorption rate (SAR) limits. 1H decoupling was not applied in this study, due to

the SAR limitations. Crusher gradients, identical to the ones added in the DEPT

sequence, were also introduced in between the AFP pulses in all the field gradient

directions to avoid transverse magnetisation terms in the ISIS preparation of the

1H spins.

6.2.2 MR measurements & data processing

6.2.2.1 Phantom experiments

All measurements were performed on a 7 T Philips Achieva magnetic resonance

(MR) system (Philips Healthcare, Best, Netherlands) using a 13C/1H volume coil

(RAPID Biomedical, Würzburg, Germany) with maximum B1 of 70µT and 12µT,

for the 13C and 1H channels, respectively. Prior to the acquisition of DEPT 13C

Figure 6.2: X - and y- axis magnetisation after the application of a 180° refocusing pulse simulated
through the Bloch equations. In the 1H channel, 98% - 100% of the magnetisation of the spectral
region of interest is refocused, while in the 13C channel the refocusing efficiency decreases to 69%
- 99%. Pairs of crusher gradients are used to spoil the 13C and 1H magnetisation components
arising from the imperfect 180° rotations, and avoid unwanted coherences in the detected signal.
The magnetisation profiles were simulated considering a transmit B1 field of 12µT and 70µT
for the 1H and 13C channels, respectively.
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spectra, the flip angle of the block pulses was calibrated to account for B1 inhomo-

geneities and coil loading effects in both channels. In the 1H channel, a stimulated

echo acquisition mode (STEAM) [13, 14] sequence (repetition time - TR/TE =

2000/34.9 ms, 1 average) without water suppression was used to obtain a high

amplitude signal in the same voxel location as the following DEPT acquisitions.

In the 13C channel, a high amplitude 13C signal was obtained from a formic acid

bubble ([13C] = 20 700 mM), positioned as shown in Figure 6.7a, using an unlo-

calised pulse acquire sequence (TR/acquisition delay = 2000/0.55 ms, 2 averages).

The flip angles were arrayed to include the amplitude/B1, in which signal nulling

was observed, being then scaled to match a theoretical 180°. The 13C calibration

scan was also used to adjust the 13C frequency offset for the subsequent scans,

based on the formic acid resonance (Table 6.2).

To test the performance of the DEPT sequence, non-localised 13C spectra were

acquired from a [1,2-13C]acetate phantom ([13C] = 32 mM). The experimental

set-up also included a human head phantom (H2O, 13 g of NaCl, 11.5 g of CuSO4,

Nova Medical, Wilmington, Massachusetts, USA) positioned as depicted in Figure

6.5a, to achieve similar loading conditions to an in vivo human experiment. The

unlocalised DEPT spectra (θ = 35°, TR = 2500 ms) acquired with and without

crusher gradients were compared to one acquired with a spin echo sequence (TR

= 10 000 ms). The common parameters were TE = 7.89 ms, readout bandwidth

(BW ) = 5000 Hz, number of samples = 1024, 32 averages.

The ISIS localisation accuracy was assessed by acquiring 13C spectra from the

same sample within a 30x30x30 mm3 voxel placed inside (Figure 6.6a) and on the

outer edge (Figure 6.6c) of the phantom, using the ISIS-DEPT sequence (128 av-

Metabolite Carbon atom Spectral position (ppm) JCC (Hz) JCH (Hz)

Acetate C2 24.5 52 127.1
Glutamate C2 55.6 C1-C2 = 53.4 145.2

C3 27.8 C2-C3 = 34.6 131.4
C4 34.4 C3-C4 = 34.6 126.7

Glutamine C2 55.1 C1-C2 = 53.4 145.4
C3 27.1 C2-C3 = 34.9 131.4
C4 31.7 C3-C4 = 34.9 128.3

Formic acid C1 168.0 - 220.0

Table 6.2: Spectral position, homonuclear and heteronuclear scalar coupling constants for the
relevant metabolites [15, 16, 17, 18, 19].
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erages) with the same DEPT parameters as above. An additional spectrum was

acquired from a 20x20x20 mm3 voxel placed inside the phantom (Figure 6.6b), in

order to compare with the one acquired with the larger volume voxel and check

the signal amplitude proportionality with voxel size. The transmit frequency was

set to 24.5 ppm.

