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ABSTRACT: The measurement of cerebral blood flow (CBF) is a very important way of
assessing tissue viability, metabolism, and function. CBF can be measured noninvasively with
magnetic resonance imaging (MRI) by using arterial water as a perfusion tracer. Because of the
tight coupling between neural activity and CBF, functional MRI (fMRI) techniques are having a
large impact in defining regions of the brain that are activated due to specific stimuli. Among the
different fMRI techniques, CBF-based fMRI has the advantages of being specific to tissue signal
change, a critical feature for quantitative measurements within and across subjects, and for
high-resolution functional mapping. Unlike the conventional blood oxygenation level dependent (BOLD) technique, the CBF change is an excellent index of the magnitude of neural activity
change. Thus, CBF-based fMRI is the tool of choice for longitudinal functional imaging studies.
A review of the principles and theoretical backgrounds of both continuous and pulsed arterial
spin labeling methods for measuring CBF is presented, and a general overview of their current
applications in the field of functional brain mapping is provided. In particular, examples of the
use of CBF-based fMRI to investigate the fundamental hemodynamic responses induced by
neural activity and to determine the signal source of the most commonly used BOLD functional
imaging are reviewed.
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INTRODUCTION
Measuring cerebral blood flow (CBF) is a very important method to assess tissue viability, metabolism,
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and function. CBF can be measured noninvasively
with magnetic resonance imaging (MRI) by using
arterial water as a perfusion tracer (1– 8). The general
principle behind arterial spin labeling (ASL) techniques is to differentiate the net magnetization of
endogenous arterial water flowing proximally to the
organ of interest from the net magnetization of tissue.
As arterial blood perfuses the tissue, water exchange
occurs, effectively changing the net magnetization of
tissue proportionally to the blood flow rate. Therefore,
CBF can be quantitatively related to the difference of
two images acquired consecutively: one with spin
labeling and another as a control. ASL MRI techniques can be implemented with either pulsed labeling
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(3–5, 7) or continuous labeling (2, 6, 8). The pulsed
ASL (PASL) methods use single or multiple RF
pulses to label arterial blood water spins. The continuous ASL (CASL) technique (2) uses a long RF pulse
in the presence of a longitudinal field gradient to label
the arterial spins according to the principles of adiabatic fast passage (9). ASL techniques have major
advantages over other techniques based on the administration of exogenous tracers. It is a completely noninvasive technique for measuring CBF. Further, because of the very short half-life of the labeled spins,
repeated measurements of CBF can be performed as
often as desired. Moreover, the techniques preserve
the high spatial resolution of 1H MRI, enabling a
direct and precise anatomical localization of CBF
changes. On the other hand, proper perfusion contrast
is only achieved when enough time is allowed for the
labeled arterial spins to travel into the region of interest and exchange with tissue spins. This makes it
difficult to detect changes in CBF with a temporal
resolution greater than the decay time of the label.
Due to the tight coupling between neural activity
and CBF (10), the basis for modern functional neuroimaging methods (11), functional MRI (fMRI) techniques based on either changes in blood oxygenation
level dependency (BOLD) (12–14), regional CBF
(rCBF) (5, 15), or regional cerebral blood volume
(rCBV) (16), are having a large impact in defining
regions of the brain that are activated because of
specific stimuli. With the continued improvement of
MRI hardware, the spatial and temporal resolutions of
fMRI have both improved. Higher spatial resolution
means better spatial localization of fMRI signal
changes. Better temporal resolution also means better
spatial localization, as early hemodynamic events are
likely to occur close to the site of increased neuronal
activity. Nevertheless, the spatiotemporal relationship
between hemodynamic changes probed by functional
neuroimaging techniques and electrical neuronal
events is still poorly understood and needs to be better
characterized.
In particular, the BOLD contrast mechanism can
be modeled as a complex interplay between relative
CBF, CBV, and oxygen consumption changes
(CMRO2) (17, 18). However, the relationship between these variables is not fully understood. Positive
BOLD signal changes are presumably caused by fractional increases in CBF that are unmatched by fractional increases in CMRO2 (17, 19). This mismatch
between CBF and CMRO2 changes may not be
present in all activated regions at all times (20). Furthermore, there is no clear model to quantify the
changes in CBF from the measured BOLD signal
changes. Therefore, to date, BOLD remains a quali-
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Figure 1 A schematic representation of an MR image
voxel for the purposes of establishing the arterial spin
labeling model. Blood flowing through the arterial vessels
with flow rate CBF (mL g⫺1 min⫺1) reach the capillary bed,
where a fraction E of water exchanges with tissue water in
the extravascular space. The remaining fraction (1 ⫺ E) of
arterial water flows to the venous side of the capillary bed
without exchanging with tissue water. Also represented in
the model is the exchange of tissue water with tissue macromolecules. Adapted from (31).

