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ABSTRACT The techniques of in vivo
magnetic resonance (MR) imaging and
spectroscopy have been established over the
past two decades. Recent applications of
these methods to study human brain func-
tion have become a rapidly growing area of
research. The development of methods us-
ing standardMR contrast agents within the
cerebral vasculature has allowed measure-
ments of regional cerebral blood volume
(rCBV), which are activity dependent.
Subsequent investigations linked the MR
relaxation properties of brain tissue to
blood oxygenation levels which are also
modulated by consumption and blood flow
(rCBF). These methods have allowed map-
ping of brain activity in human visual and
motor cortex as well as in areas of the
frontal lobe involved in language. The
methods have high enough spatial and tem-
poral sensitivity to be used in individual
subjects. MR spectroscopy of proton and
carbon-13 nuclei has been used to measure
rates of glucose transport and metabolism
in the human brain. The steady-state mea-
surements of brain glucose concentrations
can be used to monitor the glycolytic flux,
whereas subsequent glucose metabolism-
i.e., the flux into the cerebral glutamate
pool-can be used to measure tricarboxylic
acid cycle flux. Under visual stimulation the
concentration of lactate in the visual cortex
has been shown to increase by MR spec-
troscopy. This increase is compatible with
an increase of anaerobic glycolysis under
these conditions as earlier proposed from
positron eniission tomography studies. It is
shown how MR spectroscopy can extend
this understanding of brain metabolism.

During the last century it has become
evident that sensory, motor, and cogni-
tive functions can be mapped to discrete
anatomical regions of the human brain.
Early functional localization was often
based upon changes in function following
discrete brain lesions. These studies
were extended by experiments in which
electrical stimulation of discrete brain
regions elicited movements, sensations,
or complex cognitive functions such as
language comprehension or memory.
Powerful methods of modem biology
have increasingly been concentrated on
understanding brain function. Pioneering

work of Kety and Schmidt (1) stimulated
research on the coupling between brain
electrical activity, metabolism, and cere-
bral blood flow. Recent radiolabel mea-
surements, particularly positron emis-
sion tomography (PET) of spatially local-
ized blood flow and metabolism, have
provided new insights into the mapping
ofbrain activity (2). The visual cortex has
been the subject of particularly intense
physiological, pharmacological, histolog-
ical, and functional studies, although
other sensory regions have been actively
explored (3). Even complex cognitive
functions of the frontal cortex are being
identified and localized (4-6).

In the past few years nuclear magnetic
resonance (NMR) spectroscopy (MRS)
and NMR imaging (MRI) have been used
to map brain function. Both methods take
advantage of the spin magnetic moment
of certain nuclei, which usually have
been 1H, 13C, or 31p. When placed in a
static magnetic field (Bo), the nuclear
magnetic moment results in the nuclear
spin projections being quantized with re-
spect to the magnetic field. The energy
difference between parallel and antipar-
allel orientations in frequency units is
proportional to the magnetic field by the
Larmor relation v = (y/21r)Bo, where 'y is
the gyromagnetic ratio characteristic of
the particular nucleus. In the NMR ex-
periment, transitions between spin orien-
tations are induced by a radio frequency
(RF) field at the Larmor frequency. The
RF signal emitted by the NMR transition
is measured by magnetic induction in a
receiver coil. The Bo fields available for
human brain experiments limit the Lar-
mor frequency to the 20- to 200-MHz
range. MRI measures the spatial distri-
bution of magnetic nuclei by using mag-
netic "gradient" coils to produce a linear
dependence of the Bo field on position,
thereby establishing a direct connection
between Larmor frequency and location.
During acquisition of the MRI signal, the
gradient coils are pulsed on three orthog-
onal axes to spatially encode the signal.
After the signal is stored in a computer, a
multidimensional Fourier transformation
is applied to produce an image of the
spatial distribution of the water signal.
The image is divided into equal-size vol-
ume elements, which are called "vox-

els." The difference in signal intensity
between different voxels creates an im-
age with contrast. Because of the high
concentration of H20 in vivo (=40 M),
the NMR signals are strong, so that mod-
em MRI systems can resolve structures
as small as 1 mm3 in humans. Imaging has
been rapidly developed since 1973 (7), so
that by 1977 images of H20 in the human
body had been reported (8) and by 1983
commercial instruments were being in-
stalled in hospitals for clinical service.
MRS in vivo builds upon well-estab-

