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Magnetic resonance imaging (MRI) is a well-established
diagnostic tool that provides detailed information about
macroscopic structure and anatomy. Recent advances in
MRI allow the noninvasive spatial evaluation of various
biophysical and biochemical processes in living systems.
Specifically, the motion of water can be measured in
processes such as vascular flow, capillary flow, diffusion,
and exchange. In addition, the concentrations of various
metabolites can be determined for the assessment of
regional regulation of metabolism. Examples are given
that demonstrate the use of functional MRI for clinical
and research purposes. This development adds a new
dimension to the application of magnetic resonance to
medicine and physiology.

Nn rUCLEAR MAGNETIC RESONANCE (NMR) IS BASED ON THE

absorption of radio-frequency (RF) energy by the magnet-
ic moments of atomic nuclei in samples placed in a strong

magnetic field. The sensitivity ofNMR parameters to local chemical
environment and to molecular mobilities has long allowed NMR to
be used for structural studies and compound identification. In 1973,
Lauterbur added an entirely new aspect to the already vast array of
emerging NMR methodologies, namely image formation based on
NMR principles (1). This achievement has led to the highly
successful application of NMR imaging (or "MRI") to clinical
medicine.

Conventional MRI of the human body relies mainly on the
detection of the most abundant type of nuclei, the hydrogens in
water (and to some extent, fat). For discrimination of healthy and
diseased tissues, adequate contrast is essential. Such contrast de-
pends not only on differences in water concentration, but also on the
NMR relaxation times T, and T2 (see below), which in turn are
related to local mobilities and interactions (2). However, our
understanding of tissue water relaxation is still incomplete as a
consequence of the very complex intracellular environment (3).

Thus, in the clinical setting, an empirical knowledge ofdifferences in
relaxation parameters is used to obtain optimal contrast between
normal and pathological tissue, but the information is limited to
macroscopic structure and anatomy (4).

Recent developments in MRI have demonstrated the possibility
of adding function parameters to the information content. Sequen-
tial images of kinematic changes in macroscopic anatomical features
(5, 6), such as those that occur during joint motion or cardiac
contraction, are examples offunctional MRI. Several rapid imaging
methods have been proposed (7, 8) that can be used to visualize such
processes. Since their purpose is to study macroscopic (dynamic)
anatomy, we shall not include them in this review. Rather, we
concentrate on two new branches of functional imaging that
measure function on the microscopic or molecular level, namely (i)
imaging of molecular displacements and (ii) metabolite (or spectro-
scopic) imaging. The first group ofmethods relates to various forms
of transport. Diffusion, flow, and exchange are crucial elements for
the complex processes in living systems. The second group provides
information about the regulation of metabolism. We present the
principles of these techniques, each accompanied by a practical
example, and compare them with more established functional
imaging techniques such as positron emission tomography (PET),
single-photon emission computed tomography (SPECT), and con-
ventional radiological techniques.

Magnetic Resonance Properties for Studying
Function

Before describing the specific methods for functional MRI, we
review briefly some of the basic properties of nuclear magnetic
moments in a magnetic field (Fig. 1). The combined nuclear
moments give rise to a total magnetization along the axis of the
extemal magnetic field Bo (Fig. IA). By convention this axis is
labeled z and the magnetization along it is called longitudinal. Upon
perturbation by a short RF pulse, this magnetization is brought into
the xy or transverse plane, where it precesses with the Larmor
frequency

w = yBnucieus
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(1)
where -y is a nuclear constant. The magnetic field at the nucleus
(Bnucleus) results primarily from the field Bo imposed on the sample
but is modified by the chemical environment through chemical
bonds and through space. Thus nuclei in different environments
have slightly different resonance frequencies as expressed in their
values of nuclear shielding or chemical shift. With the inclusion of
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A Equilibrium (no signal) B Maximum signal C No signal (random phase)
z z z

x y~~~ x CO)B y x y

Fig. 1. (A) Equilibrium situation for an ensemble of nuclei in a magnetic
field oriented along the z-axis. The net nuclear magnetization aligns along z,
parallel to the external field, as shown by the arrow. No signal is detected by
the receiver (shown along the x-axis) because magnetization and the receiver
are perpendicular. (B) After a perturbation with a radio-frequency (RF)
field, the magnetization is in the xy, or transverse, plane and precesses
around the z-axis. Its position in time is given by phase O = wt, with w the
Larmor precession frequency depending on the local field (Eqs. 1 to 3). (C)
Situation of random distribution of phase in the transverse plane after all
nuclei have experienced different magnetic fields. No signal is detected since
positive and negative components compensate.

the shielding a, the Larmor equation becomes

w = -yBo(l- c) (2)