tative technique. On the other hand, perfusion-based
fMRI provides absolute quantification of CBF and
provides potentially better spatial localization than
BOLD because it is sensitive to the arterial side of the
vascular tree, in particular to capillaries.
The purpose of this article is to describe the current
state of the art in CBF-based fMRI techniques and
review the current understanding of the relationship
between BOLD and CBF signal changes occurring
during functional brain activation.

ASL TECHNIQUES
Basic Model of ASL
The theoretical modeling of MR measurements of
perfusion with ASL has been extensively described
(2, 5, 25, 21–23) and reviewed in great detail (24 –26).
Therefore, only a general description is offered here.
Figure 1 shows a schematic representation of a
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typical fraction of tissue and its associated vasculature
for the purposes of establishing the arterial spin-labeling model. Blood flowing through the arterial vessels with a CBF flow rate (mL g⫺1 min⫺1) reaches the
capillary bed, where a fraction E of water exchanges
with tissue water in the extravascular (EV) space. The
remaining fraction (1 ⫺ E) of arterial water flows to
the venous side of the capillary bed without exchanging with tissue water. Also represented in the model is
the exchange of tissue water with tissue macromolecules. According to this model, the Bloch equations
for the longitudinal magnetization of brain tissue water and macromolecular spins can be written as
dM t共t兲 M0t ⫺ Mt共t兲
⫺ kforMt共t兲
⫽
dt
T1t
⫹ krevMm共t兲⫹ CBF关Ma共t兲 ⫺ Mv共t兲兴
⫻

dMm共t兲 Mm0 ⫺ Mm共t兲
⫹ kforMt共t兲 ⫺ krevMm共t兲
⫽
dt
T1m

[1]

where Mt(t) and Mm(t) are the tissue and macromolecular magnetization per gram of brain tissue, respectively; Ma(t) and Mv(t) are the arterial and venous
water magnetization per milliliter of arterial and venous blood, respectively; T1t and T1m are the tissue
water and macromolecular longitudinal relaxation
time constants, respectively (s);  is the tissue/blood
partition coefficient for water; E is the water extraction fraction; and kfor and krev are the magnetization
transfer (MT) rate constants between tissue water and
macromolecular protons, respectively (s⫺1).
As reviewed elsewhere (25, 26), Eq. [1] can be
solved for the CBF rate according to any of many
different ASL approaches. In particular, ASL can be
implemented according to two main labeling strategies: CASL or PASL.

CASL Technique
The CASL strategy consists of continuously labeling
the arterial spins proximally to the brain. The continuous in-flow of labeled water leads to the development of a steady state of tissue magnetization. Labeling of arterial water can be accomplished either by a
train of saturation pulses, as originally proposed by
Detre et al. (21), or by flow-driven adiabatic fast
passage, as proposed by Williams et al. (2). The latter
method is used more because it puts the arterial water
in antiphase with tissue water, producing the largest
net change in tissue magnetization, and therefore
maximizing CBF contrast. The state of labeled water
when it exchanges with tissue is an important param-

Figure 2 The RF coil arrangement for CASL experiments.
(A) A single RF coil is used for labeling the arterial spins at
a plane proximal to the slice of interest. In this case, offresonance labeling of arterial blood induces magnetization
transfer (MT) effects, which causes a strong decrease in
tissue signal and T1 but can be controlled for in a separate
experiment where the off-resonance RF is applied in a plane
located symmetrically distally from the slice of interest. (B)
MT effects can be avoided with a two-coil approach, which
uses a small surface coil to label the carotid arteries. This
labeling coil is decoupled from the imaging coil, thus avoiding MT effects. Therefore, with the two-coil system, multislice or 3-D acquisition can be performed without subtraction artifacts and the control experiment is simply acquired
without RF power applied to the labeling coil.

eter in the quantification of CBF. The degree of labeling can be defined as
␣共兲 ⫽ ␣ 0 䡠 exp共⫺ /T1a兲
␣0 ⫽

