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Proton (1H) MR spectroscopy reveals several neu-
rochemical compounds in vivo and thus is suited
for the study of biochemical processes in physiol-
ogy and in disease. The noninvasive nature of this
technique makes it an ideal diagnostic tool in a
large variety of diseases including brain tumors,
metabolic disorders such as adrenoleukodystrophy
and Canavan’s disease, Alzheimer’s disease, hyp-
oxia secondary to trauma or ischemia, HIV demen-
tia and lesions, and systemic disease such as hepatic
and renal failure [1].
The main metabolites analyzed in 1H MR spec-

troscopy of the brain are N-acetylaspartate (NAA),
choline-containing compounds (Cho), creatine and
phosphocreatine (Cr), glutamate/glutamine (Glx),
myo-inositol (mI), lactate (Lac), and lipids (Lip).
NAA is found only in neurons, and is reduced in
many brain disorders (eg, infarcts, brain tumors,
epilepsy, multiple sclerosis, and neurodegenerative
diseases), while it is increased in Canavan’s disease.
Cho signal is generated by glycerophosphocholine,
phosphocholine, and free choline, which partici-
pate in membrane synthesis and degradation. Cho
is increased in demyelinating diseases and in brain
tumors, while it is reduced in hypomyelinating dis-
eases. Cr indirectly reflects energy metabolism and
often is used as a reference peak to normalize me-
tabolite signal intensities, as its signal is relatively
constant under various pathological processes. With
glutamate being an excitatory neurotransmitter
and glutamine a substrate for glutathione and glu-
tamate, Glx peaks play an important role in the
study of neurotransmission. Glx peaks are known
to increase in neurodegenerative diseases, epilepsy,
hepatic encephalopathy, and ischemia. mI is con-
sidered a glial marker, and it is increased in demye-
linating diseases and in dementia. Lac is often not
detectable in normal conditions because of its
low concentration, but it is increased when energy
metabolism is deranged (ischemia, brain tumors,
mitochondrial disturbances). The possibility to as-
sess metabolites playing vital roles in neurotrans-
mission, such as γ-aminobutyric acid (GABA), and
in neurodegeneration, such as glutathione (GSH),
also raises interest in MR spectroscopy for psychia-
tric applications. A recent review of brain metabo-
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Fig. 1. 1H spectrum (TE= 31 milliseconds) from a volume of interest placed in parietal white matter (40 × 15 ×
20 mm3) acquired at 1.5 T and at 3.0 T in the same healthy volunteer (TR= 2000 milliseconds, 128 averages). Linear
shimming was applied at 1.5 T, while second order shimming was used at 3.0 T.
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lites with their MR spectroscopy properties and
biochemical significance can be found in a paper
by Govindaraju and colleagues [2].
In MR spectroscopy, each metabolite is localized

on a horizontal frequency scale, called chemical
shift [Fig. 1]. Their relative concentration is deter-
mined from the area underneath each metabolite’s
peak. Spectral quality of in vivo MR spectroscopy is
not sufficient to separate the nearly 20 metabolites
contributing to the spectrum because of overlap-
ping of resonance lines, caused by a small chemical
shift range together with broad peaks. The splitting
of resonance lines into complex multiple structures
further complicates the interpretation of spectra.
Therefore, many MR spectroscopy studies with
low-field (no more than 1.5 T) MR systems observe
only the predominant singlet peaks of NAA, Cr,
and Cho, while the information of all the other
metabolites contained in the spectrum often is
neglected. The signal assignment to metabolites
significantly improves when measuring at the high-
est static magnetic field strengths (B0) available [3].
The immense commercial success of MR scanners

with a B0 of 3.0 T over the last few years has been
driven mostly by advantages given in functional
MR imaging and angiography of the brain [4,5].
Also MR spectroscopy has been declared to profit
vigorously by an increased B0: the theoretically
predicted linear increase in signal-to-noise ratio
(SNR) and in spectral resolution with increas-
ing B0 [6,7] has been used successfully as a selling
point with the potential to reduce long scan times
or improve spectral and spatial resolution, and
therefore improve quantification. Most published
studies directly comparing the performance of 1H
MR spectroscopy at 3.0 T and at 1.5 T, however,
reported an increase in SNR and spectral resolu-
tion much smaller than a factor of two [8–11].
Challenges of 1H MR spectroscopy at higher field
strengths, such as shorter transverse (T2) and lon-
ger longitudinal relaxation times (T1) of metabo-
lites, increased susceptibility effects, larger chemical
shift displacements, and excitation radio frequency
(RF) field (B1) inhomogeneities, explain where the
promised gain is lost. A short review about the
importance of each effect is given in the follow-
ing section.
Physical background

A short physical excursion is necessary to under-
stand what happens if B0 is increased. Table 1
summarizes the main parameters that depend on
B0. The exact physics may be looked up in a text-
book [12–14]. The summary in Table 1 is over-
simplified, as the different parameters may depend
on each other and on further parameters. For
example, SNR depends not only on the induced
voltages in the coils, but also on B1-sensitivity of
the transmit/receive coils and on the relaxation of
the magnetization (T1/T2). All these B0-dependent
changes translate into potentials and drawbacks in
MR spectroscopy.
The main assets are the increase in SNR and

chemical shift. The increased SNR may be traded
according to the magic MR triangle

