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Abstract In this manuscript, basic principles of functional
magnetic resonance imaging (fMRI) are reviewed. In the
first section, two intrinsic mechanisms of magnetic reso-
nance image contrast related to the longitudinal and trans-
verse components of relaxing spins and their relaxation rates,
T1 and T2, are described. In the second section, the biophys-
ical mechanisms that alter the apparent transverse relaxation
time, T ∗

2 , in blood oxygenation level dependent (BOLD)
studies and the creation of BOLD activation maps are dis-
cussed. The physiological complexity of the BOLD signal is
emphasized. In the third section, arterial spin labeling (ASL)
measures of cerebral blood flow are presented. Arterial spin
labeling inverts or saturates the magnetization of flowing
spins to measure the rate of delivery of blood to capillaries.
In the fourth section, calibrated fMRI, which uses BOLD
and ASL to infer alterations of oxygen utilization during be-
havioral activation, is reviewed. The discussion concludes
with challenges confronting studies of individual cases.
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Functional magnetic resonance imaging (fMRI) provides a
sensitive, noninvasive tool for mapping patterns of activation
in the working human brain. However, how this tool works
is far from obvious, and to understand the strengths and lim-
itations of fMRI it is necessary to delve into the nature of
the magnetic resonance (MR) signal and how it is affected
by brain activation. The phenomenon of nuclear magnetic
resonance (NMR) is that certain nuclei, when placed in a
magnetic field, are able to absorb energy from an electro-
magnetic field oscillating at a particular frequency (the reso-
nance frequency). In addition, after being excited in this way
the nuclei can transfer energy back to a nearby detector coil
at the same frequency, like a bell that rings after being struck.
Also like a bell, the MR signal slowly fades away, and the
time constant for this decay varies in different tissues. An
additional key aspect of the NMR phenomenon, which lies
at the heart of MR imaging, is that the resonance frequency
is precisely proportional to the magnetic field at the location
of the nucleus. If a gradient field, a magnetic field that varies
in magnitude in a simple linear fashion along a particular
spatial axis, is applied to a sample in the magnet, the res-
onance frequency also varies in a simple linear way along
that spatial axis. The returned MR signal is then not a single
frequency, but a mix of frequencies, with the amplitude of
each frequency corresponding to the signal amplitude aris-
ing from a particular location. Taking the Fourier Transform
of the measured signal, to break the signal into its compo-
nent frequencies, produces a map of the amplitude of the
MR signal at different locations—an image (Twieg, 1983).
The interesting—and unexpected—phenomenon that makes
fMRI possible is that the decay time of the MR signal is very
slightly lengthened in response to brain activity. However, it
is not the neural activity itself that causes this, but rather the
changes in local blood oxygenation that accompany neural
activation. This blood oxygenation level dependent (BOLD)
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effect is the basis for most of the fMRI studies done today,
and while it provides a sensitive mapping tool, a quantitative
physiological interpretation of the magnitude of the BOLD
response is more problematic. Fortunately, other fMRI tech-
niques have been developed that provide additional windows
on brain activation, although these methods are not as widely
available. In this primer we focus on three MR methods to
image brain activity: BOLD contrast, arterial spin labeling
(ASL) perfusion imaging, and calibrated-BOLD functional
MR imaging. The proper application of MR brain-mapping
methods requires an understanding of the biophysical ba-
sis of these functional imaging methods. This primer at-
tempts to provide these basic principles. More comprehen-
sive discussions can be found in Buxton (2002), Jezzard,
Matthews, and Smith (2001), and Huettel, McCarthy, and
Song (2004).

Selective survey of magnetic resonance principles

In nearly all fMRI studies, the signal being measured arises
from hydrogen nuclei, simple protons, which are readily
abundant in biological tissue. Although an accurate descrip-
tion of the behavior of individual nuclei in a magnetic field
requires an understanding of quantum mechanics, a classical
physics view is sufficient to understand the basic behavior of
populations of MR observable nuclei given one key concept
from quantum mechanics: protons possess an intrinsic prop-
erty called “spin,” which forms the basis of the NMR phe-
nomenon. Spin is a quantum mechanical property that refers
to the intrinsic angular momentum of an elementary particle
(Buxton, 2002). Importantly for MR imaging, elementary
particles possess intrinsic magnetism that is proportional to
their angular momentum (Daniels & Alberty, 1966).

As a rough analogy, we may imagine a hydrogen proton
as a magnetic sphere that is rotating about its axis. When
placed in an external magnetic field (referred to as the B0

field), hydrogen protons will tend to align with the external
field, in a manner similar to a compass needle aligning with
the earth’s magnetic field. Protons aligned with the field are
in their lowest energy state, while protons anti-parallel to the
external field are in the highest energy state (it takes work
to point a compass needle in the direction opposite to the
earth’s magnetic field). In a large sample of protons, the ten-
dency of the proton spins to align with the magnetic field
is opposed by thermal interactions that tend to equalize the
spins aligned with and against the field. For a typical clin-
ical magnetic field strength of 1.5 Tesla (T), the difference
between the average number of spins aligned with the field
and the average number of spins opposed to the field is only
about 1 part in 100,000. Nevertheless, this small difference
is enough to create a weak equilibrium magnetization (re-
ferred to as M0) that is aligned with the main field. The time
constant for alignment with the field, and thus for the cre-

ation of M0, is called the longitudinal relaxation time, and is
referred to as T1. At typical magnetic field strengths used for
human brain imaging, T1 is about one second in gray matter,
a little shorter in white matter, and substantially longer (4–
5 seconds) in cerebrospinal fluid (CSF).

The source of the resonance of the nuclei is a bit more
complicated, and arises when the spin axis is tipped at an
angle to the main magnetic field. The interaction of the mag-
netic moment with the magnetic field tends to make the
nuclei align with the field, as described above. But because
the protons also have angular momentum, the application
of the external field initially leads the protons to precess
around the axis of the field, in a manner similar to a gyro-
scope precessing in the presence of the earth’s gravity field.
That is, the spin axis rotates around the axis of the magnetic
field. The rate at which the proton precesses is proportional to
the magnetic field and is called the Larmor frequency. For a
1.5 Tesla system, the Larmor frequency is 63.85 MHz (mil-
lions of cycles per second) for hydrogen nuclei. As noted
above, a key method in MR imaging is the use of gradient
fields, which produce linear spatial-variations in the mag-
netic field. The application of gradient fields causes spins at
different spatial locations to precess at different frequencies.
The spatial heterogeneity of precession frequencies codes
location and can be used to form images.

The significance of the resonance frequency is that an
additional magnetic field, perpendicular to the main field
and oscillating at precisely the resonance frequency, can be
used to tip over the equilibrium magnetization of a sample.
This creates a precessing magnetization that in turn creates
a detectable signal in a nearby detector coil. This additional
magnetic field is referred to as the B1 field, and because it
oscillates in the radio frequency (RF) range, and is only on
for a short time, it is referred to as an RF pulse. While the
B1 field is turned on, the magnetization follows a widening
spiral, gradually tipping away from the main magnetic field
B0 (see Fig. 1A). The net result at the end of the RF pulse
is that the magnetization is tipped away from the main mag-
netic field by an angle called the flip angle (or tip angle). One
can think of this as splitting the original equilibrium mag-
netization into two components: a residual component along
the longitudinal axis defined by the main magnetic field B0

(the z-axis), and a precessing component at right angles to
the main magnetic field, described as lying in the transverse
plane (x–y plane) (see Fig. 1B). Prior to the RF pulse, the
transverse components of spins are randomly oriented and
so sum to zero, and the effect of the RF pulse is to cre-
ate a coherent transverse component. Compare the random
directions of the spins in Fig. 1C before the B1 field is ap-
plied with the more coherent alignment of the spins after the
net magnetization has been tipped (Fig. 1D). The measured
MR signal is directly proportional to the magnitude of the
coherently precessing transverse magnetization.
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Fig. 1 Behavior of the net magnetization vector (large arrow) during
a magnetic resonance imaging experiment. A. The net magnetization
vector precessing in a widening spiral during the delivery of a radio
frequency pulse. B. Precessing of the net magnetization vector can be
represented by a residual component projected onto the Z-axis and a

precessing component that is projected onto the x–y plane. C. At rest the
orientations of individual precessing spins that compose the net magne-
tization vector are random. D. During the delivery of the radiofrequency
pulse the orientation of the individual precessing spins begin to align
or cohere. (Not all spins are shown in Figs. 1C and 1D.)