Further tests were performed on a glutamate phantom with 5 mM of natural

abundance 13C (1.1%) with identical ISIS-DEPT parameters used in the in vivo

human experiments (TR/TE = 2500/7.69 ms, θ = 45°), except the sequence was

run for 30 minutes (720 averages) with a voxel size of 30x30x30 mm3. To attain a

similar noise contribution to an in vivo human experiment, a volunteer was asked

to remain with the head adjacent to the phantom for the duration of the scanning

session, as depicted in Figure 6.7a. The transmit frequency was set to 33 ppm.

Peak areas were calculated with the amplitude of the free induction decay (FID)

using accurate, robust, and efficient spectral fitting (AMARES) [20] from the

jMRUI software [21]. Prior knowledge for metabolite quantification included

linewidth matching based on the estimation of a peak with high amplitude and fre-

quency constraints based on the chemical shifts and J-coupling constants in Table

6.2. Starting points for 0th-order phase correction were provided, whilst 1st-order

phase correction was set to zero. All peaks were modelled as singlet Lorentzian

functions.

6.2.2.2 Human experiments

Four subjects participated in this study: three healthy volunteers with no per-

sonal or family history of psychotic disorders (2 males, age range: 21 - 30 years

old) and one volunteer diagnosed with early stage psychosis (male, 41 years old).

The participants gave informed consent to a protocol approved by the local ethics

committee. A nurse and medical doctor were present in all studies and performed

all the medical interventions. The MR system used for these experiments was the

same as described above for the phantom experiments.

Prior to the MR measurements, the volunteers underwent a preparation protocol

for the experiment, which included placement of a line in the antecubital vein for

intravenous infusion of [1-13C]glucose and a line in the dorsal foot vein for peri-
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odic blood sampling. When transferred to the scanner room, the participants were

asked to introduce the foot with the venous line into a hot box for the entirety of

the scanning session, to accelerate blood circulation, and thus mimic arterial blood

(arterialised venous blood). The patients were positioned comfortably inside the

scanner and two calcium titanate dielectric pads were placed on top of the frontal

region of the skull to strengthen and improve the homogeneity of the B1 field in

that area (see section 3.3.1.4 for more information on the dielectric pads).

A summary of the MR protocol pipeline is provided in Figure 6.3. Preceding

the start of the infusion, a number of pre-scans were run. Survey images were

acquired to ensure the dielectric pads were correctly positioned. 13C and 1H cali-

bration scans were run, as described in the phantom experiments section, except

the STEAM sequence was replaced by an ISIS sequence (TR/TE = 2000/0.81 ms,

8 averages). The calibration scans were followed by two semiadiabatic localisa-

tion by adiabatic selective refocusing (sLASER) [22] scans (TR = 5000 ms, voxel

size = 60x45x20 mm3, 64 averages) with optimised TEs for the detection of both

glutamate and glutamine, and of exclusively glutamate. These 1H spectra are

used for the conversion of the turnover curves into 13C concentration (glutamate

spectrum), as well as to measure the pool size of glutamate and glutamine for the

metabolic modelling. TE optimisation was achieved by simulating the glutamate

and glutamine signals arising from a sLASER sequence comprised of only block

pulses using Versatile Simulation, Pulses, and Analysis (VESPA) [23] software

with TE values ranging from 64 to 144 ms (step size of 16 ms). The optimised TE

for the acquisition of glutamate and glutamine was 96 ms (interpulse timings of

12, 24, 24, and 24 ms) and of only glutamate was 144 ms (interpulse timings of 18,

36, 36, and 36 ms).

The effect of dielectric pads on the sequences described above is shown in Figure

6.4, using data from an additional healthy volunteer (female, 27 years old) for

demonstration purposes. With the dielectric pads, the region of high-intensity on

the survey images is redirected towards the ACC, where the spectra are acquired

from (Figure 6.4a). A more homogeneous B1 field resulted in an almost complete

cancellation of the signal in the 1H calibration scans, achieved at the real 180°,

in contrast to the situation with no dielectric pads, in which signal nulling is not
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Figure 6.3: 13C human study MR protocol pipeline.

observed (Figure 6.4d). In addition, a significant increase in signal-to-noise ratio

(SNR) is observed in the 1H spectrum (Figure 6.4e). As expected, the presence of

the dielectric pads did not significantly affect the 13C calibration spectra (Figure

6.4c). B1 inhomogeneities in 13C experiments are not as severe as in 1H MRS,

as the RF wavelength is four times larger, minimising the generation of standing

waves.

