
Abstract. The introduction and development, over the
last three decades, of magnetic resonance (MR) imaging
and MR spectroscopy technology for in vivo studies of
the human brain represents a truly remarkable achieve-
ment, with enormous scientific and clinical ramifica-
tions. These effectively non-invasive techniques allow for
studies of the anatomy, the function and the metabolism
of the living human brain. They have allowed for new un-
derstandings of how the healthy brain works and have pro-

Cell. Mol. Life Sci. 63 (2006) 1106–1124
1420-682X/06/101106-19
DOI 10.1007/s00018-005-5522-4
© Birkhäuser Verlag, Basel, 2006

vided insights into the mechanisms underlying multiple
disease processes which affect the brain. Different MR
techniques have been developed for studying anatomy,
function and metabolism. The primary focus of this re-
view is to describe these different methodologies and to
briefly review how they are being employed to more fully
appreciate the intricacies associated with the organ, which
most distinctly differentiates the human species from the
other animal forms on earth.

Keywords. Magnetic resonance imaging (MRI), magnetic resonance spectroscopy (MRS), brain, anatomy, function,
metabolism.

Introduction

Studies of the brain with magnetic resonance (MR) imag-
ing (MRI) and MR spectroscopy (MRS) methods have
become commonplace and play increasingly important
roles in both modern neuroscience and radiological prac-
tice. For example, as of 1994, Riederer [1] estimated that
there had been some 40,000 functional MRI (fMRI) re-
search studies alone. Similarly, the installation base of
MRI scanners for clinical examinations throughout the
world has grown steadily since the early 1980s and MRI
now represents a very lucrative sector of the medical in-
dustrial complex. It is indeed amazing how such a rela-

tively complex physical phenomenon like MR, discov-
ered some 65 years ago and first appreciated by only a
handful of physicists, has become such a commonplace
and important part of modern science and medicine.
The transformation of MR from obscure roots to wide-
spread practicality is a tribute to the rich and varied in-
formation contained in the MR signal from different ma-
terials. In neuroscience and radiological applications, the
MR signal of primary interest arises from the protons of
the hydrogen atoms of water molecules and lipids. The
ability to spatially encode the MR tissue water signal so
that images can be made enables detailed studies of brain
anatomy and brain function. A vast amount of metabolic
information can also be gleaned from MR signals arising
from molecules other than water. Though much weaker
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than the water signal due to lower concentrations, many
MR signals from brain metabolites are accessible with
modern scanners.
Here we will review the primary methods employed when
applying MR to studies of the living human brain. Specif-
ically, the more generic MRI methods used to acquire data
for anatomic or morphological studies, including tissue
segmentation methods for quantitative structural measure-
ment are described. This is followed by a discussion of the
MR methods used for functional studies of the brain in-
cluding the so-called BOLD effect and methods designed
to measure tissue perfusion. Finally, the spectroscopic
methods for extracting information on biochemical
processes and brain metabolism are presented along with
topical applications. The general approach is to describe
the MRI and MRS methods and the types of information
available from them that are currently contributing to our
evolving understanding of the living human brain.

Morphology

Conventional imaging
There are several types of conventional MRI scans used
to obtain morphological information about the brain.
These scans form the basis of most clinical brain exami-
nations but also provide data from which quantitative im-
age analyses can be performed to obtain, for example,
volumes of structures of interest. The physical principles
of MR image formation are beyond the scope of discus-
sion but can be found in several texts and articles [2–6].
What is critical to understand is that MR images of the
same anatomy are routinely made but with different tis-
sue contrast. The tissue contrast observed in any given
image is the result of an interplay between the intrinsic
tissue properties and the specific pulse sequence and
pulse sequence parameters employed to generate the im-
age. The intrinsic tissue properties primarily responsible
for tissue contrast are the proton density, PD, and the lon-
gitudinal and transverse relaxation times, T1 and T2, re-
spectively. The most common images acquired are T1-

and T2-weighted images in which the tissue contrast is
weighed to reflect differences in the T1 and T2 relaxation
times among the different tissues. Also of interest are the
PD images, in which the tissue contrast primarily reflects
differences in tissue water content, and fluid attenuated
inversion recovery (FLAIR) images which are generally
T2-weighted images but without the signal from cerebral
spinal fluid (CSF) that is normally very bright on T2-
weighted images. Typical images of an axial slice at the
level of the basal ganglia acquired at 1.5 T with each of
these different tissue contrast weightings are provided in
Figure 1. These images were acquired at the common
field strength of 1.5 T using spin-echo or so-called fast
spin echo approaches [6–11]. Prior to discussing the ac-
tual tissue contrast in these images, we review the basic
formulae used to account for the signal intensities among
different tissues as acquired with basic spin echo type se-
quences. The signal intensity S, for a given voxel of tissue
in the spin echo sequence is given by

S = k (PD)[1 – exp (– TR/T1)] exp(– TE/T2) (Eq. 1)

In this expression, k is a relatively unimportant constant
of proportionality which depends on factors such as the
voxel size, receiver gain and receiver coil sensitivity. The
repetition time TR is how long one waits in between ex-
citing the volume being imaged, as multiple signals are
required for image formation [2–6], and generally ranges
from 300 to 6000 ms depending on the degree of T1-
weighting one wishes to impart. The echo time, TE, is
how long one waits after the excitation to the center of the
echo signal readout and determines the extent of T2-
weighting. For fast spin echo sequences, an effective echo
time or ETE is used in which the T2-weighting is deter-
mined by the time after excitation at which the lowest
phase-encoding gradients are applied [6, 8–11]. Typical
echo times for T2-weighted imaging of the brain are of
the order of 60–120 ms. Table 1 summarizes the approx-
imate T1 and T2 relaxation times for gray matter, white
matter, CSF and scalp lipids at 1.5 T [12, 13]. In general,
tissue T1s increase with field strength while T2, dogmat-
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Figure 1. Axial T1-weighted (left), T2-weighted (middle) and FLAIR images (right) at the level of the basal ganglia in a healthy adult.



ically stated to be field independent, does show some de-
crease with field strength [14–17]. Thus, adjustments of
spin echo pulse sequence parameters TR and TE (or ETE)
are in order when, for example, brain protocols are trans-
ferred from 1.5 T to ever more popular 3 T platforms
(Table 1).
Equation 1 shows how changes in TR and TE bring about
different signals from different tissues and demonstrates
how one can select them to optimize signal intensity dif-
ferences between tissues. For example, consider a T2-
weighted imaging protocol in which the TR is long
enough (greater than say 4 s) to make T1 contributions
relatively negligible. Given a white matter T2 of 60 ms
and a gray matter T2 of 80 ms, one can readily show from
Eq. 1 that a TE of approximately 70 ms will maximize the
contrast between gray and white matter. FLAIR imaging
requires that an additional 180 inversion pulse be placed
some 1.5 s prior to the excitation pulse. This delay, called
the inversion time, TI, is set so that the longitudinal mag-
netization from CSF, a long-T1 ‘tissue,’ is close to 0 when
the excitation pulse arrives, effectively nulling CSF sig-
nal even when T2-weighting is dialed in with the TR and
TE. For inversion recovery imaging, Eq. 1 is multiplied
by the additional factor [1 – exp(– TR/T1)] and, aside from
FLAIR imaging, shorter inversion times of the order of
150 ms at 1.5 T are also used to null fat signal which is
useful for imaging around the orbits [18].
In addition to the different tissue contrast weightings
available from routine MRI, the spatial resolution and
imaging formats typically employed should be consid-

