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MR spectroscopic imaging (MRSI) has become a valuable
tool for quantifying metabolic abnormalities in human
brain, prostate, breast and other organs. It is used in rou-
tine clinical imaging, particularly for cancer assessment,
and in clinical research applications. This article describes
basic principles of commonly used MRSI data acquisition
and analysis methods and their impact on clinical applica-
tions. It also highlights technical advances, such as paral-
lel imaging and newer high-speed MRSI approaches that
are becoming viable alternatives to conventional MRSI
methods. Although the main focus is on 1H-MRSI, the
principles described are applicable to other MR-compatible
nuclei. This review of the state-of-the-art in MRSI method-
ology provides a framework for critically assessing the clin-
ical utility of MRSI and for defining future technical devel-
opment that is expected to lead to increased clinical use of
MRSI. Future technical development will likely focus on
ultra-high field MRI scanners, novel hyperpolarized con-
trast agents using metabolically active compounds, and
ultra-fast MRSI techniques because these technologies
offer unprecedented sensitivity and specificity for probing
tissue metabolic status and dynamics.
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MR SPECTROSCOPIC IMAGING (MRSI) is a widely
available routine clinical imaging tool and clinical
research tool for spatially mapping multiple tissue
metabolites signals in vivo to characterize neurologi-
cal, psychiatric and metabolic disease. This technol-
ogy, which is available on many clinical MR scanners,
has reached a remarkable degree of maturity in recent
years and has stimulated considerable interest in
clinical applications. The purpose of this article is to
introduce the technological features of MRSI in a
manner that can be readily understood and appreci-
ated by the practicing radiologist who is not a physi-
cist or MRS specialist. As most MRSI development
and applications have been focused on the brain,
MRSI (as well as MRS in general) is sometimes viewed
as having importance only within the neuroradiologi-
cal community. This article includes the description
of MRSI applications that extend beyond the field of
neuroradiology. Accordingly, the article is formulated
with the general radiologist in mind and will introduce
and explain key MR physics/technology concepts with
this target audience in mind. It will also summarize
key literature both in terms of physics concepts and
the practical realization of these concepts for the clini-
cal radiological examination.

A variety of synonymous terms for MRSI, including
Chemical Shift Imaging (CSI), Spectroscopic Imaging
(SI) and Multivoxel Spectroscopy (or Multivoxel MRS),
have been used in the literature and by scanner ven-
dors. This article will use a single term (MRSI) to
denote all of these. To a large extent, MRSI technology
is built upon earlier work developing localized single
voxel MRS (SV-MRS). First described by Brown et al
in 1982 (1) and further developed by Maudsley et al
in 1983 (2), MRSI increasingly is supplanting SV-MRS
for clinical applications and research due to its ability
to rapidly and simultaneously assess tissue spatial
heterogeneity of chemical concentrations. However,
several technical challenges currently limit more
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widespread clinical acceptance of MRSI. Furthermore,
MRSI historically has required a high degree of user
training and integration into clinical routine is nontri-
vial. This article is specifically focused on MRSI technol-
ogy. It does not summarize either the background
physics or use of localized SV-MRS except where there
are important shared features or noteworthy differen-
ces. It assumes that the reader is familiar with basic
MRS concepts, such as chemical shift, J-coupling and
multiplet spectral patterns. It is also not feasible to
present a detailed review of the biological or clinical
relevance of the detectable metabolite signals that can
be quantitatively mapped by MRSI, and which has been
extensively reviewed elsewhere (3). In addition to pre-
senting basic principles, this article highlights recent
advances such as high-speed MRSI methods and MRSI
with parallel receiver array coils, which are becoming
increasingly relevant for clinical research applications.
The main focus is on brain proton (1H)-MRSI, which is
well established, but the methods are applicable for
other MR-compatible nuclei and tissue types and recent
examples of these applications are also presented.

GENERAL FEATURES OF MRSI

In general terms, MRSI uses the same phase encoding
procedures that are used in MRI to map the spatial
distribution of MR signals. In the case of 1H-MRSI,
proton MR signals produced by metabolites within the
tissue produce the signals that are imaged. The mo-
lecular concentrations of these metabolites are at
least 10,000 times lower than water and metabolites
produce correspondingly much lower signal strengths
than does water, which is used to form conventional
MR images. To detect enough signal above noise for
quantification 1H-MRSI must use much larger voxel
sizes in comparison to MRI. Voxel volumes on the order
of 0.3 cc can be readily measured at 3T (4,5) and the
use of surface coils and array coils allows much
smaller voxel volumes on the order of 0.1 cc (6), or
smaller. The lower spatial resolution of MRSI compared
with anatomical imaging makes consideration of the
spatial point spread function (PSF), correspondingly
more important. The PSF expresses the fact that the
combination of the phase-encoded imaging process
and the image reconstruction process cause metabolite
signals that are produced by one tissue voxel to bleed
into the surrounding voxels, producing a blurring
effect. This is conceptually not different from conven-
tional MRI, but is expressed on a larger spatial scale.
The PSF can be responsible for spectral artifacts and
significant partial volume effects. Spatial filtering is
used in the reconstruction process to reduce between-
voxel signal bleeding and to increase the signal-to-
noise ratio (SNR), but increases the effective voxel size.
MRSI can be time consuming to acquire, making it
sensitive to motion artifacts, which in contrast to MRI
are distributed across all acquired spatial dimensions.

MRSI is also highly sensitive to macroscopic mag-
netic field inhomogeneity within a voxel and across
the volume of interest, which introduces regionally
varying spectral line broadening. Typically, a spectral
line width of less than 0.1 part per million (ppm) is

required for quantifiable MRSI data. Accordingly,
MRSI studies may require sacrificing coverage of some
anatomical regions having strong magnetic field inho-
mogeneity. Unacceptable field homogeneity is usually
present at tissue-bone or tissue-air interfaces and
such regions are difficult to study with MRSI. In these
regions SV-MRS may be the only choice.

In 1H-MRSI there are often artifacts related to water
and lipid signals that are related to field inhomogeneity
and the PSF. Water produces a much larger signal
than the target metabolites. 1H-MRSI pulse sequences
use frequency selective RF pulses to presaturate the
water signal, but magnetic field homogeneity associ-
ated with interfaces can produce water signal that is
frequency shifted and the water suppression process
will not suppress water signal being produced by inter-
face regions. Furthermore, water signal produced by
such regions is broadened as well, which makes signal
contamination due to the blurring effect difficult to
identify. Lipid signals that are as much as 1000 times
stronger than metabolite signals can be produced by
tissues that have a large fraction of adipocytes. Lipid
signals produced by such regions can also be problem-
atic in terms of bleeding into nearby voxels. Because
the problem of lipid and water signal bleeding can be
so significant in 1H-MRSI, very precise spatial localiza-
tion methods are required. Most 1H-MRSI pulse
sequences use volume excitation procedures analo-
gous to those used in SV-MRI to select a box shaped
tissue region over which the field homogeneity is excel-
lent and that does not contain adipose tissue. Alterna-
tives are to presaturate regions that would produce
large lipid signal or have unacceptable field homogene-
ity, or to use lipid nulling using the Short T1 Inversion
Recovery (STIR) (7). While improving overall results
quality, prelocalization of a box-shaped region inside
the organ of interest can result in considerable loss of
volume coverage in peripheral regions of the organ.

Furthermore, the majority of 1H-MRSI studies to
date are still performed using intermediate to long
echo time (TE) to attenuate lipid signals due to short
lipid signal T2 values. This is in part due to the diffi-
culties of quantifying strongly overlapping multiplet
resonances at short TE. However, the use of long TE
results in substantially decreased sensitivity to the
metabolite signals due to T2 loss and J-modulation of
multiplet resonances. Improved localization perform-
ance now allows MRSI mapping at much shorter TE,
to measure J-coupled metabolites that have tradition-
ally been measurable only with SV-MRS (8).

MRSI studies that involve nuclei other than protons,
usually do not have problems corresponding to the
lipid and water problems present in 1H-MRSI, but sig-
nal strength in these studies is usually lower than in
1H-MRSI and the volume resolution must be even
more coarse and this engenders more concern regard-
ing voxel signal bleeding.

SPECTROSCOPIC IMAGING ACQUISITION
AND RECONSTRUCTION

Conventional phase-encoded MRSI, in which the
phase encoding gradient amplitude is incremented
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once per TR, is the most commonly used MRSI
method and still represents the gold standard for sen-
sitivity and for localization performance. This section
provides an overview of conventional phase-encoded
and newer high-speed MRSI methods, compares their
performance (acceleration, signal-to-noise per unit
volume and square root of unit measurement time,
spectral width, spectral resolution, and point spread
function) and discusses technical challenges at high
field strength. A simplified description of methods is
presented without the k-space formalism to provide
an intuitive understanding that is fully adequate for
clinical applications. The k-space formalism, which
provides an overarching framework for linking the
different MRSI methodologies, will be added where
appropriate to provide a deeper understanding.

Phase-Encoded Spectroscopic Acquisition

As with all MRI methods, MRSI uses a modular pulse
sequence design. Frequency encoding of spatial loca-
tion using gradient application during the signal
detection period in the pulse sequence is not used in
conventional MRSI, because doing so mixes the spa-
tial and chemical shift information in a manner that
is difficult to disentangle. The use of phase encoding
only to obtain location information ensures complete
temporal separation of spatial encoding from spectral
encoding to avoid possible line broadening due to the
application of gradients (except for effects from possi-
ble eddy currents). Phase encoding merely modulates
the signal phase and amplitude of the MR signal
before detection of signal frequency (spectral encod-
ing), which ensures that subsequent phase and
amplitude modulation due to chemical shift is inde-
pendent of spatial encoding. Data reconstruction is,
therefore, straightforward using Fourier transforma-
tions along the orthogonal spatial and spectral dimen-
sions of the raw data matrix. Localization by phase
encoding (using constant phase encoding gradient
duration) is also unaffected by chemical shift and
magnetic field inhomogeneity unlike readout encod-
ing. In other words, image shape distortions due to
field inhomogeneity or chemical shift (e.g., fat–water
shift) are not present in MRSI.

However, phase encoding must be performed in all
spatial dimensions and is very time consuming. The
number of phase encoding steps corresponds to the
total number of voxels in the spectroscopic image. For
example, to acquire a 32 � 32 � 16 three-dimensional
(3D) matrix using a TR of 2 s would require 32,768 s,
or more than 9 h of encoding time, which is quite
unacceptable for human studies. Typical raw data 2D
matrix sizes used in clinical research studies are
much smaller: 16 � 16, 24 � 24, or 32 � 32 data
point points, but still require substantial acquisition
time using conventional MRSI.