Immediately before the infusion, an ISIS-DEPT sequence (128 averages) was run

to assess potential baseline distortion and/or lipid contamination. To minimise

the presence of lipids in the spectra, one saturation slab (see subsection 3.3.1.3

for more information) was placed over the subject’s scalp (Figure 6.4b) in all

ISIS-DEPT scans (θ = 45°, TR/TE = 2500/7.69 ms, BW = 5000 Hz, number

of samples = 1024, voxel size = 85x50x30 mm3). Subsequent ISIS-DEPT scans

(4x368 averages) were run during infusion of the 13C substrate.

The infusion protocol was designed to obtain a rapid high steady-state isotopic

enrichment of the substrate. The intravenous glucose concentration is raised from

euglycaemic levels (∼ 4 mM following overnight fast) to hyperglycaemic levels (10

- 12 mM). The periodic blood sampling during the infusion (every 5 minutes) was

used to control the glucose infusion rate and provide information on the isotopic

enrichment time courses for the metabolic modelling. Finally, the TE = 144 ms

sLASER scan was repeated for quantification of the 1H-13C multiplets of GluC4,

in order to obtain its fractional enrichment for absolute scaling of the 13C turnover

curves. The total scan time of each 13C human study was approximately 90 min-
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utes.

The dynamic 13C spectra were averaged into blocks of 240 averages, yielding a time

series with 10 minutes of temporal resolution (6 spectra). The spectral analysis

performed for the in vivo data was identical to the one performed for the in vitro

data. Due to the limited SNR of the human data, additional constraints were

Figure 6.4: Effect of dielectric pads, placed on top of the subject’s frontal region, on the se-
quences acquired prior to the 13C dynamic scans: survey images (a), 13C calibration scan (c),
1H calibration scan (d) and sLASER (TE = 96 ms) sequence (e). Images on the left and right
represent the condition prior and after the placement of the dielectric pads, respectively. The
survey image in b) shows the position of the GluC4-shifted volume (white box) onto the ACC
for the acquisition of the ISIS-DEPT spectra. Also note the formic acid (FA) bubble observable
on the same image. The 13C spectra, which show only one peak of the doublet yielded by the
formic acid resonance, were zero-filled to 2048 points, phase corrected and line-broadened with
a 15 Hz Lorentzian filter.
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applied to the prior knowledge of AMARES for the calculation of peak areas. The

frequency of the central peaks of GluC4, GlnC4, GluC3 and GlnC3 was restrained

to a range of 0.2 ppm centred on the resonances listed in Table 6.2. The frequency

of the remaining peaks was constrained based on their J-coupling constants, also

listed in Table 6.2. The linewidth of all peaks was matched to the one of the

GluC4 central peak.

The same analysis as described above was performed in an area without resonances

to obtain an estimate of the noise contribution in the quantification, which was

subsequently subtracted from the peak area measures. Area values for each triplet

were combined to determine GluC4, GlnC4, GluC3 and GlnC3 turnover curves

for each subject.

6.3 Results

6.3.1 Phantom experiments

The unlocalised DEPT SNR gain on the AceC2 resonances (13C signal in the

position 2 in acetate) was 2.98 compared to the 13C spin echo signal acquired with

identical TE (Figure 6.5b). There was an increase in SNR of approximately 5%

when the crusher gradients were removed from the sequence. This confirms the

role of the gradients in spoiling the original 13C magnetisation that does not arise

from the polarisation transfer pathway. The 1H ISIS localization scheme proved to

be effective, as minimal signal was detected in the configuration with the acetate-

shifted voxel placed adjacent to the phantom (Figure 6.6c). Furthermore, the

AceC2 signal was reduced by approximately 3.24 when the volume decreased by

3.38 times, validating the proportionality of the signal amplitude with the voxel

size (Figures 6.6a and b).