M a0 ⫺ Ma
2Ma0

[2]

where T1a is the T1 of arterial blood. Equation [2]
shows the degree of labeling ␣() depends on the
efficiency of labeling ␣0 and on the transit time  from
the labeling plane to the imaging plane. The efficiency
of labeling depends on the method used. For continuous saturation of arterial spins, Ma ⫽ 0 and ␣0 ⫽ 0.5.
For continuous inversion, ␣0 ⫽ 1. The adiabatic flowdriven inversion process is very efficient, so that in
practice the degree of labeling is dominated by the
transit time to the imaging site. In rats, where labeling
of arterial water is performed in the neck at a plane
that cuts the common carotid arteries, the ␣ value has
been measured to be better than 0.8 (6, 27). In humans, Maccotta et al. showed an ␣ value greater than
0.9 over a broad range of blood velocities (28).
CASL can be simply implemented with a single
volume RF coil that covers not only the region to be
imaged in the brain, but also the proximal area containing the feeding arteries. This scheme is shown in
Figure 2(A). In this experiment, a labeling plane is
defined to contain the main arterial supply to the
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brain. For example, in rodents the labeling plane is
situated in the neck, but in humans it is situated below
the circle of Willis to include both the internal carotid
and the vertebral arteries. The off-resonance RF radiation used to label the arterial spins also saturates
tissue macromolecules, which causes a strong decrease in tissue signal and T1 because of MT effects.
Fortunately, MT effects are highly symmetric in frequency, so that an easy control can be achieved if the
same off-resonance RF radiation is applied to a plane
placed distally from the imaging site at an equal
distance with respect to the labeling plane [Fig. 2(A)].
The solution of the Bloch equations (Eq. [1]) when
tissue macromolecules are saturated [Mm(t) ⫽ 0] is
given by

再

1

冋

册

CBF
M t共t兲 ⫽ T1app 䡠 M0t
⫺ kfor ⫹ 2␣
E
T1app


冎

1
1
CBF
⫽
⫹ kfor ⫹
E
T 1app T1t


[3]

Equation [3] shows the reduction in tissue magnetization at steady state, together with the reduction in
tissue T1 to a shorter apparent constant T1app, which is
due to saturation of tissue macromolecules. For example, at 4.7 T the tissue signal is reduced by 75%
from its equilibrium value and T1app ⫽ 0.45 s, compared to T1t ⫽ 1.7 s (22). CBF can be measured from
two MR images, one in which RF is applied to the
control plane and another in which RF is applied to
the labeling plane:
CBF ⫽

冋

册

M ct ⫺ M lt
 1
l
E T1t M t ⫹ 共2␣ ⫺ 1兲 M ct

proposed (6, 23) and implemented for imaging of the
rat (6, 30 –34) and humans (35). The schematics of the
two-coil system is shown in Figure 2(B). A small
surface coil is placed over the neck region to label the
carotid arteries. Because the RF field generated by the
small labeling coil does not reach the brain, tissue
macromolecules are not saturated, eliminating the reduction in signal intensity and shortening of T1 due to
MT effects. In addition, multislice or 3-dimensional
(3-D) acquisition can be performed without subtraction artifacts. Using the two-coil system, CBF can be
calculated from two images acquired with and without
labeling of the arterial spins as (23, 31)
CBF ⫽

␦⫽

⫻共1 ⫺ exp共⫺t/T1app兲兲
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冉

冊

M0t ⫺ M lt
 1
⫹␦
E T1t
M lt ⫹ 共2␣ ⫺ 1兲 M0t
k for
1 ⫹ krevT1m

[5]

where ␦ is a term that accounts for exchange between
tissue water and macromolecules. This term accounts
for 17% of the CBF quantification at 4.7 T (23).
In addition to allowing measurements of CBF with
higher SNR and more extensive coverage than the
one-coil implementation of CASL, the two-coil approach had a key role in understanding the basic
principles of water exchange in the brain (30, 31).
Further, the use of a separate labeling coil significantly reduces RF power deposition, which is a critical consideration for use of CASL in humans (35).
Unfortunately, however, the human anatomy forces
placement of the labeling coil too far upstream from
the region of interest in the brain, causing a significant
attenuation of the degree of labeling due to transittime decay.