ered. For routine applications, signals are acquired from
‘slices’ of tissue that are between 2 and 10 mm thick. The
actual image of each slice is reconstructed in a two-di-
mensional (2D) format once enough signals from a given
slice are acquired. The in-plane spatial resolution is gen-
erally higher than the ‘through plane’ slice thickness and
is typically of the order of 1¥1 mm2. Most 2D acquisi-
tions utilize no gap or only a small gap between the slices.
However, when multi-slice 2D image data sets acquired
in one plane are reformatted for viewing from another
plane or vantage point, the anisotropic spatial resolution
can result in considerable image quality degradation. This
is demonstrated in Figure 2 in which a coronal image re-
formatted from a set of 3-mm-thick axial slices is shown.
Thus, for improved visualization of anatomy from multi-
ple angles, more isotropic acquisitions are performed us-
ing so-called three-dimensional (3D) acquisitions. The
most common 3D acquisitions are performed using so-
called spoiled gradient echo (SPGR) sequences in which
signals from the 3D volume of the brain are acquired
every 10–30 ms. From such acquisitions, generally last-
ing some 5–15 min depending on the particular sequence
parameters, fairly isotropic spatial sampling of the order
of 1¥1¥1 mm3 becomes available. Figure 3 demonstrates
how images from 3D acquisitions, generally acquired
with a T1-weighted tissue contrast, makes reformatting
from one plane to another much more feasible and also
allows for more reliable estimates of the shapes and sizes
of different structures. When considering tissue contrast
for the so-called SPGR sequences commonly used for 3D
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Table 1. Typical T1 and T2 values for the normal tissues found when imaging the brain at 1.5 T.

Tissue Gray matter White matter CSF Scalp lipid

T1 (ms) 700–900 550–750 2000–5000 200–300
T2 (ms) 80–100 60– 80 1000–2000 40–1501

1 The large range of lipid T2s reported is due to J-coupling effects which cause the actual value of T2 to depend on precisely how it is meas-
ured, with longer T2s recovered from fast spin echo vs spin echo sequences.

Figure 2. Axial T2-spin echo at the level of corona radiata (left) and
a reformatted coronal slice from the original T2 data set (right). Due
to the space between slices in the original acquisition, the quality of
the reformatted coronal image is significantly lower.

Figure 3. Axial 3D SPGR (left) and a reformatted coronal slice
from the original SPGR (right). There is no significant quality dif-
ference between the original and reformatted image, since the data
were acquired in a contiguous manner, without gaps between slices.



brain studies, an additional pulse sequence parameter, the
flip angle a, of the excitation plays a role:

S = {k (PD)[1 – exp(– TR/T1)]exp(–TE/T2) sina}/
[1 – cosa exp(– TR/T1)]

(Eq. 2)

As with the spin echo sequences, parameters can be read-
ily optimized to maximize contrast between for example
gray and white matter using Eq. 2. The plot in Figure 4
shows the simulated signal intensity difference between
gray and white matter with assumed T1 values of 850 and
650 ms as a function of the flip angle when the TR and TE
were fixed at 35 and 5 ms, respectively, with T2 effects
considered negligible for this short TE. Maximum con-

trast is achieved when a flip angle around 30∞ is selected,
suggesting its use for this application.
It is important to emphasize that routine MRI sequences
are highly sensitive to intracranial pathologic processes.
However, their specificity is limited. Intracranial lesions
of diverse etiologies often show up as hyperintensities on
T2-weighted MRI, e.g. brain tumors, inflammatory and
demyelinating processes, post-traumatic lesions. On the
same note, any process leading to a disruption of the
blood-brain barrier, regardless of its etiology, will in-
variably lead to contrast enhancement on T1-weighted
MRI. Examples include malignant primary brain tumors,
metastatic tumors, brain abscesses and ischemic and post-
traumatic lesions. Therefore, the capabilities of conven-
tional MRI for accurately determining the extent of infil-
trative intracranial processes, such as malignant primary
brain tumors, are limited, since only the most aggressive
tumor areas, completely lacking a blood-brain barrier, can
be reliably outlined with contrast agents. On the other
hand, treatment effects such as ‘radiation necrosis’ are of-
ten indistinguishable from actively growing tumor tissue
based on their appearance on conventional MRI.
Conventional MR acquisitions serve as a basis for various
morphometric and volumetric studies, based on segmen-
tation and 3D reconstruction algorithms (Figure 5).

Diffusion imaging
Apart from the morphological information obtained from
conventional MRI scans, a realm of structural imaging
has emerged which employs the preferred directional dif-
fusive motions of water molecules within the brain, prin-
cipally white matter fiber tracts. The physical principles
of diffusion imaging have been extensively described in
the literature [1, 19, 20], so here we simply provide a brief
overview of the basic principles and range of current dif-
fusion imaging techniques, from simple diffusion weight-
ing to diffusion tensor tractography.
Diffusion imaging quite generally refers to sensitizing MR
images to the molecular motion of the water molecules.
Sensitizing MR signals to molecular diffusion was intro-
duced in the mid-1960s by Tanner and Stejskal who placed
a pair of balanced magnetic field gradients about the 180
refocusing pulse of a spin echo sequence [21]. Varying the
gradient strength, g, gradient pulse durations, d, and sepa-
ration between the leading edges of the gradient pulses, D,
leads to different levels of spin echo signal attenuation from
the diffusive motions of the water molecules quantitatively
represented by the diffusion coefficient, D. The diffusion
sensitivity is thus expressed by the b factor given by:

b = (ggd)2 (D – d/3) (Eq. 3)

where g is the proton gyromagnetic ratio (2p¥4258 Hz/
Gauss) and the spin echo signal is attenuated by the fac-
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Figure 4. Signal difference between white and gray matter as a
function of flip angle for a fixed TR.

Figure 5. Segmentation of cortical gray matter (blue), hemispheric
white matter (gray), caudate nucleus (pink), putamen (red) and lat-
eral ventricles (green) on a coronal MPRAGE slice.



tor exp(– bD). The most straightforward measurement of
the molecular diffusion coefficient D is readily per-
formed by acquiring two signals, So and S1, with different
b factors, bo and b1. The diffusion coefficient, D, is then
estimated from the ratio of the two signal intensities via:

D = (b1 – bo)–1 ln (So/S1) (Eq. 4)

where b1 is the larger of the two b factors. Typically, bo is
very small, of the order of 5 s/mm2, while b1 values are
generally in the 750–1000 s/mm2 range. Tissue diffusion
coefficients are conveniently expressed in units of mm2/
ms and typically range from 0.1 to 3 mm2/ms.
Modern MRI technology has proven highly adaptable to
diffusion imaging with the Tanner-Stejskal balanced gra-
dient approach, since spin echo imaging sequences which
use magnetic field gradients for signal localization are
commonplace imaging strategies. Le Bihan et al. [22]
were the first to incorporate the classic Tanner-Setjskal
pulsed gradient pair about the refocusing pulse within
spin echo imaging sequences and generated the first dif-
fusion-weighted images of the human brain. Though the
basic spin echo imaging approach is still viable, single-
shot echo planar imaging (EPI) readouts are now gener-
ally employed to hasten the imaging process and reduce
motion artifact [23].
It was soon recognized that water diffusion in tissue was
subject to many more motion pathways than, for example,
water molecules within a cup of tea. Restrictions to diffu-
sion in the form of myelin sheaths, cell membranes and/
or intracellular organelles and the complex, tortuous
pathways associated with capillary beds significantly in-
crease the complexity of the diffusion process within tis-
sue. Thus the simple exponential decay with increasing
b factor and the independence of the measured diffusion
coefficient on the so-called ‘diffusion time,’ D – d/3,
within the b factor definition, are generally not features
of tissue water diffusion. Because of these complications,
the term ‘apparent diffusion coefficient’or ADC has been
extensively used to describe tissue water diffusion. The
word ‘apparent’ could, however, just as well be applied to
other tissue contrast parameters associated with MRI,
like the transverse relaxation time T2, and so we refrain
from using the term ADC. It must be recalled, though,
that measurements of the tissue water diffusion coeffi-
cient D reflect many complicated motions, so that the de-
tails of the acquisition pulse sequence will significantly
influence the measured value of D. The most obvious ex-
ample of this phenomenon is the sensitivity of D to the di-
rection of the diffusion sensitization gradients [24–32],
which we will now discuss.
Myelinated fiber tracts within white matter of the mature
brain and the extracellular space separating them offer a
preferred direction for water molecules to travel, similar
to what water molecules might experience in the fibers of

a stalk of celery. As a consequence, the value of D mea-
sured with the diffusion sensitization gradients aligned
with the fibers is found to be larger than the value of D
measured with the gradients applied perpendicular to the
fibers [33, 34]. To obtain a measure of D which is ‘rota-
tionally invariant,’ or independent of the particular diffu-
sion sensitization direction employed, the concept of a
scalar value for D, which is appropriate for isotropic dif-
fusion in simple liquids, must be abandoned for the more
general diffusion tensor characterization [35–38]. The
diffusion tensor model utilizes a 3¥3 symmetric matrix,
the diffusion tensor, with six independent elements that
must be evaluated by sampling a minimum of six non-
collinear diffusion sensitization directions. The diffusion
tensor is a mathematical object with specific properties,
and a convenient conceptual representation of the tensor
is that of an ellipse with three principal axes, generally a
long axis and two shorter, perpendicular axes which may
or may not be of equal length. The lengths and directions
of the three axes are the eigenvalues and eigenvectors
of the tensor, respectively, and are calculated by diago-
nalizing the 3¥3 diffusion tensor matrix. They represent
the primary, secondary and tertiary modes of diffusion
within a given image voxel.
The simplest application of the diffusion tensor model in-
volves measuring diffusion coefficients along three or-
thogonal directions, an approach which yields sufficient
information to obtain the sum of the diagonal elements of
the matrix, or the trace of the matrix. The trace is rota-
tionally invariant, or independent of the three orthogonal
directions used for its measurement, and thus provides
a robust measure of a tissue-specific ‘average’ diffusion
coefficient Dave given by:

Dave = (Dxx + Dyy + Dzz)/3 (Eq. 5)

where Dxx, Dyy and Dzz are the diagonal elements of the
diffusion tensor. Using only three diffusion sensitization
directions keeps diffusion acquisitions relatively short
compared to full tensor acquisitions. Furthermore, they
are generally sufficient for the primary clinical applica-
tion of diffusion imaging which is the detection of acute
ischemic stroke [39–41] (Fig. 6). The impaired function
of the cell membrane Na-K-ATPase following ischemia,
with consecutive intracellular accumulation of Na and
water molecules (intracellular edema) is responsible for
this effect.
For studying the integrity and depicting the directionality
of white matter tracts, however, additional information
from the full diffusion tensor is generally sought, requir-
ing the use of least six diffusion sensitization directions
and a baseline (bo) acquisition. This approach requires
more scan time but yields several rewards once all six dif-
fusion tensor elements are estimated. The most com-
monly reported of these rewards is a rotationally invariant
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measure of the diffusion anisotropy, embodied by the so-
called fractional anisotropy, FA, parameter given by:

FA = [(l1 – l2)2 + (l2 – l3)2 + (l1 – l3)2]1/2/
[2(l1

2 + l2
2 + l3

2)]1/2 (Eq. 6)

where l1, l2 and l3 are the eigenvalues of the diffusion
tensor obtained using all six tensor elements including
the off-diagonal elements Dxy, Dxz and Dyz. The FA value
ranges from 0 to 1 and is a rotationally invariant measure
of the how ‘anisotropic’ the diffusion of water molecules
is within a given voxel. For example, if a water molecule
is equally likely to wander off in any given direction, as in
our hypothetical cup of tea, then the diffusion is said to be
isotropic and FA is 0. If, on the other hand, the water mol-
ecule is forced to wander along only one direction, as in
a severely restricted microtubule, then the diffusion is
highly anisotropic and the FA approaches unity. Typical
values for FA in mature white matter are in the 0.15–0.90
range and are generally thought to reflect, to some de-
gree, the extent of myelination and the thickness of the
axons, though even unmyelinated fibers provide enough
restrictions to motion that anisotropic effects are ob-
served [23, 25, 42, 43].
In addition to the FA, the directions of the three eigen-
vectors – primary, secondary and tertiary – are obtained
for each voxel. These directions, especially that of the pri-
mary eigenvector, are often mapped with vectorial dis-
plays. More complex color displays and/or maps of the
tensor ellipses, all of which reflect characteristics of the
three eigenvectors and their rank order, have also been
employed for visualizing diffusion tensor information
[36, 44–46].

As diffusion tensor imaging (DTI) developed, an inter-
est in proceeding beyond assessing the diffusion proper-
ties of individual voxels and towards generating infor-
mation regarding inter-voxel relationships began to
grow. Specifically, it became of interest to infer and dis-
play actual white matter fiber tracts coursing through
large regions of the brain from diffusion tensor data.
And thus the reckless daughter of DTI, diffusion tensor
tractography (DTT), was born [26, 28, 29, 31, 47]. Sev-
eral approaches for performing DTT have now been
proposed and have begun to provide a powerful new tool
for exploring brain connections. The basic idea behind
DTT is to determine the most likely route by which a
water molecule enters or exits a voxel, as based on the
primary preferred direction of diffusion within a given
voxel and its neighbors. Typically, algorithms begin by
selecting a ‘seed’ voxel from which the fiber tracking
begins. From each new voxel encountered, the process is
repeated and the daughter (water molecule) wanders
along the path specified at each step by the primary di-
rection of water diffusion, which is the presumed over-
all direction of the white matter fiber tracts. Though
simple in principle, DTT is computationally demanding
in practice. Furthermore, choosing the reckless daugh-
ter’s path is fraught with dangers associated with noise,
vanishing anisotropies, and strange voxels in which dis-
tinct fiber tracts may cross. Despite this tracking, algo-
rithms proceed from voxel to voxel and leave behind
a colored trail outlining the fiber tract like pieces of
spaghetti. Sprinkling the brain with different ‘seed
points’ allows for multiple paths to be formed and re-
sults in whole-brain tractographic maps (Fig. 7).
Both mechanistic [28, 30] and probabilistic [29, 31, 32]
approaches to DTT have been employed, though basic
thresholds must be selected by the operator when com-
puting the fiber tracts. One example of a typical threshold
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Figure 7. Diffusion tensor tractography in a healthy adult male. CR,
corona radiata; CC, corpus callosum; AC, anterior commissure;
CST, corticospinal tract; MCP, middle cerebellar peduncle.