Because the alignment of the original magnetization with
B0 is the lowest energy state, tipping the magnetization away
from B0 can be viewed as the spin system absorbing energy
from the oscillating B1 field. Although the applied field is
very small, typically about 100,000 times smaller than the
main B0 field, it is able to tip the magnetization because it
is applied “on resonance” at the precession frequency of the
spins. As a useful analogy, imagine using light finger presses
to set in motion a large and heavy pendulum. Although each
finger press exerts only a light force, the repeated application
of finger presses can set the pendulum into motion if the
presses are applied at the resonant frequency of the pendulum
(Buxton, 2002, p. 73).

The flip angle achieved by the applied RF pulse is con-
trolled by adjusting the amplitude or duration of B1. For a
90-degree flip angle, the magnetization is tipped completely
into the transverse plane, with no residual longitudinal mag-
netization. For a 180-degree flip angle, the magnetization is
tipped into a direction that is directly opposite to the equi-
librium orientation. An RF pulse that results in a 180-degree
flip angle is referred to as an inversion pulse, because it
inverts the direction of the magnetization. Note that an in-
version pulse by itself does not create any measurable MR
signal, because there is no transverse magnetization, but it
does serve to mark the magnetization at a particular time. As
discussed below, inversion pulses are widely used in arterial
spin labeling to invert the magnetization and effectively tag
arterial spins before they flow into the imaging region.

Once the radiofrequency field has been turned off, the
population of hydrogen protons will gradually return to its

equilibrium or lowest energy state. The longitudinal compo-
nent of magnetization (e.g., along the direction of the main
field) will return in an exponential fashion to its equilibrium
value M0 with the longitudinal relaxation time constant T1.
For example, after the application of an inversion pulse, the
magnetization will relax from its initial value of −M0 to
its equilibrium value of M0. For arterial blood, T1 is about
1300 ms at 1.5 Tesla, so that the longitudinal magnetization is
fully relaxed after about 5 time constants (6.5 seconds). The
transverse component of magnetization decays exponentially
with the transverse relaxation time constant T2. Transverse
relaxation reflects the random interaction of spins in a man-
ner that causes neighboring spins to precess slightly out of
phase. For fully oxygenated arterial blood at 1.5 Tesla, T2 is
about 240 ms, so that the transverse magnetization will com-
pletely decay after about 1.2 seconds. Transverse relaxation
can also occur due to the dephasing caused by the presence
of local field inhomogeneities that cause spins at different
locations to precess at different frequencies. The transverse
relaxation due to all sources, including those due to spin-spin
dephasing (T2), is characterized by the apparent transverse
relaxation time constant T ∗

2 , which is typically on the order
of 50 milliseconds in gray matter.

A somewhat confusing feature of this picture of NMR is
that T1 is typically nearly an order of magnitude longer than
T2. Because of this, we cannot think of the relaxation back
towards equilibrium as a vector slowly flipping back up, the
reverse of the process of tipping over the magnetization with
the RF pulse. Rather, we need to think of it as two processes
in parallel acting to restore the equilibrium state in which
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there is a longitudinal magnetization M0 but no transverse
magnetization. To that end, the transverse magnetization de-
cays more quickly with a time constant T2 (or T ∗

2 ), while
the difference between M0 and the current longitudinal mag-
netization (M0–Mz) decays away more slowly with a time
constant T1. A critical aspect of MRI is that the local tissue
properties T1 and T2 interact with the timing of the pulse
sequence to affect the magnitude of the resulting MR sig-
nal. For example, if another RF pulse is applied before the
longitudinal magnetization has fully relaxed, the transverse
component—and thus the MR signal—will be reduced be-
cause the starting longitudinal magnetization was weaker. In
this way the time between RF pulses, called the repetition
time TR interacts with T1 to affect the MR signal. After the
RF pulse creates a precessing transverse magnetization, the
signal is measured in a short window centered on a time TE
(for echo time) after the RF pulse. During the interval, TE,
the signal decays with a time constant T ∗

2 , so this brings in a
sensitivity to the local value of T ∗

2 through the choice of TE.
As noted above, the signals from different locations are

distinguished by applying field gradients to spread the signals
into different frequencies, with frequency corresponding to
location. A basic imaging experiment uses a 90-degree pulse
to create a precessing transverse magnetization. At time TE
after the RF pulse, the signal is measured in the presence of
field gradients, and the data are reconstructed into an image.
One can think of an MR image as a snapshot of the magnitude
of the local transverse magnetization at a time TE after the RF
pulse. If the TE is made relatively long (30–50 milliseconds),
then the signal magnitude will have a significant sensitivity
to the local value of T ∗

2 (described as a T ∗
2 -weighted signal).

The remarkable phenomenon that underlies BOLD-fMRI is
that local T ∗

2 becomes slightly longer with brain activation,
and so appears as a slight increase of the local MR signal.

Blood oxygen level dependent contrast

Biophysical principles

The core MR experiment assumes that the lines of the static
magnetic field remain the same throughout the imaging
space. Yet variation in the molecular structure of biologi-
cal substances can concentrate or expand the local lines of
the magnetic field, a magnetic susceptibility effect (Elser &
Burdette, 2001, p. 133). When magnetic susceptibility varies
over a small region, proximal spins will experience different
local magnetic fields depending on their location, and will
begin to grow out of phase as they precess, reducing the net
MR signal. A prominent example of this signal loss occurs in
the orbitofrontal cortex when images sensitive to T ∗

2 are col-
lected (Fig. 2). This artifact is due to the different magnetic
susceptibilities of air in the nasal sinuses, bone, and brain, all
being in proximity and producing a complex distortion of the

Fig. 2 A T ∗
2 -weighted gradient echo image (light gray image) overlaid

onto a high resolution T1-weighted image (dark image in white outline).
Arrows point to areas of diminished T ∗

2 -weighted signal

magnetic field lines (Buxton, 2002). As frequently happens
in MR research, one scientist’s artifact is another scientist’s
science. Although susceptibility effects can produce artifacts
when imaging anatomy, they are central to the generation of
the blood oxygen-level dependent (BOLD) contrast that is
the basis of most functional MRI studies.

The magnetic susceptibility effect at the basis of BOLD
experiments arises from the biophysics of the hemoglobin
molecule, which provides oxygen required for aerobic en-
ergy metabolism (Gjedde, 2001). As blood leaves the lungs,
oxygen becomes loosely and reversibly bonded to an iron
atom that lies at the center of the heme molecule within the
hemoglobin complex (Guyton, 1977, pp. 58–59). When de-
livered to tissue, oxygen separates from the heme molecule
exposing electrons from the iron atom. The unpaired iron
electrons alter the lines of the magnetic field near the de-
oxyhemoglobin molecule. This susceptibility effect causes
slight dephasing of the spins of the hydrogen nuclei in prox-
imal water molecules. The dephasing of spins occurs both
inside blood vessels and in adjacent tissue (Buxton, 2002).

The intravascular susceptibility can be understood by
considering a mixture of hemoglobin and deoxyhemogloin
molecules inside a cylinder. This simple model predicts that
the magnitude of the intravascular susceptibility effect is
related to the relative concentrations of oxygenated and de-
oxygenated hemoglobin. Thulborn and colleagues (1982)
confirmed this prediction when they found that the apparent
transverse relaxation time of water protons in whole blood
linearly varied with blood oxygenation. Because blood ves-
sels represent only about four percent of the total brain vol-
ume, it might be expected that intravascular susceptibility
effects would be small. Yet at a field strength of 1.5 Tesla,
about half of the BOLD contrast is due to the intravascular
signal (Boxerman et al., 1995a).