[4]

where M ct and M lt are the tissue magnetization in the
control and labeled states, respectively.
As mentioned above, the one-coil implementation
of CASL inconveniently saturates tissue macromolecules, causing a reduction in both in the signal amplitude an the T1, effectively reducing the signal to
noise ratio (SNR) of the CBF measurement. Furthermore, the control plane illustrated in Figure 2(A)
works only for a single slice parallel to the labeling
plane. Clever approaches to allow multislice imaging
have been proposed (8, 29), but they do not avoid
saturation of tissue macromolecules and therefore still
suffer from poor SNR. A hardware approach to eliminate saturation of tissue macromolecules has been

PASL Approach
The pulsed approach to ASL consists of labeling a
thick slab of blood upstream from the region of interest with a short RF pulse and waiting a certain time to
allow the labeled blood to mix with tissue prior to
acquiring the image. This idea has been implemented
in a number of different ways (3–5, 36). The approach
used by Kim (5) was named flow-sensitive alternating
inversion recovery (FAIR), which is illustrated in
Figure 3. In FAIR, the labeled image is acquired
inside a slice-selective inversion slab. The uninverted
blood that flows from outside the inversion slab into
the inversion slab creates the desired CBF contrast,
because uninverted arterial water speeds up the longitudinal relaxation of tissue water upon mixing due
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CURRENT APPLICATIONS OF CBFBASED fMRI

Figure 3 A scheme for FAIR pulsed arterial spin labeling
(PASL). The labeled image is acquired inside a slice-selective inversion slab. The uninverted blood that flows from
outside the inversion slab into the inversion slab creates the
desired CBF contrast, because uninverted arterial water
speeds up the longitudinal relaxation of tissue water upon
mixing that is due to perfusion. The control situation is
acquired after a nonselective inversion pulse, when both
arterial water and tissue are inverted.

to perfusion. The control situation is acquired after a
nonselective inversion pulse, when both arterial water
and tissue are inverted, so that tissue relaxes back to
equilibrium with the normal relaxation constant T1t.
Using FAIR the CBF can be quantified according to
(25, 37, 38)
CBF ⫽

冋

册

 ⌬Mt
1/T1a ⫺ 1/T1app
0
2␣0 Mt exp共⫺TI/T1app兲 ⫺ exp共⫺TI/T1a兲

[6]
where ⌬Mt is the signal difference between the control and labeled images, TI is the inversion time, and
T1a is the T1 of arterial blood. Multislice acquisition
can also be performed with FAIR (1). In this case the
slice-selective inversion slab must contain all imaging
slices, and the different transit time to different slices
could compromise quantification of CBF. However, it
has been reported that when relative CBF changes are
determined in multislice FAIR experiments, errors
induced by different transit times are not significant
(39). Relative CBF changes measured by PASL are in
very good agreement with those measured by H15
2 O
positron emission tomography (PET) in the same region and subject during the identical stimulation task
(39). Thus, FAIR is also an excellent perfusion technique for the measurement of relative CBF changes
induced by neural activity or other external perturbations.

The coupling between neural activity and CBF makes
ASL-based MRI techniques excellent tools for monitoring brain function in both normal and pathological
states. Many pathophysiological disorders of the brain
are associated with alterations in normal perfusion
values, which can be mapped and quantified or followed in time with ASL techniques. In particular,
ASL has the potential advantages of BOLD because it
can quantify resting CBF, as well as CBF changes,
making results useful in longitudinal studies or in
comparisons among clinical populations. The applications of ASL-based techniques in assessing brain
disorders are currently quite broad and beyond the
scope of this article. The reader is referred to other
reviews (40 – 42) of current clinical applications of
ASL.
The CBF changes induced by external perturbations will be, in theory, the same whether measurements are performed on high or low field systems.
Therefore, relative CBF measurements using the perfusion-based fMRI technique can be performed even
at low magnetic fields, provided adequate SNR can be
achieved, although high fields provide a higher SNR
and a longer T1 of water.
The BOLD signal is sensitive to a large static
susceptibility effect around the tissue to sinus boundaries, making it difficult to obtain high quality images
in the frontal and temporal areas. Thus, it is difficult
to obtain fMRI in these areas. Because the perfusionbased technique does not rely on the susceptibility
effect for its contrast, a spin– echo (SE) data collection scheme can be used for recovering signals in high
susceptibility regions. Hence, perfusion-based fMRI
is better than the conventional BOLD method for
mapping highly susceptible areas.
In the functional MRI studies, baseline drift is a
problem because functional maps are calculated from
a comparison between control and task-induced signal
intensities. This drift may be due to physiological
changes induced by effects such as anxiety and anticipation, the subject’s motion (even if subpixel movements), system instabilities due to changes in eddy
current compensation and field drift, a change in gain
setting at different scanning sessions, and an approach
to steady-state magnetization if relatively fast repetition of RF pulses is employed. Slight, not abrupt,
baseline changes can be corrected by subtraction of an
image from its neighbor image (5), improving the
sensitivity of perfusion-based fMRI. Also, this property of perfusion-based fMRI can allow the use of
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perfusion-based fMRI for longitudinal studies. For
intersubject or intersession intrasubject comparisons,
the perfusion-based techniques are the method of
choice.
Most of the fMRI studies performed today are
based on the BOLD contrast, because of its high
contrast to noise ratio (CNR) and simplicity of implementation. However, the BOLD contrast mechanism
depends on a complex interplay between CBF, CBV,
and CMRO2 (17, 18). The intrinsic relationship between these variables is not fully understood. Positive
BOLD signal changes are presumably caused by increases in CBF that are unmatched by the corresponding increases in CMRO2 (17, 19). On the other hand,
negative BOLD signals can be generated by early
increases in CMRO2 prior to increases in CBF or by
increases in CBV. Therefore, to better understand the
physiological mechanisms underlying functional hemodynamic changes, it is fundamental to obtain simultaneous measurements of BOLD, CBF, and CBV
changes. For the remainder of this article, we focus on
simultaneous measurements of BOLD and CBF performed in animals and humans and attempt to provide
a current understanding of hemodynamic regulation
during functional brain activation.