In the acquisitions on the glutamate phantom, the narrow bandwidth of the block

pulses, due to the limited available B1, was reflected in the reduced enhancement

of the GluC3 resonances as compared to the GluC4 peaks, on which the carrier

frequency was centred. The relative areas of the GluC3 and GluC4 triplet peaks

to the GluC4 central peak are depicted in Figure 6.7b. Similarly, the bandwidth

limitation does not allow the quantification of the GluC2 doublet, due to the poor
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Figure 6.5: 13C in vitro experiments. Experimental set-up with a [1,2-13C]acetate phantom
([13C] = 32 mM) and a human head phantom to achieve similar loading conditions to the in
vivo experiments (a). Comparison of 13C spectra using unlocalised DEPT (with and without
spoilers - θ = 35°, TR = 2500 ms) and spin echo (TR = 10 000 ms) sequences (b). The common
parameters were TE = 7.89 ms, BW = 5000 Hz, number of samples = 1024, 32 averages. The
transmit frequency was set to 24.5 ppm. The spectra were zero-filled to 2048 points, phase
corrected and displayed in jMRUI with 8 Hz of line broadening.

excitation/refocusing profile for these resonances, visible as out-of-phase peaks.

6.3.2 Human experiments

The 13C time series spectra from one subject are shown in Figure 6.8. The offset

frequency was set at 33 ppm. However, as the B0 field is not homogeneous across

the coil, the static magnetic field on the formic acid bubble, which was used

to adjust the 13C frequency offset, is not the same as the one in the subject’s

brain, leading to perceivable frequency shifts. For this reason, the GluC4 central

resonance appears at 36.7 ppm in Figure 6.8, instead of the expected 34.4 ppm.

Frequency shifts varied between 4.4 and 1.9 ppm for all subjects’ data.

The fitting of the GluC4, GlnC4, GluC3 and GlnC3 resonances in the 60-minute

averaged spectrum is depicted in Figure 6.9 for the same subject as above. Note

the flat residue between the data and the AMARES fit. In this case, only two

resonances of the GlnC3 triplet were successfully fitted.
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Figure 6.6: 13C ISIS-DEPT spectra from a [1,2-13C]acetate phantom ([13C] = 32 mM) with
a similar set-up as the experiment depicted in Figure 6.5a. The ISIS-DEPT sequences (θ =
35°, TR/TE = 2500/7.89 ms, BW = 5000 Hz, number of samples = 1024, 128 averages) were
run with three different voxel configurations: a) 30x30x30 mm3 voxel inside the phantom, b)
20x20x20 mm3 voxel inside the phantom and c) 30x30x30 mm3 voxel on the outer edge of the
phantom. The transmit frequency was set to 24.5 ppm. The white boxes on the survey images
represent the acetate-shifted voxel. The spectra were zero-filled to 2048 points, phase corrected
and displayed in jMRUI with 8 Hz of line broadening.

In Figure 6.10, group-averaged GluC4, GlnC4, GluC3 and GlnC3 turnover curves

calculated from the individual subject dynamic 13C spectra are shown.

6.4 Discussion

In vivo 13C MRS is currently the only method which provides information on cell-

specific neuroenergetics and neurotransmission cycling. However, its use is limited

by several factors, including the complexity and cost of 13C-labelled substrate in-

fusion experiments, added to the low sensitivity of the 13C signal and RF heating

concerns. The technical issues have driven the majority of brain 13C studies to

be constrained to the occipital region. In this study, these issues were addressed,

in order to enable the acquisition of 13C spectra from the ACC. The ACC is part

of the salience network hypothesised to play a key role in schizophrenia [24], thus

making the study of this brain structure of interest for the investigation of the

pathogenesis of psychiatric disease. The work shown here included the develop-

ment of an appropriate MRS sequence, its validation with the relevant phantoms
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Figure 6.7: 13C spectrum from a glutamate phantom ([13C] = 5 mM) using the ISIS-DEPT
sequence (θ = 45°, TR/TE = 2500/7.69 ms, BW = 5000 Hz, number of samples = 1024, 720
averages, voxel size = 30x30x30 mm3). The transmit frequency was set to 33 ppm. The phantom
was introduced in the coil together with a volunteer’s head to simulate the noise contribution
of an in vivo experiment (a). The relative areas of the GluC3 and GluC4 triplets peaks are
displayed in b). The spectrum was zero-filled to 2048 points, phase corrected and displayed in
jMRUI with 8 Hz of line broadening.

and the application of this technique in healthy volunteers and a patient with early

schizophrenia.

An ISIS-DEPT sequence developed in-house was used to collect the 13C data.

Care was taken to ensure that no signal from the non-localised component sur-
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vived at the end of the acquisition of the spectra. Thus, a phase cycling scheme

was applied to the last 1H pulse and acquisition step. Furthermore, crusher gra-

dients were also included in the ISIS and DEPT segments to spoil the unwanted

coherences. Ultimately, the aim was to achieve a signal enhancement of four-fold,

promoted by the polarisation transfer mechanism in the DEPT module.