To gain a deeper understanding of phase encoding,
it is instructive to take a closer look at the relation-
ship to readout (frequency) encoding. Readout encod-
ing is a familiar concept that is straightforward to
conceive of as a projection image along the direction
of the readout gradient that is obtained by Fourier

transformation of the acquired signal. The readout
signal consists of a series of data points that record
stepwise changes of signal phase and amplitude dur-
ing the application of the readout gradient. Phase
encoding can be viewed as being equivalent to acquir-
ing the readout signal on a data point by data point
basis from separate measurements. This equivalence
is illustrated in Figure 1, which shows the transition
from readout to phase encoding. To center the ‘‘phase
encoding echo’’ in data space, the phase encoding
gradient starts with negative amplitude and steps to
positive amplitudes, which is comparable to using a
dephasing gradient to center the readout echo in MRI.
Indeed, the gradient moment (¼ amplitude x duration)
of the minimum (i.e., most negative) phase encoding
gradient corresponds to the moment of the dephasing
gradient. The difference between the moments of
the maximum and the minimum phase encoding

Figure 1. Principles of MRSI. a–c: Equivalence of readout and
phase encoding illustrated by stepwise transformation of read-
out encoding into phase encoding. (b) Segmentation of the read-
out gradient ‘‘G’’ into gradient pulses with interleaved collection
of single data points (red arrows). c: Collection of the same data
points in separate experiments using phase encoding. d: Phase
encoding with constant gradient duration. e: Spatially periodic
spin phase distribution along the direction of the phase encod-
ing gradients; the spatial periodicity of the spin phase, which is
characterized by the wavelength l, increases with the stepwise
increase in the phase encoding gradient amplitude. f: Spectro-
scopic imaging by combining phase encoding with a spectro-
scopic readout; the amplitude and phase of the initial data
point (red arrow) represents the spatial information embedded
in the spectroscopic signal. [Color figure can be viewed in the
online issue, which is available at wileyonlinelibrary.com.]
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gradients corresponds to the moment of the readout
gradient and determines spatial resolution. The incre-
ment in gradient moment between phase encoding
gradient steps corresponds to the increase in gradient
moment between digitization steps of the readout sig-
nal and determines the encoded field-of-view (FOV).

K-t-Space in MRSI

The k-space formalism is an elegant description of
raw data space, which provides a unified framework
for the comparison of different spatial encoding meth-
ods and which facilitates the analysis of localization
properties and artifacts. K-space is formed by a set of
spatially periodic rotations of the spin phase across
the object that is generated in successive experiments
by the application of the phase encoding gradients
(referred to as spin warp imaging) (9) (Fig. 1e). The
periodic spin phase rotations, which are characterized
by the wavelength l, increase with the moment (am-
plitude G � duration t) of the applied phase encoding
gradients and range from infinity (no phase modula-
tion at the center of k-space) to very rapid periodici-
ties corresponding to the smallest features that are
present in the object. The spatial frequency of the
spin periodicities (¼ 1/l) is characterized as:

k ¼ 2p

l
¼ gGt ½1�

The k-space formalism describes the structure of
the spatially encoded data in form of a set of spatial
frequencies (the inverse of object space), which after
Fourier transformation represents the image of the
object. Each data point in k-space corresponds to the
signal from the entire sensitive volume of the receiver
coil and represents a unique spatial modulation of the
spin phases of the entire object along the directions of
the phase encoding gradients. The moment of the
phase encoding gradients determines the phase rota-
tion each spin experiences relative to the magnet cen-
ter. It is this spatial distribution of spin phases gener-
ated by the phase encoding gradients that
unambiguously identifies each point in the object and
allows spatial reconstruction of an image. In MRSI,
the time dimension corresponding to spectral encod-
ing is encoded orthogonal to k-space to form k-t-
space, which for 2-dimensional spatial encoding
forms a 3-dimensional data space (ky-kx-t). Each k-t-
space slice at a particular time point (a time slice) can
be reconstructed into an ‘‘image’’ by Fourier transfor-
mation. Fourier transformation along the series of
consecutive images generates localized spectra.

The MRSI signal of a chemical species with fre-
quency v after the application of a phase encoding
gradient is defined as:

Sðk; tÞ ¼
Z

sðxÞeivtei2pkxdx ½2�

where s(x) is the spin density of the object along the
vector direction x of the applied phase encoding gra-
dients and k is the encoded spatial frequency. The
MR signals obtained with different phase encoding

steps completely characterize the spin density distri-
bution of the object (a simple analogue is the optical
interference pattern of a phonographic record that
unambiguously defines the music piece that is
encoded in the groves of the record) and the spectral
information content.

There are five simple rules that describe k-space
encoding: (i) The extent of k-space determines spatial
resolution. (ii) The spacing between successive
sampled points (phase encoding increment, or step
size) along a given k-space direction corresponds to
the encoded FOV along the corresponding spatial
direction. (iii) Coarse features of the object are
encoded close to the center of k-space (low spatial fre-
quencies). (iv) Details of the object are encoded at the
periphery of k-space (high spatial frequencies). (v) K-
space in a spin echo experiment is (hermitian) sym-
metric with respect to the center, i.e., data points on
opposite sides of the center have identical amplitude,
but complex conjugate phase. Encoding the entire k-
space is thus redundant and partial Fourier encoding
might be considered to accelerate encoding, although
magnetic field inhomogeneities and other imperfec-
tions limit this approach, as we will see below.

PSF and Acceleration of Phase Encoding

Spatial localization in MRSI cannot be characterized
without discussing the PSF, which describes the
spread of signal from a point source into adjacent
voxels as a result of the finite extent of the encoded k-
space, a direct consequence of the coarse spatial reso-
lution of MRSI. For uniform k-space sampling, the
PSF is a sinc (¼ sinx/x) function (the Fourier trans-
form of the boxcar sampling window) with the full
width at half maximum being the linear voxel dimen-
sion. For a point source in the center of the voxel the
zero crossings of the PSF are exactly in the centers of
the adjacent voxels, i.e., there is no signal spread to
adjacent voxels and the image of the point source is a
single bright voxel (Fig. 2a). The situation is very dif-
ferent for a point source located at the edge of a voxel,
which leads to considerable spread of signals into
adjacent voxels (Fig. 2b). Note that the signal contami-
nation has positive and negative contributions
depending on the distance from the origin of the PSF,
which can lead to very complex signal interference.
For example, in 1H-MRSI the signal spread from a
peripheral fat layer in the scalp that is located at the
interface of two adjacent voxels can leads to strong
baseline distortions in nonadjacent, even central,
brain voxels. This so-called Gibbs ringing is also pres-
ent in conventional MRI, in particular affecting edges
with large image contrast, but it is less conspicuous
than in MRSI due to the considerably higher spatial
resolution. To reduce Gibbs ringing for MRSI it is nec-
essary to apply rather aggressive k-space filters in the
image reconstruction that suppress the outer regions
of k-space and correspondingly reduce spatial resolu-
tion. Sinebell, Fermi and Hamming filter functions are
examples of commonly used k-space filters to control
spatial signal contamination. For a rectangular
k-space matrix the extent of k-space along the

1304 Posse et al.



diagonals is
ffiffiffi
2

p
larger than along the principal axes,

which results in a narrower point spread function and
increased spatial resolution along the diagonals. As a
consequence, Gibbs ringing is stronger along the prin-
cipal axes compared with the diagonals.

A frequently used strategy to accelerate phase-
encoded MRSI is to sacrifice the higher spatial resolu-
tion along the diagonal and to cut the k-space corners
to encode a spherical or an elliptical k-space, which
can reduce measurement time by as much as 50% for
3D encoding. The PSF for elliptical sampling is uniform
along all directions, but overall spatial contamination
and voxel size are increased compared with rectangular
sampling. A further increase in encoding speed can be
achieved when signal averaging is necessary for sensi-
tivity reasons. Weighted averaging, in which fewer aver-
ages are collected at peripheral k-space points com-
pared with central k-space points, further reduces scan
time, albeit at the expense of having increased high fre-
quency noise relative to low frequency noise in the
reconstructed spectroscopic image.

Magnetic Field Inhomogeneity and Effect
on k-t-Space Encoding

It is instructive to consider the effects of magnetic
field inhomogeneity, shimming and spatial resolution
on k-t-space encoding to understand the measured
signal distribution in the acquired data space. The
k-space acquired at the center of the spin echo is
perfectly (hermitian) symmetric on lines through the
origin of k-space. In a perfectly shimmed sphere,
k-space is invariant along the time domain, i.e., the
encoded k-space is identical for each time-slice and
orthogonal to the time domain. However, a local gradi-

ent interferes with the phase encoding gradients and
progressively shifts the origin of k-space along the
direction of the local gradient during spectral encod-
ing, as shown in Figure 3. The corresponding signal
shifts in data space, which have been described as
group spin-echo shifts in gradient echo imaging (10),
shorten the measured signal decay along the spectral
dimension and result in broadening of the recon-
structed spectral lines. Linear gradients move the sig-
nal (and the origin of the encoded k-space) along a
straight line toward the edge of the encoded data
space whereas nonlinear gradients disperse the signal
in data space. As a result of local gradients, k-space
encoding is no longer orthogonal to spectral encoding
and becomes a function of space and spectral-encod-
ing time. Shimming aims at reversing the effects of
local gradients by reversing the signal shifts in data
space to restore time-invariant k-space encoding.
Increasing spatial resolution increases the extent in
k-space, which allows divergent signals from regions
with magnetic field inhomogeneity to remain longer
within the acquired data space, thus extending the
measured signal decay and narrowing the spectral
line width in these regions.

High-Speed MRSI

Acceleration of 1H-MRSI is highly desirable to increase
volume coverage, reduce motion sensitivity and
decrease scan time, if SNR permits. High-speed MRSI
methods are also advantageous for integrating high
resolution MRS methods, such as correlation spec-
troscopy (COSY) (11) and J-resolved spectroscopy

Figure 2. Point spread function in MRSI for (a) a point source
located in the center of the voxel (x ¼ 0), which results in per-
fect localization without any signal contamination in adjacent
voxels and (b) a point source located at the right edge of the
voxel (x ¼ 0.5), which results in a significant signal contamina-
tion into adjacent voxels. [Color figure can be viewed in the
online issue, which is available at wileyonlinelibrary.com.]