Figure 6. Diffusion-weighted MRI showing a hyperacute ischemic
stroke in the left cerebellar hemisphere (arrows).



parameter is the FA parameter discussed above. For ex-
ample, if a voxel is found in which the FA value becomes
quite low, then the tracking process has probably led to an
area of gray matter or CSF and so should stop. Another
threshold parameter often considered in deciding which
way to proceed from a given voxel is the angle between
the primary eigenvector within that voxel and the equiva-
lent vector in the neighboring voxels. The inner product
(IP) of two primary eigenvectors in voxels i and j:

IP = ll ıi¥llı j (Eq. 7)

is proportional to cosq, where q is the angular difference
between the vectors and thus is often used to help deter-
mine the path followed by the intrepid explorer. The FA
and IP thresholds, or equivalent parameters depending on
the precise DTT algorithm employed, are selected by the
operator in an effort to insure that the tracking process
will cease when minimal anisotropy or insufficient corre-
lation of directions between neighboring voxels is ob-
served, typically in gray matter or CSF regions. A good
example of how FA and IP threshold values are optimized
for axonal tracking in the brainstem is provided in the
work of Stieltjes et al. [28] who used the fiber assignment
by continual tracking (FACT) methodology. They found
that intra- and inter-rater variability for identifying five
major tracts in the brainstem were minimized when the
FA and IP lower cutoff values were around 0.25 and 0.75,
respectively [28]. Of course, the details of the acquisition
such as the image plane (preferably selected orthogonal
to major tracts of interest), the spatial resolution (iso-
tropic vs anisotropic voxels) and the signal-to-noise ratio
(SNR) all affect the performance of any given tracking al-
gorithm. Even in its present form, however, DTT appears
to fare well in qualitative comparisons of what is known
regarding white matter fiber tract anatomy and it has be-
come a fairly well accepted notion that DTT adequately
identifies major fiber tracts and so allows for measure-
ments of Dave and FA along such tracts.
Aside from mapping connectivity between different cor-
tical areas, DTI has several other important applications.
Although myelin plays an important role in determining
the anisotropic diffusion pattern in white matter, the dif-
fusion anisotropy is diminished, but still present, in the
absence of myelin. In cases of demyelinating lesions (e.g.
multiple sclerosis), in the developing brain or during
neural regeneration, the water diffusivity in the direction
parallel to the axonal fibers (l||) remains widely un-
changed, whereas the diffusivity in the direction perpen-
dicular to the fibers (l^) is increased. This is a useful fea-
ture for detecting areas of demyelination [48]. Another
important DTI application is the detection of tumor-infil-
trated white matter regions and characterization of tu-
mor invasion of healthy brain parenchyma [49, 50]. It is
important to emphasize that the information provided by

DTI is purely morphologic in nature and this method can-
not be employed for detecting functional activation with-
in the cerebral white matter.

Function

Perfusion imaging
Two basic approaches for measuring aspects of blood
perfusion in the human brain have been developed, one
which utilizes exogenous contrast agents and one which
does not. The former is currently more used and so is
discussed first. The most common contrast agents in
MRI are molecular chelates which contain the paramag-
netic gadolinium ion Gd2+, an example being the com-
pound gadolinium-diethylene-triaminic acid (Gd-
DTPA) [51]. The primary purpose of this contrast agent
is to enhance signal from regions in central nervous sys-
tem (CNS) tissue in which the blood brain barrier has
been compromised by the presence of e.g. tumor, in-
flammation, ischemia or radiation necrosis, and this en-
hancement is most commonly appreciated on T1-
weighted spin echo sequences. It has been known for
some time, however, that such contrast agents also cause
a transient decrease in the signal intensity of brain tissue
on T2*-weighted images, as the agent courses through
the brain vasculature in its ‘first pass’ and prior to its
rapid distribution into the extracellular compartment
throughout the body and ultimate excretion from the
kidneys [40, 52–55]. This transient decrease in signal
can be captured on T2*-weighted images of the brain
acquired serially with temporal sampling rates of the or-
der of 2 s and acquired for the first minute or so follow-
ing bolus venous injection [52–54]. The T2*-weighting,
high volume coverage and high temporal resolution of
gradient echo EPI sequences are well-suited for tracking
the signal dips throughout the brain. The strength and
duration of the signal intensity ‘dips’ versus time after
injection can be modeled to yield cerebral blood volume
(CBF) maps by direct integration of the area of the dip.
Using more sophisticated analyses which estimate the
arterial input function from signal intensity versus time
in a judiciously chosen artery such as the middle cere-
bral artery (MCA), CBF and actual perfusion estimates
can be mapped throughout the brain [53, 55]. The ac-
quisition techniques and post-processing schemes for
converting multi-slice EPI data sets acquired over the
course of the contrast administration are now fairly
well-established and software for generating the various
parameters available from such studies is provided by
most manufacturers. The techniques have been em-
ployed to study blood volume and perfusion changes ac-
companying a variety of brain diseases such as tumors,
stroke and hypoxic ischemic encephalopathy (HIE). In-
deed in ischemic stroke, there is some indication that ar-
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eas of prominent perfusion deficit but with only mildly
restricted diffusion may represent salvageable tissue
(so-called ischemic penumbra), so that combining per-
fusion and diffusion studies may be used for aggressive
patient management [39–41].
A typical example of a perfusion study performed using
the bolus-tracking approach is shown in Figure 8, in
which a blood volume map of an axial slice is depicted.
In this case, the red regions in gray matter are easily dif-
ferentiated from the green regions of white matter in
which the blood volume is lower.
Perfusion imaging of the brain may also be approached
without the use of contrast agents by using so-called
arterial spin-tagging (ASL) methods [56–59]. These
essentially involve labeling blood spins via a magnetic
‘tag’ such as an inversion pulse, prior to their entry into
the imaging volume. Comparison with images acquired
with and without the arterial blood labeling serves to
measure perfusion. For such studies, single-shot EPI
provides a convenient imaging modality, particularly
since the most common variations require at least two
separate acquisitions. The use of spin-tagging techniques
is very attractive due to the entirely non-invasive nature
of the study and offers many intriguing possibilities, in-
cluding perfusion-based fMRI studies. There are some
limitations, however, including limited volume coverage
efficiency and a complexity of modeling factors influ-
encing perfusion estimates, such as, for example, the
T1 values of blood and the delay times between tagging
and imaging the slice(s) of interest. It is probably fair to
state that the optimal methodology to be employed for
ASL remains open and that clinical use of this non-con-
trast agent approach to perfusion imaging is not as well-
established or routine as the contrast-agent-based ap-
proach.