lished methods, which show that the
same nucleus-i.e., 1H, 13C, or 31p-at
different molecular sites will resonate at
different frequencies in the same Bo field,
thereby allowing resonances in the spec-
trum to be resolved and assigned to spe-
cific sites in different molecules. The first
in vivo NMR spectra were obtained ofthe
31P nuclei in a suspension of erythrocytes
(9). MRS studies ofhumans, which began
with 31P NMR of limbs (10), have been
extended to include 13C and 'H NMR
observations (11) and are now routinely
made on the human abdomen and brain.

It is the purpose of this article to show
how recent developments of MRS and
MRI methods for studying the human
brain are beginning to provide informa-
tion about the spatial localization and
metabolic changes associated with hu-
man brain activity. We sketch, at this
early stage, the nature ofthese newNMR
methods and indicate their accomplish-
ments and promise as well as their pre-
sent availability and limitations.

MRI Studies of Brain Functional
Activation

Physical Dependencies of the MRI Sig-
nal. In MRI measurements of function-
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nance; MRS, magnetic resonance spectros-
copy; MRI, magnetic resonance imaging;
PET, positron emission tomography; rCBF,
regional cerebral blood flow; rCBV, regional
cerebral blood volume; rCMRglc, regional ce-
rebral metabolic rate of glucose; rCMRO2,
regional cerebral metabolic rate ofoxygen; Ti,
longitudinal (spin-lattice) relaxation time; T2,
transverse (spin-spin) relaxation time; T , ap-
parent T2; TE, echo time; vt,ca, tricarboxylic
acid cycle rate; FLASH, fast low-angle shot
method; EPI, echo-planar imaging.

3127



Proc. Natl. Acad. Sci. USA 90 (1993)

related changes in brain activity (func-
tional MRI), the activated regions are
mapped on the basis of changes in re-
gional cerebral blood flow (rCBF), vol-
ume (rCBV), or oxygen metabolic rate
(rCMRO2), which affect the NMR relax-
ation times T* or T1. In the MRI exper-

iment, RF excitation of the H20 proton
spins (which induce the NMR signal) also
drives the spins from thermal equilib-
rium. The time required for the system to
return to thermal equilibrium is charac-
terized by a decay constant T1 known as

the longitudinal (spin-lattice) relaxation
time. The rate ofthe return to equilibrium
is increased if nonexcited spins enter the
region, so that T1 measurements of H20
are affected by tissue perfusion. After
excitation, the NMR signal decays expo-
nentially with a decay constant T2 known
as the transverse (spin-spin) relaxation
time. If the applied Bo field is inhomoge-
neous and varies spatially across the
voxel, the signals from different portions
of the voxel lose phase coherence, result-
ing in a shorter decay constant, the ap-

parent T2 designated T*. These inhomo-
geneities arise from two sources: (i) the
macroscopic (m) inhomogeneities due to
imperfections in the magnet and inhomo-
geneities produced at interfaces between
the brain and large regions of different
magnetic susceptibility, such as the air-
filled sinuses; and (ii) microscopic (,u)
variations in susceptibility of which
erythrocytes in the capillaries are the
major biological contributor but which
can be enhanced by intravascular injec-
tion of paramagnetic complexes called
contrast agents. The result of these field
variations on T * can be expressed as

1/T* = 1/T2 + 1/TT + 1/TA, [1]

where 1/T' and 1/T2 additional

signal decay rates due to Bo inhomoge-
neity. The magnitudes of these field vari-
ations are proportional to Bo, making T*2
shorter at higher magnetic fields.
The majority of functional MRI exper-

iments have measured changes in T 2
induced by brain activity. These changes
are measured by subtracting images ob-
tained in a baseline state from those ac-
quired during activation, voxel by voxel.
They arise from changes in the micro-
scopic magnetic environment around the
capillaries that alter T" and consequently
T * (Eq. 1). For the voxel intensity to be
sensitive to T *, a time delay referred to as
echo time (TE) is placed between RF
excitation and image acquisition during
which the signal (S) in each voxel decays
by

S(TE) = S(0)exp(-TE/Tj). [2]

Since T2 and T' are not expected to
change during brain activation, the frac-
tional change in image intensity depends

only on T' and TE. With a refocusing
pulse sequence, the signal intensity de-
pends upon TE and T2 instead of T *, and
this sequence is sometimes useful in
functional imaging.