Figure 3. K-t-space in MRSI and effect of magnetic field
inhomogeneity. a: K-space is invariant along the time axis in
a homogeneous magnetic field. The decay of the encoded sig-
nals follows the time axis. b: K-space and the encoded signal
move outside of the encoded data space due to a global gra-
dient along the y-direction, which accelerates the signal
decay and broadens spectral lines.
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(12), for 3D spatial mapping of gamma-amino-butyric-
acid (GABA) using spectral editing (13) and for imple-
menting elaborate phase cycling schemes into MRSI.
The rapidly expanding field of hyperpolarized MRI has
invigorated the development of ultra-fast MRSI encod-
ing schemes with the goals of minimizing image
blurring and maximizing efficient use of the rapidly
decaying magnetization (14,15). Many of the fast
MRSI methods are based on high-speed MRI methods
and largely fall into the following categories:

(i) Interleaving a series of repeated spatial readout
modules during the spectral acquisition enables

simultaneous encoding of spatial and spectral

information with considerable increase in over-

all acquisition speed. The duration of the spa-
tial readout modules determines the spectral

with and the duration of the train of readout

modules determines the spectral resolution.

Echo planar spectroscopic imaging (EPSI),
which uses interleaving of 1D, 2D, and 3D spa-

tial echo-planar encoding into the spectroscopic

acquisition, was one of the earliest high-speed

MRSI approaches, originally developed by
Mansfield (16) and later adapted for human

applications (17–20). Advantages of EPSI

include an adequate spectral width at field
strengths up to 3 Tesla in the case of 1D echo-

planar encoding, a high spectral resolution and

high sensitivity comparable to conventional

MRSI, and the relative ease of data reconstruc-
tion. Spiral MRSI, which uses interleaving of

2D or 3D spiral encoding during the acquisi-

tion, offers faster acceleration than EPSI due to

the higher efficiency of the spiral trajectory (21)
and provides flexibility in shaping the point

spread function. However, data reconstruction

is more demanding than for EPSI and requires
correction for stronger off-resonance effects.

Furthermore, the long duration of 2D and 3D

encoding modules limits the spectral width that

can be achieved in a single shot. Combination
with echo time shifting (see below) can be used

to expand the spectral width.
(ii) Shifting of the readout module position relative

to the spin echo time (echo time shifting) in sep-
arate acquisitions is an alternate method for
encoding of spectral information. The most ba-
sic application of echo shifting is the Dixon
method, which separates water and fat (22).
High-speed 2D imaging methods, such as EPI,
rapid acquisition with relaxation enhancement
(RARE) or spiral MRI, have been combined with
echo time shifting to rapidly map brain metabo-
lites (23,24). This approach is time efficient for
applications that require only limited spectral
resolution. However, achieving high spectral re-
solution and large spectral bandwidth is time
consuming and decreases SNR per unit time.

(iii) Multiple spin echo acquisition with separate
phase encoding of individual spin echoes has

been developed to accelerate conventional MRSI
(25,26). However, spectral resolution is reduced
due to the shortened readout, and k-space
weighting due to T2 signal relaxation between
the individual spin echo acquisitions needs to
be corrected to minimize spatial blurring.

(iv) Parallel imaging using phased array coils has
been applied to conventional (27) and high-
speed MRSI (28,29) to achieve considerable
acceleration of spatial encoding, including sin-
gle-shot 2D encoding (30). However, increases
in encoding speed need to be balanced with
increases in noise due to the reduced acquisi-
tion time and g-factor related reconstruction
errors that can compromise spatial localization
and spectral quality. Recent developments
using compressed sensing (15), and the combi-
nation of parallel imaging with compressed
sensing (31), exploit the sparsity of spectral
information to achieve even faster encoding
speed, but the increase in encoding speed
needs to be balanced with increases in g-factor
related reconstruction errors.

(v) Steady-state free precession (SSFP) MRSI offers
fast acceleration and high sensitivity per unit
time, but the short spectroscopic readout
requires sacrificing spectral resolution at 1.5T
and 3T (32,33). SSFP methods are also sensi-
tive to off-resonance effects, which may limit
volume coverage. Recent studies combining
SSFP-MRSI with echo-planar or spiral encoding
and with parallel imaging have demonstrated
very fast encoding speeds (34).

(vi) Sparse image-based k-space encoding schemes,
such as spectral localization by imaging (SLIM)
(35), and related approaches, have been pro-
posed for situations where localization of a
small number of arbitrarily shaped compart-
ments is desired. These methods can be time
efficient depending on the allowable amount of
spatial crosstalk between these compartments.
However, typical applications are aimed at min-
imizing cross-talk, which increases the number
of encoding steps required.

(vii) Hadamard encoding has been introduced for
applications where minimum voxel crosstalk is
required (36,37). It makes use of multi-slice ra-
diofrequency pulses with 0� or 180� phase
shifts for each slice that change from encoding
step to encoding step. A simple hadamard-
encoded experiment that localizes two slices
consists of one experiment in which the phases
of the two slices are both 0� and a second
experiment in which the phases of the two sli-
ces are 0� and 180�. Addition of the two data
sets generates the signal of the first slice and
subtracting the two data sets generates the sig-
nals of the second slice. However, the RF power
requirements for multi-slice excitation limit this
approach to small spatial matrix sizes.

To summarize, echo-planar and spiral encoding are
the most commonly used high-speed MRSI methods
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due to their high spectral quality and sensitivity per
unit time and unit volume that are comparable to
conventional phase-encoded MRSI, but with substan-
tially enhanced temporal resolution (19,38). As echo-
planar MRSI is of considerable interest for clinical
applications, we now discuss this method in more
depth.

Echo-Planar MRSI

1H-MRSI using echo-planar encoding is increasingly
used for brain research applications due to its robust
localization performance and large volume coverage
with much improved spatial and temporal resolution
compared with conventional phase-encoded MRSI.
The advent of echo-planar imaging (EPI) has greatly
facilitated the implementation of echo-planar MRSI on
conventional clinical MRI scanners. Echo-planar
MRSI has been implemented at field strengths ranging
from 1.5 to 7 Tesla (39,40). The feasibility of whole
brain coverage has been demonstrated at intermedi-
ate and long TE (5,41–43). Proton echo planar
spectroscopic imaging (PEPSI) is a development of
echo-planar MRSI that enabled very short TE (e.g., 11
ms) for 2D and 3D spatial mapping of singlet and
J-coupled metabolites in human brain with clinically
feasible acquisition times of less than 5 min
(8,18,19,29,39).

Echo-planar encoding can be conceptualized as
follows: The relatively narrow spectral width of the
proton spectrum (most resonances are within a 1 kHz
range at 3 Tesla) is typically sampled with a spectro-
scopic dwell time on the order of 500 ms to 1 ms. This
dwell time allows interleaving of echo-planar readout
gradients with alternating polarity between spectro-
scopic data acquisition points (Fig. 4) to encode
localized spectra that are spatially resolved in one
dimension in a single excitation. Conventional phase
encoding is used for the 2nd and 3rd spatial dimen-
sions. The echo-planar readout gradient train, which

encodes a zigzag trajectory in k-t-space, creates a
series of gradient echoes that are modulated by chem-
ical shift evolution and relaxation. Reformatting these
data into a 2-dimensional matrix creates a data for-
mat that is equivalent to that of conventional phase-
encoded MRSI. In practice, the even and odd echo
data are not equivalent due to asymmetries in gradi-
ent switching, eddy current induced signal distortions
and other factors, and direct Fourier transformation
across even and odd echoes would lead to ghosting
artifacts in the spectral domain. Although correction
schemes for the shifts of the even and odd echoes
have been developed to minimize ghosting in the
frequency domain (20,40), separate reconstruction of
the data from even and odd echo acquisitions has
emerged as the preferred reconstruction method that
avoids ghosting altogether (18). The flyback gradient
scheme, which uses only the even gradients for spa-
tial encoding and short gradient pulses with maxi-
mum slew rate for refocusing, has been proposed as
an alternative approach to avoid eddy current effects
and ghosting (41), but sensitivity is reduced due to
gaps in data acquisition during the flyback gradient.

The PSF and the manifestations of magnetic field
inhomogeneity in k-t-space are similar to those with
conventional phase-encoded MRSI. Geometrical dis-
placement artifacts due to the interference of local
gradients with the echo-planar readout gradients are
typically quite small due to the high amplitudes of the
readout gradients. However, inhomogeneity-related
signal displacements in k-t-space alternate along the
readout direction for positive and negative echo-pla-
nar readout gradients, which leads to a zig–zag dis-
placement of k-space along the time axis. Separation
of even- and odd-echo data or the use of a flyback
method avoids possible interference due to this zig–
zag trajectory. EPSI is remarkably resilient against
eddy current artifacts that predominantly manifest as
distortions at the base of the spectral peaks. However,
EPSI is sensitive to frequency drifts and spectral line
broadening due to gradient heating, which may
require frequency drift compensation (42).

Concerns have been raised regarding the sensitivity
of EPSI, wherein the increase in acquisition band-
width BW, which corresponds to the number of voxels
X in the readout dimension, introduces noise (�

ffiffiffiffiffiffiffiffiffi
BW

p
)

that reduces the SNR compared with conventional
MRSI. While this is true for an individual data trace,
it must be borne in mind that the acquisition is accel-
erated by a factor of N. Increasing the acquisition
time to that of conventional MRSI by using signal
averaging increases SNR to that of conventional MRSI.
In fact, sensitivity per unit time is similar to conven-
tional phase encoding, provided that ramp sampling
is used (38,43).

Volume Prelocalization

For most MRSI applications it is necessary to restrict
the volume selection for the following reasons: (i) To
avoid regions with strong static and radiofrequency
magnetic field inhomogeneity that distort spectral
lines and create distant spectral artifacts due to Gibbs

Figure 4. Echo-planar spatial-spectral encoding. a: Conven-
tional MRSI acquisition with sampling points indicated by
red lines. The spacing between sampling points is the spec-
troscopic dwell time (dt). b: Interleaving of pairs of echo-pla-
nar readout gradients into the spectroscopic acquisition
creates a series of even and odd gradient echoes.
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ringing. (ii) Constraining the acquired matrix size, in
particular with conventional phase encoding, may be
necessary to achieve clinically acceptable scan times.
(iii) For brain MRSI, it is necessary to suppress over-
whelming peripheral lipid and water signals to prevent
spectral contamination inside the volume of interest,
which requires robust prelocalization methods.