fMRI and the BOLD effect
The term fMRI, might appear to be a very general term
that might refer to the function of any organ in the body.
The terminology ‘fMRI,’ however, has effectively been
confiscated by practitioners specifically interested in
brain function and, with over 40,000 ‘fMRI’ papers in the
literature since its inception some 15 years ago [1], there
appears to be no turning back. A basic description of the
methods and analyses of ‘fMRI’ is now provided with the
general understanding that fMRI is a tool to determine
those areas of our brains that ‘activate’ or ‘function’ as a
consequence of the various mental and physical tasks
which make up our lives.
Gray matter is rich in neuronal cell bodies and is the pri-
mary tissue associated with functional activation de-
tectable by fMRI. Even before fMRI, it was well-known
that specific regions of gray matter are associated with
specific motor (e.g. finger tapping, foot movement), sen-
sory (e.g. somatosensory, visual, auditory) and cognitive
functions. Basically, when activated, these regions de-
monstrate a hemodynamic response that can be detected
with suitable MRI methods. Many of the details respon-
sible for the actual signal change accompanying the he-
modynamic response are still under investigation [60],
though there is general agreement that functional activa-
tion leads to an increase in arterial blood supply. As such,
there is an increase of oxygenated blood rushing to the
region of neuronal activation. This phenomenon is the
essence of the so-called blood-oxygenation-level-depen-
dent (BOLD) response. Basically, the increased levels of
oxygenated blood means an increase of the oxyhemoglo-
bin-to-deoxyhemoglobin ratio within the vessels of the
activated area. Oxyhemoglobin is diamagnetic and de-
oxyhemoglobin is paramagnetic so that as the ratio of
oxy- to deoxyhemoglobin changes, there is a magnetic
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Figure 8. Perfusion study performed using the bolus-tracking approach, source image (left), blood volume map (right).



susceptibility change within the vessels of the activated
area towards that of the magnetic susceptibility of the
brain parenchyma. The resultant decrease in the magnetic
susceptibility difference between vessels and parenchy-
ma leads to a reduction in the microscopic magnetic field
gradients surrounding the vessels. Using sequences in
which the signal intensity is sensitive to microscopic field
gradients, like EPI gradient echo sequences, this small
effect can be detected as a reduction in the spin dephas-
ing in the activated regions. In MR terminology, the re-
duced dephasing is described as an increase in the trans-
verse relaxation time T2* = 1/R2*, where R2* is the
transverse relaxation rate in s–1. With a reduction of
R2* by a small increment dR2*, the resultant T2* weight-
ing of a gradient-echo-based image acquired with an
echo time TE in the activated state is exp(–TE (R2*
– dR2*), while the weighting for the unactivated state is
exp(–TER2*). The difference between activated versus
‘unactivated’ state signals, DS, may be calculated to first
order in TEdR2* as

DS = [p (1 – exp (–TR /T1))] TEdR2* exp(–TER2*)

(Eq. 8)

Here, the term in brackets contains the standard spin den-
sity (p) and longitudinal relaxation time (T1) depen-
dence, with TR being the repetition time. Most practi-
tioners assume that changes in these two parameters are
negligible between activated and unactivated states with
the T2* dependence predominating gradient echo EPI
scans. It is readily shown that the function described by
Eq. 8 has a maximum at TE = 1/R2* = T2*. Thus it is
common practice to employ gradient echo EPI sequences
with TE values set between 45 and 75 ms for fMRI stud-
ies, as this is the approximate range of T2* values for
brain parenchyma [61, 62].
Most fMRI studies utilize the signal change embodied by
Eq. 8 to locate those regions of the brain that experience
the hemodynamic response due to ‘activation’ or the
BOLD response. The most common fMRI acquisition
procedure is to scan the brain quickly with gradient echo
EPI sequences, acquiring for example, 20 slices every
2.5 s. This is repeated for several minutes while, say, 30-
s periods of activity (e.g. visual stimuli, finger tapping)
are followed by 30-s periods of non-activity, and so on.
The entire fMRI data sets are then analyzed for statistical
differences between the ‘on’ and ‘off’ states using any
number of software packages now available, such as the
statistical parameter mapping (SPM99) package (http://
www.fil.ion.ucl.ac.uk/spm/spm99.html) which is based
on the linear model of Friston et al. [63]. The ‘on-off’
strategy, or ‘blocked-task paradigm,’ for stimuli presenta-
tion is by far the most commonly used. Figure 9 shows the
typical motor activation of the hand area obtained during
a simple finger-tapping task in a healthy subject. There

are, however, other strategies for stimuli presentation,
such as ‘event-related’ responses [64, 65] which may be
more appropriate for some types of cognitive tasks. In
general, the mode of stimuli presentation is an important
consideration when designing fMRI studies to address
specific hypotheses.
The basic fMRI experiment just described was elucidated
many years ago by several groups [66–68]. The descrip-
tion should be supplemented considerably for a full ap-
preciation of the technique and its limitations. Spatial-
resolution limitations and the complexity of the BOLD
signal itself often make unambiguous localization of the
truly activated areas problematic. For example, signal
changes from regions near veins which drain activated ar-
eas can distort and/or magnify the size and shape of the
activated regions. Furthermore, there has been some work
suggesting that the spin density, p, may also be affected in
regions near the BOLD activated regions, though work in
this area is sparse [69]. A complete description of such ef-
fects lies beyond the scope of the present review, but
should be appreciated when performing fMRI studies and
choosing appropriate acquisition strategies [70–72].

Metabolism

MRS offers a unique view into metabolic processes of the
human brain. Signals from many brain metabolites, typi-
cally the smaller-molecular-weight metabolites with con-
centrations in the 1 to several millimolar range, can be
detected and, to varying degrees, quantified [73–75]. This
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Figure 9. Motor activation (dark gray, arrows) during a simple left-
finger-tapping task in a healthy subject. The 3D model of the brain
was generated from a volumetric SPGR scan obtained during the
same session as the fMRI scan. The functional and anatomic scans
were rigidly registered. Note that there is also some degree of acti-
vation on the contralateral side. SFG, superior frontal gyrus; PrCG,
precentral gyrus; PoCG, postcentral gyrus.



allows the study of steady-state metabolic levels in healthy
and diseased brain tissue in vivo. It must be stated at the
outset, however, and with some irony, that MRS really
plays a very small role in clinical MR examinations de-
spite the fact that it preceded the development of MRI by
some 40 years and continues to play a fundamental role in
physics, chemistry and biochemistry. On a more positive
note, we speculate that MRS is probably far from achiev-
ing its full potential in the clinical realm. Namely, as
higher magnetic field strengths of 3 T and greater become
more common, MRS of both protons and other nuclei,
such as phosphorous (31P), carbon (13C) and sodium (23Na),
will probably be more widely tested and adopted for spe-
cific clinical and/or research applications. Here, we
briefly review the physics of MRS and the current meth-
ods used to perform MRS clinically. Then we discuss the
information content and the typical clinical and research
applications of proton MRS [76] as well as the potential
utility of exploring signals from other, less accessible,
‘MR-visible’ nuclei.