Fast MRI Methods. Functional images
can be obtained at subsecond resolution
by using fast MRI methods. In addition to
allowing short-lived brain processes to be
studied, fast MRI has the advantage of
obtaining images undistorted by sample
motion. There are two main types of fast
MRI: (i) methods that require multiple
RF excitations such as the FLASH (fast
low-angle shot; ref. 12) method and (ii)
echo-planar imaging methods (EPI) (13),
which require a single RF excitation.
Multiple excitation methods require at
least one RF pulse for each line of the
image matrix (12, 14). In the FLASH
method, each line is acquired in =5-15
ms, giving a total acquisition time of
1.5-4 s for a 256 x 256 image matrix.
Smaller image matrices require propor-
tionally less time, since fewer lines are

sampled. To minimize the acquisition
time, it is necessary to apply excitation
pulses close together, and extensions of
the FLASH method such as Turbo-
FLASH can reduce the data collection
time to =300 ms (15). The EPI technique
uses a single excitation pulse acting on
the full equilibrium magnetization and
then collects the full image data in a single
acquisition. Typical total acquisition
times for EPI are 40-128 ms, which are

capable of eliminating almost all effects
of subject motion during acquisition.
However, for all MRI methods, motion
between images can complicate interpre-
tation of changes in voxel intensity, and
some form of head restraint is desirable.
The EPI experiment requires high-field
homogeneity (long values of Tm'), as the
magnetic coherence must last longer than
during multiple RF methods. In addition,
EPI acquisition requires more rapid
switching of the Bo gradients than do the
FLASH methods, and this switching is
generally not available on clinical MRI
instruments.
MRI Studies of Functional Brain Acti-

vation Using Contrast Agents. In pioneer-
ing experiments at the Massachusetts
General Hospital, it was shown that a
bolus ofthe standard MRI contrast agent,
a chelate complex between diethylenetri-
aminepentaacetic acid (DTPA) gadolin-
ium(III) (Gd-DTPA), could be used as a
tracer for blood volume (16). Although
the Gd-DTPA complex is confined to the
vasculature by the blood-brain barrier,
the large microscopic magnetic field gra-
dients induced in the capillaries by the
paramagnetic gadolinium(III) ion extend
into the tissue and drastically reduce T)
and hence T2 (Eq. 1). Gadolinium(III)

also reduces T2, presumably by H20 dif-
fusion into capillaries, which as shown in
Eq. 1 will also reduce T *. When an

imaging sequence sensitive to T * or T2 is
used, a loss of signal intensity is observed
in the image voxels where Gd-DTPA is
present. Research with animal models
has established an empirical relationship
between blood volume and the loss of
voxel intensity in a T - or T2-weighted
MR image as a function of Gd-DTPA
concentration (17-19). Belliveau et al.
(16) exploited this property to study brain
function by rapidly injecting a bolus of
Gd-DTPA into a vein, where it would
pass into the heart and become entirely
mixed with all blood destined for the
brain. Such a bolus has a transit time of
-15 s between injection and arrival in the
brain, and its effects remain visible for an
additional period of =15 s. In this exper-
iment a T2-sensitive EPI imaging se-
quence (TE = 100 msec) was used to
monitor the passage of the bolus through
slices ofthe brain over time. The regional
signal changes were converted to a con-
centration-time curve from which rCBV
was calculated. To study brain function,
the experiment was performed during a
resting state and then again during visual
stimulation. By taking the difference be-
tween the two CBV maps, an increase in
blood volume was demonstrated in the
primary visual cortex (Fig. 1) during vi-
sual stimulation.
MRI Studies of Brain Activation Using