SNR / voxel size �
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
acquisition time

p
ð1Þ

to decrease voxel size or acquisition time. The
factor of two in chemical shift at 3.0 T relative to
1.5 T translates directly into a doubled spectral
separation that improves peak conspicuity/resolu-
tion and quantification.
Signal-to-noise ratio versus T1, T2, and T2*

The omnipresent factor of two in SNR when in-
creasing B0 from 1.5 T to 3.0 T comes from the fact



Table 1: Overview of B0-dependent parameters in magnetic resonance spectroscopy

Signal/noise ~B0 USignal / −M0 2πυ0 cos 2πυ0 t Electromotive force
Johnson-Nyquist noise

UNoise =
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
4kbT (Rpatient + Rcoil) Δf

q

Chemical shift ~B0 Bshielded = B0(1−σ) Structural factors change
B0 experienced by nucleus

Relaxation times Differs locally and for
different metabolites

T1
ffiffiffiffiffiffi
B0

3
p

, T2

B0 inhomogeneity ~B0 Local field depends on
tissue susceptibilityΔB0 = χB0 Z

1
T2*

=
1
T2

+ γ ΔB0

B1 inhomogeneity increases Depends on bodysize and
wavelength

Specific absorption
rate

~B0
2 Deposited energy

SAR / W / τυ 2
0 B2

1 =
B2
0α

2

τ

B0 denotes the static magnetic field strength; U, the induced voltage; M0, the transverse magnetization; ν0, the Larmor
frequency; kb, the Boltzmann constant; T, the absolute temperature of the resistive object; R, the resistance induced by
patient or coil; Δf, the receiver bandwidth, σ the chemical shift; T1, the longitudinal and T2 the transversal relaxation
times; χ, the tissue susceptibility; T2*, the transversal relaxation time incorporating the transversal magnetization loss
due to B0 field inhomogeneity; γ, the gyromagnetic ratio of the nucleus under investigation; B1, the radio frequency
field; W, the work; τ, the excitation pulse duration; and α, the flip angle [12–14].
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Fig. 2. Evolution of the absolute value of the signal in a spin echo experiment as calculated with parameters
for NAA from the literature. Black lines are calculated with parameters corresponding to a B0 of 3.0 T, while gray
lines correspond to 1.5 T. The dotted lines show the signal decay caused by T2 decay, the solid line the decay
caused by T2* when using linear shimming, and the dashed line the decay caused by T2* when using second order
shimming at 3.0 T. The ratio of the initial signal after the 90° excitation pulse between 3.0 T and 1.5 T is slightly
less than a factor of two because of increased T1 saturation at 3.0 T. The area under the Lorentzian peak after
fast Fourier transform [Fig. 3] is given by the signal amplitude of the first point of the data acquisition at the
echo top, and therefore depends on the echo time TE and T2. The following tissue and sequence parameters
were used (3.0 T/1.5 T): TR= 2 seconds, TE= 135 milliseconds, T1= 1411 milliseconds/1357 milliseconds [17,18],
T2=276 milliseconds/345 milliseconds [18], T2*= 72 milliseconds/125 milliseconds when using linear shimming, and
T2*=103 milliseconds at 3.0 T with second order shimming.
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that the induced voltage in the receive coils goes
with the square of B0, while the Johnson-Nyquist
noise increases linearly with B0. The actual signal
acquired in an MR measurement, however, is given
by the steady state of the magnetization, which
depends on tissue parameters T1 and T2 and on
sequence parameters such as repetition time (TR)
and echo time (TE). Most of these parameters
depend on B0 also.
The T1 and T2 behavior of free water at different

field strengths has been reported by Bottomley and
colleagues [15] and is shown in Table 1. T1 values
increase, and T2 values decrease with increasing
magnetic field strength. First published T1 and
T2 values of normal brain metabolites at 3.0 T
[8,16–18] have shown that the increase in T1 is
only minor and that T2 decreases significantly. T1
and T2 values of brain metabolites show regional
variations at 3.0 T, which can be attributed to
differences in relative white matter to gray matter
contents [17,18].
The signal evolution for a spin echo sequence is

shown in Fig. 2. For in vivo MR spectroscopy
localization in the brain, usually a double spin
echo such as point-resolved spectroscopy (PRESS
[19]) or a stimulated echo acquisition mode
(STEAM [20]) sequence is applied. To under-
stand the relaxation effects at 3.0 T, a single echo
sequence is sufficient and easier to understand.
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Fig. 3. The fast Fourier transformed (FFT) data of the si
135 milliseconds (A) and 30 milliseconds (B) for a field stren
and second order shimming (black). The FFT of exponentia
area under a peak is given by the signal amplitude of the f
is the same for the two peaks simulated at 3.0 T with linear
width at half maximum (FWHM) of a Lorentzian peak is giv
T2, and T2* the peak height (not area under peak) incr
(30 milliseconds) when increasing B0 from 1.5 T to 3.0 T. Thi
shimming. The following tissue parameters were used
T1=1411 milliseconds/1357 milliseconds [17,18], T2= 276 m
125 milliseconds when using linear shimming and T2*=1
T1 and T2 tissue parameters of NAA from the
literature, which were measured with the same se-
quences and in the same brain regions for both
field strengths, were chosen and then averaged
(T1 = 1411 ms/1357 ms [17,18] and T2 =276 ms/
345 ms [18] at 3.0 T/1.5 T).
Incorporating a fourfold signal and doubled