MRS physics and methods
It is useful to begin a discussion of the physics of MRS
with the concept of a ‘bare proton,’ that is a proton with-
out any accompanying electron. The ‘bare proton’ will
resonate in a magnetic field at the Larmor frequency due
to the interaction of its magnetic moment with the applied
magnetic field. As soon as one puts some ‘clothes’ on the
proton by, for example, adding an electron as in a hydro-
gen atom, the resonant frequency is observed to shift a lit-
tle bit. This shift is due to the response of the electron to
the applied magnetic field, which, in diamagnetic sub-
stances, results in a microscopic electrical current that
tends to ‘shield’ the proton from the applied magnetic
field. This shielding effect, arising from intra-molecular
electronic currents, is the basis of the famous ‘chemical
shift’ in which the actual resonant frequency of a proton
depends on the specific electronic bonding arrangement
in which it finds itself. First-principle calculations of
chemical shifts are exceedingly complex and require de-
tailed knowledge of the ground state electronic wave
functions as well as all their excited states [77]. Of more
relevance to MRS practitioners, however, is the fact that
the chemical shifts provide specific fingerprints of mole-
cules that have been extensively catalogued and used by
chemists for many decades in identifying chemical prod-
ucts.
In addition to the chemical shift differences between pro-
tons, additional intra-molecular interactions can exist be-
tween protons in chemically distinct environments via
electronic coupling, the so-called J-coupling interactions
[77]. When present, these interactions cause simple ‘sin-
glet’ lineshapes to become more spectrally complicated
doublets, triplets, etc. In such cases, the actual lineshapes

can be quite complex and depend on precisely how they
are measured. With in vivo MRS studies of the brain, spe-
cific pulse sequences have evolved for extracting the
MRS data and the timing parameters of such sequences
have effects on the observed signals that must be consid-
ered when targeting specific molecular signals. So we
turn to a discussion of the techniques for extracting MRS
data in the human brain.
Approaches for extracting MRS information from the
brain range from the simplest ‘single-voxel’ approach to
technically more demanding multi-voxel spectroscopic
imaging methods. In the single-voxel approach, three
slice-selective RF pulses are employed to sequentially
excite or refocus three orthogonal planes in such a man-
ner that the signal following the preparation arises from
the intersection of the three planes. The most common
strategy is to use a double spin echo sequence with a 90∞
excitation pulse followed by two 180∞ refocussing pulses,
as in the so-called point-resolved echo spectroscopy
(PRESS) approach [78]. An alternative strategy is to use
three 90∞-slice-selective pulses to solicit a ‘stimulated
echo’ from the intersection of the three planes as in the
so-called stimulated echo acquisition method or STEAM
[79]. In either case, the ‘single voxel’ defined by the in-
tersection of the three slice-selective pulses is the volume
from which the spectral information is being extracted.
Usually, because of the low concentration of metabolites,
signal averaging is employed even with single voxel sizes
of the order of several cubic centimeters. Thus, for exam-
ple, a single voxel acquisition using a 2-s TR and 64 sig-
nal averages requires approximately 2 min of scan time.
The single-voxel approach, though still in use, is obvi-
ously limited in volume coverage. As scanner software
and hardware has improved, the so-called multi-voxel
approaches have become more common. Basically, for
multi-voxel acquisitions, the single-voxel approach is
simply modified by increasing the size of the selected
voxel and incorporating spatial phase-encoding gradients
in one, two or even three dimensions. Slice-selective RF
pulses are still used to excite the volume of interest and,
prior to each spectroscopic readout, phase-encoding gra-
dients are applied as in conventional MRI [80]. The pri-
mary drawback is long scan times, as one must collect as
many signals as there are phase-encoding steps. Thus, for
example, a 16¥16 2D spatial matrix to cover a slice in the
brain will require 256 signals, so that using a 2-s TR, the
scan time becomes of the order of 9 min. For 3D acquisi-
tions of a volume, 16¥8¥8 spatial encoding matrices can
be used with a 1-s TR to sample multiple voxels through-
out the brain in approximately 17 min. Methods to de-
crease such long spectroscopic scan times do exist and in-
clude the use of echo planar spectroscopic imaging tech-
niques [81] and parallel imaging approaches [82]. It
should always be appreciated, however, that the SNR is,
to first order, dependent on the square root of the overall
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scan time. Thus, for each particular application, reducing
scan time with a fast spectroscopic imaging technique
must be weighed against the potential loss of SNR from
the metabolites of interest. With this caveat in mind, we
now turn to a discussion of the information content of
proton MRS and non-proton MRS.

Proton MRS
An admirable review of the primary metabolites which
contribute to proton spectra from the living human brain
was provided by Miller some 14 years ago [73] and a
more comprehensive review of both the major and minor
metabolite signals was recently provided by Govindaraju
et al. [74]. The major metabolites of interest are N-acetyl-
aspartate (NAA), choline-containing compounds (Cho)
and creatine (Cr) compounds including creatine and
phosphocreatine (PCr). The biological relevance of these
compounds has been fairly well studied, though the role
of NAA in metabolic processes was largely motivated by
its prominence within in vivo proton spectra of the living
human brain [75]. Immunohistochemical studies have
shown that NAA is predominantly located in neuronal
cell bodies and their processes [83]. Consequently, this
compound is generally considered to be a ‘neuronal
marker.’ However, cell culture studies have been per-
formed which report the presence of NAA also in non-
neuronal cell types, such as oligodendrocytes [84, 85].
Furthermore, reversible NAA decreases in various patho-
logic processes such as multiple sclerosis and mitochon-
drial diseases have been reported. These findings suggest
that a decrease in NAA may not always indicate neuronal
loss [86]. Choline is the precursor of phosphatidyl cho-
line, the main phospholipid in the cell membrane. An in-
crease of Cho levels is associated with increased cell
membrane turnover, as encountered in neoplastic proces-
ses. Creatine, a high-energy compound located in the mi-
tochondria, serves as a marker for cellular energy metab-
olism.
The three major signals from NAA, Cho and Cr appear on
the chemical shift scale at approximately 2.0, 3.2 and 3.0
parts per million (ppm), respectively. The water reso-
nance on this ppm scale, which generally must be sup-
pressed to be able to appreciate the much smaller signals
from the metabolites, appears at approximately 4.7 ppm
(note that we have dropped the traditional negative sign
customarily accompanying these ppm assignments in the
interest of simplicity, though the ppm axis will go back-
wards with higher numbers to the left along the x-axis
ppm scale as a consequence of this historical relic). Res-
onances from lipids between 0.9–1.5 ppm and from the
lactate molecule, the end product of anaerobic glycolysis
[74], at approximately 1.3 ppm are often encountered in
brain tissue as well, though they are largely absent in
healthy brain parenchyma.

Because it is image guided, MRS is generally performed
towards the end of individual MRI examinations when a
number of scan planes and contrast options have been ob-
tained to best visualize suspect pathology. Often this in-
volves T1-weighted post-gadolinium injection images
where suspicious regions are quite obvious. From any
plane or any contrast option image, the operator graphi-
cally prescribes the voxel(s) for sampling. A pre-scan
procedure shims over the volume to be sampled to reduce
field inhomogeneity so that the linewidths of the individ-
ual resonances are within acceptable ranges, 5–12 Hz
for example. Also, the pre-scan procedure adjusts the
amplitudes of the chemical shift selective suppression
(CHESS) water suppression pulses so that the normally
overwhelming water resonance is reduced to acceptable
levels.
Figure 10 shows a typical brain voxel and proton spectra
acquired from the voxel at 1.5 T using the PRESS tech-
nique [76]. Two spectra are shown, one from a short-
echo-time acquisition, TE = 31 ms, and one from a long-
echo-time acquisition, TE = 135 ms. As with tissue con-
trast in imaging, one can manipulate the appearance and
relative sizes of the spectral peaks by manipulating the
echo times due to differences in the metabolite signal T2
values [87, 88]. A basic rule of thumb in this regard is that
short-echo-time spectra contain many more signals from
the heavier-molecular-weight metabolites than do the
long-echo-time spectra. This may seem like an advan-
tage, in that inherently more information is available. The
drawback is that many of these resonances overlap and
water suppression is usually less efficient for short TE
values, making baseline estimations problematic. The
longer-echo-time spectra tend to be much ‘quieter’ and
easier to interpret, with flat baselines and only a few well-
defined peaks, simplifying interpretation. In addition to
TE manipulation, different repetition times (TR values)
can be used to manipulate signal intensities, though gen-
erally TR values between 1 and 2 s are used to hasten mul-
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Figure 10. Axial brain scan showing the single voxel sampled for
the TE = 31 and TE = 135 ms spectra shown top and bottom right,
respectively.