For a single chemical species, such as the hydrogens in water, the
precessing magnetization induces an electric signal, oscillating at
frequency w, in the RF coil aligned along the x-axis in Fig. 1. At
time t, the position of the magnetization in the transverse plane
describes an angle 4) with the receiver axis (the phase), which is
related to the resonance frequency w by 4 = wt (Fig. 1B). Immedi-
ately after application ofthe RF pulse, all spins have equal phase and
a maximum signal is detected. Since the resonance frequency
depends on the magnetic field that the nuclei experience, local field
fluctuations (such as those caused by neighboring nuclei and
electrons) may change this frequency. After a period of time, this
range of frequencies leads to a spread in phase and no signal is
detected, since for each positive component there is a compensating
negative one (Fig. 1C). The time constant describing this phase
dispersion is T2, the transverse relaxation time. Concurrently, but
over a longer period of time, the z-component of the magnetization
returns to its equilibrium situation (Fig. 1A) with a time constant
TI, the longitudinal relaxation time. For example, in brain, water
has a T2 of the order of 100 ms while T1 may be 1 to 2 s depending
on the magnetic field strength used (3).
The innovative feature that permits NMR to be used for imaging

is the application of a magnetic field gradient G = dBJdr in the
direction r. Since the gradient causes a different field (Bo + Gr) at
each location r in the sample along the direction of the gradient, the
resonance frequencies of nuclei of the sample are labeled by their
locations according to the modified Larmor equation

() = -y(Bo+ Gr)(1-a) (3)

Several efficient methods for encoding the spatial information in
two or three dimensions are in use (2, 3, 9), the most common of
which use two-dimensional Fourier transform methods to label
orthogonal directions according to phase and frequency (10). Such
NMR images usually consist of 256 by 256 volume elements
(voxels) in a field-of-view of about 120 to 400 mm for each axis in
the plane and a plane thickness of 1 to 10 mm. Such a volume
element provides adequate signal-to-noise ratio for detection of the
hydrogen nuclei ofwater in the human body. Our discussion in this
article is limited to NMR ofwater (in which ar in Eq. 3 is a constant)
except for the later section on metabolite imaging.

In summary, the ensemble of nuclei is characterized by five
parameters: (i) magnitude of the longitudinal magnetization; (ii)
phase and magnitude of the transverse magnetization; (iii) reso-
nance frequency; (iv) longitudinal relaxation time TV; and (v)

Fig. 2. Flow imaging of the human head. Detailed information of the major
vessels is shown in an anterior-posterior projection. Acquisition details: Data
obtained in a three-dimensional matrix (256 by 256 by 128 resolution
elements) with a phase-contrast MRI method. Three data sets, each with
sensitivity to flow along mutually orthogonal axes, were combined to
produce the total-flow image. Field strength, 1.5 T. [Courtesy of C. L.
Dumoulin and S. P. Souza, General Electric Corporate Research and
Development Center, Schenectady, New York]

transverse relaxation time T2. A change in one of these parameters
may be caused by a function, such as blood flow, and may thus be
used to visualize or quantify that particular function (see below).
The intensity ofvolume elements in the resulting functional image is
no longer determined by the usual parameters of concentration, T,
and T2 of water, but by the functional parameter, for example, the
velocity of blood flow.

Flow Imaging
Imaging of flow has diagnostic value, because abnormal blood

flow in vessels is related to many diseases, such as cerebral vascular
disease and coronary heart disease. Long before MRI was devel-
oped, NMR methods were used for the measurement offlow (11).
When MRI techniques were first being applied, flow effects were
encountered as rather annoying image artifacts. However, in mod-
em MR angiography (visualization of the vascular system), flow
information is accurately depicted. It may be based on changes in
either the magnitude of the longitudinal magnetization [often
referred to as time-of-flight MR angiography (12)] or in the phase
of the transverse magnetization [usually termed phase-contrast MR
angiography (13)]. The time-of-flight approach relies on inflow into
a detection plane by nuclei whose longitudinal magnetization has
been perturbed (decreased) at another location, usually by a saturat-

ing RF field. It is a direct method, particularly useful for the study of
large vessels, such as the carotid artery bifurcation. It is less prone to
motion artifacts because the source of information is the longitudi-
nal magnetization. However, its information content is limited to
flow from the location where the perturbation was achieved to the
imaged plane.