noise, the available SNR at 3.0 T is twice as high
as at 1.5 T if magnetization is relaxed fully. As long
as the chosen TR is shorter than 5 × T1, the initial
signal amplitude after a 90° excitation pulse is re-
duced, because the time for relaxation is too short
for the longitudinal magnetization to reach its equi-
librium (T1 saturation). The small increase in T1
when going from 1.5 T to 3.0 T leads to a minor
increase of T1 saturation at the higher field for the
NAA metabolite peak.
Magnetic field inhomogeneities lead to a distri-

bution of Larmor frequencies in macroscopic tissue
volumes, which leads to a more rapid loss of trans-
verse magnetization than is caused by pure T2 re-
laxation. This so-called T2* loss can be recovered
with a spin echo sequence [Fig. 2] [21]. Therefore,
the signal amplitude at the start of the data acquisi-
tion is given by T2 and the chosen echo time TE of
the localization sequence.
The Fourier transform of an exponentially decay-

ing signal gives a Lorentzian peak [Fig. 3], where
the area under the peak is equal to the amplitude
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lly decaying data lead to Lorentzian-shaped peaks. The
irst point of the data acquisition [Fig. 2], and therefore
and second order shimming. The peak width or the full
en by 1/(π T2*). When incorporating the changes in T1,
eases only by 3% (11%) at a TE of 135 milliseconds
s can be improved to 46% (58%) by using second order
(3.0 T/1.5 T): TR= 2 seconds, TE=135 milliseconds,
illiseconds/345 milliseconds [18], T2*=72 milliseconds/
03 milliseconds at 3.0 T with second order shimming.
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of the first data point of the signal acquisition,
and therefore depends on TE and T2, but not on
T2*. Because of T2 shortening at higher fields, the
initially doubled SNR at 3.0 T shrinks to a factor
1.78 at a TE of 135 milliseconds. This factor can
be improved to 1.92 when the echo time is reduced
to 30 milliseconds, but it will be worse at longer
echo times.
During data acquisition, signal decays with T2*.

The shorter T2* is, the faster the signal decays. Al-
though the area under the peak is independent of
T2*, the peak height will decrease, and the peak
becomes broader when T2* gets shorter. At 3.0 T,
T2* is significantly shorter than at 1.5 T [formula in
Table 1]. Hence, spectral peaks are broader at 3.0 T
than at 1.5 T, and the improved spectral separation
is nearly lost. When comparing peak heights, the
ratio between the two field strengths drops from
the initial 2.00 to 1.03 and 1.11 for TEs of 135 and
30 milliseconds, respectively.
Second order shimming

By applying second order shimming instead of lin-
ear shimming, the field homogeneity in the brain
has been shown to be improved by about 40% [22].
Clinical 3.0 T scanners usually are equipped with
higher order shimming capabilities, which is sel-
dom the case for 1.5 T scanners. A 40% improve-
ment in field homogeneity in the NAA example
increases T2* and reduces the peak width. The
peak height grows accordingly, and the peak height
ratio between the field strengths improves to
1.46 and 1.58 at a TE of 135 and 30 milliseconds,
respectively [Fig. 3]. Although higher order shim-
ming remains a challenge in some body parts, sec-
ond order shimming is a clear must in the brain
where automatic shim algorithms like FASTMAP
(fast, automatic shimming technique by mapping
along projections) [23] perform robustly and fast.
Fig. 4. 1H spectrum (TE= 144 milliseconds) from a volume
20 mm3) acquired at 1.5 T and at 3.0 T in the same healthy v
shimming was applied at 1.5 T, while second order shimm
From these considerations, it follows that spectral
quantification has to be done with fitting routines
measuring the area under the peaks rather than
peak heights. The most widely used, commercially
available fitting routine is the linear combination
of model spectra (LCModel) [24]. The model spec-
tra are acquired from metabolite solutions in vitro.
LCModel is fully automatic, which makes the
method more objective compared with fitting rou-
tines that require user interaction.
The shorter T2 at the higher B0 seems to eat away

half of the expected gain. However, it also leads to a
flatter baseline in the region between NAA and
Cr peaks when using long TEs [Fig. 4]. While it
reduces all peaks, it leads to a total disappearance
of the broader peaks, such as Glx, macromolecules,
and lipids. The flatter baseline contributes to more
precise quantification of the main three singlet
peaks NAA, Cr, and Cho in MR spectroscopic im-
aging at a TE of 144 milliseconds.
Another promising approach to reduce the line

width of metabolite peaks in MR spectroscopic
imaging is to use smaller voxel sizes. It has been
shown that the line width drops quickly in MR spec-
troscopic imaging voxels no more than 0.4 cm3,
most probably reflecting a sudden increase in ho-
mogeneity caused by the fact that less heteroge-
neous tissue is being sampled [25].
Spectral resolution