tiple signal average acquisitions. As a result, metabolite
signals, with typical T1 relaxation times of the order of
1 s, are partially saturated making T1 (and T2) correc-
tions necessary when absolute quantification of metabo-
lite signals is to be attempted [87]. Most clinical studies
have relied on measuring the ratios of the metabolite sig-
nals such as NAA/Cr or Cho/Cr from long- or short-echo-
time spectra in order to assess the value of proton MRS in
differentiating healthy versus pathological brain tissue.
Figure 11 illustrates the typical differences in metabolite
concentrations between neoplastic tissue and healthy brain
parenchyma in a case of right perisylvian glioblastoma
multiforme, as measured by single-voxel proton-MRS.
Due to neuronal impairment and destruction, brain tu-
mors show low concentrations of NAA, while the Cho
levels are increased. This is mainly due to the high prolif-
eration rate and increased cell membrane turnover [89].
Decreased Cr levels can also be observed in neoplastic
tissue, likely due to an increase in the relative concentra-
tion of lipids. The Cho/NAA and Cho/Cr ratios tend to be
higher in malignant gliomas, compared with their low-
grade counterparts [90, 91].

More rigorous approaches in which estimates of absolute
millimolar metabolite concentrations are made from the
MR signals have also been established, however. One
such approach is to use the unsuppressed water signal as
a reference, assuming for example that water is 41.7 M in
concentration [87]. The areas of the metabolite peaks can
then be referenced with respect to the area under the un-
suppressed water resonance and, with appropriate T1 and
T2 corrections [87, 92], absolute metabolite measure-
ments may be estimated. Alternatively, external refer-
ences with known concentrations of a metabolite may
be employed, though ultimately limitations in precision
are set by receiver and transmit coil sensitivities. Thus,
though it is possible to estimate absolute millimolar
metabolite concentrations, the technical difficulties, com-
plex post-processing and increased scan times required
for relaxation time and/or coil sensitivity corrections have
generally led to the use of metabolite ratios in clinical
practice.
The size of the spectroscopic voxel sampled in Figure 10
is approximately 1.5¥1¥1 cm3, considerably larger than a
typical 0.4¥0.1¥0.1 cm3 voxel volume used for MRI of
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Figure 11. Proton-MRS in a case of right perisylvian glioblastoma multiforme. Left panel: spectra acquired from the tumor (increased Cho
peak, decreased NAA and Cr peak). Right panel: normal spectra acquired from normal tissue on the contralateral side.



the brain. This is a consequence of the much smaller con-
centration of metabolites compared to water, a factor of
10,000 or more. Thus to attain sufficient SNR for meta-
bolite detection in reasonable scan times, spatial resolu-
tion is reduced compared to MRI. Despite this drawback,
MRS can be a valuable tool in helping to diagnose vari-
ous brain disorders.
As discussed above, the NAA molecule and its signal are
primarily associated with the intracellular space of neu-
rons while the Cho resonance is thought to primarily arise
from the tri-methyl proton groups of glycerophospho-
choline (GPC) and phosphocholine (PC) with a minor
contribution from free choline. Both creatine and phos-
phocreatine proton methyl groups contribute to the Cr
resonance around 3 ppm, and high fields are necessary to
differentiate these two molecules based on the small
chemical shift difference between their respective methyl
groups [73, 74]. Together, the three resonances of NAA,
Cr and Cho provide a readily recognizable spectral pat-
tern in normal brain tissue (Fig. 10) in which NAA is gen-
erally the largest of the three. There is of course an age-
associated development of the relative strengths of the
signals, as has now been documented from the fetus in
vivo through old age, with Cho actually being the largest
resonance in the spectrum during fetal development and
perinatally [87, 88, 92–95]. There are also small but sta-
tistically significant regional differences in the relative
strengths of the metabolite signals, including gray/white
matter differences, as now documented in several adult
brain studies [96–101]. Despite these complications, and
those arising from studies using different acquisition
methodologies (TRs TEs, etc.), there is now a generally
recognized ‘normal’ spectral pattern for both short-echo-
time and long-echo-time spectra. Departures from these
normal brain spectral patterns are readily discerned by
the eye for some pathologies like tumors, in which the
Cho resonance generally dominates [102–105].
The increased Cho signal from tumor is generally useful
when there is some question as to the nature of a non-con-
trast-agent-enhancing signal abnormality such as may be
associated with a low-grade tumor, when identifying
residual tumor in general and, in particular, when differ-
entiating radiation-induced treatment changes from re-
current tumor [104, 105]. In such cases, the multi-voxel
approach is preferred over single-voxel approaches since
choosing where to place the single voxel from imaging
characteristics alone may be difficult. In metastatic brain
tumors, Sijens et al. [106] have shown that, in addition to
an increased Cho presence in the spectral pattern, the
presence of lipid and lactate signals can help differentiate
early, intermediate- and late-stage disease. For other pa-
thologies like multiple sclerosis [107, 108] or Alzheimer’s
disease [109–111], detecting subtle departures from the
normal spectral pattern may require more sophisticated
quantitative analyses that have become more widely avail-

able [112, 113]. Aside from clinical applications for di-
agnosis, basic studies of metabolic processes, including
the absorption and removal from brain tissue of choline
[114, 115] or even ethanol [116, 117] following oral in-
gestion, have been pursued with proton MRS and offer
unique opportunities for studying biological aspects of
how the brain and body process common chemicals.
As mentioned above, a lactate resonance is seen in many
pathological conditions associated with anaerobic glycol-
ysis. The spectral signature of lactate is quite specific due
to the fact that it is a J-coupled, versus a singlet, reso-
nance. Thus, for instance, the CH3 lactate resonance ap-
pears as an inverted doublet in double spin echo spectra
at echo times of 144 ms, a feature which can help distin-
guish it from the overlapping lipid signal of methylene
(CH2) protons. Lactate is of interest not only from the per-
spective of a pathology indicator but also as a function-
ally activated signal, though there remains considerable
controversy about its detectability and value as a func-
tional indicator in normal brain parenchyma [118–122].
Other coupled proton resonances from molecules such as
glutamate, glutamine, myo-inositol, taurine and gamma-
aminobutyric acid (GABA) are, in principle, accessible
with in vivo brain MRS, offering opportunities to quan-
tify these biologically active metabolites, particularly for
research in neuroscience and psychiatry. Glutamate is an
excitatory amino acid transmitter which can be neuro-
toxic at high concentrations, making it an important
metabolite to quantify [123]. GABA is an important neu-
rotransmitter playing a role in neurotransmission disor-
ders, making it also of great interest to quantify in vivo
[124, 125]. The specific chemical shifts and J-coupling
patterns of such molecules have led to the development of
advanced spectral editing techniques [126–131] and post-
processing methods for spectral characterization, includ-
ing the so-called LCModel approach [112, 132, 133].
With LCModel, a basis set of spectra from different
metabolites, up to 18 or more for example, is used to fit
in vivo spectra in order to quantify the complex signals
and make estimates of the concentrations of metabolites
contributing to these signals. The spectral editing tech-
niques are used specifically to tease out only the signals
from protons of selected molecules. The complicated pro-
cedures used are required since, in general, the multiple
signals from these metabolites are not only small but tend
to overlap each other in the 2–3 ppm range and are often
swamped by more prominent singlet resonances like cre-
atine. This is primarily why in the clinical environment,
the signals from these more exotic resonances remain
largely ignored, beyond an understanding that they con-
tribute to noise-like peaks and baseline distortions around
the ‘feet’ of the primary major metabolite signals from
NAA, Cho and Cr. Nevertheless, as field strengths con-
tinue to increase and more sophisticated pulse sequences
and post-processing strategies are brought to bear on the
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problem, interest in the quantification of these less acces-
sible metabolites will continue to grow and undoubtedly
prove valuable in both research and clinical realms.