The effectiveness of the polarisation transfer was tested with an acetate phantom

and showed an unlocalised DEPT SNR gain of approximately 3 when compared

to signal acquired with a spin echo sequence. This experiment also allowed the

Figure 6.8: Time series spectra obtained during the infusion of [1-13C]glucose from one subject’s
ACC. Dynamic 13C data were acquired using the ISIS-DEPT sequence (θ = 45°, TR/TE =
2500/7.69 ms, BW = 5000 Hz, number of samples = 1024, voxel size = 85x50x30 mm3) and were
averaged into blocks of 240 averages to yield a temporal resolution of 10 minutes. The transmit
frequency (centre offset) was set to 33 ppm. The spectra were zero-filled to 2048 points, phase
corrected and displayed in jMRUI with 8 Hz of line broadening.
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performance of the crusher gradients in eliminating unwanted coherences to be

tested. A decrease in SNR of approximately 5% was observed when the gradients

were active in the sequence. In addition, the localisation accuracy proved to be

adequate when tested with three different configurations (voxel placed adjacent,

completely inside and outside the Ace phantom).

The use of a 7 T system in this study permitted an increment in the signal sensitiv-

ity, which is of great importance for direct 13C MRS experiments. However, higher

field systems also impose several constraints, mainly related to the RF power de-

position, which increases with the field strength. This limits the magnitude of the

transmit field of the coil, thus also reducing the bandwidth of the RF pulses. In

addition, the use of decoupling was avoided to ensure acceptable average and lo-

cal SAR in the subject during RF exposure. Nevertheless, an in vitro experiment

performed on a natural abundance 13C glutamate phantom (30 minutes of acqui-

sition) revealed a sufficient SNR for the detection of the glutamate triplets, even

Figure 6.9: Example of a 60-minute averaged individual subject spectrum (ISIS-DEPT, θ = 45°,
TR/TE = 2500/7.69 ms, BW = 5000 Hz, number of samples = 1024, voxel size = 85x50x30 mm3)
obtained during the infusion of the 13C substrate and corresponding AMARES fits for the GluC4,
GlnC4, GluC3 and GlnC3 resonances and resulting residue. The GluC4 central peak position
was shifted to 34.4 ppm. The spectrum was zero-filled to 2048 points, phase corrected and
displayed in jMRUI with 8 Hz of line broadening.
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Figure 6.10: GluC4, GlnC4, GluC3 and GlnC3 turnover curves obtained during the infusion of
[1-13C]glucose. The group-averaged (N = 4) time courses were calculated from the individual
subject spectra with a temporal resolution of 10 minutes. Error bars represent standard error
of the mean.

without decoupling. Moreover, the RF pulse bandwidth allowed the detection of

GluC4 and GluC3, despite the reduced signal enhancement of the GluC3 triplets.

The distortion of the GluC2 resonances, due to the bandwidth limitation indicates

that this carbon position is not quantifiable, which means that more assumptions

need to be made when modelling the dynamic 13C data.

The MR protocol for the in vivo experiments included the use of dielectric pads

to steer a constructively interfering B1 field into the ACC region. Results of the

scans preceding the dynamic 13C spectra acquisition showed a considerable im-

provement in the 1H MRS; signal nulling was achieved close to the nominal 180°

in the 1H calibration series and a significant increase in SNR was observed in the

sLASER spectra. A homogeneous B1 field within the volume-of-interest in the

1H channel is crucial for the DEPT acquisitions, as it affects the performance of

the polarisation transfer mechanism. With the optimised sequences and set-up, it

was possible to obtain time series spectra with a temporal resolution of 10 min-

utes and reasonable SNR. The use of saturation slabs permitted the acquisition

of spectra with minimal lipid contamination from the scalp. From the dynamic

13C data, GluC4, GlnC4, GluC3 and GlnC3 turnover curves during the infusion

were obtained. The temporal evolution of these curves is in agreement with the
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ones obtained in previous studies in rodents [25, 26, 27, 28]; a higher fractional

enrichment was observed in GluC4, followed by GluC3, GlnC4 and GlnC3. At 60

minutes of infusion of [1-13C]glucose, steady-state of the labelled metabolic prod-

ucts had not been achieved.