The extravascular susceptibility effect can be understood
by treating the blood vessel as a long cylinder with
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homogeneous susceptibility, corresponding to the mean
susceptibility averaged over the local oxygenated and deoxy-
genated hemoglobin. The model assumes that the cylinder is
surrounded by a medium with a different magnetic suscepti-
bility. If the cylinder is perpendicular to the static magnetic
field, the amount of spin dephasing is determined only by the
difference between the internal and external susceptibilities
at the surface of the cylinder (Buxton, 2002). Moreover, the
radius of the cylinder determines the spatial extent of the
dephasing (Buxton, 2002). The effects of deoxyhemoglobin
on the magnetic field in adjacent extravascular tissue is larger
in tissue adjacent to larger blood vessels, such as veins.

Diffusion, the random movement of water molecules due
to thermal perturbations, is a second factor that affects the
amount of dephasing of spins forming the extravascular sig-
nal. Without diffusion, the phase dispersion between spins
at different locations would simply reflect the distribution
of magnetic fields caused by the blood vessels contain-
ing deoxyhemoglobin. However, with diffusion, as a water
molecule moves randomly through these spatially varying
fields, the molecule’s hydrogen nuclei effectively sample a
range of different fields. For this reason, the net phase disper-
sion between different spins is reduced, and so the same set of
field offsets produce less of a change in T ∗

2 . The result is that
T ∗

2 effects are not as pronounced around capillaries, which
are small enough for diffusion to be important, compared to
veins, where diffusion is less important (Ogawa et al., 1993;
Boxerman et al., 1995b). Thus the largest BOLD change in
T ∗

2 —weighted signals is near veins draining the activated
area.

Given that aerobic metabolism increases with neuronal
activation, it would be reasonable to infer from the the-
ory described above that increased neuronal activity would
cause a decrease in MRI signals sensitive to T ∗

2 —because
of an increased extraction of O2 and, thus, an increase of
deoxyhemoglobin. Therefore, it was a surprise when early
brain activation studies showed increased BOLD signal dur-
ing behaviorally active conditions (Bandettini et al., 1992;
Ogawa et al., 1990). The enhanced BOLD signal is due to
an increased delivery of oxygenated blood out of propor-
tion to the utilization of oxygen by neural cells (Buxton,
2002). One current theory is that the exuberant delivery of
oxygenated blood is required to keep the oxygen tension of
blood high enough to drive oxygen from capillaries to brain
cells (Gjedde, 2001). Whatever the precise mechanism, neu-
ral activation causes an enhanced delivery of oxygenated
blood that makes T ∗

2 -weighted MR images brighter.

Mapping brain activation

Using deoxyhemoglobin as an endogenous tracer, regional
brain activation can be mapped with T ∗

2 sensitive pulse se-
quences, such as the gradient recalled echo (GRE) sequence.

Because the mapping is driven by regional changes in the
blood level of oxygenated hemoglobin, the most common
MR method of measuring brain activation is based on BOLD
contrast. Although the term BOLD focuses on oxygenated
hemoglobin, the method is best understood as a deoxyhe-
moglobin washout technique.

From the discussion above, it should be clear that BOLD
signals only indirectly reflect neural activity. Figure 3 shows
a flow chart of the presumed sequence of events. A stimulus
change causes a change in neural activity that, in turn, pro-
duces a hemodynamic response, altering cerebral blood flow
and cerebral blood volume, and possibly producing a small
change in oxygen metabolism. The combined hemodynamic
and metabolic changes alter the susceptibility difference be-
tween the intravascular red cells and the extravascular brain
tissue, dephasing spins within the vessel and in brain tis-
sue. Three important aspects of BOLD contrast should be
considered. First, the functional contrast is relative. BOLD
contrast always represents a comparison of T ∗

2 sensitive sig-
nals across two or more behavioral states. Second, BOLD
contrast does not reflect a single physiological process, but
rather represents the combined effects of blood flow, blood
volume, and oxygen utilization. Third, the sluggish response
of the vascular system to neural events delays, disperses, and
smooths over time the underlying neural signal. The first
two points imply that BOLD contrast is not expressible in
absolute physiological units. The third point implies that the
observed BOLD signal is generally a composite of signals
produced by separate neural events. Decomposing this com-
posite signal is facilitated by an understanding of the shape
of the BOLD signal arising from a single stimulus. The MR
signal plots in Fig. 3 show an idealization of the BOLD sig-
nal due to brief stimulation. This signal is complex, with
an initial drop followed by the rise to a single maximum,
a decline, and an undershoot before returning to baseline
(Uludağ et al., 2006). A detailed biophysical explanation of
the complex shape of the BOLD signal is a current area of
research (Uludağ et al., 2006).

Experimental design

The composite nature of the BOLD signal must be con-
sidered when developing research designs for fMRI studies
(Donaldson & Buckner, 2001). One approach is to take ad-
vantage of the summed signal as a method of reducing noise
in the experiment. Assuming independence of the noise com-
ponents, a composite MR signal summed over trials will
tend to cancel the effects of randomly occurring sources of
noise, as in many instances of averaging. Presenting the same
class of stimuli in blocks capitalizes on this averaging strat-
egy. Ideally designs involving a block of the same stimuli
would yield an MR signal that would rise to a steady plateau
and decline once the block ends. Designing efficient block
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Fig. 3 Events leading from the presentation of two stimuli to the
generation of a summed BOLD signal. The figure assumes that stimu-
lus 1 is presented one second before stimulus 2. Each stimulus elicits
a neuronal response that alters the cerebral metabolic rate of oxygen
utilization (CMRO2), cerebral blood flow (CBF), and cerebral blood

volume (CBV). The net effect of CMRO2, CBF, and CBV changes
leads to the BOLD response for individual stimuli (A and B). The ob-
served BOLD response (C) is a composite of the unobserved BOLD
responses to the single stimuli

designs involves deciding on the number and timing of stim-
uli to present within a block, the duration of the block, the
number of times a specific block type should be repeated, and
the number of different classes of stimuli to include during
a single run.

A second approach to managing the composite nature of
the observed MR signal is to decompose the complex signal
into its components. This approach is well suited to single
trial or event-related designs. One method of decomposition
is to assume a canonical shape to the hemodynamic response
to each stimulus and to model the MR signal as the weighted
sum of the canonical response to consecutive stimuli
(Bandettini & Cox, 2000). The canonical shape method as-
sumes that a consensus about the shape of the hemodynamic
response can be reached, and that the impact of consecu-
tive stimuli can be statistically modeled as a linear sum. The
first assumption might not be valid even among healthy vol-
unteers and is probably not safe when comparing patients
and healthy volunteers (Aguirre et al., 1998). The linearity
assumption might not be strictly valid, especially for the

early phase of the hemodynamic responses (Boynton et al.,
1996; Friston et al., 1998). Such concerns has led to a second
decomposition approach where the mathematical technique
of deconvolution is used to infer the underlying hemody-
namic response from the observed MR signal produced by
a particular string of stimulus or response events (Dale &
Buckner, 1997). Each event is assumed to elicit an impulse
response that is distributed over time (Dale, 1999). Decon-
volution is used to estimate the unknown impulse response
function triggered by a series of these events (Dale, 1999).
Although the standard deconvolution approach makes a lin-
earity assumption, it does not assume a canonical shape to
the data (Karu, 1995). Thus, the deconvolution method can
be used to compare groups on differences in the shape of
the BOLD response as well as to compare signal magni-
tude. As with block designs, a sophisticated literature exists
on the efficient design of event related or single trial de-
signs (Burock et al., 1998; Dale, 1999; Donalson & Buckner,
2001; Liu et al., 2001; Liu & Frank, 2004; Liu, 2004). Com-
monly used image analysis packages often provide tools
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to study the efficiency of an event related design prior to
collecting data.

Block designs typically have more power than event re-
lated designs when detecting the magnitude of the BOLD
response (Liu et al., 2001). Event-related designs are more
efficient at estimating the shape of the hemodynamic re-
sponse (Liu et al., 2001). Although less powerful in de-
tecting response magnitude, event-related designs can be
used to randomize the presentation of stimuli from differ-
ent stimulus classes (Burock et al., 1998). Event-related
designs also allow investigators to examine the BOLD re-
sponse based on response types, such as comparing correct
with incorrect responses or fast versus slow responses. The
number of modes in the deconvolved hemodynamic curve
can provide information about the timing of latent cognitive
processes underlying the observed response (Zarahn et al.,
1997). As with all experimental design, the choice between
blocked or event-related fMRI designs starts with the study
hypotheses.

