
Quantification of Cerebral Arterial Blood Volume Using
Arterial Spin Labeling With Intravoxel Incoherent
Motion-Sensitive Gradients

Tae Kim1,3 and Seong-Gi Kim1,2*

Quantification of cerebral arterial blood volume (CBVa) is im-
portant for understanding vascular regulation. To enable mea-
surement of CBVa with diffusion-weighted (DW) arterial spin
labeling (ASL), a theoretical framework was developed using
the effects of intravoxel incoherent motion (IVIM). The pseudo-
diffusion coefficient (D*) in the IVIM model was evaluated at
9.4 T in DW-ASL of rat brain under isoflurane anesthesia by
variations of both post-labeling delay (w) and magnetization
transfer ratio (MTR). D* and its volume fraction decreased at
values of w ≥ 0.3 s, and the normalized apparent diffusion
coefficient (ADC) increased with MTR, suggesting that D* is
closely correlated with CBVa. Thus, the difference between ASL
measurements with and without DW gradients is related to
CBVa. The CBVa values measured by this approach were com-
pared with values obtained using the modulation of tissue and
vessel (MOTIVE) technique with ASL, which varies MT levels with-
out changing spin labeling efficiency. CBVa values from both
methods were highly correlated. The measured CBVa values were
linearly correlated with cerebral blood flow (CBF) for a PaCO2

range of 25–50 mmHg; �CBVa (ml/100 g) � 0.007 (min–1) � �CBF
(ml/100 g/min). The DW-ASL approach is simple and easy to im-
plement for human and animal CBVa studies. Magn Reson Med
55:1047–1057, 2006. © 2006 Wiley-Liss, Inc.
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Cerebral blood volume (CBV) has been measured by inte-
grating MRI signals induced by the first-pass of contrast
agents after bolus injection (1). Separation of CBV into
arterial and venous volumes may provide further informa-
tion regarding vascular regulation that is not obtainable
from total CBV measurements. The quantification of arte-
rial CBV (CBVa) may therefore be useful for evaluating
both normal cerebral function and pathology related to
vascular disease. However, the CBVa is a small fraction of
the total brain volume, i.e. �1% (2,3), and is therefore
difficult to map. We recently developed an MRI method to
determine CBVa by modulation of tissue and vessel (MO-

TIVE) signals (2). This technique employs magnetization
transfer (MT) (4,5) to selectively modulate tissue signals
without changing arterial blood signals, while blood signal
is modulated either by injection of a contrast agent or by
arterial spin labeling (ASL). Arterial blood volume maps of
rat brain were successfully obtained by utilizing two coils
with this technique. However, when continuous ASL
(CASL) is implemented with a single coil, the MT effect
induced by the labeling pulses decreases brain tissue sig-
nal, and it is not trivial to modulate MT levels without
changing ASL efficiency. Thus, it is desirable to find a way
to measure CBVa without having to modulate the MT level.

The contribution of arterial blood signals in ASL can be
reduced by employing small magnetic field gradients (re-
ferred to in the literature as diffusion, Stejskal-Tanner, or
bipolar gradients) that dephase the signal from rapidly
flowing spins. This approach has been used to suppress
signal contributions from larger arterial vessels (6). In per-
fusion studies this same property was implemented with
multiple spin tagging times to attempt measurement of
CBVa (preliminary data were reported in abstract form
(7–9)). By adapting the intravoxel incoherent motion
(IVIM) approach (10) for use with CASL measurements,
the component with fast apparent diffusion coefficient
(ADC) can be separated from tissue spins with slow ADC
(11). The fast ADC component has been considered to arise
from “unextracted” labeled spins in capillaries and veins.
Since disturbed and inhomogeneous flow of spins within
arterial vessels can also be considered to be a pseudo-
diffusive process, we hypothesize that arterial blood is the
major source of the pseudo-diffusion component in ASL
measurements with IVIM-sensitive gradients. Thus, if the
signals suppressed by diffusion gradients originate from
arterial vasculature, one can measure CBVa by incorporat-
ing this diffusion gradient.

In this study we determined the source of the pseudo-
diffusion component in IVIM with ASL measurements in
rat brain by varying both the post-labeling delay time and
the MT effect without changing the ASL efficiency. ASL
experiments were performed with both the proposed dif-
fusion-weighted (DW) method and the MOTIVE approach
(no diffusion gradient) in the same animals to determine
whether the independently measured CBVa and CBF val-
ues were consistent. The relationship between CBVa and
CBF was also determined.

THEORY
Source of the Pseudo-Diffusion Component in IVIM With
ASL Measurements

In ASL studies it is assumed that signal changes in an
imaging voxel are due to contribution from three compart-
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ments: arterial blood, tissue/capillary, and venous blood.
The loss of spin labeling due to T1 relaxation during travel
time minimizes contributions of labeled spins from ve-
nous blood. Further, T2 of venous blood at 9.4 T is very
short relative to T2 of tissue and arterial blood (12). When
the echo time (TE) is �3 times T2 of venous blood in
spin-echo data collection, signal from the venous pool
becomes negligible. Therefore, the remaining signal arises
from a combination of arterial blood and tissue/capillary
contributions. When spin labeling time is �2 s, labeled
water in capillaries freely exchanges with tissue water (the
exchange time of water is �500 ms (13)). Under these
conditions, longitudinal magnetizations of tissue and cap-
illary water are indistinguishable during the spin prepara-
tion period. In this application, tissue and capillary are
treated as one compartment.