Doubling the field strength doubles the resonance
frequency, and therefore the distance between the
metabolite peaks. As discussed in the NAA example
of Figs. 2 and 3, this increase in spectral resolution
is lost partly because of decreasing T2 and T2*
values. The NAA example shows that the initial
100% increase in spectral resolution is decreased
to 22% with linear shimming. Second order shim-
ming restores an increase of 73%.
of interest placed in parietal white matter (40 × 15 ×
olunteer (TR=2000 milliseconds, 128 averages). Linear
ing was used at 3.0 T.
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So far most studies on 3.0 T MR spectroscopy
have been performed with linear shimming only.
This might explain some of the not so enthusiastic
results presented at the higher field strength. Never-
theless, the increased spectral resolution at 3.0 T
has been reported to allow for quantification of
Glx [10] and mI [11], which are difficult to quantify
at 1.5 T because of significant spectral overlap of
strongly coupled spin systems.
An alternative approach to the straight-forward

data fitting is the use of acquisition-based meth-
ods. The goal of these methods is to simplify the
crowded spectrum, and, therefore, make quantifi-
cation easier and more reliable. Such a simplifica-
tion may be achieved in two ways. In the first
approach, the spectral information is reduced to
selectively acquire only the desired signal, (eg, of
one single metabolite). These so-called spectral edit-
ing techniques [26,27] have a low inherent sensi-
tivity and will profit from the increased available
SNR at higher field strengths. In the second ap-
proach, using so-called two-dimensional acqui-
sition schemes, the entire signal information is
spread out into multiple spectral dimensions
by additional encoding of the signal [26,28]. Im-
proved spectral dispersion at 3.0 T enables these
sequence types to better quantify the coupled reso-
nances of GSH [29], Glx, and mI [30–32]. Two-
dimensional MR spectroscopy sequences have very
high potential for localized single-volume studies
at high field. The full clinical realization of this po-
tential, however, has yet to be achieved.
B1 inhomogeneity and specific absorption
rate

Further sources of signal loss are inhomogeneous
or wrongly calibrated excitation RF fields B1. In case
B1 has not the intended amplitude in the tissue
of interest, the excitation and refocusing pulses
become less efficient, as not all magnetization is
excited or refocused [Fig. 5]. Although B1 remains
homogeneous in the head at 3.0 T (plus or minus
10%) when using a dedicated head coil, huge var-
iations may arise in phantoms. This has to be con-
sidered when phantom measurements are used for
absolute quantification.
Power deposition and specific absorption rate

(SAR) limitations are usually not an issue in spec-
troscopic acquisitions, as the repetition times are
much longer compared to MR imaging. MR spec-
troscopy examinations, however, usually are per-
formed in conjunction with MR imaging, using
the same coils. Most transmit coils used for imaging
have limited B1 amplitudes, which at 3.0 T is half
the value used at 1.5 T to stay within the safety
regulations. This leads to a doubling of the excita-
tion pulse duration and therefore pulses with only
half the bandwidth. The impact of these changes
on MR spectroscopy is discussed in the section
on localization.
Scan time

One of the major user complaints for brain spec-
troscopic imaging at 1.5 T is the lengthy scan time
required for high resolution or for three-dimen-
sional scans. In fact, many of the exciting oppor-
tunities for MR spectroscopic imaging (MRSI)
demand extended anatomic coverage while main-
taining a good spatial resolution (eg, predicting
sites of tumor recurrence). Furthermore, it has
been demonstrated that using high resolution in
MRSI at 3.0 T has the important advantage of a less
than linear loss in SNR with decreasing voxel size
(ranging between 44% and 60% for resolutions
from 0.75 cm3 to 0.094 cm3) because of the
decreasing line width [25]. On the other hand,
many patients cannot tolerate extended (perhaps
30-minute) scans commonly appended to routine
clinical MR imaging. Furthermore, with the present
status of MR spectroscopy in the United States as a
nonreimbursable procedure, extended scan times
are prohibited, and consequently potential applica-
tions of the technology are not revealed.
Compared with MR imaging, MRSI has an addi-