It is tempting to wish to infer from fMRI data a functional
brain substrate that is necessary and sufficient to support the
computation of a specific cognitive process. There are at least
two constraints on this wish. First, fMRI studies of intact
brain cannot validate the necessary involvement of a brain
region in the performance of a particular cognitive process.
Animal studies of classical conditioning have shown some
neurons become activated by the conditioned stimulus even
though damage to these neurons does not alter conditioning
(Berger, 1984). Thus, the activation of a neuronal pool by a
task does not imply that the activated neurons are necessary
for successful performance of the task. Second, it is difficult
to isolate a specific stage of cognitive processing when using
the simple subtraction paradigms commonly used in fMRI
studies. Consider a two-condition design where neutral faces
are compared with emotional faces. It is tempting to subtract
the mean fMRI signal associated with neutral faces from
the mean fMRI signal related to the emotional faces in or-
der to isolate the brain processes related to emotion. This
logic involves a dual subtraction; one involving cognitive
processes, and the other involving MR signals. The logic of
cognitive subtraction and its pitfalls were carefully analyzed
by Sternberg (1966) decades ago and have been amplified
by psychologists since (Townsend & Ashby, 1983). A fun-
damental problem is with the assumption of pure insertion,
which asserts that a cognitive process can be inserted into a
series of cognitive stages without altering the function of any
process involved (Friston et al., 1996; Sternberg, 1969). The
assumption is part of the argument that the effects of various
cognitive processes do not interact but, rather, are additive.
Simple subtractive designs cannot test for such interactions;
factorial designs are required. Parametric designs also pro-
vide an alternative to simple subtractive designs. Parametric
designs assume that levels of activation of a subprocess can

be experimentally varied without influencing other cognitive
processes. If a stimulus can be manipulated without intro-
ducing a new cognitive process into the task, the assumption
of pure insertion can be avoided. When properly used, para-
metric designs not only avoid the pure insertion assumption,
they are useful in comparing the brain response of patients
and healthy volunteers across similar and dissimilar levels
of performance and provide useful profile information about
brain response to variations of cognitive load.

Statistical analysis

The analysis of fMRI signals from blocked designs begins
with the behavioral notion of stimulus control. Each change
in stimulus type should change the MR signal response.
Figure 4 shows this principle for a run where viewing of 30
second blocks of a complex visual stimulus was alternated
with viewing of 30 second blocks of a simple orientation
cross. The figure presents time-series data from a volume
element (voxel) in the ventral occipitotemporal area. Each
time the stimuli are switched from the orientation cross
to the complex figure, the MR signal increases. Magnetic
resonance signals in most other brain regions did not show
this tight stimulus control. The coupling of variations in MR
signal response to variations of stimulus presentation can be
quantified by a regression model where dummy coding of
the stimulus condition is used as an independent variable to

Fig. 4 Stimulus control of the magnetic resonance signal. The top
line shows the timing of alternating blocks of stimuli. The tops of
the trapezoids show when complex visual figures were presented. The
bottoms of the trapezoid show when the orientation cross was presented.
The sides are sloped to model the rise and relaxation times of the
hemodynamic response. The bottom line shows the T ∗

2 -weighted signal
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predict the MR signal response. The correlation coefficient
from this analysis can be used to measure the consistency of
the stimulus control, whereas the regression weight can be
used to measure the magnitude of the BOLD response. The
correlation coefficient is usually improved if a shift term is
included in the analysis (Cohen, 1997). The regression anal-
ysis is typically performed for each voxel with the resulting
regression weights presented as a brain map. These weights
are the primary dependent variables in group-analyses and
can be analyzed with standard parametric or non-parametric
statistics.

For event related designs involving a canonical hemody-
namic model, a regression weight is estimated to convey
the contribution of the canonical hemodynamic response
to signal variability within a voxel across all time points
(Bandettini & Cox, 2000). This weight can be used as a
dependent variable in group-analyses. When the shape of
the hemodynamic response is estimated, some feature of the
shape, such as its area or the value at its highest peak can
be used as a dependent variable in group-analyses. Regres-
sion models for both blocked and event related designs may
include nuisance covariates, such as measures reflecting sub-
ject movement, when estimating the magnitude of the BOLD
response.

Perfusion functional MR imaging

Arterial spin labeling is the primary MRI method used to
measure cerebral perfusion. Arterial spin labeling magneti-
cally labels the water molecules of flowing blood to produce
an endogenous blood flow tracer (Liu & Brown, 2007). The
magnetic label is typically introduced by saturating (i.e.,
nulling) or inverting the longitudinal (z-axis) component of
the MR signal (Fig. 1a). Whereas BOLD contrast depends
on T ∗

2 mechanisms, ASL perfusion depends on T1 effects.
The tagged water passes from the capillaries into brain

tissue, where it alters the local tissue’s longitudinal magne-
tization (Aguirre et al., 2005). The greater the flow into the
imaging slice, the greater the signal changes in the tagged
condition compared with an untagged control condition.
Most ASL methods measure CBF by taking the difference
between tag images, in which the longitudinal magnetization
of arterial blood is inverted or saturated, and control images,
in which the magnetization of arterial blood is fully relaxed.
The raw tagged image contains a large contribution of static
magnetization that can obscure the signal change related to
perfusion. If carefully acquired, the control image contains
the same static magnetization as the tagged image but not the
blood flow effects produced by the magnetic tracer. Thus, the
difference between the control and tag images yields an im-
age �M = Mcontrol − Mtag that is proportional to CBF. Tag
and control images are typically acquired in a temporally

interleaved fashion, with a variety of difference methods
available to calculate changes in blood flow (see below). In a
typical ASL experiment, about one second is allowed for the
delivery of blood, corresponding to one ml of blood delivered
to 100 ml of tissue. As a result, the overall MR signal due to
the delivered blood is only about 1% of the total signal due
to the tissue. This small percentage contributes to the low
intrinsic signal-to-noise ratio (SNR) of ASL methods.

Arterial spin labeling methods

Three classes of ASL methods are currently available. Vari-
ation in these methods depend on how the magnetic labeling
process tags the location and velocity of flowing blood.

Pulsed Arterial Spin Labeling—tagging based on loca-
tion. Pulsed arterial spin labeling (PASL) uses short (5–20
millisecond) radiofrequency pulses to saturate or invert a slab
of static and flowing spins in the tagging region, proximal
to the imaging slice (Edelman et al., 1994). Pulsed arte-
rial spin labeling has a high inversion efficiency and uses
little radiofrequency power. There exists a variety of PASL
methods, such as EPISTAR (Edelman et al., 1994), FAIR
(Kim & Tsekos, 1997; Kwong et al., 1995), and PICORE
(Wong et al., 1997). Although the implementation details of
the tag and control conditions differ across these methods,
they all tend to give very similar perfusion results (Wong
et al., 1997).

Continuous Arterial Spin Labeling—tagging based on
location and velocity. Continuous arterial spin labeling
(CASL) uses long (1–3 second) radiofrequency pulses in
conjunction with a constant gradient field to irradiate a nar-
row plane of spins with radiofrequency energy (Alsop, 2005).
The irradiated plane is chosen so that arterial blood flows
through the irradiated plane in a direction that is roughly
perpendicular to the plane. By properly adjusting the ampli-
tude of the RF and gradient fields, inflowing spins within
a physiological range of velocities will be labeled based
on a phenomenon termed flow-driven adiabatic inversion
(Detre et al., 1992). Because the CASL tag can be applied
closer than PASL to the imaging region (on average), the
continuous ASL can result in a higher overall tagging effi-
ciency than PASL. Continuous arterial spin labeling requires
a large amount of average radiofrequency power that can
approach system performance limits and FDA guidelines
(Alsop, 2005). System performance limitations have been
addressed for the most part by a recently introduced form of
CASL, dubbed pseudo-CASL, which uses repeated radiofre-
quency pulses instead of a continuous radiofrequency signal
(Garcia et al., 2005). Wong and colleagues provide a de-
tailed comparison of pulsed and continuous ASL techniques
(Wong et al., 1998b).