Single-shot selection of a rectangular volume of in-
terest using point resolved spectroscopy (PRESS) (44)
or stimulated echo acquisition mode (STEAM) (45) is
the most robust and frequently used form of volume
prelocalization. However, the positioning of a rectan-
gular box selection within the brain prevents meas-
urements in the lateral cortices and requires skill,
because it does not conform to anatomical areas of in-
terest. Outer volume suppression outside of the vol-
ume selection may be added to improve suppression
of outside signals and to reduce the effects of chemi-
cal shift displacement and flip angle variation in the
transition region at the edges of the volume selection,
which for PRESS are particularly strong along the
directions selected by the refocusing RF pulses. Adia-
batic refocusing RF pulses, which are used in the
localized adiabatic spin-echo refocusing (Laser) and
semi-LASER MRSI pulse sequences (46,47), reduce
chemical shift displacement artifacts and B1-sensitiv-
ity compared with conventional refocusing RF pulses,
although at the expense of increased RF power depo-
sition and longer minimum TE.

Localization methods that are more comparable to
conventional MRI, and extend volume coverage into
the lateral cortices, include multi-slice acquisition (48)
and slab selection with 3D encoding (18,49). These
methods enable very short TE when using spin echo or
stimulated echo excitation (8,18). For 1H MRSI it is
necessary to add outer volume suppression, frequency
selective lipid suppression, lipid nulling, or a combina-
tion thereof, to suppress lipid signals from the periph-
ery (see below). Multi-slice acquisition is often
adequate for studies of the upper cerebrum, but the
long spectroscopic readout at 1.5 and 3T limits the
number of slices that can be measured within typical
TRs of 2–3 s unless spectral resolution is sacrificed
(50). Multi-slice acquisition is attractive at 7T, because
the duration of the spectroscopic signal acquisition is
shorter and slice-specific dynamic shimming can be
integrated (51). Selection of a thick slab with 3D encod-
ing enables greater volume coverage, higher spatial re-
solution in the slice direction and at 1.5 and 3T it is
SNR efficient compared with multi-slice acquisition.
However, chemical shift displacement and flip angle
variation in the transition region at the edges of the
slab leads to chemical shift dependence of the reso-
nance amplitudes and complex J-modulation patterns,
which reduces the number of useable slices. Due to RF
power constraints, the RF bandwidth of the excitation
RF pulse is usually larger than that of the refocusing
RF pulse, which further complicates J-modulation at
the edges of the slab. In regards of this consideration,
the use of adiabatic refocusing RF pulses is advanta-
geous, because they reduce chemical shift displace-
ment artifacts and also minimize the effects of B1-inho-
mogeneity across large volumes.

Outer volume suppression (OVS) using spatial pre-
saturation (52–56) provides flexibility in shaping the
volume of interest and for the brain allows measure-
ment of the lateral cortices, which is not feasible with
PRESS or STEAM prelocalized MRSI. Overall lipid
suppression, although less efficient than with PRESS
or STEAM prelocalization, is adequate for most MRSI
applications, if a sufficiently high spatial resolution is
used to limit lipid contamination due to the point
spread function to voxels in the periphery (8). Fur-
thermore, model-based spectral fitting, for example
using a linear combination of model spectra (LCMo-
del) (57), is quite tolerant to baseline distortions due
to residual lipid signals. However, chemical shift dis-
placement and flip angle variation in the transition
region at the edges of the OVS slices need to be con-
sidered when positioning the OVS slices, which favors
narrow OVS slices for suppressing peripheral lipid
containing regions. Challenges of outer volume sup-
pression include compensation of T1 related signal
recovery during the application of a large number of
suppression RF pulses, compensation of B1 sensitivity
and minimization of signal refocusing due to second-
ary echoes at the intersection of the suppression sli-
ces. OVS can also be applied during the mixing time
(TM) period in a STEAM pulse sequence (18) and in
the form of Spatially Selective Echo-Dephasing
(SSED) RF pulses that are inserted around the refo-
cusing RF pulse(s) in a spin echo or PRESS pulse
sequence (58). These approaches reduce sensitivity to
T1 dispersion among lipid signals and B1 inhomogene-
ity. When combined with presaturation they provide
strongly enhanced overall lipid suppression perform-
ance. State-of-the-art OVS method development has
focused on improving the suppression efficiency by
optimizing RF pulse design (59), gradient switching
schemes and timing of OVS modules, and localized
tuning of individual OVS RF pulses (19). Recently,
Henning et al developed powerful T1- and B1-insensi-
tive outer volume suppression methods with highly
selective broadband RF pulses to minimize chemical
shift displacement artifacts at high field (60,61).

A major challenge of spatial lipid suppression
approaches is that precise (manual) placement of a
large number of OVS slices to cover peripheral regions
while minimizing loss of cortical signals is required,
which can also introduce operator-dependent and
inter-subject variability of the VOI. Manual placement
of OVS slices requires considerable skill and time to
balance the needs of completely covering peripheral
brain regions with a limited number of OVS slices (to
constrain T1-related losses in suppression) and mini-
mizing the loss of lateral cortical brain regions while
taking into consideration the OVS slice transition
bandwidth and chemical shift artifacts. Semi-auto-
mated and automated methods for OVS placement
that are based on anatomical landmarks or segmenta-
tion of high resolution MRI have been developed
(Duyn et al [48], Venugopal et al [62], Ozhinsky et al
[63]). We have proposed an iterative optimization
approach to automatically place up to sixteen OVS sli-
ces in peripheral regions using image segmentation
(64). These automatic methods are capable of
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accurate placement of OVS slices on a subject-by-
subject basis, but they are sensitive to brain segmen-
tation errors and local minima in optimization, which
affects reliability and consistency, and they are still
time consuming to apply in the clinical setting. Moti-
vated by the increasing availability of statistical brain
atlases for automated positioning of MR imaging sli-
ces, and the proven high efficiency, robustness and
precision of this methodology (65,66), we recently
introduced a brain atlas-based approach for auto-
mated positioning of up to 16 OVS slices that uses an
affine transformation of optimally positioned OVS sli-
ces and the MRSI slab in atlas space (4) (Fig. 5),
which is comparable in lipid suppression performance
to the iterative optimization approach, but faster. In
the future, a nonplanar geometry of automated OVS
slice prescription from nonlinear transformation may
be feasible using curved slice excitation with multi-
dimensional RF pulses (67) to improve volume cover-
age in lateral brain regions.

The STIR method (7) avoids the complications of
volume preselection in whole brain 1H-MRSI and ena-
bles encoding of metabolite signals in the lateral corti-
ces in close proximity to peripheral lipid-containing
regions (68). However, an approximately 30% sensitiv-
ity loss in all metabolites is incurred at 3T and ele-
vated lipid and macromolecular resonances that are
valuable for assessing brain lesions are not measura-
ble. Furthermore, the efficiency of lipid nulling is lim-
ited by the T1 dispersion between lipid resonances,
which makes this method most suitable for intermedi-
ate and long echo time (TE) acquisitions, although
implementations for short TE acquisition are under
development (see Integration into Clinical Routine).
The signal losses in the major metabolite resonances
can be minimized using a frequency-selective inver-
sion recovery method that selectively inverts the major
lipid peaks (69). Frequency-selective suppression

using RF band selective inversion with gradient
dephasing (BASING) (70) has been proposed as an
alternative and implementations have shown powerful
suppression performance. However, disadvantages
of these techniques include a substantial increase
in minimum TE, suppression of lactate and macromo-
lecular signal originating from brain tissue and
increased sensitivity to static magnetic field (B0)- and
RF field (B1) inhomogeneity that limit volume
coverage.

Standardization of volume prelocalization between
manufacturers is necessary to increase clinical
acceptance of MRSI. Reproducible and automated
prelocalization of major parts of the cerebrum and the
cerebellum with negligible contamination from periph-
eral lipids and acceptable spectral line width should
be the focus of such standardization.

Water Suppression in 1H MRSI

T1- and B1-compensated multi-pulse water suppres-
sion schemes, such as water suppression enhanced
through T1 effects (WET) (71) and water suppression
with variable power RF pulses and optimized relaxa-
tion delays VAPOR (72), are necessary to reduce the
broad baseline of the water signal, to minimize gradi-
ent sideband artifacts and to avoid Gibbs ringing of
frequency shifted water signals from regions with
static magnetic field inhomogeneity. Static magnetic
field inhomogeneity across large volumes requires
increases in the water suppression bandwidth and
leads to local frequency-shift dependent suppression
of resonances in the vicinity of the water peak. In
practice, the residual water peak is distorted and
varies spatially in amplitude, which leads to substan-
tial baseline variability that impairs metabolite quan-
tification. Spatial-spectral water suppression pulses
that can be applied in a slice selective manner allow
for narrower water suppression bandwidth for appli-
cations using multi-slice MRSI sequences (73). Simul-
taneous measurement of signals from unsuppressed
water and metabolites, a recent development which
has been demonstrated for SV-MRS using high
dynamic range digital receivers (74–76), would be de-
sirable to avoid the complications of spectrally-selec-
tive water suppression and to enable direct spectral
quantification without a reference scan, but the tech-
nical challenges are considerable.

SPECTRAL QUANTITATION

This section summarizes general approaches for
quantifying MRSI data; there are recent reviews avail-
able that provide detailed assessments of SV-MRS
and MRSI analytic approaches (3,77). The goal is to
transform the signal intensity measurement into a
measure of tissue metabolite concentration referenced
to the volume (mol/mL) or the mass (mol/g) of tissue
being studied. It could also refer to the volume, mass
or amount of water in the tissue being studied. Tissue
quantification typically requires a tissue content anal-
ysis (78). For instance it is usually assumed that cell-

Figure 5. Automated prelocalization of the MRSI volume of
interest in reference to a brain atlas. The MRSI slab and
outer volume suppression slices are optimally positioned in
the Montreal Neurological Institute brain atlas. An affine
transformation based on the spatial normalization of the
subject’s brain into the atlas space enables automated place-
ment of the MRSI slab and outer volume suppression slices
in subject space.
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free body fluids (e.g., ventricles or sulci in the brain)
produce no metabolite signal and such regions should
not be included in the concentration estimation. Par-
tial volume correction, based on tissue masks from
high resolution MRI that are convolved with the MRSI
PSF to determine the water fraction of a particular
voxel, is used to compute metabolite concentrations.