tional chemical shift dimension to be sampled for
every point in spatial k-space. To have adequate
spectral resolution, the sampling time of this di-
mension needs to be at least several hundred milli-
seconds (the spectral resolution is the inverse of
the sampling time), which makes MRSI inherently
much slower than MRSI. In the past, many fast
MR spectroscopic techniques have been proposed,
ranging from k-space weighting by varying the
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repetition time [33], to multiple spin echo MRSI
[34], and fast sequences based on various fast-
imaging sequences such as FLASH [35], fast gradi-
ent echoes [36], EPI [37, 38], U-FLARE [39], BURST
[40], GRASE [41], or spiral imaging [42]. At
1.5 T, such techniques have achieved scan times
of only 21 minutes for the acquisition of 32 × 32 ×
12 MRSI voxels (volumetric multi-shot echo–planar
spectroscopic imaging [43]) or 17 minutes for a
36 × 36 × 32 voxel matrix (three-dimensional
variable-density spiral chemical shift imaging [44])
for volumetric human brain MRSI. Frequently, the
reduction in scan time is achieved at the expense
of parameter restrictions, such as reduced spec-
tral resolution or bandwidth. Furthermore, many
of these fast techniques require long multiple (gra-
dient or spin) echo trains, which become more
problematic at 3.0 T because of the reduced T2
and T2* at high field strength, or because of restric-
tions of power deposition (multiple refocusing
pulses). The fastest sequences, based on echo–planar
or spiral imaging, are very sensitive to timing in-
accuracies, eddy currents, concomitant gradient
effects, and B0 field inhomogeneities. Presently,
the only publication found on using either of
these two techniques applied to human body
MRSI at field strengths above 1.5 T is a paper on
multi-voxel two-dimensional J-resolved spiral chemi-
cal shift imaging of the prostate at 3.0 T [45].
Recently, new work has been presented at confer-
ences with promising results of proton echo–planar
spectroscopic imaging (PEPSI) and spiral spectro-
scopic imaging of the human brain at 3.0 T and
even 4.0 T [46–49]. Using flyback echo–planar
encoding, high spectral resolution three-dimen-
Fig. 6. NAA maps from high-resolution MRSI scans (32 ×
resolution= 1.5 Hz at 1.5 T, 2 Hz at 3.0 T) acquired with con
in 5 minutes, with multi-spin echo MRSI (TSI) in 10:34 m
strengths 1.5 T and 3.0 T in two different healthy volun
metabolite map at 1.5 T as ventricles are not outlined c
generate high-quality NAA metabolite maps even in the f
sional MRSI of cancer in the human brain (16 ×
16 × 16 voxels) has been shown to be achieved in
only 8.5 minutes at 3.0 T [50].
A recent advance in MR imaging—parallel imag-

ing with sensitivity encoding (SENSE) [51]—has
allowed scan time reduction for many MR se-
quences. SENSE also has proven to be a perfect
match for high-field imaging because of multiple
other benefits, such as allowing the reduction of
echo train lengths in multi-echo sequences with
commensurate improvement in image quality
[52]. In SENSE, the number of phase-encoding
steps is reduced by the SENSE reduction or accel-
eration factor. The spatial information is recovered
in the reconstruction by relying on post processing
of signals from multiple receiver coils. In three-
dimensional MR imaging, there are two phase-
encoding dimensions, allowing acceleration factors
to multiply (it is now common to see doubly ac-
celerated three-dimensional MR imaging scans).
In fact, conventional MRSI represents an even
more attractive opportunity for parallel acquisi-
tion. Even two-dimensional MRSI uses two phase-
encoding dimensions (there is no readout gradient)
and thus potentially is accelerated doubly. SENSE-
MRSI [53], with a SENSE reduction factor of two
in both spatial dimensions, has been shown to
increase the speed of MRSI by a factor of four,
while maintaining spatial and spectral resolution
and losing only the obligatory factor of

ffiffiffi
4

p
= 2 in

SNR. This loss in SNR can be critical in some
applications at 1.5 T. The signal boost at 3.0 T,
however, may be used to alleviate SNR losses be-
cause of the fourfold acceleration. Furthermore,
SENSE may be combined with other fast MRSI
32 matrix over a field of view of 230 mm, spectral
ventional MRSI in 20 minutes, with SENSE (factor 2 × 2)
inutes and SENSE-TSI in 2:46 minutes at both field
teers. The loss in SNR is observable in the SENSE-TSI
learly. At 3.0 T, however, the SNR is high enough to
astest acquisition.



Fig. 7. Example spectra from a multi-spin echo MRSI (TSI) scan with an interecho spacing of 144 milliseconds
acquired once at (A) 1.5 T (Δf = 8 Hz) and once at (B) 3.0 T (Δf = 8.8 Hz) in the same healthy brain. Although a
spectral resolution of 8 Hz is not sufficient to resolve Cho and Cr at 1.5 T, it is at 3.0 T.
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techniques making use of phase encoding (eg, with
PEPSI [54] or multiple spin echo MRSI, called
turbo spectroscopic imaging [TSI]). The latter also
uses two phase-encoding dimensions for two-
dimensional MRSI and therefore readily profits
from high SENSE acceleration factors. Combined,
SENSE and TSI [Fig. 6] have been shown to allow
for accelerations of up to a factor of nine for in vivo
applications [55].
At 3.0 T, the TSI sequence offers the possibility of

trading the higher spectral resolution against better
SNR or speed, which is not possible at 1.5 T. Be-
cause a certain spectral resolution requires a mini-
mum acquisition time for each spin echo, the
interecho spacing needs to be sufficiently long.
This in turn limits the total echo train length. As
an example, the echo sampling time needs to be at
least 200 milliseconds to obtain a 5 Hz nominal
spectral resolution necessary to distinguish Cr from
Cho at 1.5 T, which usually restricts the total echo
train length to four. At 3.0 T, however, because of
the higher spectral dispersion, a 10 Hz nominal
spectral resolution is sufficient to separate Cr from
Cho [Fig. 7]. Therefore a sampling time of only
Fig. 8. Example spectra from a multi-spin echo MRSI (TSI) s
(A) with an interecho spacing (ES) of 288 milliseconds and
tral resolution against SNR.
100milliseconds becomes feasible, allowing shorter
interecho spacing, while keeping the same spectral
resolution on the ppm scale as at 1.5 T with a
sampling time of 200 milliseconds.
As the shorter echo sampling time allows each