In phase-contrast methods flow encoding can be carried out by
applying a bipolar gradient pulse, that is, two successive field
gradient pulses ofopposite sign (strength of the order of 0.01 T/m)
but equal duration 8 (of the order of 2 ms depending on actual
velocity) without delay between them. During the period 8 of the
first gradient, the resonance frequency of a nucleus at location r is
changed by an amount Wr (Eq. 3) and, similar to Fig. lB, the
precessing magnetization acquires a phase increment 4) = WA8. If the
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nucleus remains at position r during the second half of the bipolar
pulse, the phase change acquired during the first part is exactly
canceled. However, if the position of the nucleus has changed
between the two gradient pulses, because of flow, for example, the
phase cancellation is incomplete. Since the resulting net phase shift
is to first order proportional to the velocity, the latter quantity (in
the direction of the field gradient) can be quantified based on the
change in phase. This principle in its simplest form is referred to as a
flow-dephasing method, and the gradients are called flow-encoding
gradients. The signal of stationary nuclei is avoided by repeating the
basic experiment with the bipolar gradient reversed in sign, thereby
creating a sign-reversed phase due to flow and an equal phase for
stationary nuclei. Thus vectorial subtraction of transverse magneti-
zation leads to cancellation of all signal of stationary nuclei. This
approach yields a high information density, because all flow in the
direction of the phase-encoding gradients can be detected. The
method has to be repeated with the flow-encoding gradient in
different directions to describe the velocity in three-dimensional
space.

Detailed information of the major vessels in the human head can
be obtained by using phase-contrast MR angiography (Fig. 2).
However, the method has some drawbacks. First, signal can be lost
as a result of velocity and direction distributions within one volume
element. The resulting phase dispersion (Fig. 1C) may lead to an
underestimation of the regional flow velocity and thus hampers
quantification. This problem may be alleviated by using a stepwise
increase of the gradient strength of the flow-encoding gradients
(14). Second, since the method detects displacements, special care
must be taken to avoid macroscopic motion between the two
experiments, for example, due to the cardiac or respiratory cycle.

Since blood flow in the human body is mostly pulsatile, MR
angiographic methods have recently been designed to measure the
time dependence of flow velocity (15). Another approach is to
measure the acceleration of flow using specially designed gradient
pulses (16).
Of the more established flow imaging techniques, ultrasound is

the least expensive. However, deep and small vessels are difficult to
analyze, especially in the vicinity of bone. An often used alternative
approach is the tracing of a bolus of iodine contrast agent by
succesive x-ray images. This method offers superior spatial resolu-
tion and a high information content, but is invasive because of the
need of catheterization and the use of ionizing radiation. Also,
adverse effects of iodine may pose safety concerns.
MR angiography techniques can also be applied to body fluids

other than blood, for example, cerebrospinal fluid (CSF) (17).
Often, the urgency of a neurosurgical procedure is dictated by the
severity of alterations in CSF circulation and its relation to brain and
spine function. However, conventional methods for evaluating CSF
circulation require the injection of a tracer into the CSF spaces, for
instance, through a lumbar or occipital puncture (18).

Diffusion Imaging
Whereas the previous method identifies coherent displacements

of fluids, incoherent (random) displacements, like diffusion, may
also be studied by measuring changes in transverse magnetization.
Again, the history of this type of measurement goes back to the first
years of NMR research (19), when the principles of in vitro
molecular diffusion effects on magnetic properties were outlined. In
vitro random displacements are a consequence ofBrownian motion.
In vivo, boundaries of compartments, active and passive transport
processes, adsorption to macromolecules, and local differences in
flow velocity and direction may all influence incoherent displace-

ments (20-22). Since all incoherent motions inside a volume element
(voxel) are measured, the name intravoxel incoherent motion
(IVIM) imaging is a better description than "diffusion" imaging
(20, 21). Diffusion can also be measured with the bipolar gradient
pulse described above for flow measurement (23). Because of the
diffusional displacement, rephasing during the second gradient pulse
is incomplete. As a result of the random nature of molecular motion
in diffusion, a phase dispersion is caused, thus leading to a decrease
in the signal amplitude (24). The duration 8 of the gradient pulses
and the time A between their starts are usually longer for diffusion
imaging than for flow imaging, since diffusional displacements are
smaller. The residual signal amplitude S following a bipolar gradient
is related to that in the absence of the gradient So by

ln(S/So) = -y2G282 (A -8/3)D (4)

where D is the diffusion coefficient. This concept has only recently
been proposed for imaging (20, 25).