MRSI quantitation is typically performed separately
for each voxel in the reconstructed data set as a
straightforward extension of techniques developed for
SV-MRS. With MRSI the number of voxel spectra are
so large that automated methods for spectral prepro-
cessing and spectral fitting are required (79). For
instance, local frequency shifts due to inhomogeneous
B0 field require correction to avoid errors in spectral
assignment, which is challenging in the presence of
regionally varying spectral patterns and low SNR. The
problem is exacerbated when there are lesions present
that produce uncharacteristic spectra and when nui-
sance signals, such as poorly suppressed water signal
or lipid signal in 1H-MRSI, distort the spectrum. For
1H-MRSI, an unsuppressed ‘‘water reference’’ MRSI
scan is usually obtained as a reference for spectral
quantification and to measure the spatial distribution
of the B0 field, which can be used to correct the fre-
quency offsets of each of the voxel spectra in the
water suppressed MRSI measurement. The phase of
the water reference MRSI can also be used to correct
the zero order phase in the water suppressed spectra.
However, the water signal may not be usable as a ref-
erence in all tissue compartments. For instance, in
the breast the water signal in adipose tissue may be
very small.

The use of array coils introduces coil dependent
signal strength and phase characteristics in each
spectrum. It remains somewhat controversial how to
optimally recombine the spectral information arriving
from each of the array elements although several
approaches have been proposed (80–83). Knowledge
of what combination procedure was used can be im-
portant if measures of different voxels from an MRSI
data array are being compared or if the study involves
across-subject quantitation. Spectral quantification
should also take into consideration chemical shift
dependent signal attenuation due to chemical shift
displacement at the edges of the volume selection,
and flip angle variations across the volume selection,
which change J-coupling patterns, but this is techni-
cally challenging.

Quantitation must include correction for T1 related
signal saturation and T2 relaxation of the metabolite
signals and the water reference signal in the different
tissue compartments, which is derived from the pulse
sequence timing and RF pulse characteristics that
the pulse sequence uses (8,84). The MRSI PSF is used
for correcting relaxation effects in different tissue
compartments within a voxel. Ideally, T1 and T2 of the
relevant metabolite signal should be measured on
an individual basis to avoid a biased metabolite con-
centration determination (85–87), but this is rarely
performed in clinical MRSI studies due to time con-
straints. Some calibration approaches report only
normalized concentration, which is equivalent to the

true concentration multiplied by a relaxation factor
(68,79). An alternate strategy is to reduce the impact
of T1 relaxation correction by using long TR, which is
feasible with high-speed MRSI at the expense of only
minor reduction in sensitivity, and to use short TE to
reduce the effects of T2 relaxation.

Absolute concentration estimates are usually
obtained by calibration of the measured metabolite
signal against a reference signal produced by a mate-
rial having a known concentration because MRI scan-
ners are generally not designed to measure absolute
signal levels. The reference signal for spectral quanti-
tation may be generated by a metabolite, by water or
by some other chemical compound in a phantom
object (88). Calibration using near-tissue phantoms
(i.e., phantoms that are outside the subject’s body
and imaged together with the subject) is used
infrequently due to several practical implementation
problems related to B0 inhomogeneity and B1 inhomo-
genity. Calibration using a signal produced by a
replacement phantom object, which is imaged before
or after the subject examination, avoids some of the
practical problems associated with using near-tissue
phantoms, but can also have pitfalls related to differ-
ences in coil loading and to relaxation time differences
between the metabolite signal and the reference sig-
nal. Calibration against an internal signal (i.e., one
that is produced by the tissue but has a reasonably
well known concentration or is assumed to be
unchanging) is, therefore, used in most studies. Typi-
cally, the internal reference signal used in 1H-MRSI is
either the principal Creatine (Cr) signal (3.05 ppm) or
the water signal (4.69 ppm). However, disease related
changes in Cr and tissue water might bias quantifica-
tion. If the water signal is used as a calibration signal,
its amplitude must be measured by performing a sep-
arate MRSI study without water suppression, which is
time consuming with conventional MRSI, or by inter-
leaving the reference scan into the water-suppressed
scan. Fast MRSI acquisition technology enables rapid
acquisition of reference scans for both long TE MRSI
(79,89) and short TE MRSI (8). One useful feature of
MRSI is that the reference signal can come from any
tissue region from within the imaged field of view,
provided that transmit and receive sensitivities are
spatially uniform or known from prior sensitivity
measurements. This enables the investigator to, for
instance, calibrate the entire data set against a refer-
ence signal measurement made in a tissue region that
appears normal on MRI and is not involved in the dis-
ease process under study. More accurate quantifica-
tion also requires correction for differences in NMR
visibility of tissue water in different tissue types using
tissue segmentation based on high resolution MRI
(e.g., gray and white matter regions in the brain).

The choice of method to determine the signal ampli-
tude in MRSI studies has typically depended on the
degree of spectral complexity, the signal overlap
within individual voxel spectra and the degree of spec-
tral artifacts. For long-TE 1H-MRSI, J-modulation
and T2 signal decay tend to produce a situation in
which only the prominent singlet signals can be
detected above noise and straightforward signal
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integration can be used to obtain signal amplitude.
For carbon-13 (13C)-MRSI, the signals of interest are
usually well enough separated due to the excellent
chemical shift dispersion of 13C-MRS that straightfor-
ward signal integration can also be used. For short
TE 1H-MRSI and phosphorus-31 (31P)-MRSI, it has
become commonplace to assume that the tissue spec-
trum is represented by a ‘‘spectrum model’’, which is
the sum of many complex-valued signals arising from
many metabolites. ‘‘Optimization’’ or ‘‘fitting’’ software
is then used to repetitively adjust the frequencies,
phases and amplitudes of the signals until a simu-
lated model that agrees with the observed data is
found. Typically, spectral fitting techniques make use
of well-established least squares optimization proce-
dures that are used to solve analogous optimization
problems in other scientific and engineering fields.
The spectral models used by these software packages
fall into two broad categories (90). The model may be
a group of individual signals each of which has its
own signal frequency, peak width, phase and ampli-
tude. An alternative approach, which was first imple-
mented by LCModel for in vivo 1H-MRS, uses a model
that recognizes that the individual metabolites are
most correctly modeled as a singlet and multiplet pat-
tern of signals produced by each proton in the mole-
cule (57). Spectral fitting approaches operate either in
the time domain (79,91–95) or the frequency domain
(96–99). Most of these software packages were devel-
oped for SV-MRS at a time before MRSI was widely
available. The most popular spectral fitting software is
currently LCModel (57). It uses a Bayesian approach
to include prior information (e.g., soft constraints for
lipids and macromolecules) and regularization of
baseline estimation to stabilize fitting results in the
presence of spectral artifacts from residual water and
lipid signals. It also uses Bayesian learning to get
starting estimates and ‘‘soft constraints’’ for the first-
order phase correction and the frequency shift from
the preceding (often better) central voxels or the (often
poorer) outer voxels.

Region-of-interest analysis using averaging of single
voxel results, which capitalizes upon the large num-
ber of voxels obtained using MRSI, can substantially
improve sensitivity. It has been shown that averaging
the raw data from individual voxels before applying
LCModel fitting provides improvement in SNR com-
pared with averaging concentration values from indi-
vidual voxels, which is a result of reduced bias in
baseline estimation and spectral fitting of J-coupled
resonances when increasing the SNR in the raw data
(100). However, spatial correlations between spectra
as a result of the point spread function and spatial fil-
ters may limit actual gains in SNR.

The results of MRSI quantification are thus often
still examined by visual inspection of the localized
spectra on a voxel-by-voxel basis, which is time con-
suming and may create bias. This approach also
makes interpretation of regional differences in metab-
olite concentration and referencing to anatomy diffi-
cult. Recent advances in high-speed 1H-MRSI provide
sufficient spatial resolution to allow reconstruction of
metabolite images with coarse anatomical features

that can be referenced to high resolution MRI. For
between-group studies it is necessary to spatially
transform metabolite images into a common anatomi-
cal reference frame represented by a brain atlas (101),
which requires the use of 3D MRSI.

Color-coded metabolite images can be overlaid on
high-resolution MRI for visualization. Image interpola-
tion is usually applied to make the metabolite maps
acceptable for viewing, but the introduced spatial
smoothing may be misleading. Furthermore, metabo-
lite maps may have a very large dynamic range, which
is difficult to display. Standardization of spectral proc-
essing and display of metabolite maps between manu-
facturers is necessary to increase clinical acceptance
of MRSI. Deconvolution of the baseline and fitting of
overlapping multiplet resonances at short echo times
are particularly challenging and critical processing
steps. These processing steps are handled differently
by the various MRS processing packages and should
be the focus of such standardization.

Quality control is an important aspect of MRSI.
Physiological motion may produce variations in signal
phase and frequency, which reduces the expected
SNR enhancement during signal averaging due to de-
structive averaging, and it creates ghosting in the
phase encoding direction(s) that may lead to unex-
pected spectral artifacts anywhere in the spectro-
scopic images. Efforts to address this problem using
motion correction based on navigator signals have
recently been published (102–104).

INTEGRATION INTO CLINICAL ROUTINE

Spatial Resolution, Volume Coverage, and
Spectral Specificity in the Brain at 3T

MRSI has been most successful in the brain due to
favorable field homogeneity conditions, the ease of
immobilizing the head and highly sensitive signal
detection using close fitting volume coils and surface
coil arrays. We highlight advances in echo-planar
MRSI using PEPSI and related techniques, because
these are representative for the current state-of-the-
art of 1H MRSI techniques at 3T.

The high sensitivity of 1H-MRSI and use of sensitive
surface coil arrays in combination with high-speed
MRSI enables metabolite mapping with the spatial
resolution approaching that of functional MRI to
delineate gray–white matter differences in metabolite
concentration. Figure 6 shows examples of mapping
J-coupled resonances with 4.5 mm in-plane resolu-
tion using PEPSI at short echo time (15 ms) in a
healthy volunteer. The combined Glutamateþ Gluta-
mine (Gluþ Gln) map shows gray–white matter
contrast, which follows the sulcal pattern seen in the
corresponding high resolution MRI. The Cr map also
shows gray–white matter contrast and the Choline
(Cho) map shows an inverse contrast as well as higher
Cho concentration in anterior brain regions compared
with the posterior brain.

Maudsley and colleagues have developed clinically
feasible whole brain metabolite mapping for brain
using 3D EPSI at intermediate echo times (70 ms)
with scan times of 26 min (68,101). Figure 7 shows
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examples of metabolite maps measured in a single
subject at intermediate TE and averaged results from
a group study, which dramatically increases sensitiv-
ity and reveals previously unattainable tissue contrast
in metabolite maps. Figure 7 also shows preliminary
results from the same laboratory that demonstrate
the feasibility of whole brain mapping at short TE
(20 ms).