spin echo in the TSI sequence to be sampled at an
earlier time (eg, after 100 milliseconds, 200 milli-
seconds, 300 milliseconds, …. instead of after
200 milliseconds, 400 milliseconds, 600 millisec-
onds, …), the echo signals have endured less T2
loss and thus the gain in SNR at 3.0 T is much
higher than resulting from the higher field strength
alone. Fig. 8 shows an example at 3.0 T, where a
factor of two was gained in signal, simply by reduc-
ing the sampling time (=trading the extra spectral
dispersion at 3.0 T against SNR).
The shorter echo sampling times also enable

longer total echo train lengths and thus a signifi-
cant reduction in total scan time. Knowing T2, it
can be calculated that the sixth spin echo at 3.0 T
(using an interecho spacing of 144 milliseconds)
has suffered about as much T2 loss as the fourth
spin echo at 1.5 T (using an interecho spacing of
288 milliseconds to obtain the same spectral reso-
can acquired at 3.0 T from the same healthy volunteer
(B) with an ES of 144 milliseconds, trading the spec-



Fig. 10. Combination of SENSE and TSI (six spin echoes)
at 3.0 T. Choline maps and example spectrum from
a 24 × 24 matrix MRSI scan in a healthy brain ac-
quired (A) with conventional MRSI in 11:23 minutes
and (B) SENSE-TSI (SENSE factor 4, TSI factor 6) in
54 seconds.
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lution). As TSI with an echo train length of four has
given good results in clinical MR spectroscopic
studies at 1.5 T [56–60], TSI with an echo train
length of six (TSI6) should be a sensible choice
for 3.0 T. First results of TSI with long echo train
length and with high spatial resolution are prom-
ising [Fig. 9]. Furthermore, the combination of
SENSE, TSI, and long echo train length results
in yet another significant reduction of scan time.
Single-slice MRSI of the human brain with a 24 ×
24 matrix becomes possible in only 54 seconds
[Fig. 10], and the acquisition of six slices with
20 × 20 voxels each only takes 3.18 minutes [61].
The point spread function, and therefore also
the discrepancy between real and nominal spatial
resolution of TSI scans, worsens with longer echo
train length.
Three-dimensional MRSI, with three dimensions

of phase encoding, offers the possibility of cubic
acceleration using SENSE. As SENSE acceleration in
all three spatial dimensions requires specially
designed coil arrays and at least eight acquisi-
tion channels, MRSI with simultaneous SENSE
reduction in all three dimensions is currently
work in progress. Already, however, doubly accel-
Fig. 9. Multi-spin echo MRSI (TSI) scan with an echo train length of nine (TE= ES=144 milliseconds, 40 × 40 voxels,
nominal spatial resolution=0.375 mL) acquired at 3.0 T in only 5 minutes in a healthy volunteer. The metabo-
lite maps are not interpolated and show the high spatial resolution of this scan.
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erated SENSE reduces impossible scan times of
three-dimensional MRSI (approximately 1 hour)
down to acceptable scan times of 14 minutes
(eg, for the acquisition of 24 × 24 × 6 voxels)
[Fig. 11]. As has been shown in a study on spatial
resolution in MRSI performed on a human brain
tumor [62], pathological changes may occur only
in a small fraction of the volume of interest. With
low spatial resolution, these changes may be
masked or even completely obscured by partial
volume effects. The same argument holds true for
all three dimensions, as tumors and other brain
lesions usually do not fit into a single slice or a
rectangular box. Fig. 11 shows an example where
Lac/Lip signal and the signals from NAA, Cho, and
Cr change rapidly (over a few millimeters) not only
within one slice, but also throughout the slices.
In a conventional single-slice MRSI setup with a
slice thickness of 1.5 to 2 cm, these different spec-
tra would not be differentiated because of partial
volume effects.
As has been discussed previously, the higher field

strength not only brings advantages, but also
some challenges. This can also be seen in three-
dimensional MRSI applications, where scan time is
one of the most stringent limitations, but not the
only one. Achieving a good homogeneity over a
large region of the brain, including lesions, edema,
cerebrospinal fluid and healthy brain tissue is not
always easy and becomes more difficult at 3.0 T.
This in turn can lead to problems obtaining good
water suppression over the whole brain. Another
problem is the suppression of subcutaneous fat
over the whole skull for all different patient head
geometries, while being able to obtain signal from
Fig. 11. Three-dimensional SENSE-MRSI acquisition at 3.
0.8 cm3, spectral resolution 1.5 Hz; 2 × 2 voxels from thre
lism changes within millimeters in all three dimensions (n
three slices).
brain regions close to the skull. Higher order shim-
ming and improved outer volume or fat suppres-
sion pulses will be necessary for such applications
at 3.0 T.
Further progress in the different techniques of fast