Hemoglobin-Based Contrast. The Gd-
DTPA method has the disadvantage of
requiring a bolus tracer injection, which
has a delay due to delivery and which
limits the number of measurements on a
subject. In 1990 Ogawa et al. (20) dem-
onstrated that an MRI sequence that is
sensitized to small changes in T* can
detect changes in blood oxygenation
level via the local microscopic field gra-
dients created by deoxyhemoglobin
(Hb), which is paramagnetic, in contrast
to oxyhemoglobin (HbO2), which is dia-
magnetic. Changes in the amount of Hb
in the capillaries create effects similar to
Gd-DTPA but on a much smaller scale.
By reducing the level of blood oxygen to
increase Hb content while imaging a rat
brain at 7 T (tesla), they observed a
darkening of the image around the major
blood vessels. Further experiments by
Ogawa et al. (21) using graded levels of
anesthesia showed changes in image in-
tensity as the brain activity was reduced
that correlated with electroencephalo-
graphic recording. In 1991 Turner et al.
(22) performed similar experiments in cat
brain at 2.0 T. Using a T*-sensitive EPI
sequence, they subjected the animal to 60
s of N2 anoxia and observed regional
decreases in image intensity as the con-
centration of Hb in the blood increased.
On restoration of the oxygen supply, the
signal returned to nearly normal inten-
sity. This demonstrated that transient
changes in blood oxygenation could be
followed dynamically by using fast MRI.
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FIG. 1. Color pattern on the human visual cortex reflects a local blood volume change
during photic activation. Injected material causes magnetic susceptibility changes as it flows
through brain vessels. {Courtesy of J. Belliveau and B. Rosen, Massachusetts General
Hospital; reproduced with permission [Science (1991) 254, 621; (copyright AAAS)].}

Several groups have recently applied
this method to the study of human brain
activation during stimulation ofthe visual
and motor areas of the cortex. Bandettini
et al. (23) used the EPI sequence with TE
= 50 ms at 1.5 T while carrying out a
finger-movement task. They observed a
4.3 ± 0.3% increase in signal intensity in
localized regions corresponding to the
motor cortex. Kwong et al. (24) applied
the technique to the visual cortex during
alternate periods of darkness and full-
field visual stimulation. They also used
the EPI sequence at 1.5 T with TE = 40
ms and observed a 1.8 ± 0.8% increase in
signal. Ogawa et al. (25) used a similar
visual stimulation paradigm and a fast
gradient-echo sequence (TE = 40 ms and
total acquisition time = 5-10 s) on a
human 4.0-T size MR system. Because of
the larger signal changes at the higher
field strength (8.2 ± 3.3%), they were
able to reduce voxel size to less than the
thickness of the cortex, demonstrating

1 ~~~~~~~~~~~~~
I

FIG. 2. Visual activation can be detected
by NMR without injected material as a result
of changes in paramagnetic Hb concentration
from oxygen changes during photic stimula-
tion. (Courtesy of K. Ugurbil, University of
Minnesota.)

that the increase in signal is confined to
the gray matter (Fig. 2).

In several studies the temporal re-
sponse of the image changes to visual
stimulation have been measured. Kwong
et al. (24) applied visual stimulation for 60
s and reported a 4.4 + 2.2-s delay before
the response was detected. Blamire et al.
(26) measured visual stimulation with
EPI at 2.1 T with TE = 70 ms, which gave
a 9.7 ± 2.8% change in signal. For a 20-s
stimulation period, they measured a
mean delay of 5 + 2 s (n = 20) before a
signal change was observed. For a 2-s
stimulation period, a response was mea-
sured after the stimulation ceased (delay
= 3.5 ± 0.5 s). A similar delay has been
noted during a motor stimulation task
(27). The delayed response presently de-
termines the temporal resolution in this
kind of experiment.
MRI studies of functional brain activa-

tion depending upon Hb-based contrast
have all observed an increase in signal
during activation, which suggests that the
local (microscopic) field gradients have
been reduced. The reduced local field
gradients imply a decrease in the amount
of Hb in the capillaries, which is seem-
ingly paradoxical considering the in-
crease in rCMRO2 and rCBV associated
with neuronal activity. However, it is
known from PET studies that regional
blood flow also increases during visual
stimulation (28), and this may overwhelm
the small reported increases in CMRO2.
Alternative mechanisms postulating
changes in capillary distribution due to
recruitment with increased blood flow
must also be considered in any complete
model of this mechanism.