The difference between the “control” signal (without
ASL) and “labeled” signal (with ASL) is given by �Ssat �
Ssat

control � Ssat
label, where the subscripts refer to some degree

of macromolecular saturation in tissue by the MT-induc-
ing pulses. In our descriptions, Ssat

control is used inter-
changeably with Ssat. When ASL pulses are applied in the
absence of MT effects (as in the two-coil setup), Ssat

control �
S0 and �Ssat � �S0, where the subscript zero indicates no
MT saturation. If we assume that D* arises from arterial
spins, when DW gradients are applied �Ssat with MT sat-
uration at TE, �Ssat(b), is described as

�Ssat�b� � �1 � �a� � �Msat
tissue � e�b�D � e�TE�R2�tissue�

� �a � �M0
artery � e�b�D* � e�TE�R2�artery�, [1]

where �a is the fraction of arterial spins; �Msat
tissue and

�M0
artery are changes in magnetization induced by CASL in

tissue in the presence of MT, and in arterial blood in the
absence of MT, respectively; R2(tissue) and R2(artery) are the
1/T2 values of tissue and arterial blood water, respectively;
D is the water diffusion coefficient in the tissue/capillary
pool; and D* is the pseudo-diffusion coefficient in the
arterial pool. Assuming rectangular-shaped gradient
pulses, the diffusion factor, b (in a unit of sec/mm2), can be
expressed as b � (	 � 
 � G)2(� � 
/3), where 	 is the
gyromagnetic ratio of proton nuclei, 
 is the duration of
each gradient, G is the DW gradient strength, and � is the
time between gradient onsets (14).

�Ssat(b) normalized to conditions under MT saturation
but without DW gradients (�Ssat (0)) is determined as

�Ssat�b�/�Ssat�0� � �1 � f� � e�b�D � f � e�b�D*

� e�b�ADC, [2]

where the volume fraction of the pseudo-diffusion coefficient
(f) is equal to �a � �M0

artery � e�R2(artery) � TE/((1 � �a) �
�Msat

tissue � e�R2(tissue) � TE � �a � �M0
artery � e�R2(artery) � TE). Accord-

ing to simulation, f is linearly correlated to �a within the �a

range of 0.5–2%. At 9.4 T, T2 of tissue and arterial blood is
similar (12), and therefore T2 differences can be ignored in
Eq. [1].

To evaluate whether the pseudo-diffusion coefficient
component (D*) is indeed related to arterial blood volume,
as we propose here, diffusion measurements with ASL can

be executed with variable post-labeling delay times (w).
Spins tagged at the labeling plane travel along arterial
blood vessels and first enter the imaging plane at �a. The
spins reach the capillaries at �c, where they then exchange
with tissue water (Fig. 1). With incorporation of w, the
relative signal contribution of the arterial blood pool to
�Ssat(b) will then be dependent on w, �a, and �c. The
arterial blood volume contribution will be partially re-
duced when �a  w  �c, and totally eliminated when w �
�c (Fig. 1). If our model is correct, �Ssat(b)/�Ssat(0) will
follow a biexponential decay when w  �c (i.e. there will
still be pseudo-diffusion contributions from arterial
blood), and a single-exponential decay when w � �c. Also,
the calculated ADC value will progressively decrease
when �a  w  �c because the D* contribution decreases.

In CASL studies employing one homogeneous head coil,
MT effects induced by long spin labeling RF pulse(s) will
be unavoidable in the tissue/capillary pool (15,16) but
leave arterial blood signals unaffected. One can also exam-
ine the pseudo-diffusion coefficient by exploiting these
MT effects. If arterial blood is a major contribution to D*,
then the relative contribution of arterial blood to �Ssat will
be greater when tissue signal is reduced by increasing the
MT effects without changing spin labeling efficiency. If
our model is correct, calculated ADC values will increase
with MT saturation level because the relative contribution
from D* increases.

Determination of Arterial Blood Volume From ASL Data
With DW Gradients

When the arterial blood contribution is removed by an
appropriate DW gradient (e.g., b � 100 s/mm2), only the
tissue/capillary pool remains. The DW-ASL data can be
normalized as

�Ssat�b�/S0�b� � �Msat
tissue/M0

tissue, [3]

where S0(b) is the signal intensity of control images at the
same b-value without any MT effect, and M0

tissue is the

FIG. 1. Schematic of blood delivery from labeling plane to various
compartments within the imaging plane, which consists of arteries,
tissue/capillary, and veins. At the capillary level the labeled water
exchanges with tissue water. �a: Transit time from labeling plane to
entry of the imaging plane. �c: Transit time from labeling plane to the
exchange site. Postlabeling delay (w) allows fresh spins, which are
unlabeled, to enter arterial vasculature. The contribution of arterial
blood volume to �S data will therefore be partially reduced when �a

 w  �c, and totally eliminated when w � �c.
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tissue magnetization in the absence of MT and ASL. When
arterial signals are removed, normalized �Ssat is indepen-
dent of MT level and post-labeling delay. However, when
no DW gradient is applied (b � 0), the arterial component
remains in �Ssat, and normalization can then be obtained
with

�Ssat�0�/S0�0� � ��1 � �a� � �Msat
tissue

� �a � �M0
artery � ��/M0

tissue, [4]

where � � e�(R2(artery)�R2(tissue)) � TE and S0(0) � M0
tissue �

e�Rs(tissue) � TE. By definition, �M0
artery � 2�a � M0, where �a is the

labeling efficiency of arterial spins in the imaging slice (17);
�a is reduced due to T1 relaxation during travel from the
labeling plane, such that �a � �o � e�(�a � R1b), where �o is the
degree of labeling efficiency at the labeling plane, and R1b is
1/T1 of arterial blood. The �Msat

tissue/M0
tissue term in Eq. [4] can

be replaced by the equivalence in Eq. [3] to yield the fraction
of arterial spins as

�a �
��Ssat�0�/S0�0�� � ��Ssat�b�/S0�b��

2�a � � � ��Ssat�b�/S0�b��
. [5]

When ASL pulses induce MT effects (as in the case of
single-coil ASL), S0(b) and S0(0) must be determined with-
out MT effects in separate acquisitions. However, when
ASL pulses do not induce MT effects (as for two-coil ASL),
then it is not necessary to obtain S0(b) and S0(0) from
separate acquisitions, as these values would be directly
obtainable from the control signals.