Velocity Selective Arterial Spin Labelling—tagging based
on velocity. The velocity selective arterial spin labelling
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(VS-ASL) tagging method selectively saturates flowing spins
with no spatial selectivity (Wong et al., 2006). This velocity
selective saturation is accomplished with a radiofrequency
and gradient pulse train that effectively dephases the MR
signal from protons flowing faster than a specified cut-off
velocity while rephasing the signal from slower flowing pro-
tons. At a threshold velocity of one cm/sec, the sequence
dephases spins in arterioles that are approximately 50 mi-
crons or more in diameter. In principle, VS-ASL results in a
small and uniform transit delay for the delivery of the tagged
blood to the tissues of interest.

Data processing

In most ASL-fMRI experiments, control and tag images are
acquired in an interleaved fashion. A perfusion time series
is then formed from the running subtraction of the control
and tag images. In a scheme called surround subtraction, the
perfusion images are formed from the difference between
each control image and the average of the two surrounding
tag images or from the difference between the average of two
surrounding control images and a tag image. Other common
approaches are pairwise subtraction and sinc subtraction.
In pairwise subtraction consecutive pairs of images are sub-
tracted. In sinc subtraction the images are weighted by a
sinc function before subtraction. A general analytic model
can be used to compare these three methods of subtraction
(Liu & Wong, 2005). For block designs studies (e.g., long
periods of on/off), surround and sinc subtraction perform
well (Aguirre et al., 2002). For randomized event-related de-
signs, pair-wise subtraction can provide better performance
(e.g., less filtering of the hemodynamic response function)
(Liu & Wong, 2005). Nonetheless, all filtered subtraction
approaches broaden the hemodynamic response function.
Unfiltered approaches based upon general linear models of
the ASL experiment can eliminate this broadening (Liu et al.,
2002), and lead to improvements in statistical power (Mum-
ford et al., 2006).

Cardiac and respiratory fluctuations are a major source
of noise in ASL experiments, especially at higher field
strengths. Because the inherent signal to noise ratio of
ASL measurements is typically below that of BOLD-fMRI,
methods to reduce physiological noise are especially needed.
Image based correction methods using physiological mea-
surements obtained simultaneously with the images can sig-
nificantly reduce physiological noise in ASL data (Restom
et al., 2006).

Comparison of ASL and BOLD Activation Measures

Like BOLD contrast, ASL perfusion can be used to map brain
activation. As brain activation mapping techniques, BOLD
and ASL have unique strengths and weaknesses. The signal

to noise ratio of the BOLD response is generally greater than
the ASL signal (Wong et al., 2000). The temporal resolution
of BOLD acquisitions is greater than ASL acquisitions be-
cause two images need to be acquired for the ASL method
and because a delay interval is needed to wait for blood
to flow into the imaging regions. The maximum number of
slices is usually greater in BOLD studies than ASL studies
(Liu & Brown, 2007). Blood oxygenation level dependent
contrast appears to be more sensitive to parametric manip-
ulations of task demands than ASL perfusion (Rao et al.,
2000).

Unlike BOLD methods, ASL techniques measure a well-
defined physiological quantity, local blood flow. The effects
of a disease on baseline perfusion can be studied with ASL
in addition to investigating the disease’s effect on brain ac-
tivation. The differencing methods that generate perfusion
images minimize the effects of low frequency drifts and
make ASL especially useful for experiments with long stim-
ulus durations (Aguirre et al., 2005). The relative stability
of ASL perfusion over long durations makes ASL a useful
technique to study naturalistic behavioral changes or to study
interventions. Arterial spin labeling perfusion measures are
localized to the capillary beds and thus may provide bet-
ter localization information than BOLD contrast. With the
use of background suppression methods and spin-echo read-
outs, ASL functional measures have been shown to be less
prone than BOLD to false activations during overt speech
paradigms, reflecting the reduced sensitivity to susceptibil-
ity artifacts caused by the air volume dynamics involved in
speaking (Kemeny et al., 2005).

Unless corrected for physiological confounds, ASL sig-
nals fluctuate over time reducing their sensitivity to behav-
ioral manipulations (Restom et al., 2006). Arterial spin la-
beling maps of brain activation also tend to exhibit smaller
activation regions than BOLD maps (Mildner et al., 2005;
Tjandra et al., 2005). The smaller spatial extent of the ASL
maps might be due to their decreased sensitivity to small
activation changes or to their improved signal localization
(Liu & Brown, 2007). Some investigators have found that
the increased within-subject sensitivity of BOLD measures
of brain activation compared with ASL measures is offset by
the greater between-subject variation of BOLD (Wang et al.,
2003).

As ASL becomes more widely available on commer-
cial scanners, it is likely to increasingly compete with
BOLD contrast as a method of fMRI. Each method has
strengths that would make it more appropriate to test a
particular hypothesis. However a third option, calibrated
fMRI, is being developed that integrates information from
BOLD contrast and ASL perfusion. The integration per-
mits measurements to be made of differences in the cerebral
metabolic rate of oxygen utilization for different behavioral
conditions.
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Quantitative functional magnetic resonance imaging

A probe of brain physiology

Functional MRI methods based on the BOLD effect are in
widespread use as a mapping tool for measuring patterns of
brain activation in response to a variety of tasks. If a particu-
lar brain region shows a sufficiently strong correlation of the
BOLD signal with some aspect of the task, it is interpreted
as evidence that there is a local change in neural activity
associated with that task. However, a quantitative interpreta-
tion of the magnitude of the BOLD response as a reflection
of the magnitude of the underlying change in neural activity
or metabolism is more problematic. The difficulty arises be-
cause functional MRI methods are sensitive to the balance
of the changes in cerebral blood flow (CBF), cerebral blood
volume (CBV) and the cerebral metabolic rate of oxygen
metabolism (CMRO2) that accompany neural activity, rather
than the neural activity itself. That is, each of each of these
physiological quantities affects the local deoxyhemoglobin
content of the blood and so affects the BOLD response,
but the coupling of these physiological changes in response
to neural activation is still poorly understood. The primary
physiological phenomenon that leads to the BOLD effect is
that CBF increases much more than CMRO2 with activation,
but it is unknown whether the degree of mismatch varies
with brain region, stimulus type, development, or disease.
In short, the BOLD response is very useful for answering
the question: where is there activation? But it is much more
difficult to use the BOLD response to answer the question:
what is the magnitude of the activation?

There are two physiological reasons why the magnitude
of the BOLD effect could be dissociated from the magnitude
of the underlying physiological changes, both related to the
dependence of the BOLD effect on local deoxyhemoglobin.
The first is that there is a ceiling on the BOLD effect mag-
nitude set by the amount of deoxyhemoglobin present in the
baseline state, and this baseline condition could vary across
the brain due to differences in CBV or baseline oxygen ex-
traction fraction (Brown et al., 2003; Miller et al., 2001). In
addition, medications or physiological factors could increase
baseline CBF without increasing baseline CMRO2, with the
result that the baseline oxygen extraction fraction, and the
baseline deoxyhemoglobin, would be reduced (Brown et al.,
2003). In anticipation of the model described below, we can
describe this effect of baseline deoxyhemoglobin by a pa-
rameter M that acts as a multiplicative scaling factor on the
BOLD effect. That is, if we compare two regions of the brain
with different baseline blood volume fractions, the area with
the higher blood volume would have a higher local value of
M, and for the same underlying change in CBF and CMRO2

would exhibit a larger BOLD response.

The second potential source of variability in the magni-
tude of the BOLD effect is that the coupling of CBF and
CMRO2 changes could vary across the brain or in disease.
If we define n as the ratio of the fractional changes in CBF
and CMRO2 with activation, then the physiological basis of
the BOLD effect is that n > 1. However, the exact value of
n plays a significant role in determining the magnitude of
the BOLD signal observed for a given underlying metabolic
change. In effect, increased CBF acts to wash out deoxy-
hemoglobin, while increased CMRO2 acts to increase local
deoxyhemoglobin, so the net change in deoxyhemoglobin
depends on the interplay of these two physiological changes.
For this reason, the larger the coupling ratio n, the larger
will be the resulting BOLD response for the same change in
energy metabolism (CMRO2). Or, put another way, for two
regions with the same change in CBF, the region with the
larger change in CMRO2 will have a weaker BOLD response.
This sensitivity to n is particularly acute when n < 3, as a
number of studies have found, because theoretical calcula-
tions suggest that relatively small differences from n = 1.5
to n = 2, or from n = 2 to n = 3, each with the same
underlying CMRO2 change, will exhibit BOLD responses
that differ in magnitude by about 100%.