Fig. 3. Transverse im-
ages of cat brain fol-
lowing occlusion of
the middle cerebral ar-
tery. (A) Conventional
image: some hyperin-
tensity is seen on the
right side of the in-
farcted area, but the
boundaries of the af-
fected region are not
clearly outlined. (B) Calculated diffusion image showing the diffusion
coefficient for each voxel. The area with the lowered diffusion coefficient
corresponds accurately with the ischemic region. The artery was occluded 6
hours before acquisition of these images. Acquisition details: stimulated echo
image (displayed as 128 by 128 volume elements); echo time, 80 ms;
repetition time, 5 s; diffusion time, 143 ms; diffusion gradients of 12.5-ms
duration and 0.035 T/m in the horizontal direction of the image; slice
thickness, 3 mm; total acquisition time, 5 min (cardiac gated); and field
strength, 4.7 T. [Courtesy ofC. T. W. Moonen, M. H. M. de Vleeschouwer,
D. DesPres, J. Pekar, and P. C. M. van Zijl, In Vivo NMR Research Center,
National Institutes of Health, Bethesda, Maryland]
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Fig. 4. Coronal images obtained from a patient
diagnosed with a benign brain tumor (meningio-
ma). (A) Conventional image: the tumor (straight
arrows) and surrounding edema (curved arrows)
cannot be discriminated. (B) Calculated diffusion
(IVIM) image. The hyperintense area at the top
of the brain corresponds to the tumor. Beneath
the tumor, the area ofmoderately increased inten-
sity corresponds to surrounding vasogenic edema,
where water is as mobile as in cerebrospinal fluid
in the nearby ventricular cavities. The tumor
shows an even greater "apparent diffusion coeffi-
cient," tentatively attributed to high perfusion of
the tumor. The image was calculated from two
spin echo images of 1 mm by 1 mm in plane
resolution. Acquisition details: slice thickness, 10
mm; echo time, 140 ms; repetition time, 1700 ms
(cardiac gated); diffusion gradients of 35-ms du-
ration and 0.004 T/min in the vertical direction;
and field strength, 0.5 T. [Courtesy of D. Le
Bihan, Diagnostic Radiology Department, National Institutes of Health, Bethesda, Maryland]

In order to clarify the biophysics of the displacement of water in
healthy and diseased tissue, IVIM imaging is often done by a series
of images with different gradient strengths. The diffusion coefficient
is then determined for each volume element to separate the attenua-
tion due to IVIM from all other resonance characteristics. For
example, Fig. 3 was obtained in a cat brain 6 hours after the
occlusion of the middle cerebral artery, which is an established
experimental stroke model. The affected area is difficult to outline on
the conventional image, although some ischemic damage can be
seen (Fig. 3A). The stroke region is characterized by a drastically
lowered diffusion coefficient of water as compared with healthy
brain tissue (Fig. 3B). The physiologic basis for the lowered
diffusion coefficient is not entirely understood, but the effect, which
has been reported to be visible as early as 45 min (26), may be linked
to cytotoxic edema. In conventional imaging, abnormalities in
ischemic brain tissue are visible only after about 3 hours. Therefore
IVIM imaging may be superior to conventional MRI in the early
detection of stroke (26).
Another example is shown in Fig. 4 for a patient diagnosed with

meningioma. On the conventional MRI image, the tumor area and
surrounding vasogenic edema at the top of the brain could not be
distinguished (Fig. 4A). In the calculated IVIM image (Fig. 4B) the
area below the tumor could be identified as vasogenic edema on the
basis of the diffusion coefficient resembling that of cerebrospinal
fluid. The tumor shows an even higher "pseudo" diffusion coeffi-
cient, tentatively attributed to the high perfusion (vide infra) of this
tumor (21).

Interestingly, the diffusion coefficient in brain is anisotropic,
especially in the vicinity of myelin fiber tracts (26). Thus the
resistance to diffusional motion depends on direction. This effect
may be used to characterize tissue. Another application is the
noninvasive mapping of temperature (27). The basis of this method
is the well-established relation between diffusion and temperature.
This approach has been suggested to monitor, in real time, hyper-
thermia treatment of malignant tumors (24).

Imaging of Tissue Perfusion
The assessment of capillary circulation or tissue perfusion may be

used for evaluating the extent of hypoperfusion in stroke and the
degree of malignancy in gliomas. Treatment efficacy can be mea-
sured in follow-up examinations of tissue perfusion. Perhaps the
most interesting scientific (and in a later stage, clinical) potential is
imaging of organ function, especially with respect to adaptation of

capillary circulation following a change in stimulus. For example,
PET studies have shown that a correlation exists between brain
tissue activation and capillary blood flow, which is carrying nutri-
ents like glucose and oxygen (28). Similarly, heart function requires
adaptation mechanisms for oxygen supply, and therefore sensitive
regulation of perfusion of the heart muscle.
Although flow can be measured byMR angiography, attempts to

apply this latter technique to perfusion must deal with capillary size,
since the diameter of capillaries is orders of magnitude smaller than
the diameter of a volume element in MRI. The distribution of
capillaries is such that within any volume element the capillary
volume fraction is small (of the order of a few percent). Thus any
MRI method based only on flowing capillary water must pay a price
in sensitivity, and thus in spatial resolution, when compared with
conventional MRI. Additional problems in usingMR angiographic
methods for capillary perfusion are that the flow velocity is rather
small and that capillary direction is random to a certain extent,
leading to partial cancellation of signal. Ifthe capillary orientation is
completely random within one volume element, then the redistribu-
tion of capillary blood may be described in a manner similar to the
Brownian motion in diffusion and, as proposed recently (21),
imaged with diffusion (IVIM) imaging techniques.