From data acquired with multiple MT saturation levels
without applying DW gradients and without changing ar-
terial labeling efficiency, a fraction of arterial blood spins
can also be calculated by the MOTIVE method (2). In short,
the normalized ASL data, �Ssat/S0 can be written as

�Ssat/S0 � C � �Ssat/S0� � �a�2�a � C� � �, [6]

where C is related to tissue/capillary perfusion; C

�
�Msat

tissue

Msat
tissue � �2� �

CBF
� ��� 1

T1
�

CBF
� � (18,19), T1 is T1 of

tissue without MT effects, and � is the blood to brain
partition coefficient. The venous contribution to Ssat can
also be ignored if both tissue and venous spins experience
the same degree of saturation by MT. By fitting a linear
function to �Ssat/S0 vs. Ssat/S0, a slope (C) and intercept
(�a � (2�a � slope) � �) are obtained. The arterial spin
fraction is thus

�a �
Intercept

�2�a � C� � �
. [7]

Since C is much less than 2�a, the slope term can be
ignored in quantification of �a. At 9.4 T, the � term in Eqs.
[4]–[7]) is one because the T2 values of arterial blood and
tissue are similar, and therefore the � term was not in-
cluded in calculations in this study and previous reports
(2). However, the � term can be significant at low magnetic
fields (see Discussion).

It should be noted that the spin density of tissue is
different from that of blood. However, �a is the fraction of
spins in the arterial blood pool (units of %), which incor-
porates this difference of spin density, and thus a change
in spin density will be reflected in �a values. In order to
convert from spin fraction (�a) into physical volume
(CBVa), differences in spin density between tissue and
blood pools have to be considered. Thus, CBVa will be �a

� � where � is the blood to brain partition coefficient (ml
blood/g tissue).

MATERIALS AND METHODS

Animal Preparation

The animal protocols used in this study were approved by
the University of Pittsburgh Animal Care and Use Com-
mittee. Eighteen male Sprague-Dawley rats weighing 350–
450 g (Charles River Laboratories, Wilmington, MA, USA)
were initially anesthetized with 5% isoflurane in a 1:2
mixture of O2:N2O gases and intubated for mechanical
ventilation (RSP-1002; Kent Scientific, CT, USA). The
isoflurane level was reduced to 2% for surgical prepara-
tion. During MR experiments the O2:N2O mixture was
replaced with air maintaining �30% O2, and isoflurane
levels were reduced to �1.5%. The femoral artery was
catheterized for blood pressure monitoring and blood gas
sampling, and the femoral vein was catheterized for fluid
administration. The arterial blood pressure and breathing
pattern were recorded with a multi-trace unit (AcKnowl-
edge; Biopak, CA, USA) during the experiments. Ventila-
tion rate and volume were adjusted based on blood gas
analysis results (Stat profile pHOx; Nova Biomedical, MA,
USA). Before it was placed in the magnet the head of the
animal was carefully secured in an in-house-built re-
strainer by means of ear pieces and a bite bar to reduce
head motion. The animal’s rectal temperature was main-
tained at 37°C � 0.5°C with a warm-water pad, a rectal
thermal coupled probe, and a feedback unit.

MRI Methods

All MRI measurements were performed on a 9.4 Tesla
magnet with bore diameter of 31 cm, interfaced to a Unity
INOVA console (Varian, Palo Alto, CA, USA). The gradient
coil was an actively shielded 12-cm inner diameter set
with a gradient strength of 40 G/cm and a rise time of
130 �s (Magnex, Abingdon, UK). Two actively detunable
RF coils were used: a butterfly-shaped surface coil was
positioned in the neck region for ASL, while a surface coil
of 2.3 cm diameter was positioned on top of the rat head
both for tissue saturation via MT effects and for image
acquisition (2). The homogeneity of the magnetic field was
manually optimized on a slab that was twice as thick as the
imaging slice.

A single 2-mm-thick coronal slice was selected. All im-
ages were acquired using an adiabatic single-shot double
spin echo-planar imaging (EPI) sequence (12) with TE �
36 ms, TR � 10 s, matrix size � 64 (readout) � 32 (phase-
encode), and FOV � 3.0 (right–left hemisphere direc-
tion) � 1.5 (dorsal–ventral direction) cm2. B1-insensitive
flip angles were obtained by using a non-slice-selective
adiabatic half passage (AHP) RF pulse for spin excitation,

Measurement of Arterial Blood Volume 1049



and two slice-selective adiabatic full passage (AFP) RF
refocusing pulses for compensation of nonlinear phase
(20). Diffusion-sensitizing unipolar gradients were applied
around the first 180° RF pulse, with � � 20 ms and � �
3 ms (Fig. 2). Gradient strength was adjusted to achieve the
desired b-value.

To control the level of MT effects without changing ASL
efficiency, a pair of pulses consisting of a 100-ms spin
tagging pulse in the neck coil followed by a 100-ms MT-
inducing pulse in the head coil was repeated during 8 s of
the spin preparation period (Fig. 2). The targeted MT sat-
uration level in tissue was achieved by adjusting the
power level of MT-inducing RF pulses with �8500 Hz
off-resonance frequency using the head coil. The signal
saturated by MT effects is described by the MT ratio
(MTR), which is quantitatively 1 � (Ssat/S0). To obtain
signal changes induced by ASL, control and spin-labeled
images were obtained in an interleaved manner with an
applied field gradient strength of 1 gauss/cm. The labeling
frequency was –8500 Hz, and the control frequency was
�8500 Hz with respect to the resonance frequency.

Simultaneous Change of Post-labeling Delay Time and DW
Gradients in ASL

To examine the characteristics of IVIM in ASL data, both
DW gradient strength and post-labeling delay time were
varied in 10 animals under normocapnic conditions. A
post-labeling delay time (w) was inserted after the final
spin labeling pulse in the spin preparation period to allow
fresh unlabeled spins to enter the arterial vasculature
within the imaging plane (Fig. 2) (21). Two separate ani-
mal groups were used in order to limit data acquisition to
a reasonable experimental time. In five animals, the values

for w were 0.1, 0.2, 0.3, 0.4 and 0.5 s, and the b-values were
0, 4, 11, 22, 32, 53, 104, and 155 s/mm2. In another five
animals, w-values were 0.1, 0.3, 0.5 and 0.7 s, and b-values
were 0, 4, 11, 22, 32, 53, 74, 104, and 206 s/mm2. Calcu-
lation of b-values took into account a cross-term from the
imaging gradient (22). The order of the w- and b-values was
randomized. To enhance the relative contribution of arte-
rial blood to ASL data, tissue signal was partially sup-
pressed by the MT effect (MTR � 0.56 � 0.06, N � 10).