Since the publication of the first func-
tional MRI results, many groups have
repeated the visual-stimulation para-
digms (29-31) and extended their exper-
iments to investigate other types of sen-
sory and cognitive stimulation (32, 33,
82). Importantly, it has been shown that
conventional imaging methods with data
acquisition times of 5-60 s can under the
right conditions show the stimulation ef-
fects (30, 34, 35). W. Schneider (personal
communication) has begun a detailed
analysis of the human visual cortex. By
using an optical projection system, com-
puter-generated stimulation patterns
have been used to excite the different
areas of the cortex. Belliveau et al. (36)
have mapped the increase of signal re-
sponse to different frequencies of stimu-
lation. Activity in the visual cortex has
also been reported during imagined vi-
sual stimuli (37). Studies have been made
to determine the optimum TE and slice
thickness for the imaging experiments
(38-40).
We have made echo-planar functional

images of word repetition and generation
paradigms adapted from PET studies and
have observed activation of the left fron-
tal cortex (41) similar to the PET results
but with improved temporal and spatial
resolution (Fig. 3). A study of the re-
sponse to passive word presentation has
also been made (42).
MRI Studies of Functional Activity-

Related Changes in Flow/Perfusion. MRI
methods of measuring perfusion are
based on Kety's method (43) for measur-
ing cerebral blood flow with a freely

FIG. 3. Functional MR image showing ac-
tivation of left prefrontal cortex during a verb
generation task. Images were acquired during
a resting state and while the subject was gen-
erating verbs to match auditorily presented
nouns. The image shows the increased activity
in the left prefrontal cortex (Brodmann's areas
47 and 10) (unpublished data).
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diffusible tracer. Adaptations of this prin-
ciple for MR experiments have used ei-
ther 2H20 (44-47) or H170 (48, 49) as
exogenous tracers. In other experiments
selective inversion of the proton spins by
RF excitation labels the endogenous wa-
ter in the region (24, 50, 51). Under
conditions ofno blood flow, the observed
T1 is equal to the actual Tl, whereas under
conditions with blood flow, H20 proton
spins at thermal equilibrium from outside
the region of RF excitation are brought
into the system, which hastens the return
to equilibrium and allows rCBF to be
calculated. It has been demonstrated at
1.5 T with a selective inversion MRI
method that blood flow changes can be
observed during activation of human vi-
sual cortex (24).
Hardware Requirements for Functional

MRI. The majority ofreported functional
imaging studies have been performed at
static field strengths available in com-
mercial MR imaging systems-i.e., 1.5-
2.0 T. For Hb-contrast MRI, the frac-
tional signal change appears to increase
with field strength (81) as expected. At
present, systems up to 4 T are in opera-
tion, and several have reported func-
tional MRI results (25, 29, 38). The RF
requirements for functional MRI are the
same as for conventional MRI, although
specialized RF coils are required at field
strengths above 2 T. To switch the gra-
dients rapidly for subsecond fast imaging
it is necessary to have shielded gradient
coils, which are presently available on
many conventional imaging systems.
High-resolution (voxel size <3 x 3 x 10
mm) EPI requires more powerful gradi-
ent amplifiers than are available on most
conventional imaging systems or the use
of a specialized high-efficiency gradient
insert coil (23), which has a smaller di-
ameter than the gradients in conventional
imaging systems. Both high-power gradi-
ent amplifiers specialized for fast MRI
and insert gradient coils are commer-
cially available. To maximize the signal
strength during Hb-contrast functional
MRI, it is necessary to minimize macro-
scopic field inhomogeneity by using a set
of magnetic shim coils (and hence to
maximize T in Eq. 1). Most commercial
systems have adequate shim coils for this
purpose, and automated computer rou-
tines to perform this minimization pro-
cess are now available (52) but are diffi-
cult to install on clinical systems.

After the MRI signal is digitally sam-
pled, it is stored in computer memory. A
typical fast MRI requires 16 kilobytes of
data per slice (128 x 128 matrix), and
since multiple slice images are obtained
every few seconds, the data storage re-
quirements are severe. Fourier transfor-
mation and subsequent numerical analy-
sis and three-dimensional display of large
image data sets demand high cpmputer
speed and graphics capabilities, and sys-

tems are presently being developed that
are optimized for this purpose.