Because of accuracy problems in detecting effects in only a few
percent of the available signal, a higher sensitivity to capillary flow
may be obtained with a method in which the stationary water
outside the vascular spaces is "influenced" by the capillary flow. The
measurement of the passage of a bolus of MRI contrast agent
provides such an opportunity (29). Contrast agents in MRM are not
directly visible but change the magnetic properties ofother nuclei in
close proximity, such as those ofthe water hydrogens in MRI. They
consist of transition metal or lanthanide series ions with a suitable
chelator (30). The signal of water can be altered by the contrast
agent in two different ways, either by changing the relaxation or
through bulk susceptibility effects, or both, as explained below.
The relaxation times (especially T1, but also T2) of nearby water

hydrogens in the capillaries can be lowered in the presence of
contrast agent. The T1 value in other compartments (intracellular or
interstitial) may then be lowered as a result of exchange of water
between different compartments or because contrast agent can leak
into these compartments. Permeability for contrast agents differs
strongly among different organs. In healthy brain, no contrast agent
can leak across the blood-brain barrier, whereas in heart, leakage
into interstitial spaces can easily occur. Recently, techniques have
been proposed that are designed to measure the transient decrease in
T1 of water as an indicator of the passage of contrast agent in
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capillaries in heart and brain (31).
Bulk magnetic susceptibility (32) within an organ can be altered

by MRI contrast agents to create differences in magnetic field
between the vascular system (where the majority of contrast agent
resides during the first passage) and extravascular spaces. These
magnetic field differences can be regarded as locally generated
magnetic field gradients, which extend beyond the vasculature
depending on size, geometry, and distribution of the vessels, and
may thus alter the phase of the transverse magnetization of all water
nuclei in a volume element. In addition, as nuclei move through the
locally generated gradient, their resonance frequencies and phase
change in proportion to it (33).
The relaxation and susceptibility effects of contrast agents are

often hard to separate, thus making it difficult to relate signal
intensity to concentration of contrast agent, a necessary element in
the quantification of flow. In addition, the information does not
reflect exclusively capillary circulation but includes flow in larger
vessels as well. Quantification is further complicated because an ideal
bolus of contrast agent is difficult to achieve, and the measured time
dependence curves reflect the organ transit function superimposed
on the arterial input function. However, recent results indicate that
information on blood volume and capillary flow may be obtained
with such methods (33). By tracking the time dependence of
neighboring volume elements, flow direction and history may also
be detected (34). Since the transit times of intravascular contrast
agents in brain is of the order of a few seconds, fast imaging
techniques, which acquire an image in a period of about 1 to 2 s, are
necessary.

Images of monkey brain following a bolus injection of contrast
agent [dysprosium diethylene triamine pentaacetic acid-bis methyl
amide (DTPA-BMA)] are shown in Fig. 5. Each image was
collected in 1.9 s, which permitted the measurement of time curves
of regional inflow and outflow. The signal decrease due to the
passage of the intravascular contrast agent can be dramatic (.80%

Fig. 5. Imaging of tissue perfusion of the monkey head in
transverse direction. At time t = 0 (upper left), a bolus of
contrast agent (dysprosium DTPA-BMA, 0.8 mmol per kilo- I
gram of body weight) was injected in a leg vein. The images at
time 10 s (upper right), 14 s (lower left), and 20 s (lower right)
show the passage of contrast agent. Acquisition details: gradient
recalled echo images; echo time, 11Ims; repetition time, 20 ms;
total acquisition time per image, 1.9 s; slice thickness, 5 mm;
resolution, 0.6 mm by 0.6 mm in the plane; and field strength,
1.5 T. [Courtesy of J. Frank, D. Doudet, R. Saunders, and T.
Aigner, National Institutes of Health, Bethesda, Maryland.
Contrast agent was provided by Salutar, Inc., Sunnyvale, Cali-
fomia]

in many volume elements only 14 s after injection) and the normally
high spatial resolution ofMRI can be maintained in these perfusion-
sensitized images.
Another example of the use of dynamic contrast is the identifica-

tion of abnormal kidney function (35). The paramagnetic contrast
agent (gadolinium DTPA) acts as a filtration marker that is freely
filtered by the kidney. The passage of this agent through the renal
vasculature into the tubules and collecting ducts demonstrates a
pattern of contrast that is readily explained based on the relevant
anatomy, physiology, and function of the parts of the nephron. This
result indicates the possibility of MRI as a screening technique for
nephrotoxic side effects of new pharmacological agents. A second
application is the study of cerebral perfusion. Differences in white
and gray matter have been observed as well as changes in perfusion
upon alterations in arterial pCO2 (33). Preliminary work in an
animal model of unilateral occipital cortical blindness has shown
differences in cerebral blood volume in response to visual stimula-
tion between intact and blinded cortices (36).