Cerebral blood flow-based fMRI methods described ear-
lier offer a direct measure of the blood flow response result-
ing from neural activity, and so can provide information on
a more well-defined physiological quantity. At this point it
is not clear whether the CBF or the CMRO2 change is a bet-
ter quantitative reflection of the underlying neural activity.
Indeed, it is possible that these two responses reflect differ-
ent aspects of neural activity. Current thinking, although still
speculative, is that the CBF response is triggered by excita-
tory synaptic activity in a feed-forward manner, rather than
as a feed-back response due to increased energy demands
(Attwell & Iadecola, 2002). In contrast, the CMRO2 change
likely reflects the full energetic costs of the neural activity, in-
cluding both synaptic and spiking activity (Attwell & Laugh-
lin, 2001). For these reasons, measures of CBF and CMRO2

changes with activation are likely to provide a more accurate
reflection of neural function than BOLD alone, and the ca-
pability of measuring both physiological responses may be
able to provide much more specific quantitative measures of
changes in activity.

Davis and colleagues (Davis et al., 1998) proposed the
calibrated-fMRI methodology as a means to investigate the
nature of neurovascular coupling and the BOLD effect, based
on a critical observation. They used an ASL technique to
measure both CBF and BOLD responses, and then examined
two different types of physiological stimulus. The first was
a standard neural activation in response to a particular task,
as is commonly done in BOLD-fMRI studies, but the sec-
ond was the response to increased arterial CO2. Hypercapnia
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induced by breathing a gas with 5% CO2—approximately
equal to the CO2 content of expired air—has a potent effect
of increasing CBF but appears to produce little change in
CMRO2. They found that for the same change in CBF, the
BOLD response was significantly weaker in the neural ac-
tivation experiment, consistent with increased CMRO2 with
activation.

Based on this observation, they proposed a method for
calibrating the BOLD effect in a quantitative way. This ap-
proach untangles the three major contributors to the BOLD
signal (CBF, CBV, and CMRO2) by measuring the CBF and
BOLD responses to two challenges; a standardized neural
activation experiment, and breathing a gas mixture with an
elevated concentration of CO2. The hypercapnia experiment
is used to isolate and quantify the contribution of known
CBF changes to the BOLD signal when there is no change
in CMRO2. That is, the hypercapnia experiment provides a
measurement of the local value of M, the scaling factor for the
BOLD effect. The local CBF and BOLD responses to neural
activation are then used in combination with the hypercapnia-
calibrated relationship between BOLD and CBF responses
and a known relationship between CBF and CBV changes,
to estimate the CMRO2 change with neural activation. The
coupling ratio, n, defined as the ratio of the fractional change
in CBF to the fractional change in CMRO2, is then easily
estimated.

The calibrated-BOLD approach provides a potentially
powerful tool for quantitative assessment of the physiolog-
ical changes following neural activation. In addition to re-
solving the ambiguities of the BOLD signal noted above,
this approach could provide the basis for advancing fMRI
from a mapping tool to a quantitative physiological probe
for the early assessment of dysfunction in disease. Sev-
eral groups have adopted this approach and reported val-
ues of the CBF/CMRO2 coupling index n in the range of
2–4 in several regions of healthy brain; (Davis et al., 1998;
Fujita et al., 2006; Hoge et al., 1999b; Kastrup et al., 2002;
Kim et al., 1999; Leontiev & Buxton, 2007; St Lawrence
et al., 2003; Stefanovic et al., 2005; Stefanovic et al., 2004;
Uludag & Buxton, 2004). Other studies have used the frame-
work of the calibrated BOLD approach to argue that CBF
and CMRO2 are coupled in a similar way in deactivations
and activations (Shmuel et al., 2002; Stefanovic et al., 2005;
Stefanovic et al., 2004; Uludag et al., 2004). A recent paper
(Leontiev & Buxton, 2007) has demonstrated that measure-
ment of n is highly reproducible within a single subject, but
more variable across the healthy population, with the popula-
tion variance measured at about five times the within-subject
reproducibility. This suggests that there is a substantial phys-
iological variability that is not understood, but can be probed
with these tools.

Data acquisition and processing

Figure 5 shows an example of data acquired during a
calibrated-fMRI experiment. The average CBF and BOLD
responses to hypercapnia and a block design visual stimulus
are shown. The data were acquired on a 3 Tesla GE whole
body system using a dual echo PICORE QUIPSS II ASL se-
quence with spiral readout (TE = 2.9, 24 ms) (Wong et al.,
1997). Simultaneous acquisition has the advantage that any
systematic effects over the course of an experiment, such as
subject fatigue, affect both the CBF and BOLD measure-
ments in the same way. The data in Fig. 5 are averaged over
CBF-active voxels, and are the mean responses over five
subjects. Signal to noise ratio constraints mean that CBF and
BOLD responses are typically estimated using data averaged
over an appropriate region of interest (ROI). Regions of in-
terest are typically defined anatomically or functionally (see
following section for a discussion of potential biases in the
calculated parameters due to ROI selection).

The model and methods described by Davis et al (Davis
et al., 1998) provide a framework for estimating the CMRO2

changes associated with the measured CBF and BOLD re-
sponses. In this model, the fractional BOLD signal change
(�S/S0) is related to the underlying changes in CBF and
CMRO2 by the following equation:

�S

S0
= M

[
1 −

(
CBF

CBF0

)α−β (
CMRO2

CMRO20

)β
]

(1)

where the parameter M is a proportionality constant that
reflects baseline deoxy-hemoglobin content and defines the
maximum possible BOLD signal change that would result
from a CBF increase sufficiently large to cause 100% venous
oxygen saturation. In the context of the model this parameter
is proportional to the baseline blood volume fraction, O2

extraction fraction, the magnetic field strength and the echo
time of the experiment. The parameter α is the exponent in
an assumed power law relationship between cerebral blood
flow and cerebral blood volume, and is taken to be α = 0.38
(Grubb et al., 1974; Mandeville et al., 1998). The parameter
β was introduced as an empirical description of the signal
changes found in Monte Carlo simulation studies of spins
diffusing near magnetized cylinders, a model for the vascular
system (Boxerman et al., 1995b), and usually is taken to be
β = 1.5 at a field strength of 1.5 Tesla (Boxerman et al.,
1995a; Davis et al., 1998). The parameters α and β are
assumed to be global properties with the same values in each
subject.

Figure 6 demonstrates the application of the Davis
model to measured data. First, M is estimated from the
hypercapnia data using Eq. (1) with the assumption that
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Fig. 5 Example calibrated-BOLD data (mean data from five subjects).
Top row shows the BOLD (left) and CBF (right) responses to a hyper-
capnic challenge (breathing 5% CO2; horizontal bar shows the three
minute hypercapnic period). Bottom row shows the mean BOLD (left)

and CBF (right) responses to visual stimulation with a paradigm con-
sisting of a flashing checkerboard presented in four 20 second blocks
(horizontal bars depict the “on” periods). BOLD = blood oxygen level
dependent; CBF = cerebral blood flow

CMRO2 = CMRO20. Figure 6(a) shows contours of different
M values for measured CBF and BOLD responses to hyper-
capnia. There have been a wide range of M values reported
in the literature, and M may vary over different brain regions
and therefore should be measured for each experiment. In
addition to the estimate of M, the hypercapnia data provide
direct measures of the local vascular responsiveness—the
percent change in CBF divided by the change in end-tidal
CO2 (torr)—a measurement that can be used to test for a
compromised vascular response in disease.

The BOLD and CBF responses to the neural activation
experiment are then used to calculate the fractional change
in CMRO2 in response to functional stimulation by appli-
cation of Eq. (1) with the value of M estimated from the
hypercapnia experiment. The fractional change in CMRO2,
combined with the measured fractional change in CBF, gives
an estimate of n. Figure 6(b) shows contours of different n
values for measured CBF and BOLD responses to neural
activation, assuming a value for M of 8%. Note that a mea-
surement of n = 1 (equal fractional changes in CBF and
CMRO2 to stimulation) requires the measurement of a pos-
itive CBF response and a negative BOLD response (or vice
versa), due to the form of the Davis model. Figure 6(c) shows

the same data, but also shows the effect of a change in M
on the n contours. The contours get squeezed together in
CBF-BOLD space as M reduces.