MRS Studies of Functional Activity and
Metabolism

MRS studies of functional activity-
related changes in brain metabolism de-
pend mainly upon the 'H nucleus, which
is the most NMR-sensitive to maximize
signal strengths of the dilute metabolites
that are in the millimolar range. 'H MRS
measurements of metabolites require
voxels of >1 cm3 and acquisition times of
several minutes. Initial studies on animal
brain (53, 54) demonstrated that several
resonances of compounds relevant to
metabolic studies can be measured in-
cluding alanine, aspartate, glutamate,
glutamine, y-aminobutyric acid, and lac-
tate. Initial human studies (55, 56) were
limited to the strongest resonances in the
'H NMR spectrum, which are from
N-acetylaspartate, from creatine and
phosphocreatine, and from quaternary
ammonium methyl groups-e.g.,
choline. Only recently with improve-
ments in MRS methodology have ade-
quate sensitivity and resolution been ob-
tained to study the weaker resonances of
lactate, glutamate, and glucose in hu-
mans. Some of the potential uses of the
resonances for studying metabolism and
recent applications to studies of meta-
bolic changes during visual stimulation
are described below.
MRS Methods for Measuring Anaerobic

Glycolysis. The basal concentration of
lactate in the human brain was measured
by 'H MRS homonuclear editing tech-
niques to be -0.6 mM (57). Earlier ani-
mal studies had shown that 'H MRS can
measure elevation of lactate due to an-
aerobic glycolysis during hypoxia, an-
oxia, and ischemia (53). 'H MRS mea-
surements of lactate intensity have been
made in tumor and stroke, where its
concentration has been followed over
time and its spatial distribution plotted
(58-60). In addition to measuring lactate
concentration, 'H MRS has been used to
follow lactate production in a human
brain infarct by infusing a stable stroke
patient with [1-13C]glucose and observing
the 13C isotopic turnover of the stroke-
increased lactate pool (61).
MRS Methods for Measuring Glucose

Transport and Metabolism. The concen-
tration of glucose, the primary brain fuel,
has been measured in the human brain by
'H (62-64) and by 13C (65) MRS. 13C
MRS measurements were used to evalu-
ate the kinetic parameters of glucose
transport across the blood-brain barrier
in a 144-cm3 volume of occipital cortex.
In the 13C MRS experiments, the brain
glucose concentration (Gi) was measured
at different concentrations ofplasma glu-
cose (Go) under steady-state conditions
(65). The data were then fitted to the

accepted symmetrical Michaelis-Menten
model of glucose transport across the
blood-brain barrier:

dGi Go
Tm - GiTm

dt Go+ Kt T G + Kt

- CMRSIC, [3]

in which the change in brain glucose with
time, dGi/dt, was set equal to zero to
determine the transport parameters T.
and Kt. With the regional glucose meta-
bolic rate (rCMRIjc) assumed to be 0.3
mM/min, based on previous measure-
ments by PET (66), a value of 1.08 mM/
min was determined for T.. and 4.9 ±
0.9 mM for Kt. Recently we have dem-
onstrated that similar glucose transport
kinetic parameters can be determined by
using 'H NMR (67) during a transient
measurement after plasma glucose is rap-
idly increased. The 'H MRS measure-
ments have a potential volume resolution
of <12 cm3.
MRS Methods for Measuring the Tri-

carboxylic Acid Cycle Rate (Vtr,). To
study cerebral glucose metabolism by
MRS, methods have been developed to
follow 13C label from enriched [1-_3C]glu-
cose as it is metabolized. The most sen-
sitive experiment consists of infusing en-
riched [1-_3C]glucose into a vein and
measuring the turnover rate of the 13C
isotope in the brain glutamate pool. To
improve sensitivity, the 13C enrichment
of the C4 position of glutamate is mea-
sured by observing its effect upon the
proton resonance of the geminal protons
(68). Animal studies using this method
(68, 69) have been interpreted to give
quantitative values of Vt,a by fitting the
measurements to a model validated in the
rat brain (70). The tricarboxylic acid cy-
cle flux can be directly compared with
rCMRO2 by using established stoichio-
metric relationships. A study by Roth-
man et al. (71) measured the time course
of '3C-label incorporation into C4 of glu-
tamate in 24 cm3 of human occipital cor-
tex at 2.1 T and found good agreement
with reported PET measurements of
rCMRO2 and rCMRIOc. Recent improve-
ments in the MRS methodology at 2.1 T
allow determination of Vt. in "'6 cm3 of
the cortex with a statistical accuracy
based on measurement noise of ±7%
(72). With optimized electronics at a field
of 4 T, a further 2- to 4-fold spatial
resolution improvement should be
achievable.
MRS Studies of Visual Stimulation.