Spatial Specificity
Animal studies comparing BOLD and CBF regions of
activation using fMRI have been recently reported in
the rat somatosensory cortex (33, 34, 43, 44) and in
the cat visual cortex (45). These animal studies, performed at high magnetic field strength, have established important considerations regarding the spatial
localization of BOLD with respect to CBF and to the
expected site of increased electrical activity. For example, Figure 4(A) shows typical BOLD and CBF
cross-correlation functional maps obtained at 9.4 T
during forepaw stimulation in a rat. Good agreement
in the spatial location of activation regions was observed, and the mean separation between the center of
the BOLD and the CBF active regions was determined to be less than one pixel (33). In addition, the
number of pixels in the BOLD region was strongly
correlated to the number of pixels in the CBF region.
Figure 4(B) shows a comparison of the overlap of
BOLD, CBF, and calcium influx, as probed by T1
weighted images sensitive to the calcium analog
Mn⫹⫹ (43). The highest CBF and calcium influx
change was located in layer 4 of the somatosensory
cortex. It demonstrates the excellent overlap between
the regions of activation as reported by BOLD, CBF,
and Mn-dependent T1 contrast, which is proof of the
excellent spatial localization of BOLD signal changes

Figure 4 (A) BOLD (top row) and CBF (bottom row)
activation maps of the rat brain upon electrical stimulation
of the right forepaw. The bottom graph shows the time
course of a 9 pixel ROI placed on the center of the active
areas (middle slice) of the BOLD and CBF maps. The
temporal correlation coefficient between the BOLD and the
CBF time courses was 0.92. (B) Spatial overlap of hemodynamic versus calcium-dependent activity. The first column shows the combined maps of BOLD (red), CBF
(green), and the overlap between the two (yellow). The
second column shows the combined maps of BOLD (red),
T1 (green), and the overlap between the two maps (yellow).
The third column shows the combined maps of CBF (red),
T1 (green), and the overlap between the two (yellow).

at high magnetic field strengths. However, although
CBF maintains its high spatial specificity at all magnetic field strengths, the same cannot be said of the
BOLD contrast. The functional CBF maps measured
with FAIR in response to single orientation stimulation of the cat visual cortex at 4.7 T were specific to
a submillimeter columnar structure, in contrast to
gradient– echo (GE) BOLD, which could not resolve
columnar structures (45). This indicates that perfusion-based fMRI provides higher spatial specificity
than BOLD fMRI at medium and low magnetic fields
such as 4.7 T.
CBF and BOLD studies were also performed in
humans during finger movements and visual stimula-
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Figure 5 Multislice FAIR measurements of a normal volunteer during finger movement at 4 T. The panels show
FAIR contrast (top), CBF-weighted fMRI maps overlaid on
anatomic images (middle), and BOLD fMRI maps (bottom).
CBF-weighted fMRI was obtained using the FAIR technique, while BOLD maps were obtained from nonslice
selective inversion-recovery images acquired as part of
FAIR. The color bar shows from 10 to ⬎90% changes for
CBF and from 1 to ⬎9% changes for BOLD. The arrows
indicate the central sulcus. It is interesting that the CBFweighted fMRI signals localize to tissue areas, not to large
vessels. Thus, higher spatial specificity can be obtained
using CBF techniques. Adapted from (1).