MRSI, such as EPI-, spiral-, and SENSE-based se-
quences at high field strength, and possibly even
their combination, are still required, but there
is no doubt that they hold great promise for investi-
gating the whole brain metabolism in all three
dimensions with high spatial resolution in pa-
tient-friendly scan times.
Localization: chemical shift misregistration

The exact origin of the spectral signal is an impor-
tant issue in MR spectroscopy, whether one is look-
ing at the metabolic signal in small anatomical
regions (eg, the hippocampus), or at healthy look-
ing tissue close to a tumor border. When prescrib-
ing a volume of interest for the MR spectroscopy
measurement on an MR image, however, the shown
box delineates the signal origin of exactly one reso-
nance frequency. On most scanners, this frequency
is set to the frequency of NAA at 2.02 ppm. For all
other frequencies, the signal origin is shifted spa-
tially. The amount of shift depends on the chemical
shift of the metabolite and on the bandwidth of
the applied RF pulses, as it is this bandwidth, to-
gether with the strength of the encoding gradients
that defines the volume of spin excitation for a
given frequency. The fact that each peak comes
from a slightly different volume is true for all
field strengths, but if the shift is small enough,
it usually is ignored. This is mostly the case at
0 T (24 × 24 × 6 voxels, nominal spatial resolution
e adjacent slices are displayed, showing how metabo-
ote the changes in the right lower spectrum over the



279MR Spectroscopy and Spectroscopic Imaging
1.5 T, although even there care should be taken
when comparing metabolite ratios from voxels on
one border with voxels on the other border of a
chosen volume of interest in a spectroscopic imag-
ing examination.
To calculate the size of the chemical shift misreg-

istration Δx, one needs to know the chemical shift
Δω between the reference metabolite (NAA) and the
metabolite of interest and either the excitation
volume size l and the bandwidth BWpulse of the
slice-selective RF pulse or the strength of the ap-
plied gradient Gslice during the slice selective pulse:

Δx ¼ Δωd l

BWpulse
¼ 2π

γ

Δω

Gslice
: ð2Þ

At higher field strength, the chemical shift differ-
ence between the metabolites increases, and at the
same time, the bandwidth of most commonly used
excitation and refocusing pulses decreases because
of safety issues. In combination with the increased
chemical shift dispersion, this leads to a significant
misregistration problem at 3.0 T, which scales
roughly with the square of the field strength. Me-
tabolite peaks resonating at frequencies higher than
the NAA-frequency, such as the Cho and Cr reso-
nances, are excited in a volume shifted to one side
compared to the selected volume of interest on
the localizer image, while metabolite peaks with
lower frequencies than NAA, such as the Lac dou-
blet or lipid peaks, stem from a volume shifted
to the opposite side [Fig. 12].
The shift of the excitation volume of choline, for

example, with respect to the volume on the local-
Fig. 12. Artifacts in MRSI at 3.0 T caused by chemical shift
volume saturation bands. The volume defined by the user o
defines the volume where NAA is excited. Therefore the
volume (dashed line), however, as can be seen in the choli
metabolite images comes from the fact that lipids were exc
covering part of the subcutaneous fat. This leads to a larg
NAA or other metabolites if integration instead of fitting
ment artifact cannot be corrected for in postprocessing, a
from the correct location of the ventricles in the choline im
the correct amount of each metabolite.
izer MR image, which is calculated for NAA, can be
up to 20% of the prescribed voxel length in each
dimension. The exact amount of shift depends on
the allowed B1 amplitude and therefore on the used
coil and vendor. Whereas this problem may be seen
clearly in certain spectroscopic imaging experi-
ments [see Fig. 12], it is equally present in single-
voxel examinations, where no artifact reminds of its
presence. For coupled spin systems (eg, lactate), the
chemical shift misregistration may lead to dramatic
signal cancellation. A first solution implemented
on many clinical MR scanners is to excite the
spins in a larger volume, encompassing all shifted
volumes of the frequency range of interest, and to
use very selective saturation bands to define the
intersection of all these volumes, which is the
volume depicted on the localizer MR image [63].
Although this is a straight-forward solution for
proton spectroscopy at 3.0 T, it is not the way to
go for other nuclei such as 31P, or 13C, or for 1H MR
spectroscopy at even higher field strengths such as
7.0 T. In these cases, the chemical shift differences
increase to such an extent that the excitation vol-
umes for different metabolites might not even over-
lap in the worst case. Another approach is to use
pulses with much larger bandwidths such as adia-
batic pulses. Because ordinary adiabatic full passage
(AFP) pulses cause a nonlinear phase variation,
however, they cannot be used as refocusing pulses.
This phase variation can be compensated for by
using two AFPs in a double spin echo sequence
[64] as applied in LASER (localization by adiabatic
selective refocusing) sequences. Pairs of AFP pulses
are used for volume selection and echo formation
misregistration using PRESS localization without outer
n the localizer MR image is depicted as a solid line and
NAA image is correct. The Cho is excited in a shifted
ne (CHO) image. The bright artifact on the left in both
ited in a volume shifted to the other side (dotted line),
e signal in these areas, which will be misinterpreted as
is used to generate metabolite images. The displace-
nd metabolite images cannot be shifted back as seen
age. Voxels in the intersection of all volumes contain