PET studies of the visual cortex pub-
lished in 1988 (73) reported that upon
stimulation with a moving checkerboard
pattern, the value of rCMR11i1 increased
by =50%6, while rCMRO2 increased only
-5%. Regional cerebral blood flow also
increased by =500o during visual stimu-
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lation. The decoupling between glucose
and oxygen metabolic rates led to the
suggestion that anaerobic glycolysis sup-
plied the additional cerebral energy
needs during visual stimulation, in which
case lactate should be formed. An earlier
study of stimulation of the rat paw had
shown an increase of CMRgj, and lactate
concentration in the somatosensory cor-
tex, and anaerobic glycolysis was sug-
gested to be the energy source (74).
To test the reported increase in anaer-

obic glycolysis during visual stimulation,
Prichard et al. (75) performed 'H NMR
measurements of human visual cortex
during visual stimulation and found an
=50% (0.3 mM) increase in lactate,
which peaked within 6 min after the start
of the stimulus. To obtain adequate sen-
sitivity, the spectra were acquired in
6-min periods in =12 cm3 centered in the
visual cortex. A subsequent study by
Sappey-Marinier et al. (76) confirmed
this increase in lactate level during visual
stimulation and found a similar peak lac-
tate increase within 6 min. Using inter-
and intrasubject averaging to obtain
3-min time resolution, Jenkins et al. (77)
found that the peak lactate increase oc-
curs within 3 min after the start of stim-
ulation. The appearance of lactate is con-
sistent with the proposed increase in an-
aerobic glycolysis, but the change was
smaller than expected from the =50%
increase of CMRg,c reported by PET if
this increase were sustained for the 40
min required for the rCMRgic measure-
ments. A possible explanation for this
discrepancy is that the mismatch be-
tween rCMRO2 and rCMRglc is transient,
which is not in contradiction to the PET
data (73) because rCMRO2 was measured
within 5 min after the start of stimulation.
Alternatively, the small increase ob-
served in lactate concentration may rep-
resent a new steady state of lactate con-
centration because of the increased syn-
thesis rate being balanced by an
increased rate of clearance. These possi-
bilities are presently being investigated
by MRS and MRI studies. Analogous
observations of lactate increase have
been measured by 'H MRS during audi-
tory stimulation (78).
The 50% increase of rCMRg51 reported

in PET studies during visual stimulation
should decrease the glucose concentra-
tion in the visual cortex from a basal
value of 1.2 mM to 0.4 mM if the kinetic
parameters determined by Gruetter et al.
(65) and Eq. 3 are applicable under acti-
vated conditions. A preliminary report
by Merboldt et al. (79) of brain 'H MRS
measurements during visual stimulation,
while not observing lactate in the resting
or activated state, did report a decrease
in intracerebral glucose levels in the vi-
sual cortex of =50%. If substantiated,
this kind of measurement would provide
a continuous monitor of rCMRglc during

activation. In conjunction with MRS
measurements of Vtca, which provides a
measure of rCMRO2, the time course of
the mismatch observed by PET between
rCMRgic and rCMRO2 may be tested.

In summary, MRS methods now exist
for measuring anaerobic glycolysis, for
determining kinetics and rates of glucose
transport across the blood-brain barrier,
and for deriving from the glutamate turn-
over the tricarboxylic acid cycle flux. In
addition, there is the possibility of mea-
suring rCMRglc from changes in brain
glucose concentration when the kinetic
parameters of glucose transport remain
constant. All of these MRS measure-
ments can be made in several cm3 of
brain, with the expectation of extending
this spatial resolution to =1 cm3 with the
higher magnetic fields becoming avail-
able for human studies.

Comparison with PET Functional
Activation Measurements

PET has set the standard for noninvasive
measures of rCMRglc, rCMRO2, rCBV,
and rCBF. Although it is premature to
compare all of the emerging NMR tech-
niques quantitatively with these well-
established PET methods, some prelim-
inary comparisons can be made.