Contrast agents in MRI are also used to evaluate the integrity of
the blood-brain barrier. They can leak through a rupture into brain
tissues and lower the relaxation times ofwater hydrogens (especially
TI, but also T2). Future developments in functional MR contrast
agents will likely involve the design of pure intravascular agents
(bound to macromolecules) (37) that may be used to study heart and
tumor perfusion or target specific agents that are dependent upon
tissue uptake and excretion. Labeling of antibodies may become
feasible. Compounds that can be altered in vivo may also lead to an
understanding of organ physiology and pathological processes.

Altemative NMR methods for studying capillary perfusion use
magnetically labeled compounds that are directly visible by NMR
and whose concentration dependence on time can be interpreted by
flow parameters (38). Because of the small volume fraction of
capillary blood, such methods have a limited spatial resolution.
However, they have the advantage that exchange between the
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capillary spaces and other extra- and intracellular spaces can be taken
into account more directly.
Both PET and SPECT are currently used for assessing perfusion.

Each makes use of a bolus of radioactive material, which limits the
possibility of repeated examinations in a patient. Their spatial and
temporal resolution is less than that of MRI, but quantification of
perfusion is more straightforward.

Imaging of Exchange
Water exchange processes can be visualized by MRI (39). The

principal information source is the longitudinal magnetization. The
method relies on the nuclei of interest being in at least two pools
with different properties. If a resonance frequency can be found that
is characteristic for nuclei from one pool, their longitudinal magneti-
zation can be perturbed selectively by simply applying RF irradia-
tion at that particular resonance frequency. The nuclei in the other
pools are unperturbed unless there is a mechanism ofexchange (40).
In the latter case, the perturbation is carried over to the other pools,
or, in other words, a magnetization transfer between pools is
accomplished. Therefore the technique was named magnetization
transfer contrast (MTC) imaging (39).
The application to imaging of tissue water is possible because it

can, in first approximation, be described by two pools, one charac-
terized by water hydrogens in a relatively "free" state and the other
in an "immobilized" state, corresponding to water molecules in close
association with membranes or macromolecules. Since the reso-
nance linewidth of hydrogens of free water is relatively narrow
compared with that of bound water, one can selectively perturb the
hydrogens ofbound water by applying RF irradiation at a frequency
well beyond the resonance of the hydrogens of free water but within
that of bound water. Because of exchange of water between the
pools, the perturbation is transferred from the almost invisible pool
ofbound water to the easily observed pool of free water. Apart from
chemical reactions, other mechanisms of exchange may be involved
(41). Recent studies suggest that the mechanism of physical dis-
placement ofwater between the pools may be an important factor in
the size of the observed effects (42). Thus the information content
may be complementary to diffusion imaging, since it is visible only if
a molecule moves from one pool to another. Although the exact
mechanism is not entirely clear, the technique may have an impor-
tant advantage over diffusion imaging: the source of information is
the longitudinal magnetization (and not phase), implying that the
method is less sensitive to macroscopic motion. However, interpre-
tation in terms of a single functional parameter may prove difficult
because ofthe many possible processes involved. Some initial results
for the cat head are shown in Fig. 6, where the image obtained with
and without magnetization transfer contrast displays intensity differ-
ences. Muscle tissue has the largest decrease in intensity, followed by
white and gray matter, whereas CSF is hardly attenuated.

Imaging of Metabolites
In many diseases, the magnetic properties of water hardly change

in comparison with healthy tissue. For example, conventional MRI
of water has a disappointingly low contrast for hypoxic insults.
However, some metabolites may show dramatic differences in
concentration upon alteration in physiology or function. For in-
stance, lactate, phosphocreatine, free phosphate, and adenosine
triphosphate (ATP) change by an order of magnitude in concentra-
tion in early stages of ischemia (43, 44). Since these metabolites are
easily identified by the particular chemical shift (Eq. 2) of one or

58

more of their nuclei, they can be measured noninvasively with MRI
methods by adding a chemical shift dimension, often referred to as
spectroscopic or chemical shift imaging methods.

In 1974, metabolites were detected for the first time by NMR
spectroscopy in intact muscle (45). In the following years, emphasis
was on the measurement of the phosphorus nucleus because of the
importance of phosphorylated compounds in cellular energetics. A
31P NMR spectrum allows the determination ofthe relative concen-
trations ofATP, free phosphate, and phosphocreatine and the in situ