Mapping of neurotransmitters, such as Glu and
GABA, is of considerable interest for characterizing
neurological and psychiatric disease. The Glu multip-
let is strongly overlapping with the Gln multiplet at
3T, and even at 4T, when line broadening is present,
which makes it difficult to obtain independent con-
centration estimates for each of these molecules,
although their sum (labeled Glx) can be estimated.

Figure 6. High spatial resolution mapping of J-coupled metabolites in human brain at 3 Tesla using short TE (15 ms) pro-
ton-echo-planar-spectroscopic-imaging (PEPSI). a: Localized spectrum in central gray matter with spectral fit using LCModel
software (red). b: High-resolution MRI, partial volume and relaxation-corrected metabolite images, and signal-to-noise-ratio
map (SNR). Data were acquired with 4.5 mm in-plane resolution and 15 mm slice thickness (0.3 cc voxel size) in a supraven-
tricular slice location using a 32-channel array coil and 32 min acquisition time. [Color figure can be viewed in the online
issue, which is available at wileyonlinelibrary.com.]
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Figure 7. Whole brain mapping of metabolites using echo-planar-spectroscopic-imaging (EPSI) at 3 Tesla (68). a: Single sub-
ject at intermediate echo time (70 ms), (b) single subject at short echo time (20 ms) and (c) group average from 47 female and
41 male subjects at intermediate echo time (70 ms). Spatial normalization was applied. Intermediate echo time data were
acquired using a 12-channel coil and 26 min acquisition time, with 50 � 50 � 18 k-space points interpolated to 64 � 64 �
32 and 5.6 � 5.6 � 10 mm (0.31 cc) voxel size. Short TE data were acquired in 15 min. (Adapted from: Mapping of brain
metabolite distributions by volumetric proton MR spectroscopic imaging (MRSI). Maudsley AA, Domenig C, Govind V, Darka-
zanli A, Studholme C, Arheart K, Bloomer C. Magn Reson Med 2009;61:548–559. Copyright VC 2008 by John Wiley and Sons,
Inc. Reprinted by permission of John Wiley and Sons, Inc.). [Color figure can be viewed in the online issue, which is available
at wileyonlinelibrary.com.]

MR Spectroscopic Imaging 1313



MRSI studies of Glu have used spectral fitting at short
TE (105), J-refocused coherence transfer (106), and
more recently, 2D J-resolved MRSI using TE-averag-
ing (12), which enables selective mapping of Glu.
However, the wide range of echo times in TE-averaged
MRSI limits the sensitivity gains at high field, as
metabolite T2 values decrease with field strength, and
they are time consuming to perform with conventional
phase-encoded MRSI. Echo-planar MRSI techniques
have emerged as the preferred approach to reduce the
long encoding times of TE-averaged MRSI (12,107).
Figure 8 shows a comparison of TE-averaged 3D
PEPSI with short TE 3D PEPSI at 3T. A 3D acquisition
with slab-selection was chosen, because selecting a
central slice within the slab avoids chemical shift dis-
placement and flip angle variation at the edge of the
MRSI slab that change J-coupling patterns and
reduce sensitivity for detecting Glu. Data were
acquired using identical voxel size (1 cc), but 2 times
longer acquisition time for TE-averaged PEPSI due to
the large number of TE averaging steps required. De-
spite the longer acquisition time of TE-averaged
PEPSI, the Cramer-Rao lower bounds (CRLBs) for Glu
were significantly larger than for short TE PEPSI and

the number of voxels with Glu above threshold in the
TE-averaged data was significantly smaller than for
short TE data. Short TE acquisition thus provides
higher sensitivity for mapping Glu in clinical studies,
but spectral overlap with Gln in regions with spectral
line broadening can compromise spectral specificity.
TE-averaged acquisition is complementary to short TE
acquisition for selectively mapping Glu, albeit at lower
spatial resolution and/or longer measurement times.

Noninvasive and quantitative mapping of regional
GABA concentrations in human brain by means of
MRSI is an important development for noninvasive
study of biochemical pathways in neuropsychiatric
and neurological disorders and mechanisms of treat-
ment. On clinical 3 T MRI systems, single voxel
MEGA-PRESS has gained in popularity over the past
years as an editing technique and has become avail-
able as a research package on most MR scanners.
Feasibility of spectroscopic imaging with multi-quan-
tum filtering (MQF) (108), two-dimensional J-spec-
troscopy (109) and J-difference editing has been dem-
onstrated (110). However, these approaches have
been limited to a single slice due to the use of conven-
tional phase-encoding. Recently, using a combining

Figure 8. The 3D glutamate mapping in human brain comparing TE-averaging versus short TE acquisition at 3 Tesla. a:
MRI, metabolite maps and central spectra with spectral fit using LCModel software. b: Quantification of metabolites in central
slice showing slice averages of metabolite ratio with respect to Cr, Cramer-Rao lower bounds (CRLB), number of voxels above
a CRLB threshold of 50%, spectral line width and signal-to-noise-ratio. TE averaged 3D PEPSI data were acquired with TR:
1.5 s and 8 echo times ranging from 15 to 165 ms with 20 ms steps using 27-min 30-s scan time. Short TE (15 ms) 3D
PEPSI data were acquired with TR: 1.5 s, 4 averages and 13 min 48-s scan time. Spectral fitting was performed with simu-
lated basis sets. [Color figure can be viewed in the online issue, which is available at wileyonlinelibrary.com.]
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the MEGA editing scheme with the PEPSI spatial-
spectral encoding method enabled 3D GABA mapping
with a 3.4 cc voxel size and 18 min of scan time, dem-
onstrated in Figure 9 (13).

Clinical MRSI Applications in Brain

There are substantial benefits from using MRSI meth-
ods for clinical investigations that include rapidity of
data acquisition from multiple anatomical regions
simultaneously that allows both systematic appraisal
of anatomical relationships to symptom expression
and ease of application for difficult to examine clinical
populations. Rapid 1H-MRSI methods, such as PEPSI,
enabled 2D and 3D regional mapping of dynamic met-
abolic changes in human brain in response to robust
physiological challenges such as hyperventilation (39)
or the more subtle metabolic effects of caffeine inges-
tion (111) on a time scale of minutes.

1H-MRSI has been extensively used for diagnosis
and treatment-follow up of brain tumors. Most of the
published studies have used 2D MRSI at short and
long TE, and 3D-MRSI at long TE. Figure 10 shows
preliminary results of 3D metabolite mapping at short
TE (15 ms) in a patient with an oligodendroglioma
using the PEPSI technique with 7 mm isotropic spa-
tial resolution and 10-min scan time including the
water reference scan. The data show a typical tumor
spectrum in the anterior part of the lesion, strong
lipid signals in a more posterior section of the lesion,
and edema characterized by high water concentration
and narrow spectral line width further posterior to the

lesion. The short scan time of the PEPSI method
enabled integration into a multi-modal presurgical
mapping protocol that included high resolution MRI
(MPRAGE and T2-TSE), diffusion tensor imaging,
task-activation fMRI, resting state fMRI and a GABA
edited 2D PEPSI scan.

Brain MRSI studies have sought to investigate the
underlying pathophysiology for a variety of neurologi-
cal and psychiatric disorders, as recently reviewed
(112). One such investigation, currently underway, is
the application of 3D MRSI techniques to characterize
the changing pattern of regional brain tissue metabo-
lite levels longitudinally in infants at high genetic risk
for autism spectrum disorder (ASD). ASD is a com-
mon developmental disorder estimated to affect up to
1 percent or more of individuals worldwide (113). It is
currently diagnosed on the basis of behavioral mani-
festations of severe social and communication deficits
and ritualistic-repetitive behaviors that are typically
detectable in early childhood and continue through-
out the lifespan. There is substantial interest in
applying imaging modalities to understand the neuro-
pathology underlying symptom expression and to
identify biomarkers for early diagnosis that might
allow targeted early intervention, shown to be useful
for altering the course of ASD. An intriguing MRI find-
ing from studies of preschool-aged children with ASD
is the identification of cerebral enlargement of 9–12%
as the most characteristic brain structural finding at
that early age. In conjunction with cerebral enlarge-
ment, widespread anatomical distribution of metabo-
lite alterations are observed, primarily reduced brain
chemical concentrations per unit tissue volume, and
prolonged metabolite T2 relaxation, that are inconsis-
tent with earlier theoretical models of abnormal apo-
ptotic mechanisms that would predict diffusely
increased neuronal packing density in young children
with ASD (114,115). As reviewed recently (116), MRS
patterns of abnormal chemical levels found in many
studies of ASD, particularly reduced n-acetyl-aspar-
tate (NAA), suggest differences in neuronal integrity or
density that could reflect pathological process, such
as intracellular inflammation, that may impact synap-
tic function, potentially in conjunction with specific
genetic vulnerabilities. An example short TE 3D PEPSI
data set (32 � 32 � 8 matrix - acquisition time of 5.5
min) and a 2D GABA-edited PEPSI data set (32 � 32
matrix – acquisition time of 8.5 min) measured in a
13-month-old at high-risk for ASD are shown in
Figure 11.

Metabolite Mapping in the Breast

The addition of a total Choline (tCho) measurement
using SV-MRS to a standard MRI workup of breast
cancer was reported to improve lesion characteriza-
tion, thus improving the limited specificity of
dynamic contrast enhanced (DCE) MRI (117). SV-
MRS has also been used in patients undergoing neo-
adjuvant chemotherapy to predict treatment
response (118). MRSI has the potential advantage
over SVS of assessing lesion heterogeneity and re-
gional treatment response, which is advantageous in

Figure 9. The 3D mapping of GABA in human brain using
PEPSI with MEGA-editing at 3 Tesla. a: Difference spectrum
from supraventricular gray matter with spectral assign-
ments. b: GABA maps from 3 slices within the MRSI slab
and representative spectra from voxel locations shown in the
axial MRIs. Acquisition parameters: TR/TE: 2 s/68 ms, spa-
tial matrix: 32 � 32 � 8, voxel size: 1.5 � 1.5 � 1.5 cm3,
scan time: 18 min. [Color figure can be viewed in the online
issue, which is available at wileyonlinelibrary.com.]
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multi-focal and multi-centric disease. However, the
strong magnetic field inhomogeneity in the breast
and the small water peak in adipose tissue make
shimming across the entire breast challenging. Most
studies using MRSI have, therefore, used PRESS vol-
ume preselection around the lesion(s) to maximize
spectral quality, which, however, limits volume cov-
erage. Furthermore, magnetic field inhomogeneity
changes due to respiration introduce periodic fre-
quency shifts that create ghosting artifacts, necessi-
tating the use of navigator-based correction of fre-
quency changes. Using PEPSI and a custom-
designed spectral quantification method at 3 Tesla,
Figure 12 shows an example of 3D mapping of tCho
in a patient with biopsy confirmed multi-focal inva-
sive ductal carcinoma grade 3 (119).