Variation of MT Levels With and Without DW Gradients

Eight animals were examined by ASL measurements with-
out a post-labeling delay. Ventilation rate and volume
were changed to adjust the PaCO2 level. ASL was per-
formed by modulation of MTR at target values of 0, 0.2,
0.4, and 0.6 in randomized order without any DW gradient
(b � 0), and this modulation of MTR levels was then
repeated with inclusion of a DW gradient (b � 104 s/mm2).
The purpose of these experiments was to calculate ADC
values as a function of MTR for determining the signal
source of the fast ADC component, and compare CBVa

values determined by the DW gradient approach (e.g., Eq.
[5]), with those obtained by the MOTIVE method (e.g., Eq.
[7]).

Data Processing

To improve the signal-to-noise ratio (SNR), 15–20 mea-
surements were repeated for each condition and averaged
before further analysis. Based on anatomic images, areas
containing cerebral spinal fluid (CSF) were identified be-
cause the diffusion coefficient of CSF is larger than that of
tissue (23). Regions of interest (ROIs) were then defined to
include all of the brain within the slice, but with the
exclusion of CSF.

Simultaneous Change of Postlabeling Delay Time and DW
Gradients in ASL

Normalized signals with DW gradients at each post-label-
ing delay time were fitted using a biexponential nonlinear
least-square method (ORIGIN 7.0; Microcal, Northampton,
MA, USA) according to Eq. [2]. To compare with biexpo-
nential fitting, ADC values for �Ssat(b)/�Ssat(0) and Ssat(b)/
Ssat(0) data were also determined at each post-labeling
delay time by single-exponential linear fitting.

ADC Calculation With Variation of MT Levels

ADC values were determined from data acquired with
b-values of 0 and 104 s/mm2. For each of the four MTR
values, ADC was calculated by –ln(�Ssat(b)/�Ssat(0))/b,
where b � 104. To remove intersubject variations, the
resulting four ADC values from each animal were normal-
ized to the ADC value obtained with MTR � 0. To compare
with experimental data, the normalized ADC value was
also simulated at different MTR levels assuming D* arises
from arterial component with the following parameters;
�Msat

tissue � (1 � MTR)�M0
tissue, where �M0

tissue � 0.043
(CBF � 2 ml/g/min), �M0

artery � 2 � �a � M0 � 0.72, D �
0.8 � 10–3 and 1.2 � 10–3 mm2/s, D* � 40 � 10–3 and
400 � 10–3 mm2/s, and �a � 0.005 and 0.015 using

FIG. 2. Pulse sequence for ASL with DW gradients utilizing two
actively detunable coils. A neck coil labels arterial spins with 100-ms
pulses, while a head coil generates MT effects with 100-ms pulses.
The spin preparation period (8 s) consists of consecutive repetition
of this pair of pulses in the presence of a labeling gradient (Glabel)
along the z-axis (10 mT/m). To generate different MT saturation
levels, the RF power level for MT pulses is adjusted without chang-
ing spin labeling efficiency. The delay following the final ASL pulses
in the spin preparation (w) is variable. The head coil is also utilized
for image acquisition by single-shot, double spin-echo EPI. A non-
slice-selective AHF pulse provides spin excitation, and two slice-
selective AFP pulses refocus spins in the presence of a slice-
selection gradient (Gss) on the z-axis. Both adiabatic pulses are
based on sech amplitude and tanh frequency modulation functions.
Diffusion-sensitizing unipolar gradients (Gdiff) are applied around the
first AFP pulse simultaneously along the x-, y-, and z-axes.
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�Ssat�b�/�Ssat�0� � ��1 � �a� � �Msat
tissue � e�b�D

� �a � �M0
artery � e�bD*�/��1 � �a� � �Msat

tissue � �a � �M0
artery�.

[8]

CBVa and CBF Calculations With Variation of MT Levels

�Ssat(b)/Ssat(b) and �Ssat(0)/Ssat(0) were plotted as a
function of MTR to determine whether the b-value em-
ployed (104 s/mm2) was sufficient to eliminate arterial
blood signals. Then arterial blood spin fractions were de-
termined for each PaCO2 level in each animal by two
approaches: 1) four �a values were calculated from each
pair of data with and without DW gradients obtained at
four MTR values using Eq. [5], and 2) one �a value was
determined from the subset of this same data without DW
gradients by Eq. [7], which is equivalent to the MOTIVE
approach (�a � 0.36 was used in both calculations accord-
ing to our previous measurements with the same setup and
parameters (2)). CBVa was then determined as �a � 0.9 (ml
blood/g tissue) (24).

CBF without contribution from arterial blood vessels
was examined with both the DW approach and the MO-
TIVE method. For the DW approach, four CBF values from
each MTR with the application of diffusion gradients were
calculated using a conventional single-compartment
model as

CBF �
�

T1
� �Ssat

2� � Ssat � �Ssat
� [9]

where T1 is measured from tissue without MT effect, � is
the spin tagging efficiency, and Ssat is the signal intensity
of the control image at each MT level. We assumed that
� � 0.9 ml/g and T1 � 2 s (2). Since the arterial blood
volume contribution is suppressed by a b-value of 104
s/mm2, the spin tagging efficiency is determined by the T1

relaxation of labeled spins during travel from the labeling
plane to the exchange site in the capillaries; � � �c, which
is �o � e�(�c � R1b). The value for � was determined in our
previous measurements (�0 � 0.41, �c � 0.6 s, and R1b �
0.435 s–1 (2)). For the MOTIVE method, CBF was calcu-
lated from the subset of data acquired with multiple MTR

values without DW gradients by CBF �
�

T1
� C
2�c � C�

where C is the slope of a fitted line of the MT-dependent
data as a function of normalized baseline signal (see Eq.
[6]) (2).

CBF and CBVa values obtained by both methods were
compared. Statistical analyses were performed using one-
way analysis of variance (ANOVA) and t-test for the crite-
rion of statistical significance. Data in the text are reported
as the mean � standard deviation (SD).