The aim of this work was to show the feasibility of acquiring dynamic 13C spectra

from a deep brain structure. Further work has to be done to translate these results

into meaningful TCA cycle and glutamate-glutamine cycle rates. For the calcu-

lation of the quantitative metabolic fluxes, the turnover curves have to be scaled

to 13C concentration, which needs a reference point. This can be done if the 13C

concentration of one of the resonances, e.g., GluC4 is known at a given time point,

typically at the last time point, to ensure enough SNR and stability in the 13C

concentration. For that, the glutamate total pool size is initially extracted from

the spectrum acquired with the sLASER sequence with a TE = 96 ms before the

start of the infusion. Posteriorly, information on the fractional enrichment of the

13C label on the GluC4 resonance has to be obtained. A proton-observed carbon

edited (POCE) sequence [29] is commonly used immediately after the last ISIS-

DEPT acquisition, as it can directly determine the 13C isotopic enrichment. The

POCE sequence is a 1H-[13C] MRS technique, which selects the protons bound to

13C atoms, by means of J-difference editing. However, this requires the implemen-

tation of a new pulse sequence in the MR system.

Boumezbeur et al. [30] proposed a more straightforward approach for the detec-

tion of the 13C incorporation into glutamate. A standard 1H MRS sequence was

used to examine the decrease in 12C-bounded glutamate protons and the increase

in 13C satellites. These two components should have the same peak area with op-

posite signs. In this work, a similar strategy was considered. A sLASER sequence

with TE = 144 ms was run before and after the infusion and the pair of spectra

was compared. No satellite peaks could be detected in the post-infusion spectrum.

The difference between this study and the one of Boumezbeur et al. is that the lat-

ter was performed at 3 T, which minimises the overlap between the 1H glutamate

peaks (GluC4 and GluC3) and its 13C satellite peaks. At higher field strengths,

the frequency difference between the 1H glutamate peaks increases, whereas the

heteronuclear scalar coupling remains the same, leading to a partial overlap of
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these peaks. There is a complete overlap at 6.1 T [30]. Inaccurate determination

of the isotopic enrichment can lead to systematic errors in the analysis of the

dynamic 13C spectra. Therefore, a more robust method needs to be used in this

study, most likely involving the implementation of the POCE sequence.

Another procedure that could improve the accuracy of the quantification of the

13C spectra is the addition of a prior knowledge constraint related to the amplitude

of the multiplet peaks, which accounts for the asymmetric signal enhancement of

all resonances, due to the limited bandwidth and different efficiency of the DEPT

sequence on the chemical groups of interest. Furthermore, frequency shifts were

observed in the in vivo data, which varied between 4.4 and 1.9 ppm. Thus, cali-

bration curves as a function of the frequency offset could be generated using data

acquired from the natural abundance 13C glutamate phantom. The curves would

provide the real amplitudes of each peak relative to the GluC4 central peak for

each frequency offset.

In conclusion, this work presented a full methodology for the detection and analy-

sis of dynamic 13C spectra from a deep brain region, with sufficient SNR and

without decoupling at ultra high-field. More importantly, despite the complex-

ity of the experiment and the prolonged time that the subjects had to remain in

the magnet, it was possible to acquire good quality data from a patient with early

schizophrenia. This further demonstrates the feasibility of applying this technique

for the study of psychosis.
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Chapter 7

Final remarks

This thesis was focused on the development of new methodologies for the assess-

ment of brain metabolism mechanisms related to neuroenergetics and neurotrans-

mission. Thus, the target metabolites were lactate, a product of non-oxidative

metabolism, as well as glutamate and glutamine, both related to neurotransmis-

sion. In the case of lactate, its detection is hampered by its low concentration in

normal brain and superposition with signals of higher concentration compounds.

In Chapter 4, optimisation of the stimulated echo acquisition mode (STEAM) [1, 2]

sequence parameters through implementation of a multi-compartment model to

characterise J-coupled signals resulted in the detection of a non-contaminated lac-

tate doublet, with sufficient signal-to-noise ratio. This approach is advantageous

for use in magnetic resonance (MR) systems which only have implemented ba-

sic magnetic resonance spectroscopy (MRS) protocols. Recently, the application

of more elaborate sequences, such as the semiadiabatic localisation by adiabatic

selective refocusing (sLASER) [3] sequence, has been gaining popularity in ultra

high-field MRS; not only is the full intensity of the signal retained, but the chemi-

cal shift displacement artefact is significantly reduced due to the inclusion of high

bandwidth adiabatic refocusing pulses. Moreover, their implementation in MR

scanners of various vendors has become a common practice.