tion at 4 T (1, 37, 46, 47). Generally, supramillimeter
activation sites were consistent between CBF and GE
BOLD fMRI maps and stimulation frequency-dependent activation covaried in both functional images.
However, as shown in Figure 5, GE BOLD maps
show “activation” in large draining veins, such as the
Rolendic vein in the central sulcus, which are absent
in FAIR-based fMRI.
In addition to being strongly related to the strength
of the magnetic field, BOLD is also very sensitive to
the type of MRI pulse sequence used (44, 45, 48 –51).
Inspecting the vascular contribution to BOLD fMRI
signals constitutes a fundamental step toward a better
understanding of the spatial specificity issues in
BOLD. In particular, the BOLD effect is sensitive to
the venous blood volume and vessel size and orientation (17, 18, 52). To comprehend the nature of the

vascular contribution, it is important to separate the
macrovascular from the microvascular components
(53). The microvascular or tissue component is defined as coming from capillaries and surrounding tissues, whereas the macrovascular component arises
from large venules and veins. The microvascular effect is believed to be close to the site of neuronal
activity. However, unlike capillaries, there is not a
high density of large blood vessels in the brain; thus,
functional maps based on the macrovasculature can be
significantly distant from the actual site of neural
activity. Therefore, it is desirable to minimize the
macrovascular contribution. According to the BOLD
model (18, 52), vascular contributions to the BOLD
signal are composed of EV and intravascular (IV)
effects. The EV contribution from large vessels is
linearly dependent on the magnetic field strength (B0),
whereas the EV contribution from microvessels increases quadratically with B0. This suggests that high
magnetic fields can increase the relative contribution
of the microvascular component to the BOLD signal.
The EV component of microvessels contributes to
both SE and GE fMRI as a result of dynamic signal
averaging induced by water diffusion during an echo
time (TE). However, the EV component of large

Figure 6 A comparison between spin– echo (top) and
gradient– echo (bottom) BOLD fMRI. The BOLD statistical
maps are overlaid on two-segment EPI images acquired at
9.4 T at TE ⫽ 16 ms (GE) or 40 ms (SE). The SE and GE
images are diffusion weighted (b ⫽ 100 s/mm2 for SE, 200
s/mm2 for GE). On the left, the CCC maps are color coded
between 0.5 and 0.9, while the relative BOLD signal change
maps shown on the right are color coded between 3 and
11% signal changes. The functional maps on the left present
high cross-correlation coefficient (CCC) values in the deep
layers of the somatosensory cortex for both SE and GE
images. The SE BOLD percentage of increase map (top
right) agrees with the corresponding CCC map (top left).
However, the GE BOLD percentage of signal increase map
(bottom right) presents its highest signal increases at the pial
surface, where large superficial veins are located. Adapted
from (50).
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is crucial to remove large vessel contributions. It is
important to mention that SE BOLD at 1.5 T contains
predominantly an IV component (56, 57). Therefore,
the combination of high magnetic fields with diffusion-weighted SE sequences that are insensitive to
draining veins constitutes the best approach to BOLDbased fMRI at submillimeter resolution.

Magnitude of Signal Changes

Figure 7 A comparison of the relative SE BOLD and CBF
signal changes during electrical stimulation of the rat forepaw. Data are grouped into three diffusion-weighting
ranges. There is no difference in the correlation between SE
BOLD and CBF at different diffusion weightings. The solid
curve shows the fit of the data to the function indicated on
the graph. Adapted from (44).