Non-proton MRS
The other nuclei which can be accessed with MR scan-
ners, particularly at 3-T field strengths and higher, in-
clude 31P, 13C and 23Na [134]. These nuclei have much
lower sensitivities than water protons, meaning that they
emit much lower portions of the administered RF radia-
tion than protons, resulting in comparatively low SNRs.
As such, large voxels from brain are generally sampled to
obtain sufficient SNR in reasonable scan times when per-
forming studies on humans. Despite this limitation, many
studies have now been performed with these nuclei, each
of which has an interesting story to tell regarding meta-
bolic processes in the human brain.
31P brain spectra provide distinct signals from the three
phosphorus atoms in the ATP molecule, a resonance from
inorganic phosphorus (Pi) and from PCr. Other signals
from phosphomonesters and phosphodiesters are also
present in the 31P spectrum, but much of the focus has
been on ATP, Pi and PCr signals as these play important
roles in cerebral energetics. For example, the chemical re-
action rates among the Pi, ATP and PCr molecules may be
accessed with special saturation transfer pulse sequences
in which the magnetization of one of these exchanging
moieties is manipulated and its effect on the exchanging
partner observed, as demonstrated during photic activa-
tion of the visual cortex. Steady-state differences in ATP
and/or PCr concentrations and ratios between white and
gray matter of the living human brain have been reported
[135] and 31P studies of numerous disorders including mi-

tochondrial disorders [136], schizophrenia [137], dia-
betes [138], tumors [139], neonatal hypoxic ischemic in-
jury [140] and migraines [141] have been performed. Of
interest is that the 31P spectrum can be used to both mea-
sure pH and to assess free magnesium levels in the brain,
and these quantities are often reported along with meta-
bolite concentrations or ratios.
Figure 12 is a representative 2D spectroscopic image ac-
quisition using 31P of a healthy adult brain. In this exam-
ple, a 2-cm-thick slice was sampled using a selective 90
pulse followed by two phase-encoding steps so that the
free induction decays were acquired starting within 2 ms
of the excitation pulse. A 16¥16 grid was sampled as
shown in the image with a subsequent spectrum being
provided from each 1.5¥1.5¥2 cm3 voxel. A vial contain-
ing methylene diphosphanic acid located in the 31P coil
(not seen in the underlying proton image of the brain ac-
quired with a proton coil) is responsible for the signal in
voxels to the left but outside of the brain. A representative
31P brain spectrum from the indicated white box towards
the posterior of the brain as acquired with this 34-min ac-
quisition using optimized k-space sampling and a 2-s TR
is shown to the right and shows a prominent PCr peak at
0 ppm and the three ATP peaks at 3, 8 and 16 ppm.
Another nucleus of interest which can serve as marker for
metabolic studies of the brain is 13C. The 13C nucleus is
of very low abundance, however, compared to the much
more abundant isotope 12C which has no magnetic mo-
ment. Thus, although natural-abundance 13C spectra from
brain have been acquired [134, 142, 143], somewhat more
intriguing studies have been performed using 13C-en-
riched glucose infusion into the body [141, 144, 145]. As
the primary substrate in normal adult human brain, the
metabolism of glucose can be followed exquisitely as the
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Figure 12. A 16¥16 2D chemical shift image grid with corresponding 31P spectra from each voxel overlaid on a proton image of the axial
slice sampled. To the right is a 31P spectrum from the white box indicated in the axial slice.



labeled 13C on the glucose becomes labeled 13C on other
molecules along the two principal pathways of cerebral
energy metabolism. For example, Bluml et al. [145]
demonstrated increases in 13C-enriched glutamate, gluta-
mine and aspartate following infusion of 13C-labeled glu-
cose and also demonstrated the general safety of the pro-
cedure as applied to healthy adults, children and in patient
populations. The authors propose that such infusion stud-
ies may prove useful for studying pathological changes in
both adults and human newborns and yield valuable in-
formation regarding key steps in glycolysis and the tri-
carboxylic acid cycle. Primary impediments to such stud-
ies are the lack of multi-nuclear software on most clinical
scanners as well as the expense of enriching chemicals
with the rare 13C isotope, though the feasibility and pro-
mise of such studies has been clearly demonstrated.
The last nucleus we would like to discuss is the sodium
23Na nucleus. Compared to 31P and even 13C, 23Na has not
been as widely studied, partially due to a physical com-
plication. Namely, 23Na, unlike the other nuclei already
mentioned, is not a spin 1/2 nucleus but rather a spin 3/2
nucleus and so possesses an electric quadrupole moment
which considerably complicates its signal in biological
material [146, 147]. Despite this feature, which makes for
complicated and very rapid relaxation behavior, quite ex-
cellent imaging of the brain from the sodium nucleus has
been accomplished over the last two decades [148–150].
Again, lack of widespread multi-nuclear hardware and
relatively long scan times impede general use at this
stage, though the intrinsically important role of sodium in
maintaining cellular homoestasis clearly makes exploring
the properties of its MR signal from the human brain a
worthwhile endeavor.

Final remarks

Aspects of morphology, function and metabolism in the
living human brain are all accessible with modern MR
scanners. We have attempted to review the basic tech-
niques and information available from MR, which are ap-
plicable to studying brain structure and function. This re-
view has been, of necessity, non-comprehensive. Several
interesting approaches to tissue contrast, including mag-
netization transfer techniques which are sensitive to the
macromolecular content and its interaction with water
molecules, as well as novel contrast agents in develop-
ment for steady-state measurements of blood volume
or more exotic ‘molecular imaging,’ have not been dis-
cussed. In addition, the entire area of image-processing
techniques, in use and in development, to spatially regis-
ter one type of information, high-resolution morphology
images say, with lower-resolution fMRI maps of activa-
tion, have not been addressed. If there has been one com-
mon theme throughout the development of modern MR

applied to the human brain it has been the interdisci-
plinary nature of the work involved. Contributions
from physicists, physiologists, biologists, radiologists, neu-
rologists, computer scientists, hardware engineers and
chemists have all been critical for the rather amazing and
continuing growth of our understanding of the living hu-
man brain through modern MR methods.
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