Functional MRI using Gd-type con-
trast agents has been demonstrated to
measure rCBV with considerably im-
proved spatial resolution over PET mea-
surements and to quantitatively agree
with the PET rCBV values (16-19). In
functional MRI using Hb-based contrast,
the activation-related signal changes de-
pend upon rCBF, rCBV, and rCMRO2 in
a way that is not understood at present
quantitatively. However, the ability to
measure localized human brain re-
sponses to stimuli by this method has
already shown 1 order of magnitude
spatial-resolution improvement over
H"5O measurements of rCBF. This
method has localized cerebral responses
to visual stimulation to 1.3 x 2 x 12 mm
voxels in the gray matter of the visual
cortex of a single individual in a single
test (38). A study of frontal cortex re-
sponse to word generation (26) has ob-
tained better spatial resolution in individ-
ual subjects (4.5 x 6 mm) than obtained
in a similar PET study that required av-
eraging of the response in 17 different
subjects to demonstrate the activation
(80). In addition, time resolution of <2 s
for following responses to visual and mo-
tor stimuli has been obtained, and there is
no limit to the number of times the mea-
surement can be repeated because no
radioactive tracers are injected. A further
advantage of the MRI methods is the
direct superimposability of the functional
image onto a high-resolution anatomical
MRI scan without the complex coregis-

tration methods required with PET func-
tional images.
MRS methods for measuring Vtca from

the 13C turnover of glutamate provide a
similar spatial resolution to the PET
CMRO2 measurement and has the advan-
tages of using the nonradioactive 13C iso-
tope and of being insensitive to activity-
related changes in rCBF. MRS measure-
ments of rCMRIWc, through brain glucose
levels, promise resolution and sensitivity
comparable to PET measurements of flu-
orodeoxyglucose uptake and have the po-
tential advantages of measuring the me-
tabolism of glucose rather than of a non-
metabolizable analog, of having <15-min
time resolution, and of allowing continu-
ous monitoring of rCMRIJc.

Future Developments in Functional
MRI/MRS

It is clear that both MR and PET will
continue in parallel to explore parame-
ters of brain function. MRI methods for
measuring functional related brain activ-
ity have already demonstrated substan-
tial spatial and temporal resolution im-
provements overPET methods. The non-
invasive aspect of MR measurements
combined with further readily achievable
improvements in MR methods may ulti-
mately confer an advantage to this meth-
odology for activation and glucose utili-
zation studies. However, radioisotope
methods such as PET and single-photon
emission tomography (SPECT) will con-
tinue as the primary method for in vivo
receptor binding studies.

Brain activation studies will likely de-
velop along two related paths-clinical
use and basic neuroscience research.
Functional imaging promises to allow
noninvasive mapping of sensory and mo-
tor cortices as well as regions involved in
the receptive and expressive aspects of
language prior to excisional neurosur-
gery. Thus, this technique may supplant
the invasive electrical stimulation map-
ping studies now used for this purpose.
Invasive preoperative diagnostic tests
such as the sodium amytal, or Wada, test
used to determine language laterality
might be complemented or even replaced
by this new technology. If different brain
structures can be functionally activated
by particular cognitive tasks, then it
might be possible to assess the functional
integrity of those structures in patients
with disease. For example, if the hippo-
campi can be activated by a memory
task, then a sclerotic hippocampus that is
the site of origin of a seizure disorder
might be identified by a diminished acti-
vation response to that task. Fast NMR
imaging may well have the temporal res-
olution to track the spread of an epileptic
seizure. Functional imaging may also
provide a new set of dependent variables
upon which the efficacy of new treat-
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ments might be tested. For example,
drugs designed to slow or halt the pro-
gression of a dementia or other mental
disorder might be tested by longitudinal
assessment of the functional integrity of
an at-risk brain structure (such as the
hippocampus or prefrontal cortex).

Functional imaging will complement
existing methods for investigating the
functional role of different brain regions.
As techniques such as EPI have good
temporal resolution, it might be possible
to break experimental tasks into their
constituent elements to better under-
stand the role of particular brain struc-
tures in complex behaviors that involve
the interaction of many brain regions.
For example, activation during encoding
and retrieval phases of a memory task
can be observed independently at differ-
ent brain sites. If the extremely high
temporal resolution afforded by EPI can
be realized and combined with the high
spatial resolution ofMR methods, then a
truly dynamic picture ofbrain processing
will be achieved in which interactions
between regions on the millisecond time
scale can be studied.
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