Fig. 6. Exchange weighted coronal images ofthe cat head. (A) Conventional
MRI image. (B) Magnetization transfer contrast. The difference between the
images is due to the exchange of tissue water between "free" and "immobi-
lized" water. Note that the surrounding muscle tissue shows a large signal
attenuation, whereas white and gray matter show a lesser but still appreciable
signal difference. Acquisition details: gradient recalled echo images; echo
time, 10 ms; repetition time, 420 ms; acquisition time per image, 14 min;
slice thickness, 1 mm, resolution, 0.4 mm by 0.4 mm; and field strength, 4.7
T. (A) No additional BF irradiation. (B) 400-ms RF irradiation, 10 kHz off-
resonance at 3.7 W. [Courtesy of S. D. Wolff and R. S. Balaban, National
Heart, Lung and Blood Institute, National Institutes of Health, Bethesda,
Maryland]
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assessment of pH. Applications include the study of disorders of
energy metabolism, muscle and heart physiology (43), and cancer
(46). However, many important biochemical processes do not
involve phosphorus. Other nuclei may provide alternative or addi-
tional information. For instance, proton NMR may reveal concen-
trations of neurotransmitters, osmolites, and glycolysis products
(44). Labeling with the nonradioactive 13C nucleus (44) may be used
to unravel biochemical pathways in vivo, similar to conventional
labeling with the radioactive 14C nucleus used in other techniques.
High spatial resolution in metabolite images is advantageous,

because metabolism may vary regionally (47). However, the mini-
mum size of a volume element depends on the NMR signal
strength, hence on the concentration ofthe molecule being studied.
For comparison, the concentration of water (with two equivalent
hydrogen nuclei) is about 40 M in most tissues, whereas that of
lactate (three equivalent hydrogen nuclei) may rise to a maximum of

10 to 30 mM during hypoxia. Therefore, if water can be measured
in conventional imaging with volume elements ofslightly less than 1
IlI, a voxel volume of 1 ml would be about the mirnimum attainable
for lactate. A significant price in resolution must be paid for
increased contrast and specific metabolic information.
Although the ideas for metabolite imaging were proposed several

years ago (48), the methods have been refined only recently in such a
way that clinical applications have started. Imaging of phosphorus-
containing metabolites has been demonstrated for humans (49), but
with rather limited resolution (volume elements of -15 ml). Proton
spectroscopy has an intrinsic 16-fold greater sensitivity, but the
overwhelming water and fat resonances often overshadow signals of
the less abundant metabolites. However, with increasing technical
sophistication (50, 51), informative brain metabolite images have
recently been obtained clinically (51). These studies have been
mainly limited to measurement of relative metabolite concentra-

Fig. 7. Imaging of metabolites of the human brain in transverse
direction. Images (A) and (B) are of a normal volunteer. (A)
Conventional MRI image. (B) Distribution of the metabolite
N-acetylaspartate (NAA) obtained by using a double spin-echo
method (resolution, 7mm by 7mm in the plane, slice thickness,
15 mm). Images (C) and (D) are of a patient diagnosed with an
astrocytoma, grade II. Surgery was performed 16 months prior
toMR examination. (C) Conventional MRI image showing the
position of the tumor. (D) Distribution of four metabolites.
Metabolite images are labeled: NAA, Cr (total creatine), Cho
(total choline), and Lac (lactate). The metabolite images do not
correspond to the full conventional MRI image, but only to the
rectangle (a region of 120 mm by 120 mm) superimposed on
the conventional image (C). Resolution in the plane 7.5 mm by
7.5 mm, slice thickness 25 mm. Other acquisition details: echo
time, 272 ms; repetition time, 2 s; acquisition time, 34 min; and
field strength, 1.5 T. [Courtesy of P. R. Luyten and J. A. den
Hollander, MR Physics Department, Philips Medical Systems,
Best, the Netherlands]
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tions. The value of these methods should increase if information on
active metabolism can be incorporated by measuring time evolution
of metabolites (52).
Some metabolite images in humans are compared with the

corresponding conventional images in Fig. 7. N-acetylaspartate
(NAA) is fairly equally distributed in the brain ofa normal volunteer
(Fig. 7B), but is dramatically altered in a patient diagnosed with
astrocytoma, grade II (Fig. 7D). Large differences are found in the
distribution of choline, creatine, NAA, and lactate, possibly indicat-
ing regions with rapid cell growth or hypoxia. These regional
differences indicate that tumor evaluation with a single volume
element may lead to incomplete assessment of metabolism. The
same criticism can also be applied to biopsies.

Discussion
Functional imaging has usually been associated with PET,

SPECT, ultrasound, computed tomography, and conventional angi-
ography (53). Information about flow and perfusion can be ob-
tained from conventional angiography, PET, and SPECT. Metabol-
ic information (for example, glucose turnover) can be obtained by
PET. In MRI, a variety of functional parameters can also be
incorporated, such as flow, diffusion, capillary perfusion, exchange,
and active metabolism. It is therefore useful to address two general
questions, namely, the distinctive nature offunctional MRI informa-
tion and its usefulness in clinical medicine or physiology.
The first question has been addressed to some extent in the

previous sections, but some general characteristics are summarized
here:

1) Except for ultrasound, MRI is the only functional imaging
technique that does not use ionizing radiation.