Limitations and sources of bias in calibrated-blood oxygen
level dependant experiments

For estimating physiological quantities such as CMRO2

changes and n, it is critical to apply a consistent methodol-
ogy that minimizes bias in the measurements. Some factors
requiring consideration in any calibrated-BOLD study are
described below.

Calibrated-BOLD assumptions

Does mild hypercapnia alter CMRO2?

A key assumption of the calibrated BOLD approach is that
inhalation of air with added CO2 increases CBF but does
not change CMRO2. A number of early studies support this
assumption (Horvath et al., 1994; Kety & Schmidt, 1948;
Novack et al., 1953; Yang & Krasny, 1995), but it remains
a controversial issue. Recent work in rodents found that 5%
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Fig. 6 The Davis model. (a) Measured CBF and BOLD responses to
hypercapnia are used to determine the local BOLD scaling parameter
M, assuming no CMRO2 change. Contours of M values of 4–12% are
shown. (b) Measured CBF and BOLD responses to neural activation are
used in combination with M to determine the CBF/CMRO2 coupling

ratio n (M = 8% in this example). Contours of n values from 1–4 are
shown. (c) Contours of n values for M = 6% are included in addition
to the M = 8% data to show the compression of the contours as M
decreases. BOLD = blood oxygen level dependent; CBF = cerebral
blood flow

hypercapnia produced negligible changes in CMRO2

whereas 10% produced significant changes (Jones et al.,
2005; Sicard & Duong, 2005). However, a recent study
(Zappe et al., 2005) reported decreases in electrophysiologi-
cal measures in anesthetized macaques with 3 and 6% CO2.
If these correlate with CMRO2, this would imply decreased
CMRO2 with hypercapnia, which in turn would suggest that
calibrated BOLD techniques overestimate CMRO2 and un-
derestimate n. However, it is not clear in these animal exper-
iments how anesthesia interacts with the CO2, and we need
to be cautious when interpreting electrophysiology in terms
of energy metabolism. The question is complicated because
we would expect that at higher concentrations CO2 has an
anesthetic effect, and would be expected to reduce CMRO2.
More work is needed in this area, but for the moment there
is good evidence to suggest that mild hypercapnia does not
significantly violate the assumptions of the calibrated-BOLD
approach.

Davis model foundations

Equation (1) represents the central model used in the cal-
ibrated BOLD approach. At first glance, it may appear to
be too simplistic, because the original simulations that led to
this equation did not include the contribution of intravascular
signal changes to the BOLD signal. At lower magnetic field
strengths (including 3 Tesla) the intravascular and extravas-
cular contributions to the net signal changes are expected to
be comparable (Boxerman et al., 1995a). While the extravas-
cular signal changes primarily depend on changes in the total
deoxy-hemoglobin, the intravascular signal changes depend
on changes in the deoxy-hemoglobin concentration within
blood. In addition, intravascular volume changes also affect

the signal when the intrinsic intra- and extra-vascular signals
are different, creating signal changes due to the exchange of
compartmental volumes. (Buxton et al., 2004; Buxton et al.,
1998; Obata et al., 2004). However, when curves of BOLD
response versus CBF response are calculated with the more
complete model that includes these other effects (Obata et al.,
2004), Eq. (1) still provides a close approximation (Buxton
et al., 2004). That is, despite the apparently oversimplified
assumptions that led to Eq. (1), it nevertheless captures the
basic behavior expected for a BOLD response that includes
both an extravascular and an intravascular contribution to the
BOLD effect. The key to this is that β > 1, the practical
effect of which is that the BOLD signal change is not a pure
linear function of local deoxyhemoglobin content (it would
be if β = 1) (Buxton et al., 2004). In short, the Davis model is
likely to be more robust than one would have imagined given
the simple assumptions it was originally based on. However,
this more complex interpretation of the net BOLD effect
also suggests that the parameter M cannot be estimated from
first principles (i.e., from the original derivation of Eq. (1)),
because it also must partly reflect the role of intravascular
signal changes. For this reason M must be measured in each
experiment.

Data processing considerations

Selecting an ROI

In principle, the measurement of CBF and BOLD responses
to hypercapnia and neural stimulation could be performed
on a voxel by voxel basis, but SNR constraints mean that
the responses are typically estimated using data averaged
over an ROI. A recent study (Leontiev et al., submitted) has
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investigated the impact of different methods for choosing an
ROI, comparing CMRO2 and n values obtained in response
to a visual stimulus using ROIs based on: 1) retinotopically-
defined area V1; 2) a functional CBF localizer; and 3) a
functional BOLD localizer. Data in V1 yielded a significantly
lower estimate of n compared to either CBF or BOLD local-
izers. In addition, different statistical thresholds for defining
active voxels produced biases in the estimates of n, with the
estimated value increasing for higher thresholds. This study
highlighted a potential source of bias in anatomically-defined
ROIs. Since hypercapnia induces a global CBF response, ev-
ery venous structure in the anatomically defined ROI acts as
a draining vein. The measured BOLD response to hypercap-
nia may therefore be artifactually large due to the inclusion
of draining veins within the ROI. This propagates into an
overestimation of M and underestimation of n. Therefore,
although it seems like using an anatomical ROI is a good
idea because it is unbiased with regard to functional activity,
in fact it may bring in a significant bias in the calculation
of CBF/CMRO2 coupling by inclusion of draining veins,
which has a strong effect on the average BOLD response
to CO2.

It should also be noted that the form of the Davis model
itself also places restrictions on the measured n value under
certain ROI choices. As can be seen in Fig. 6(b), an ROI
consisting of only those voxels that show a positive BOLD
and CBF response, have to produce a measured n greater
than about 1.4.

Inclusion/exclusion of the BOLD post-stimulus undershoot

A common phenomenon observed in BOLD-fMRI studies is
a pronounced post-stimulus undershoot of the BOLD signal.
This observation has been puzzling because there is often
no corresponding undershoot of CBF, suggesting in these
cases a transient uncoupling of one or more of the other
physiological factors that contribute to the BOLD response.
This phenomenon may be the result of a biomechanical ef-
fect that leads to a slow return of blood volume to baseline
(Buxton et al., 1998; Mandeville et al., 1999b), or may be
due to a slower return of CMRO2 to baseline than CBF, re-
quiring increased O2 extraction and creating increased local
deoxyhemoglobin (Frahm et al., 1996). There is currently no
consensus in the literature, leaving the question of how the
undershoot should be treated in the analysis of CBF/CMRO2

coupling. If it is due to slow CBV recovery, then during the
undershoot period the BOLD response is no longer reflecting
CBF/CMRO2 coupling and so this period should be excluded
from the analysis. However, if the undershoot does reflect a
slow recovery of CMRO2, then it would be important to
include the undershoot period in the calculations for a full
accounting of the CMRO2 change.

Davis model limitations: Overestimates of M create
artifactually low estimates of n

In a recent paper, Chiarelli and colleagues (Chiarelli et al.,
2007) show that over or under estimation of M can intro-
duce significant bias into the value of n. In particular, if the
estimate of M is artifactually high, then regardless of the
actual BOLD activation measurement the estimate of n is
driven to low values. The source of this effect can be seen by
re-arranging the Davis equation:(

CMRO2

CMRO20

)β

=
(

CBF

CBF0

)β−α [
1 −

(
�S/S0

M

)]
(2)

If the BOLD response to neural activation is small in com-
parison to M (i.e. the BOLD response to activation is much
less than the BOLD response to hypercapnia), the term in
square brackets in Eq. (2) approaches 1, and the estimate
of n is driven toward n ∼ 1.4 (Chiarelli et al., 2007). This
can also be seen in Fig. 6(c), where small BOLD responses
lead to n ∼ 1.4, and as M increases, the M contours move
apart such that n is driven towards 1.4 regardless of the mea-
sured BOLD signal. See Chiarelli and colleagues paper for
a further discussion of this issue (Chiarelli et al., 2007).