RESULTS

Simultaneous Changes of Postlabeling Delay Time and
DW Gradients in ASL

To determine whether the D* component in the IVIM
model is related to arterial blood, �Ssat(b)/�Ssat(0) was
fitted to a biexponential function for each post-labeling

delay (w) in each of 10 animals, and coefficients of fast (D*)
and slow (D) diffusion components and their fractions (f
and 1 - f, respectively) were determined. Although there
appeared to be a slight decline in D values at w � 0.5 and
0.7 (Fig. 3a), there was no statistical difference in D values
as a function of w (one-way ANOVA, F(5,39) � 2.38, P �
0.05), which suggests that this component represents the
tissue pool. On the other hand, D* and its volume fraction
(f) decrease as w increases, indicating that the pseudo-
diffusion component is closely correlated to w. These ef-
fects can be explained if D* represents the arterial blood
volume contribution: an increase in w allows fresh spins to
fill the arterial blood volume within the imaging slice,
reducing the contribution of arterial blood to �Ssat. Previ-
ous rat studies (17,25) have shown that w-values of 0.1 and
0.2 s do not affect �Ssat, because these times are shorter

FIG. 3. Effect of post-labeling delay on diffusion values. a: The
fast-moving ADC component (D*), slow ADC component (D), and
the fraction of D* (f) are plotted as a function of post-labeling delay
(w). �Ssat(b)/�Ssat(0) obtained within the ROI was fitted to a biex-
ponential function for each value of w; D* and f decrease with w,
while D is invariant of w. It should be noted that D and D* units are
different by a factor of 10. b: Single exponential ADC values calcu-
lated from �Ssat decrease with increasing w, while ADC values
calculated from Ssat (unlabeled data) are invariant of w. Decreased
ADC values in �Ssat can be explained by a decrease in the arterial
volume contribution with the increase in w. All acquisitions were
performed with an MTR value of �0.56 for partial suppression of
tissue signal. Data with w � 0.1, 0.3, and 0.5: N � 10; data with w �
0.2, 0.4, and 0.7: N � 5. Pound marks (#) indicate that the difference
from data acquired with w � 0.1 s is statistically highly significant
(t-test, P  0.01). The plus mark (�) indicates that the same differ-
ence yielded P  0.05. Error bars: SEM.
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than the transit time from the labeling plane to imaging
slice. In the current studies the differences between f val-
ues obtained with w � 0.1 s and data with w � 0.3 s were
statistically highly significant (t-test, P  0.01: pound mark
(#) in Fig. 3a), and the differences between D* values for
the same comparisons were also statistically significant
(P  0.05: plus mark (�); P  0.01; pound mark (#) in Fig.
3a). This could indicate that the transit time from labeling
plane to imaging plane (�a) is less than 0.4 s. Even though
accurate determination of D* can be problematic due to the
limited data points, the general w-dependent characteris-
tic of D* is consistent across all 10 animals, and indicates
that D* does represent the arterial blood contribution to
ASL. Although data were combined from two different
groups, the behaviors of D, D*, and f in both individual
groups were similar.

ADC values in ASL derived from single exponential
fitting decreased with an increase in post-labeling delay
(F(5,39) � 7.35, P  0.01), as shown in Fig. 3b. The differ-
ences between ADC values acquired from data with w �
0.1 s and data with w � 0.4 s were statistically significant
(t-test, P  0.05: plus mark (�); P  0.01: pound mark (#)
in Fig. 3b). Decreased ADC values in �Ssat at longer w can
be explained by the decreased contribution of arterial
blood, and, as expected, ADC values of Ssat (control data)
are independent of w (F(5,39) � 1.55, P � 0.05). ADC
values of ASL with w � 0.5 s were significantly higher than
ADC values of corresponding control data (P  0.005,
paired t-test), but ADC values of ASL with w � 0.7 s were
not significantly different from those of control data (P �
0.1, paired t-test), suggesting that the arterial blood contri-
bution is minimal at w � 0.7 s. This observation is consis-
tent with the assumption that the fast pseudo-diffusion
component in ASL is related to arterial blood signals. CBF
values without and with removal of CBVa contribution
were 259 � 61 ml/100 g/min and 229 � 48 ml/100 g/min,
respectively.

ADC Measurement With Variation of MT Levels

To further determine the source of the pseudo-diffusion
component in ASL signals, normalized ADC values (ADC
with MT saturation (� –ln(�Ssat(b)/�Ssat(0))/b) divided by
ADC without MT saturation) were computed, where b-
values were 0 and 104 s/mm2 and MTR values were 0,
0.24 � 0.009, 0.40 � 0.01, and 0.61 � 0.006 (N � 12). At
each MT level, data points from all 12 studies were aver-
aged. Normalized ADC of Ssat appears to be independent
of MTR (filled squares in Fig. 4) because the relative con-
tribution of arterial blood to control signal is relatively
small (i.e., 0.5–1.5% without MT effects and 1–4% with
MTR of 0.56). However, the normalized ADC value of �Ssat

increases with MTR (filled circles in Fig. 4). This can be
explained by the fact that saturation of tissue signal in-
duced by the MT effect increases the relative contribution
of arterial blood to �Ssat (15–30% with MTR of 0.56); as
MTR increases, the contribution of the D* component is
accentuated. Simulations performed to show normalized
ADC values of �Ssat at each of eight different MT levels for
varying D, D*, and �a, are also plotted in Fig. 4 (unfilled, �,
and � symbols). These simulated ADC values with �a

values of 0.5–1.5% match very well with the experimental

data, suggesting that our model can explain the DW-ASL
results at varied MTR.

Measurement of CBVa and CBF

To confirm that a b-value of 104 s/mm2 is sufficient to
remove the arterial blood volume contribution, normal-
ized ASL data were plotted as a function of MTR in Fig. 5
for b-values of 0 and 104 s/mm2. Twelve studies in eight
animals were performed with PaCO2 values of 25–
50 mmHg. When no DW gradient was used, �Ssat(0)/
Ssat(0) increased as MTR increased (solid lines in Fig. 5),
in agreement with our previous findings (2). Data with no
MT effect were statistically different from data for each
nonzero MTR (t-test, P  0.01). However, with a b-value of
104 s/mm2, �Ssat(b)/Ssat(b) was independent of MTR
(dotted lines in Fig. 5; F(3,44) � 0.01, P � 0.05). Therefore,
the arterial volume contribution is removed to a level
below the detection limit when b � 104 s/mm2. When the
arterial blood contributions are insignificant, normalized
ASL signal is directly related to CBF.