Fig. 13. Clinical example for signal loss caused by chemical shift misregistration. Glioma measured at 3.0 T with
single voxel MR spectroscopy, planned as outlined by the black box: (A) TE= 144 milliseconds, (B) TE= 288 milli-
seconds. At TE= 144 milliseconds, the lactate signal is not observable, although a clear lactate peak can be seen at
TE= 288 milliseconds.
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at the same time in all three spatial directions
[65,66]. LASER therefore might be a good choice
for localization in high-field spectroscopic applica-
tions in the future.
J-modulation artifacts: measuring lactate
at 3.0 T

The very same problem of chemical shift misregis-
tration at 3.0 T can lead to significant signal loss
of coupled spin systems (eg, Lac) at 3.0 T. Lactate is
an important marker of anaerobic glycolysis and
therefore plays a pivotal role in many brain pathol-
ogies such as tumors, stroke, cerebral ischemia, hyp-
oxia, and several mitochondrial disorders [12,67].
An incorrect assessment of the lactate doublet at
1.33 ppm therefore might lead to important errors
in diagnosis. In 1H MR spectroscopy, the lactate
molecule gives rise to a doublet at 1.33 ppm arising
from three magnetically equivalent methyl (CH3)
protons and a quartet at 4.11 ppm arising from the
methine protons (CH). This usually is not visible in
vivo. These two resonances are coupled weakly,
resulting in a phase evolution of the methyl dou-
blet that depends on echo time. For TE =144 mil-
liseconds, the resonance shows a phase of 180°
leading to a negative in-phase doublet, whereas
an echo time of 288 milliseconds gives rise to a
positive in-phase doublet. Because only in-phase
resonances can be quantified, echo times of
144 and 288 milliseconds are preferable for lactate
detection and assignment. At 1.5 T, an echo time of
144 milliseconds often is preferred, as the negative
lactate doublet is discriminated more easily from
lipid signals located at or near the same frequency.
The previously described displacement of excitation
volumes for different frequencies also affects the
two resonances of lactate, giving rise to so-called
anomalous J-modulation [68,69]. Only in some
part of the defined volume of interest both reso-
nances are excited, and therefore coupling and
phase evolution only occurs in that part of the vol-
ume. In other parts, the lactate doublet does not
evolve at all and stays in phase with the other me-
tabolites. As all signals are added over the whole
volume in a single voxel examination, negative and
positive signals cancel out at certain echo times,
leading to severe underestimation of the total lac-
tate present [Fig. 13]. The amount of signal cancella-
tion can be as high as 80% at TE = 144 milliseconds
and depends on pulse bandwidth and allowed
maximum B1 and therefore on used coils and ven-
dor. A good check is to do a phantom measure-
ment. If the negative doublet signal at TE =
144 milliseconds is smaller than the positive dou-
blet signal at TE = 288 milliseconds, which has
experienced more T2 decay, then part of the signal
at TE = 144 milliseconds has been lost. A detailed
explanation of this signal cancellation, including
clinical examples and phantom measurements
compared over 3.0 T systems from three different
vendors can be found elsewhere [70].
Summary

MR spectroscopy is one of the MR techniques that
profits from higher magnetic field strength in more
than one way. As many applications in MR spectros-
copy remain restricted by SNR at 1.5 T, the SNR
gain at 3.0 T is more than welcome to enable higher
spectral quality, better peak quantification, higher
spatial resolution, or fast MRSI. Parallel MRSI
(SENSE-MRSI) allows an SNR increase of a factor
of two to be transformed into a scan time reduc-
tion by a factor of four. The second advantage is
the linearly increased spectral separation of the me-
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tabolites. The chemical shift in Hz doubles at 3.0 T,
enabling better peak separation, quantification, or
even peak identification (eg, glutamine/glutamate).
This benefit further has implications for minimum
echo sampling durations and thus may be traded
for SNR or for speed in multi-spin echo MRSI,
enabling new fast MRSI techniques.
Many of the benefits, however, are mitigated if pa-

rameters, techniques, and sequences are not adapted
and optimized for 3.0 T. Although the signal in-
creases quadratically and noise only linearly with
the main magnetic field, shorter T2, longer T1, and
especially increased field inhomogeneities keep the
SNR from doubling and broaden the peak line
widths at higher field strength. Higher order shim-
ming is therefore essential if full advantage is to
be taken from the increased SNR and spectral dis-
persion. Furthermore, RF pulses or localization se-
quences have to be adapted to overcome metabolite
misregistration or even signal loss problems.
In summary, once all techniques are clinically

available to fully exploit all advantages, 3.0 T may
be more than twice as good for MR spectroscopy
compared with 1.5 T, promising significant new
applications for neuro-MR spectroscopy, such as
whole brain MRSI, ultrahigh resolution or dy-
namic applications.
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