Potential applications

A calibrated-BOLD approach offers a potentially powerful
paradigm for fMRI: rather than using fMRI simply as a
mapping tool, we can instead use it as a quantitative probe
of brain physiology analogous to a “stress test.” That is, we
can stimulate a particular brain region with a stereotyped
stimulus and measure the local CBF and CMRO2 responses
to the activation as well as the CBF response to CO2. For
clinical applications, the calibrated-BOLD approach offers
the possibility of a more quantitative and comprehensive
evaluation of brain function than is possible with BOLD-
fMRI alone. We still know relatively little about how the
coupling of CBF and CMRO2 varies in the healthy brain.
A deeper understanding of the links between neural activity
and energy metabolism, and the role played by blood flow,
will provide a framework for understanding the mechanisms
of disease. The hypothesized links between neurodegener-
ative diseases and mitochondria (Ly & Verstreken, 2006;
Moncada & Bolanos, 2006) suggest that energy metabolism
may play an important role in a number of disease processes,
but these connections are still unclear. General tools for as-
sessing human brain physiology in a quantitative way could
be useful for early detection of disease, quantifying response
to therapy, evaluating drug effects and investigation of the
mechanisms of disease.

As an illustration of the potential application of the cal-
ibrated BOLD approach in resolving intrinsic ambiguities
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of the BOLD response, suppose that a study finds a weaker
BOLD response to a particular task in a group of test sub-
jects compared to controls (e.g., a weaker BOLD response in
hippocampus to a memory task in early Alzheimer’s disease
subjects compared to healthy controls): how should this be
interpreted? Figure 7 illustrates some possibilities. A mea-
sured decrease in the BOLD response to neural activation
might naively be interpreted as a decrease in neural activ-
ity and therefore a coupled decrease in CBF and CMRO2.
While this may indeed be the case (see Fig. 7(a)), other sce-
narios are possible in which the BOLD decrease may not in
fact be associated with a decrease in CMRO2. As shown in
Fig. 7(b), a decrease in the CBF/CMRO2 coupling ratio n,
perhaps caused by a compromised CBF response, could also
cause a weaker BOLD response (this effect might also be
evident in a reduced CBF response to CO2). Furthermore,
as shown in Fig. 7(c), a weaker BOLD response may re-
sult from a decrease in M, perhaps caused by an increase
in baseline CBF due to medications used by the test subject
group. See Wierenga and Bondi (2007) in this volume for
an example of the impact of unequal M when comparing the
BOLD response of individuals of different ages. A BOLD-
only experiment clearly cannot resolve these three scenarios.
Although a combined BOLD and CBF experiment provides
more data, a calibrated fMRI approach is required to fully
distinguish among the interpretative possibilities.

Recent work suggests that the CBF/CMRO2 coupling ra-
tio n may be smaller in deeper brain structures than in cortex.
This suggests the possibility that neural activity changes of
the same magnitude may be significantly easier to detect in
some brain structures than in others. Or to put it another way,
a map of activation highlighting those voxels with a signif-
icant correlation of the BOLD response with the task could
miss areas of brain with a similar level of activity but a lower
coupling ratio n. This highlights an important aspect of the
statistical analysis used to produce maps of activation: the
emphasis is to avoid false positives, rather than false nega-
tives. Combined measurement of BOLD and CBF responses,
particularly in the context of a calibrated-BOLD experiment,
can help to unravel these ambiguities of the BOLD response.
The use of calibrated-BOLD methodology is still in its in-
fancy, but the potential is high for this approach to provide
a more quantitative and specific characterization of brain
function in health and disease.

Functional MRI: Issues relevant to clinical practice

Functional MRI is a non-invasive, highly repeatable tech-
nique. Its spatial resolution and capacity to localize is gen-
erally better than what can be obtained in human lesion
studies. Although its temporal resolution is one to two or-
ders of magnitude slower than most neural events, its time
scale is appropriate for some behavioral processes, such as

Fig. 7 Three physiological scenarios leading to a decrease in the
BOLD response to neural activation in a ‘disease’ population com-
pared to a ‘normal’ population, each showing a 2% BOLD response
in the ‘normal’ condition and a 1.5% BOLD response in the “dis-
ease” condition. In this example, the normal condition has M = 8%
and n = 3. In (a), the BOLD response reduction is due to a re-
duction in neural activity in the disease state, but with a normal
CBF/CMRO2 coupling ratio n. In (b), the CBF response is compro-
mised but the neural activity and CMRO2 changes are maintained,
resulting in a reduction in n. In (c), baseline CBF is elevated whilst
baseline CMRO2, neural activity and n remain constant. This causes a
decrease in M, leading to the reduced BOLD response. Thus an iden-
tical difference in the BOLD response between groups can arise in
three very different ways. Although combined BOLD and CBF data
can begin to resolve the ambiguities, calibrated fMRI with estimation
of M and n is required to obtain a more complete interpretation of
the data. BOLD = blood oxygen level dependent; CBF = cerebral
blood flow
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verbal rehearsal (Rundus, 1971). A considerable strength of
fMRI methods is its availability. A 2004 survey reported ap-
proximately 5,000 magnetic resonance imaging sites in the
United States compared with 1500 sites supporting positron
emission tomography (Latest IMV PET 2004; Latest IMV
Study, 2005). Currently shipped magnets from all major ven-
dors have fMRI capability. High field magnetic resonance
imaging systems are being sited in Psychology and Cogni-
tive Science Departments, making them more available to
academic psychologists.

The magnitude of the BOLD response is small, usually
between 0.25% and 5.0%. Although the small size of the
signal would not be an issue if the sources of noise were
much smaller, noise and bias are significant problems for
the fMRI experiment. The baseline signal drifts over the
several minutes of a run. Heating of the system amplifiers
and other electronic components can produce moment-to-
moment changes in system performance. Subject motivation
and attention vary from trial to trial. Neural systems ha-
bituate to or learn from repeated stimulation. The BOLD
method is sensitive to movement, which especially produces
edge artifacts. Both behavioral and physiological sources of
movement, such as respiration or cardiac cycles, are com-
mon. Movement is especially troublesome if it correlates
with stimulus changes (Hajnal et al., 1995). Generally, fMRI
researchers coregister images collected across the time series
to a base image in order to reduce the impact of movement.
These adjustments can correct small misalignments due to
movement but do not adjust the signal for loss of phase when
spins at a brain location experience slightly different mag-
netic fields as they move throughout the experiment (Buxton,
2002). As described above, the bulk of the BOLD signal at
commonly used field strengths originates within and around
veins. The location of the venous contribution of the BOLD
signal can be as much as a centimeter removed for the cap-
illary bed supplying the activated brain tissue (Kwong et al.,
1995). Whereas movement can cause artifactual BOLD sig-
nals, the brain-vein problem mislocates the BOLD signal.
Areas of the brain where the proximity of different tissue
compartments produces a gradient of tissue susceptibilities,
such as the orbitofrontal cortex or the temporal cortex adja-
cent to the auditory canal, experience signal loss and mislo-
cation of image voxels.

The BOLD signal is physiologically non-specific, as it
depends on baseline cerebral blood volume and metabolism
and on cerebrovascular reactivity, in addition to task re-
lated changes of oxygen utilization. This lack of phys-
iological specificity is especially challenging for studies
of drugs that may alter baseline cerebral blood flow or
drugs, such as caffeine, that alter the shape of the hemo-
dynamic response (Brown et al., 2003; Liu et al., 2004).
The effect of pharmacological treatments on cerebral ves-
sels should be considered when analyzing BOLD data from

treated patients or from drug development studies (See
the Paulus and Stein article in this issue). Sophisticated
modeling of the BOLD response is needed to disentan-
gle the various physiological contributions to the BOLD
signal.

Details of the behavioral activation paradigm affect the
efficiency of a BOLD study. These details include appropri-
ate design of the experimental task and effective selection
of items to study. Together task design and item selection
determine the reliability and power of a behavioral paradigm
used to activate brain processes. Likewise, details of the im-
age analysis pathway and the statistical modeling of MR
time series signals can have considerable effect on the de-
pendability of fMRI results. To produce dependable results
in individual cases, careful standardization, which has been a
hallmark of psychological testing, will need to be developed
for fMRI assessments.
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