Since the measured CBVa values cannot be indepen-
dently confirmed due to the lack of a gold standard
method, we compared CBVa values measured by two dif-
ferent MR approaches to determine consistency. Figure 6a
shows CBVa values calculated at each of four MTR values
using the DW gradient method (Eq. [5]) with b � 0 and
104 s/mm2 in each of 12 studies, compared with the single
CBVa value obtained using the MOTIVE approach (Eq. [7])

FIG. 4. ADC vs. MTR. ADC values were determined from data at
two values of b for each MTR level. The normalized ADC value of
�Ssat increased with MTR as shown by filled circles, while normal-
ized ADC of Ssat was almost independent of MTR (filled squares).
This can be explained by the fact that saturation of tissue signal
induced by the MT effect increases the relative contribution of
arterial blood to �Ssat; as MTR increases, the contribution of D*
component is accentuated. Also, simulations were performed at
eight different MTR values for varying D, D*, and �a. Values for D and
D* indicated in legend are in units of 10–3 mm2/s. Error bars: SEM.
Most error bars are not visible, due to extremely small variations.
The simulated ADC values match very well with the experimental
data.
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in each study. In the DW data, CBVa values obtained with
large MT saturation appear slightly higher than values
obtained from without MT. However, CBVa values ob-
tained from the DW gradient method at each MT level
were not significantly different from the single values de-
termined by the MOTIVE method (P � 0.05). Thus, when
the arterial blood component is removed by a sufficient
b-value, CBVa can be determined from data irrespective of
MT level, and CBVa maps of rat brain were therefore suc-
cessfully obtained from data averaged for all four MTR
values in order to enhance SNR. CBVa maps obtained with
both the DW method and the MOTIVE technique were
very similar (examples in Fig. 6c and d, respectively).

CBF values without an arterial blood contribution were
also determined with the DW method using the conven-
tional single-compartment model with b � 104 s/mm2,
and with the MOTIVE approach using linear fitting to the
tissue signal dependence on MT. Calculated CBF values

also were highly correlated between the DW method and
the MOTIVE method (R2 � 0.98 for MTR � 0; R2 � 0.96 for
MTR � 0.24; R2 � 0.91 for MTR � 0.40; R2 � 0.91 for
MTR � 0.61).

To compare CBVa and CBF obtained from the DW
method, values for each of the four MT levels were aver-
aged. In measurements by both the DW method and the
MOTIVE approach (Fig. 7), CBVa and CBF values were

FIG. 6. Comparison of CBVa values calculated from data acquired
with a DW vs. the MOTIVE technique without the DW gradient. a:
CBVa values computed for four different MTR values from the DW
gradient method (Eq. [5]) vs. MOTIVE (Eq. [7]; N � 12). CBVa values
obtained from the MOTIVE method were highly correlated with
those from the diffusion gradient method (R2 � 0.79 for MTR � 0;
R2 � 0.81 for MTR � 0.24; R2 � 0.68 for MTR � 0.40; R2 � 0.83 for
MTR � 0.61). Solid line is fit to all MTR data and dotted lines are the
averaged SD from fitted line (SD was calculated from data from
each of four MTR values minus mean value (shown as filled circles)).
b: The echo-planar image is shown for anatomical reference. Arte-
rial blood volume maps are examples obtained from one animal by
the (c) DW and (d) MOTIVE techniques.

FIG. 5. ASL data at four different MTR values. Each light gray line
(solid lines: b � 0 s/mm2; dotted lines: b � 104 s/mm2) represents
an individual study (N � 12). PaCO2 was intentionally elevated in
four studies. When no DW gradient was applied, �Ssat (b � 0)/Ssat

(b � 0) increased as MTR increased because the progressive sat-
uration of tissue left a relatively higher arterial blood volume contri-
bution (circles with black solid line; mean � SEM). With the appli-
cation of a sufficiently strong DW gradient, �Ssat (b � 104)/Ssat (b �
104) became independent of MTR, which can be explained by
removal of the arterial volume contribution to a level below the
detection limit (squares with black dashed line; mean � SEM).
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linearly correlated within the PaCO2 range of our studies
(25–50 mmHg); CBVa (ml/100 g) � 0.0072 (min–1) � CBF
(ml/100 g/min) � 0.91 (ml/100 g) (R2 � 0.80) with the
diffusion gradient method (circles in Fig. 7), and CBVa

(ml/100 g) � 0.0073 (min–1) � CBF (ml/100 g/min) �
0.82 (ml/100 g) (R2 � 0.64) with the MOTIVE method
(triangles in Fig. 7). The higher correlation between CBF
and CBVa in DW vs. MOTIVE approaches may be due to
the limited number of studies and slightly different as-
sumptions used, and/or the differences in amount of data
acquired for the two methods. CBVa was calculated in the
DW method from data with and without diffusion gradi-
ents, while CBVa calculations by MOTIVE included only
the data without diffusion gradients.

DISCUSSION

Consideration of the Capillary Component in the Model

Since the venous blood volume contributions to ASL mea-
surements are negligible at 9.4 T, blood volume measured
by the DW gradient approach in ASL studies is assumed to
represent arterial blood volume. When ASL is achieved at
a steady-state condition, the change in longitudinal mag-
netization of tissue/capillary is �Msat � C � Msat, where C
is related to tissue perfusion (see Theory). However, the
diffusion coefficients of tissue and capillary water are dif-
ferent, and thus when TE is much shorter than the ex-
change time of water, their transverse magnetization com-
ponents are separable. Therefore, the tissue and capillary
components can be modeled independently and, ignoring
T2 components, Eq. [1] can be rewritten as