vessels contributes only to GE fMRI, not to SE fMRI,
because the 180° RF pulse in SE fMRI can refocus the
dephasing effect of static field inhomogeneities
around large vessels (18, 52, 54, 55). Applying flowsensitive bipolar gradients cannot reduce these EV
effects. The vascular contribution to BOLD was extensively studied at 9.4 T. In one study, GE and SE
BOLD contrast was compared in the presence of
graded diffusion weighting to reveal the contribution
from large vessels to BOLD (50). Figure 6 shows a
comparison between diffusion-weighted GE and SE
BOLD fMRI in a rat model of somatosensory stimulation. The SE image was acquired using b ⫽ 100
s/mm2, and the GE image was acquired at b ⫽ 200
s/mm2. Whereas the SE image shows the largest signal changes in the middle layers of the somatosensory
cortex, the GE image presents high signal increases at
the pial surface, where large superficial veins are
located. A combination of a long TE and diffusion
weighting helps minimize the IV component of both
the GE and SE images. However, in GE fMRI, the
highest percentage of signal changes still take place
near the edge of the brain, because the EV component
from large vessels cannot be suppressed by a GE
sequence, even in the presence of diffusion-sensitizing gradients (50). Another study compared SE
BOLD to CBF in the same rat model, leading to the
conclusion that both CBF- and SE BOLD-based fMRI
yield tissue-specific maps at high magnetic fields (44).
To obtain accurate high-resolution functional maps, it

CBF-based fMRI can provide better localized mapping of neuronal activation because it is not sensitive
to large draining vessels. The CBF contrast mostly
reflects truly perfusing spins that have permeated the
capillary walls and entered the EV space. Because
relative CBF changes are linearly correlated to metabolic changes (19, 58), CBF can play the role of a
gold standard for quantifying neuronal activity. The
quantification of absolute CBF values requires suppression of large vessel artifacts, in particular those
originating from large arteries. We have observed a
10 –20% reduction in resting CBF values with the use
of small (b ⫽ 20 –500 s/mm2) diffusion-sensitizing
gradients (30, 44). However, the use of diffusionsensitizing gradients has no effect of quantifying relative CBF changes during somatosensory stimulation
in rats (44), suggesting the arterial vasodilatation is
proportional to the CBF changes. This is consistent
with our previous finding of significant arterial CBV
changes during increased CBF (51). Taken together,
the contribution of large vessels to functional CBF
changes, as measured by the CASL technique, does
not alter tissue-level relative CBF changes.
Because the BOLD contrast is dependent on various physiological and anatomical parameters, it is
important to compare BOLD signal changes with
CBF-based fMRI. Relative CBF and BOLD signal
changes during somatosensory stimulation in rats
have been extensively compared at 9.4 T (33, 34, 43,
44). Figure 7 shows an equivalent plot of SE BOLD
versus CBF changes. Individual diffusion-sensitized
fMRI data obtained from 10 animals (12 paws) are
plotted; low (b ⫽ 0 –5 s/mm2), intermediate (b ⫽
20 –100 s/mm2), and high (b ⫽ 150 –500 s/mm2)
diffusion gradient data are shown. The relationship
between relative BOLD and CBF changes was identical in all groups, indicating that the presence of
diffusion-weighting gradients did not affect any signal. This is consistent with previous observations that
the SE BOLD contrast has its origin in EV dynamic
averaging effects around small vessels (50), and
therefore our results show excellent correlation between SE BOLD and CBF changes during functional
stimulation at high spatial resolution. When the large
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vascular component is suppressed, CBF and BOLD
fMRI contrasts are closely coupled and originate from
a similar anatomical location within a single voxel.
However, the relationship between BOLD and CBF
changes is highly nonlinear, especially at high CBF
changes. Such a relationship can also be found in CBF
and GE BOLD signals obtained from a large region of
interest, but not on a pixel by pixel basis (47). This
consideration should be taken into account when trying to use BOLD-based fMRI as a quantitative
method for mapping neuronal activity.

Temporal Characteristics
The inherent temporal resolution of ASL methods of
quantifying CBF is inherently low. Proper perfusion
contrast is achieved when enough time is allowed for
the labeled spins to travel into the region of interest
and exchange with tissue spins. In addition, it is
necessary to acquire two images, usually in an interleaved manner, to determine CBF: one with spin
labeling and another as a control. Thus, the typical
temporal resolution of ASL methods is on the order of
a few seconds (3.5, 5.8, and 8). In order to obtain
dynamic CBF changes with high temporal and spatial
resolution, we have recently devised a novel MRI
technique, coined pseudocontinuous ASL (PCASL)
(32). The PCASL technique consists of using a short
ASL RF pulse in conjunction with an ultrafast imaging sequence, such as echo–planar or spiral imaging.
The ASL RF pulse is made short to allow for high
temporal resolution but long compared to the imaging
time, so that high labeling duty cycles (and thus the
efficiency) can be maintained. For example, PCASL
has been implemented using 78-ms ASL pulses in
conjunction with a 30-ms echo-planar imaging (EPI)
sequence (32, 24). Under these conditions, CBF images could be formed every 108 ms with a labeling
efficiency of 59% (␣ ⫽ 0.59). Two separate experiments are performed in PCASL: one with spin labeling and the other as a control. Once the CBF images
are formed according to Eq. [5], an analysis of the
temporal characteristics of the CBF time course is
desired. For this, a temporal deconvolution of the
CBF time course becomes necessary. This is because
instantaneous changes in CBF cause slow variations
in the MRI signal. The basic principle of the ASL
technique is the transfer of the longitudinal magneti-