A recent study using heteronuclear MRS at 7 Tesla
demonstrated the feasibility of monitoring neoadju-
vant chemotherapy using 3D 31P MRSI to map adeno-
sine and other nucleoside triphosphates, inorganic
phosphate, phosphocholine, phosphoethanolamine
and their glycerol diesters, which were detected in
glandular tissue as well as in tumor, over the entire
breast (120), as shown in Figure 13.

Metabolite Mapping in Prostate and Other Organs

Over the past few years, MRSI has emerged as a use-
ful complement to structural MRI for evaluation of
prostate cancer (121). MRS-detectable cancer bio-
markers and biochemicals in the prostate include ci-
trate, creatine, polyamines, and choline. In spectra

Figure 10. The 3D metabolite mapping in a patient with a brain tumor at 3 Tesla using short TE (15 ms) PEPSI. a: Localized
spectra in the periphery of the tumor show elevated Choline and lipid peaks. Decreased Creatine and NAA, and strongly ele-
vated lipid peaks are measured in the center of the tumor. b: T2-weighted MRI, metabolite maps and water reference scan
demonstrate spatial heterogeneity of the lesion. Data were acquired in 10 min including water reference scan using 32 � 32
� 8 spatial matrix and 7 mm isotropic voxel dimensions (0.34 cc voxel size). [Color figure can be viewed in the online issue,
which is available at wileyonlinelibrary.com.]
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taken from regions containing a significant mass of
cancer cells, citrate and polyamines are significantly
reduced or absent, while choline is elevated. The 3D
MRSI enables efficient mapping of the entire prostate
at high spatial resolution with scan times of less than
10 min using elliptical sampling (122). MRSI is usually
performed with PRESS volume selection and outer vol-
ume suppression to avoid strong lipid signals from tis-
sues around the prostate. The use of an endorectal coil

is preferred over the body array for sensitivity reasons
and because it immobilizes the prostate.

Applications of MRSI in the heart are challenging
due to motion artifacts. 1H-MRSI is particularly chal-
lenging due to poor shimming conditions and
unavoidable heart movement during the long spectro-
scopic readout. 31P-MRSI has been applied for more
than two decades to measure cardiac energy metabo-
lism (123). Applications of MRSI in muscle are

Figure 11. shows a PEPSI
study at 3 Tesla in a 13-
month-old infant at high-risk
for Autism Spectrum Disorder.
a: 3D short TE (15 ms) acqui-
sition encompassing the cere-
bellum with voxel size ¼ 0.34
cc acquired in 5.5 min. The
3D spectral array on the left is
a subregion from a single
slice, as shown in red in the
middle figure, with the entire
3D volume shown on the
right. b: GABA-edited 2-D
PEPSI MRSI acquired from the
cerebrum in 8.5 min with
voxel size ¼ 4 cc, showing a
clearly resolved GABA peak at
3ppm. [Color figure can be
viewed in the online issue,
which is available at
wileyonlinelibrary.com.]

Figure 12. The 3D mapping of choline,
a biomarker of breast cancer, in a
patient with multifocal invasive ductal
carcinoma grade 3 using PEPSI with
MEGA lipid suppression and PRESS
volume selection at 3 Tesla. a: Spec-
trum from the lesions in slice 4 with
elevated choline and residual lipid sig-
nals. b: Corresponding voxel location
superimposed on high resolution MRI.
The white box indicates the PRESS vol-
ume selection. c: Dynamic contrast
enhanced subtraction images and chol-
ine maps. Data acquisition parameters:
TR/TE: 2 s/136 ms, matrix size: 32 �
8 � 8 voxels, voxel size: 1 cc, acquisi-
tion time including water reference
scan: 10 min. [Color figure can be
viewed in the online issue, which is
available at wileyonlinelibrary.com.]
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primarily aimed at mapping lipids using short TE 1H-
MRSI and at measuring energy metabolism using 31P
MRSI. A recent study combined COSY with echo-pla-
nar encoding to improve spectral specificity by sepa-
rating cross peaks arising from the skeletal muscle
intramyocellular lipids and extramyocellular lipids
saturated and unsaturated pools (124).

ADVANCED TOPICS

Field Strength Dependence

The SNR and spectral resolution of MRSI increase
with increasing field strength. For in vivo applications
using the 1H nucleus, a linear gain of SNR theoreti-
cally predicted with increasing field strength (125) has
been experimentally demonstrated in vivo (43,126–
129). Improved spectral resolution can be observed at
higher field strengths due to increased chemical shift
dispersion and reduced higher-order coupling effects
(130). Coupled metabolites in the human brain, such
as Glu and Gln, are more easily resolved at 4 Tesla
and 7 Tesla compared with 1.5 Tesla and 3Tesla
(8,131,132). The spectral linewidth in ppm decreases
linearly with respect to the field strength using PEPSI
at 1.5, 3, 4, and 7 Tesla (43).

Increased SNR and spectral resolution in MRSI can
improve the performance of metabolite quantification,
or may be traded for shorter acquisition times or higher
spatial resolutions. There are, however, many factors
that may reduce the expected SNR and spectral resolu-
tion improvements at higher field, such as longer T1

relaxation times that lead to saturation-related signal

losses, line broadening due to magnetic susceptibility
effects, shorter T2 relaxation times that require shorter
TE acquisition to maintain sensitivity, constrained RF
power deposition and limitations in the design of homo-
geneous RF coils. Implementation of high-speed MRSI
at ultra-high field (7 Tesla and beyond) is challenging
due to limitations in gradient slew rate, which affects
sensitivity and limits spectral width. Spatial prelocaliza-
tion becomes a major challenge at high field due to
increased B1 inhomogeneity, limited B1 amplitudes and
increased specific absorption rate (SAR), which con-
strains RF pulse performance and elongates the mini-
mum TE and TR compared with 3 Tesla. The increase in
B0 inhomogeneity at ultra-high field (i.e., at 7 Tesla and
beyond) is a challenge for shimming that limits the sen-
sitive volume. Some of these limitations were addressed
in a recent MRSI study at 7 Tesla, which used multi-
slice FID-based localization to minimize sensitivity
losses due to limitations in RF pulse performance and
SAR constraints (51). Using slice-specific B0- and B1-
shimming to optimize spectral line width and outer vol-
ume suppression performance this study demonstrated
high sensitivity and considerable improvement in spec-
tral quality compared with previous MRSI studies at 7
Tesla (Fig. 14). Slice- and slab-specific higher-order B0

shimming and B1 shimming are thus expected to
become indispensible for ultra-high field MRSI.

Figure 13. A 31P MRSI obtained from a patient with breast
cancer during chemotherapy (120). Phosphomonoesters (PE),
phosphodiesters (GPE, GPC), and inorganic phosphate (Pi) can
be mapped in 3D over the breast at a spatial resolution of 10
cc in an acquisition time of 20 min at 7 Tesla (a). The elevated
PE levels in the tumor before treatment (b) return to similar lev-
els as in glandular tissue (b) during chemotherapy as reflected
by the colored overlay of the PE level over the lipid suppressed
MRI of the human breast (b–d). Only one slice of the 3D data
set is shown (Courtesy: Dr. Dennis Klomp and Dr. Vincent O.
Boer - University Medical Center Utrecht, Utrecht, the Nether-
lands). [Color figure can be viewed in the online issue, which is
available at wileyonlinelibrary.com.]

Figure 14. Multi-slice spectroscopic imaging of the human
brain at 7 Tesla with an eight-element transmit coil (51). a: MRI
with overlaid slice locations and one of the five slices with voxel
locations. b: Corresponding spectra, where differences in the
glutamate and choline and creatine ratios are apparent. In the
WM the NAAG signal can be seen as a small shoulder on the
right side of the NAA peak. The stable macromolecular signal
indicates the high degree of lipid suppression even without in-
plane volume selection and at a very short TE (2.75 ms). c:
Supraventricular slice. d: Corresponding Glu/NAA map show-
ing GM/WM contrast. Five slices with a 25 � 25 matrix were
acquired in 18 min (Courtesy: Dr. Dennis Klomp and Dr. Vin-
cent O. Boer - University Medical Center Utrecht, Utrecht, the
Netherlands). [Color figure can be viewed in the online issue,
which is available at wileyonlinelibrary.com.]

1318 Posse et al.



Ultimately, the development of RF hardware and acqui-
sition methods that account for these limitations will be
needed to more fully reap the benefits of high-field
MRSI. Already, parallel transmission techniques, which
combine multi-coil excitation and RF pulse design, have
emerged as powerful tools to deal with B1 inhomogene-
ities while controlling SAR at high field (133,134).

Coil Arrays and Parallel Imaging

The use of multiple receiver coils increases signal sensi-
tivity and introduces additional spatial encoding capa-
bilities, which enable image acquisition to be acceler-
ated by reducing the number of required phase-
encoding points. Parallel imaging techniques, such as
simultaneous acquisition of spatial harmonics (SMASH)
(135), sensitivity encoding (SENSE) (136) and general-
ized autocalibrating partially parallel acquisitions
(GRAPPA) (137), exploit the difference in spatial sensi-
tivity among receiver coils to reconstruct an unaliased
image from regularly undersampled k-space data from
multiple coils. Parallel imaging has been successfully
applied to accelerate conventional phase-encoded
MRSI (27), turbo-spin-echo MRSI (26), and PEPSI
(28,29,138). Acceleration in parallel imaging is limited
by noise amplification due to reduced number of
phase-encoding points and instability in the inverse
reconstruction produced by overlapped coil sensitivities
(i.e., the so-called g-factor). Several approaches are
available to decrease the SNR penalty and thus
increase the acceleration capability, such as the use of
high-field systems, coil arrays with large numbers of
elements, and regularization of the inverse reconstruc-
tion problem. High-field systems increase the baseline
SNR and reduce g-factor noise amplification due to the
stronger spatial modulation of the coil reception profiles
(139). The performance of parallel imaging increases
with the number of coil elements, particularly for 3D
imaging where multiple dimensions are available for
acceleration, at least up to the g-factor limits imposed
by electrodynamic constraints (140,141). Acceleration
factors of 2–3 were reported for 2D MRSI using stand-
ard coil arrays with 8–12 elements (28,138), and up to
8 for 3D MRSI using a 32-element coil array (29).