�Ssat�b� � ��1 � �c � �a� � C � Msat � e�b�D

� �c � C � Msat � e�b�D*c � �a � 2�a � M0 � e�b�D*a �, [10]

where �c and �a are the capillary and arterial spin frac-
tions, respectively; D is the diffusion coefficient of tissue;
and Dc* and Da* are the pseudo-diffusion coefficients of
capillary and arterial blood, respectively. To determine the
significance of the capillary contribution to ADC values,
simulations were performed for –ln(�Ssat(b)/�Ssat(0))/b,
where b � 104 s/mm2 with varying MTR using Eq. [10].
Parameters common to all simulations are CBF � 200 ml/
100 g/min (C � 0.043), D � 1.0 � 10–3 mm2/s, Da* � 400
�10–3 mm2/s, �a � 0.36, and b � 0 and 104 s/mm2. Results
are shown in Fig. 8 with the assumption of no MT effects
in arterial signal for the following conditions: 1) no capil-
lary signal contributions to �Ssat (�c � 0%, �a � 1%)
(diamonds); 2) longitudinal magnetization in capillaries is
reduced by the MT effect to the same degree as tissue (�c �
1%, �a � 1%) (triangles), with Dc* � 20 �10–3 mm2/s (26);
and 3) no arterial signal contributes to �Ssat, and longitu-
dinal magnetization in capillaries is reduced by the MT
effect to the same degree as tissue (�c � 1%, �a � 0%)
(squares), with Dc* � 20 �10–3 mm2/s. Simulation results
assuming arterial contributions (conditions 1 and 2 show
similar dependencies of normalized ADC values on MTR,
and closely match the experimental data. However, the
simulation results assuming no arterial contribution are
independent of MTR. This suggests that with these simu-
lation parameters the capillary component does not con-
tribute to a measurable increase in ADC values calculated
as a function of MTR; rather, the arterial component is the

FIG. 8. Simulated ADC values using Eq. [10] for different capillary
and arterial contributions vs. MT level. Parameters common to all
simulations are CBF � 200 ml/100 g/min, D � 1.0 � 10–3mm2/s, Da*
� 400 � 10–3 mm2/s, �a � 0.36, and b � 0 and 104 s/mm2. Three
different conditions were simulated with the assumption of no MT
effect in arterial signal: 1) no capillary signal contribution to �Ssat

(diamonds); 2) capillary signals are reduced by the MT effect to the
same degree as tissue with Dc* � 20 �10–3 mm2/s (triangles); and
3) no arterial contribution to �Ssat, and capillary signals are reduced
by the MT effect to the same degree as tissue with Dc* � 20 � 10–3

mm2/s (squares). With simulations including arterial contributions
(conditions 1 and 2), normalized ADC values increase similarly with
MTR and match the experimental data. However, under the as-
sumption of no arterial signal contribution, normalized ADC is inde-
pendent of MTR. This shows that the capillary component is not a
major factor contributing to the increase in ADC with MTR.

FIG. 7. Dependence of CBVa on CBF values using the DW gradient
(circles) and MOTIVE (triangles) techniques for all studies. For data
obtained with the DW method, values for each of four MTRs were
averaged for each of the 12 studies. The best-fitted lines are also
shown. CBVa is linearly correlated with CBF within the range of our
studies; �CBF (ml/100 g/min) � 0.007(min–1) � �CBVa (ml/100 g).
According to the central volume principle, the time between entry of
arterial labeled spins in the imaging slice and their exchange with
tissue (�c � �a) is 0.007 min (� 0.4 s).
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dominant factor for this increase. Thus we conclude that
arterial blood is the main contributor to the pseudo-diffu-
sion component in ASL. However, if our assumption in the
theory is not correct (i.e., if the labeled spins in capillaries
do not completely exchange with tissue spins), then our
measured CBVa values are overestimated due to unex-
tracted capillary spins, whose contribution is removed by
DW gradients.

Evaluation of IVIM Measurements

Our data support the notion that the fast D* component in
ASL studies originates from the arterial blood compart-
ment. When the tissue contribution is decreased by the MT
effect, the fraction of the D* component (i.e., f) increases.
Also, the fraction of the D* component is closely depen-
dent on post-labeling delay time in our studies, which is
another indication that D* originates from arterial blood.
Our data are consistent with IVIM measurements in ASL
by Silva et al. at 4.7 T (11), where D � 1.3 � 10–3 mm2/s,
D* � 407 � 10–3 mm2/s, and the fraction of the D* com-
ponent (f) � 15% at CBF levels of 145 ml/100 g/min with
MTR �0.7 (11). Our closest comparison data at 9.4 T show
that D � �1.3 � 10–3 mm2/s, D* � �280 � 10–3 mm2/s,
and f � 16–17% at a CBF level of 260 ml/100 g/min with
MTR � �0.56 and with b � 0 s/mm2 and 0.1–0.2 s post-
labeling delay (without removal of the arterial volume
contribution). These different CBF values measured under
similar physiological conditions may be due to the differ-
ent anesthesia conditions used (2.5% halothane anesthesia
in Silva et al. vs. 1.5% isoflurane here). The measured
volume fraction of D* is also affected by the different
transverse relaxation rates of tissue and blood, as shown
by the term � in Eqs. [4] and [5]. Without consideration of
this contribution at 4.7 T, at TE � 47 ms with arterial blood
and tissue T2 values of 83 ms (27) and 67 ms (28), respec-
tively, the measured �a is �13% overestimated. Even so,
D* and its volume fraction in our measurement agree rea-
sonably well with those reported by Silva et al. However,
our interpretation of the D* component differs from that of
Silva et al. (arterial spins in the present study vs. unex-
tracted spins in both veins and capillaries in Silva et al.).
The increasing fraction of the D* component at higher CBF
levels reported by Silva et al. can also be explained by
higher CBVa at higher CBF levels, as shown in Fig. 7.

Arterial Blood Volume Measurements With ASL Methods

Arterial blood volume can be determined by separating the
arterial blood signals from the tissue signals in ASL mea-
surements. This can be achieved by either selective reduc-
tion of the tissue signals by MT saturation, or by removal
of arterial blood signals using DW gradients. Both ap-
proaches yield consistent CBVa values. Our measured
CBVa values of �0.7 ml/100 g (Fig. 6a) agree well with
previously measured values of 1.0 ml/100 g obtained by
the MOTIVE method with ASL at five MT saturation levels
(at a CBF level of �200 ml/100 g/min) (2). Since the
fraction of arterial blood volume is �30% of the total
blood volume at CBF of �100 ml/100 g/min (see Fig. 6 in
Ref. 12), the total blood volume in this study is estimated

to be �2.3% of total volume, which is within the reported
values of �2–5% in rats (29–31).