Figure 8 (A) MRI-measured (gray) and true (black) CBF
curves obtained at 108-ms temporal resolution during electrical stimulation of the rat forepaw. The MRI-measure
curve was deconvolved with the tissue T1 decay curve to
produce the true CBF response. (B) Averaged onset times of
CBF and BOLD in the surface (gray bars) and deep (white
bars) regions of the somatosensory cortex. (*) The onset of
the BOLD response in the cortical surface was significantly
longer than deep in the cortex (p ⬍ 0.03). (**) CBF changes
in the deep cortex occurred earlier than the corresponding
BOLD changes (p ⬍ 0.003). (***) The onset of superficial
CBF changes was significantly delayed with respect to deep
in the cortex (p ⬍ 0.004). (C) Averaged times to peak of
CBF and BOLD. There was no significant time to peak
differences across regions for either BOLD (p ⬎ 0.28) or
CBF (p ⬎ 0.39). (*) However, the CBF peak response
occurred faster than the BOLD response in both regions
(p ⬍ 0.001). Error bars ⫽ 1 SD. Adapted from (34).
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zation state of the arterial water spins to the tissue
spins. This transfer is limited by T1app, repetition time
(TR), and the RF flip angle  and cannot occur instantly. Therefore, step changes in perfusion (and,
consequently, in T1app) are only reflected a few seconds later in the tissue magnetization. By performing
a deconvolution of the MRI-measured CBF signal
with the initial magnetization decay curve, this latency in the MRI measured CBF response can be
removed. After this deconvolution process, the resulting CBF time course accurately reflects the dynamics
of the actual CBF changes.
Figure 8(A) shows the MRI-estimated (gray) and
the deconvolved CBF (black) time courses obtained
during somatosensory stimulation in rats using the
PCASL technique. The MRI-estimated CBF curve
was deconvolved with the initial 10 s of the control
magnetization decay, generating the deconvolved
CBF signal. It can be clearly seen how the CBF
response measured with MRI is delayed with respect
to the deconvolved curve. Note from Figure 8(A) that
the deconvolution adds oscillatory noise to the resulting curve. However, the CBF changes elicited by this
model of activation are very robust, to the point that
the results presented here are not compromised by the
additional noise introduced by the deconvolution process. Because we used GE EPI as the readout imaging
sequence in our PCASL technique, BOLD signal
changes could be measured from the control series of
images and directly compared to the corresponding
CBF changes. Figure 8(B) shows the onset time of
BOLD and CBF in the superficial and deep regions of
the somatosensory cortex following the onset of stimulation. CBF changes in the deep layers of the somatosensory cortex occurred earlier than the corresponding BOLD changes (p ⬍ 0.003). However, in
the superficial layers, the onset of the CBF response
was delayed and it was similar to the latency of the
superficial BOLD signal changes. Figure 8(C) shows
the BOLD and CBF times to peak. The CBF peak
response occurred faster than the BOLD response in
both regions (p ⬍ 0.001).

CONCLUSIONS
Perfusion-based fMRI is specific to tissue signal
changes, a critical feature for proper quantification of
the functional response and for high-resolution functional mapping. Unlike the conventional BOLD technique, the CBF change is an excellent index of the
magnitude of neural activity change. Perfusion-based
fMRI provides high spatial resolution because the
contribution of draining veins to the CBF-weighted
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signal is minimal. The perfusion changes induced by
neural activity are faster than the BOLD response. By
combining ASL with the BOLD technique, both the
CBF and venous oxygenation level can be obtained,
which can be used for examining the sources of the
BOLD contrast. Because slow baseline changes can
be eliminated by pairwise subtraction of images,
CBF-based functional images can be obtained even
when baseline signals are modulated because of system instabilities, different gain settings, or physiological changes. Thus, perfusion-based fMRI is the tool
of choice for longitudinal functional imaging studies.
Overall, the perfusion-based fMRI technique is an
excellent complementary approach for functional
mapping of human and animal brains.
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