Therefore, in the functional MRS experiment described in Chapter 5, a sLASER

sequence was used for the acquisition of dynamic 1H spectra during the applica-

tion of a visual stimulation paradigm. A similar approach to the one described in

the previous chapter was adopted in this chapter; the J-modulation effects were

exploited to achieve a dissociation between the lactate peak and the overlapping
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resonances. Furthermore, the non-fully relaxed macromolecules at an echo time

of 144 ms were fitted with Lorentzian lineshapes. The methodology described in

this study added to the use of a longer stimulation period provided a foundation

for future studies to investigate the transient/sustained contribution of specific

metabolic pathways during neuronal activation. In fact, the determination of the

mechanism that dominates in certain cerebral states can provide valuable infor-

mation for the understanding of brain disease and how metabolic dysfunction in

these pathways contribute to it.

Over the past 30 years, 13C MRS has become a relevant asset for establishing

a link between neuroenergetics and neurotransmission. In Chapter 6, a protocol

was especially designed for the acquisition of dynamic 13C spectra in a well-defined

region deep in the human brain at 7 T, which opens the possibility for subsequent

13C infusion studies to probe alterations in human brain energetics and neuronal

signalling in any diseased brain region.

Previous 13C MRS studies have reported that approximately 75% of neuronal ox-

idative adenosine triphosphate (ATP) production is coupled to neurotransmission

[4]. These studies show that in resting conditions, neuronal activity accounts for

the majority of glucose consumption. These measurements were also performed

on the activated brain [5], revealing a fractional increase of 30% in the neuronal

oxygen utilisation rate during visual stimulation, which supports the theory that

glucose and oxygen consumption are not coupled during neuronal stimulation and

is in agreement with the concurrent increase in cerebral 1H lactate signal . Hence,

the information provided by 13C MRS is pertinent and consistent with 1H mea-

surements, emphasising the fact that these should be used as complementary tech-

niques. However, 13C MRS has to overcome several challenges that prevent it to

become a routine tool. With regards to its low sensitivity, the use of hyperpolarised

13C MRS has been shown to be promising in animal models [6, 7]. Additionally,

other studies have demonstrated the feasibility of simplified 13C protocols substi-

tuting the intravenous infusion of 13C substrates by oral administration of labelled

compounds [8]. Despite these obstacles, 13C MRS has been successfully applied

to the study of numerous brain pathologies [9, 10, 11, 12, 13].

Although MRS is able to provide useful information at the metabolic level, non-
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invasively and without the use ionising radiation, it is still not widely accepted in

the clinical setting. The barrier to its widespread use can be attributed to a lack of

standardisation across sites and data quality assurance. As with any quantitative

technique, the use of robust data acquisition and analysis methods is essential and

the appropriate protocol must be chosen according to the metabolite(s) of interest

and MR system capabilities, as well as magnetic field strength. Nevertheless, the

contribution of MRS to the investigation of brain disease mechanisms and to the

evaluation of therapeutic responsiveness cannot be argued. Raising awareness for

potential pitfalls and the importance of rigorous methodology will unquestionably

increase the acceptance of this technique as a relevant tool for research and clinical

practice.
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Appendix

The evolution of the coherence pathway that yields SA1 shown in Eq. 4.1 will

be explained, in order to show the use of the product operator formalism in the

derivations presented in Chapter 4. The density operator of A spins at time point

0−, i.e., before the application of any pulse, is given by:

ρ
(

0−
)

= Az . (1)

The application of the first 90° pulse will result in a rotation around the x axis,

yielding a single-quantum coherence:

ρ
(

0+
)

= −Ay . (2)

The chemical shift evolution during the first echo time (TE)/2 interval is denoted

as follows:
ρ = −Aycos

[
ΩATE

2
+ γ (G1 · r) t1

]
+Axsin

[
ΩATE

2
+ γ (G1 · r) t1

]
, (3)

where the dephasing given by the phase in the brackets is due to the chemical shift

of the spin relative to the transmit frequency (Ω) and to the gradient of strength

G1 (Figure 3.11) with duration t1 that affects location r.