The acceleration offered by parallel imaging techni-
ques can be used to reduce total scan times and thus
increase patient comfort and reduce sensitivity to
motion, or can be exchanged for increased volumetric
coverage and/or higher spatial resolutions depending
on the available SNR. Figure 15 shows 2D metabolite
concentration maps using PEPSI data acquired with
acquisition times as short as 12 s using 5-fold SENSE
acceleration. Parallel imaging techniques have also
enabled single-shot MRSI based on the PEPSI tech-
nique, where echo-planar spatial-spectral encoding
was combined with interleaved phase-encoding and
SENSE reconstruction to perform 2D metabolic map-
ping within a single excitation (30).

The increased encoding capabilities of many-ele-
ment coil arrays have enabled the use of alternative
k-space undersampling patterns that are not feasible
with standard few-element coil arrays. MRSI using a
single phase-encoding step was proposed in the

inverse-PEPSI technique by performing an image
reconstruction similar to that in magnetoencephalog-
raphy (MEG) (142). The price to pay for these extreme
levels of acceleration is reconstruction with low spa-
tial resolution as dictated by the degree of variation of
the coil sensitivity maps. An intermediate approach
between standard parallel imaging and inverse imag-
ing was presented in the superresolution SENSE
(SURE-SENSE) method (140,141,143), where intra-
voxel coil sensitivity variations were exploited to
increase the spatial resolution of low-resolution
acquisitions. Acquiring a low-resolution image instead
of a single phase-encoding point reduces the severe
ill-conditioning in the inverse imaging method and
reconstruction with higher spatial resolution is feasi-
ble with SURE-SENSE at the expense of decreasing
the high acceleration factor. SURE-SENSE enables
acceleration along the readout dimension for echo-
planar trajectories, which is not feasible with stand-
ard parallel imaging techniques, and it is particularly
useful for reducing lipid contamination, which is one
of the main challenges in short-TE MRSI.

Compressed Sensing

In vivo MRSI data are characterized by limited spectral
information, which is in part due to line broadening
and signal relaxation. For example, long TE data and
hyperpolarized MRSI data contain only a small number
of spectral components that can be described with few
parameters. Such spectra are called sparse and can be
acquired with fewer data points than traditional meth-
ods using under-sampled acquisition and reconstruc-
tion methods such as compressed sensing. Com-
pressed sensing is a recently developed fast imaging
method that exploits sparsity of medical images to
reconstruct under-sampled data (144). Instead of
acquiring the fully-sampled image and compressing it
afterward (standard compression), compressed sensing
applies the fact than an image is usually sparse under
an appropriate basis and reconstructs this sparse rep-
resentation from undersampled data. The number of
required samples in practice is approximately 3–5
times the number of sparse coefficients, which repre-
sents a substantial acceleration if the number of
sparse coefficients is much less than the total number
of points (144). The same principle can be applied in
the spectral domain.

13C-MRSI is a promising technique for testing differ-
ent metabolic pathways to study normal metabolism
and characterize disease physiology (145). However,
13C-MRSI suffers in a particularly acute manner from
low signal sensitivity, resulting in long acquisition
times due to the need to perform averaging, and large
voxel sizes to obtain spectra with adequate SNR. The
use of hyperpolarized compounds has been demon-
strated to boost signal sensitivity for 13C-MRSI (146).
For example, SNR gains of over 40,000 were demon-
strated for [1-13C]-pyruvate. However, highly acceler-
ated acquisitions are required to measure metabolic
information during the short decay period of enhanced
polarization, which is on the order of tens of seconds.
One powerful constraint that can be exploited to
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further accelerate data acquisition is the sparsity of
13C spectra. Compressed sensing was applied to
increase the spatial resolution of 13C-MRSI data using
an echo-planar trajectory with random sampling along
the phase-encoding dimensions (15,147).

The application of compressed sensing in MRSI is
not limited to 13C and can also be used to accelerate
1H-MRSI, given an appropriate sparsifying transform
and randomized undersampling pattern to generate
the required incoherent aliasing artifacts. Moreover,
compressed sensing can be combined with other
acceleration techniques to further increase the
acceleration rate. For example, the combination of
compressed sensing and parallel imaging was demon-
strated to provide higher acceleration rates for PEPSI
(31), which in turn can be exploited to enable previ-
ously not possible combinations of total scan time,
volumetric coverage and spatial resolution.

CONCLUSIONS

MRSI has benefitted from the rapid development of
clinical MRI technology that introduced techniques
such as prospective motion correction, higher-order
dynamic B0 shimming, B1-shimming, parallel imaging
with large scale array coils and compressed sensing,
all of which have been or are in the process of being
adapted for MRSI. High-speed MRSI in combination
with high field strengths and sensitive array RF coils
now enable shorter acquisition times and increased
spatial resolution, along with improved anatomical
coverage compared with conventional phase-encoded
MRSI methods. Conventional phase-encoded MRSI
will continue to be the standard for clinical MRSI for
some time, but it is restricted to applications in which
limited volume coverage or low spatial resolution are
acceptable.

Figure 15. Simulated SENSE accelera-
tion of 2D PEPSI data acquired at 3
Tesla using a 32-channel array. a: Slice
localization. b: Spectra with LCModel fit
from central gray matter with up to
5-fold acceleration (Ry), which corre-
sponds to an effective acquisition time
of 12 s. c: Metabolite maps of Choline,
Creatine and Glutamate with up to 5-
fold acceleration. Acquisition parame-
ters: TE: 15 ms, TR: 2 s, 32 � 32 ma-
trix, voxel size: 1.1 cc, acquisition time:
64 s. [Color figure can be viewed in the
online issue, which is available at
wileyonlinelibrary.com.]
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High-speed 1H-MRSI is well suited to replace con-
ventional 1H-MRSI in the brain where acceptable
magnetic field homogeneity can be achieved and large
volume coverage and high spatial resolution are desir-
able. Echo-planar based techniques enable 3D map-
ping with whole brain coverage in scan time on the
order of 15 min, and partial brain coverage in scan
times of less than 10 min. Combining high-speed
MRSI with parallel imaging enables whole brain cover-
age with scan times of less than 10 min. Integration
of recently developed motion and dynamic shim cor-
rection methods is desirable to reduce motion arti-
facts that are often underestimated in clinical MRSI.
Fully automated and reproducible setup of MRSI vol-
ume selection and outer volume suppression slices is
now feasible for brain MRSI studies and adaptation
for other organs should be explored. Further improve-
ments of the performance of outer volume suppres-
sion RF pulses for application in the brain are
required to achieve consistent lipid suppression in pe-
ripheral areas and to enable short TE acquisition,
which is desirable at high field to maximize sensitiv-
ity. It is also desirable to automatically reconstruct
and quantify spectroscopic images on the scanner im-
mediately after the scan to enable online quality con-
trol and to facilitate integration into clinical routine.

MRSI can be used at any field strength, but the lin-
ear increase in sensitivity with field strength favors
the highest field strength that is suitable for clinical
studies. The 3 Tesla scanners, which are widely avail-
able and technologically mature, are currently the
preferred platform for MRSI. 4 Tesla and 4.7 Tesla are
field strengths that offer substantial gains in sensitiv-
ity compared with 3 Tesla, they are quite compatible
with the current state-of-the-art in clinical hardware,
and B1-inhomogeneity is moderate, but the clinical
manufacturers unfortunately do not support these
field strengths. 7 Tesla scanners are developing rap-
idly to overcome the technical challenges of B0 and B1

inhomogeneity and gradient performance limitations.
It is expected that volumetric mapping of J-coupled
metabolites in the brain with improved spatial resolu-
tion comparable to that of PET scanning in clinically
acceptable measurement times will become feasible.
These advances have the potential to significantly
change the clinical impact of MRSI and stimulate
novel research applications.

Most 1H-MRSI studies in the brain focus on quanti-
fication of myo-Inositol, Cho, Cr, and NAA (and Lac),
which are the most easily measured brain metabo-
lites. In the future, it is anticipated that a much wider
range of J-coupled metabolites will be robustly meas-
ured, such as GABA, Glutamate, and Glutamine,
reflecting the continuing improvements in scanner
hardware technology at high field strength. Novel met-
abolic contrasts available with hyperpolarized MRI
that enable real-time mapping of enzymatic reaction
rates will have considerable impact on future applica-
tions of MRSI and technology development. We antici-
pate that while spectral quantification will remain an
important goal for clinical MRSI, increases in spatial
resolution approaching that of fMRI and coregistra-
tion with anatomical MRI will have considerable

impact on clinical acceptance. Single voxel spectros-
copy will remain an important tool for measuring
metabolites that are not detectable with MRSI for sen-
sitivity reasons and for measurements in regions
where magnetic field inhomogeneity degrades spectral
quality in MRSI.

MRSI has been most successful for characterizing
brain diseases. The strong metabolic changes in brain
tumors and multiple sclerosis are striking examples of
MRSI applications, which are useful for guiding ther-
apy (e.g., presurgical mapping or chemotherapy). Stud-
ies of psychiatric disease are perhaps the most chal-
lenging applications of MRSI, because they require
extremely stable and reproducible measurements of
minute changes in metabolite concentration. It is also
important to remember that MRSI should not be seen
in isolation, but as part of a multi-modal imaging
approach that maximizes information per unit time. As
such, an MRSI protocol is complementary to other mo-
lecular imaging techniques, including PET.

However, barriers remain that hamper the accep-
tance of MRSI as a clinical modality. For example, the
wide range of MRSI techniques that are used for clini-
cal applications, which makes comparisons between
studies difficult and reflects a situation that is similar
to the early days of single voxel MRS. Consensus
regarding the preferred encoding and prelocalization
methods is only slowly emerging. There is a lack of
standardization of quantification methods, which is
not uncharacteristic for a methodology that relies
heavily on modeling and on a priori information. More
generally, MRSI is technically challenging in most
clinical settings and requires special training, which
limits widespread acceptance. For some time these
perceived limitations and the perceived lack of innova-
tive ideas to move the field forward have impacted fed-
eral funding in the US for MRSI method development
and clinical applications, and discouraged young sci-
entist to make a career in MRSI. Increased standardi-
zation facilitated by the technical advances described
above will encourage large-scale controlled studies to
document the clinical impact of MRSI on diagnosis
and treatment outcome, requisite for MRSI becoming
reimbursable by major insurance carriers.
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