The calculation of �a is highly dependent on accurate
determination of spin labeling efficiency (�a) because both
�Ssat(b)/S0(b) and slope (C) are small relative to 2 � �a, as
shown in Eqs. [5] and [7], respectively. Thus, the exact
evaluation of transit time to imaging plane, which is not
trivial for measurement, is important for calculation of �a.
We used an apparent transit time of �a � 0.3 s. However,
the actual transit time will be between �a and �c. If the
actual transit time � 0.45 s, then our measured �a would
be overestimated by 7%.

CBVa can also be measured using the central volume
principle with values for CBF and the transit time of arte-
rial blood. Transit time was evaluated by Wang et al. (32)
in conjunction with ASL with a diffusion gradient and
post-labeling delay time in the range of �a–�c. According to
their method, when the duration of the labeling pulse is
long, with an appropriate diffusion gradient, �S0(b)/S0(b)
� k exp(��c � R1b) and without a diffusion gradient,

�S0(0)/S0(0) � k exp(�w � R1b), where k is
2 � f � �0

� � R1
.

From data with and without DW gradients, the transit time
from the labeling plane to capillary can therefore be deter-

mined as �c � �ln��S0�b�/S0�b�

�S0�0�/S0�0�
� e�w�R1b�/R1b. In our stud-

ies with w � 0.4 and 0.5 s (shown in Fig. 3), this quanti-
fication of �c yields 0.64 � 0.10 s (15 measurements in 10
animals). In this data set, �a appears to be �0.3 s, and
CBF � �230 ml/100 g/min (with removal of CBVa contri-
bution). Thus, CBVa � CBF � (�c � �a) � �3.8 ml/100 g/s
� (0.6 s � 0.3 s) � 1.14 ml/100 g, which is consistent with
our previous results (2) and our current findings.

Comparison of the DW and MOTIVE Methods

Since both the MOTIVE and DW methods can be imple-
mented to determine CBVa from ASL measurements, it is
important to critically evaluate the properties of both
methods. Although the arterial blood volume fraction is on
the order of 1% of total brain volume, quantitative CBVa

values were robustly measured because in ASL studies the
ratio of signal originating from arterial blood relative to
tissue is much greater than the actual arterial blood vol-
ume fraction. In our studies, signals originating from arte-
rial blood were typically 10–15% of �S0. If the tissue
signal is further suppressed by MT effects, the relative
contribution of arterial signals is accentuated. Differences
between the DW and MOTIVE approaches with ASL in-
clude issues related to measurement points, spin-labeling
efficiency, ease of implementation, field-strength depen-
dence, accuracy, and RF power deposition, as follows: 1)
Only two measurement points (with and without suppres-
sion of arterial signals) are obtained in the DW method,
while more points at multiple levels of tissue signal inten-
sity are obtainable with MOTIVE. The large dynamic range
afforded by multiple MT saturation levels in the MOTIVE
method may potentially yield more accurate CBVa than
that obtained with a simpler two-point approach. 2) In the
DW gradient approach, ASL RF pulse(s) can be applied
during the entire spin preparation time. However, in the
MOTIVE method, MT-inducing RF pulses must be inter-
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leaved with ASL RF pulses during the spin preparation
period, which reduces the spin-labeling efficiency (by
50% in our study). The potential for higher spin-labeling
efficiency in the DW method increases the accuracy of
CBVa quantification. 3) Implementation of the DW tech-
nique is simple with a one-coil setup for both CASL and
pulsed ASL (PASL), and is usable at any MT level. The
MOTIVE method with CASL requires modulation of MT
levels without changing the ASL efficiency, which is not
trivial. However, the MOTIVE approach can be imple-
mented with PASL by the application of variable MT-
inducing RF pulses during the spin labeling period (e.g.,
inversion time in flow-sensitive alternative inversion re-
covery (FAIR) (33)). 4) High magnetic fields are advanta-
geous for both CBVa measurement methods due to in-
creased sensitivity. Also, at high field the convergence
between transverse relaxation rates of tissue and blood
minimizes any error that may result when the difference of
relaxation rates is not considered. At 9.4 T, the T2 values of
tissue and arterial blood water are similar, but at low
magnetic fields T2 of arterial blood is longer than that of
tissue. Ignoring this relaxation difference will cause an
overestimation of �a: when TE is 40 ms, CBVa is overesti-
mated by 35% at 1.5 T with arterial blood and tissue T2

values of 254 ms (34) and 90 ms (35), and by 11% at 4.7 T
with arterial blood and tissue T2 values of 83 ms (27) and
67 ms (28), respectively. This error can easily be mini-
mized by selecting a short TE value; however, a slightly
longer TE is needed for insertion of gradient pulses in the
DW method as compared to the MOTIVE approach. 5)
When CBF is extremely elevated (such as during hyper-
capnia), the extraction fraction may decrease. An appro-
priate b-value in the DW approach removes labeled arterial
blood signals without significantly reducing any unex-
tracted labeled capillary signals. However, in the MOTIVE
approach the unextracted labeled capillary spins appear
along with arterial blood signals (see Discussion in Ref. 2).
At very high flow rates the contribution from unextracted
spins can be significant. In this case CBVa determined by
the DW technique may be accurate, but CBVa determined
by the MOTIVE technique will be overestimated. 6) MT-
inducing RF pulses in the MOTIVE approach can cause
significant power deposition, especially at high magnetic
fields, which is unacceptable for human application. The
DW-ASL technique can be used to measure CBVa in ani-
mals and humans.

CONCLUSIONS
The source of the pseudo-diffusion component in the IVIM
model was examined in ASL studies with the addition of
DW gradients, by varying both the post-labeling delay time
and the MT levels. Our data suggest that the pseudo-
diffusion component in ASL originates from arterial blood.
Based on this association, we quantified both CBVa and
CBF by ASL with DW gradients. This technique can be
used as a tool to determine the change of CBVa during
increased neural activity, which may provide insights into
vascular control mechanisms.
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