2) MRI images of water have better spatial resolution than
images from other methods, except for some conventional angio-
graphic techniques.

3) For imaging of metabolites, the spatial resolution of PET
appears slightly superior to MRI of metabolites. However, the
different information content of MRI images and potential for
encoding active metabolism on different time scales make it a
valuable alternative to PET.

4) With respect to small amplitude displacements, diffusion MRI
can detect average displacements of the order of micrometers.

5) A functional MRI examination can be performed directly
following conventional MRI, enabling straightforward comparison
of functional and anatomical parameters. In some cases, functional
parameters may even be obtained without appreciable time loss. For
example, tissue perfusion imaging with contrast agents takes less
than 1 min of actual measuring time.

6) MRI has a relatively low sensitivity. Therefore in contrast to
PET, molecules present in low concentration, such as receptor sites,
are difficult to locate by MRI, although some advances have been
reported recently (54).

7) The functional imaging methods discussed here (except for
imaging of exchange and time-of-flight angiography) depend criti-
cally on the care taken to minimize residual effects from the strong
magnetic field gradients that are used. The self-shielded gradient
coils (55) that are now coming into use can substantially lessen this
source of difficulty.

8) Motion during the time that the image is being obtained (a
period of the order of a few minutes for conventional MRI
techniques) can cause serious problems. Resulting artifacts can be
reduced in some instances by using accurate synchronization with
the motion (for example, the cardiac or respiratory cycle), but in
general the problem of macroscopic motion may be overcome only
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by methods that significantly reduce the time required to obtain an
image. The FLASH method (8), with an imaging time of200 ms to
a few seconds, is helpful, and even greater improvements can be
expected from current developments in the very fast echo-planar
imaging (EPI) technique (7), with an imaging time of less than 100
ms.
The question of the usefulness of information provided by

functional MRI imaging applies generally to all functional imaging
modalities. For research purposes, such information is often crucial
to the understanding of function and physiology in healthy and
diseased states. The clinical utility of functional MRI in individual
patient management can be assessed less readily in this initial phase
of its development. However, a few developments are quite promis-
ing. For example, in stroke, diffusion MRI appears to detect
diseased regions at a much earlier stage than conventional methods.
In tumor therapy, imaging of metabolites and of capillary perfusion
may provide an earlier indication of the efficacy of the therapy than
conventional MRI. It is anticipated that functional MRI will be
applied more generally with further advances in very fast imaging,
hardware, and specific software.
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Mass Spectrometry and Its Use ma
Tandem with Laser Spectroscopy

E. R. GRANT AND R. G. COOKS

Mass spectrometry is undergoing rapid development,
especially with the extension of its range into the hun-
dreds of kilodaltons, the emergence ofthe quadrupole ion
trap as a high-performance instrument, and the develop-
ment of techniques for recording three-dimensional spec-
tra. These advances are summarized in this review; in
addition, the power of the combination of lasers and mass
spectrometers is given particular emphasis. Their combi-
nation has contributed recently to chemical dynamics, to
the study of cluster structure and reactivity, and to the
elucidation of the properties of highly excited molecules
and ions.

M ASS SPECTROMETRY (MS) IS BOTH A SELF-CONTAINED

discipline and an instrumental method used widely in the
sciences. This article attempts to provide a snapshot of

current activities of both types. In the first part, which covers recent
advances in MS, we (i) discuss advances in ion production from
biomolecules by laser desorption and by desolvation methods
("spray techniques"), especially those which yield intact multiply

charged molecular ions and thereby extend the mass range of mass
spectrometers into the tens and even hundreds of kilodaltons
without requiring any changes in the instrument itself; (ii) summa-
rize the state of the art in biomolecule structural analysis; (iii)
present the rapid evolution of the simple quadrupole ion trap into a
high-performance instrument capable of multiple stages of mass
analysis (MS' experiments), very high mass-to-charge (m/z) range,
and exquisite sensitivity; (iv) emphasize the exciting multidimen-
sional experiments made possible by multiple analyzer instruments;
and (v) present MS evidence for the existence of elusive neutral
molecules, including those important in astrochemistry. We further
illustrate the applications ofMS in the second part through a single
representative topic-its use in physical chemistry research, especial-
ly in structural and dynamical studies on small molecules in combi-
nation with laser spectroscopy. Included is a discussion of laser
multiphoton ionization (MPI) and dissociation and its applications
to reaction dynamics, the dynamics of reactive scattering, and the
properties of cluster species and other ions as elucidated by laser-
based MS techniques.

Recent Advances in Mass Spectrometry
High molecular weight measurement. Traditionally a major applica-

tion of MS has been the measurement of molecular weights of
organic compounds in the mass range below 1000 daltons. The
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