The J-coupling evolution during the same interval is calculated cumulatively for

n pairs of spins, starting from n = 1(AX1):

ρ =−Aycos

[
ΩATE

2
+ γ (G1 · r) t1

]
cos

(
πJTE

2

)
+ 2AxX1zcos

[
ΩATE

2
+ γ (G1 · r) t1

]
sin

(
πJTE

2

)
+Axsin

[
ΩATE

2
+ γ (G1 · r) t1

]
cos

(
πJTE

2

)
+ 2AyX1zsin

[
ΩATE

2
+ γ (G1 · r) t1

]
sin

(
πJTE

2

)
.

(4)
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At the end of first TE/2 interval and after considering the nth pair, the spin density

operator is given by:

ρ

(
TE−

2

)
= 2sin

(
πJTE

2

)
cosn−1

(
πJTE

2

)
Xz


Axcos

[
ΩATE

2
+ γ (G1 · r) t1

]
+Aysin

[
ΩATE

2
+ γ (G1 · r) t1

]
 , (5)

where only terms with XzAx and XzAy remain, as explained in subsection 4.2.

Note that X1z + ...+Xnz = Xz, and so on.

After the application of the second radiofrequency pulse, the previous equation is

transformed into:

ρ

(
TE+

2

)
= −2XyAxsin

(
πJTE

2

)
cosn−1

(
πJTE

2

)
cos

[
ΩATE

2
+ γ (G1 · r) t1

]
, (6)

where only zero-quantum coherences were preserved. At the end of the mixing

time (TM) period, the expression for the spin density operator is:

ρ

(
TE−

2
+ TM−

)
= −2sin

(
πJTE

2

)
cosn−1

(
πJTE

2

)
cosn−1 (πJTM)



XyAxcos (ΩATM) cos (ΩXTM)

−XxAxcos (ΩATM) sin (ΩXTM)

+XyAysin (ΩATM) cos (ΩXTM)

−XxAysin (ΩATM) sin (ΩXTM)


× cos

[
ΩATE

2
+ γ (G1 · r) t1

]
.

(7)

When applying the final 90° pulse, only single-quantum coherence terms observable

at the X resonance are maintained, as given in:

ρ

(
TE

2
+ TM+

)
= 2XxAzsin

(
πJTE

2

)
cosn−1

(
πJTE

2

)
cosn−1 (πJTM) sin (ΩATM) sin (ΩXTM)

× cos
[

ΩATE

2
+ γ (G1 · r) t1

]
.

(8)

Combining the effects of the chemical shift and J-coupling evolution during the

last TE/2 interval, it is possible to obtain the expression for terms that contain

Xy, as they are the ones detected at the end of the stimulated echo acquisition

mode (STEAM) sequence:

ρ (TE + TM) = sin2

(
πJTE

2

)
cosn−1

(
πJTE

2

)
cosn−1 (πJTM) sin (ΩATM) sin (ΩXTM)

× cos
[

ΩATE

2
+ γ (G1 · r) t1

]
cos

[
ΩXTE

2
+ γ (G3 · r) t3

]
.

(9)
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Subsequently, the following trigonometric identity is used on the terms that con-

tain the dephasing gradients:

cos

[
ΩATE

2
+ γ (G1 · r) t1

]
cos

[
ΩXTE

2
+ γ (G3 · r) t3

]
=

1

2

{
cos

[
∆ΩTE

2
+ γ (G1 · r) t1 − γ (G3 · r) t3

]

+cos

[
(ΩA + ΩX)TE

2
+ γ (G1 · r) t1 + γ (G3 · r) t3

]}
.

(10)

As the measured single-quantum signal is proportional to the transverse mag-

netisation integrated over the volume-of-interest, any spatial dependency will be

nulled, due to incoherent phase accumulation. Taking also into account that the

dephasing created by both G1 and G3 is the same, the final expression is given by:

SA1 (TE + TM) =
1

4
sin2

(
πJTE

2

)
cosn−1

(
πJTE

2

)
cosn−1 (πJTM) cos (∆ΩTM) cos

(
∆ΩTE

2

)
. (11)

To express ∆Ω in Hz, Eq. 11 is transformed into SA1 of Eq. 4.1:

SA1 (TE + TM) =
1

4
sin2

(
πJTE

2

)
cosn−1

(
πJTE

2

)
cosn−1 (πJTM) cos (2π∆ΩTM) cos (π∆ΩTE) . (12)
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