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Pulsed arterial spin labeling (ASL) techniques have been theo-
retically and experimentally validated for cerebral blood flow
(CBF) quantification. In this study ASL-FAIRER was used to
measure regional pulmonary blood flow (rPBF) in seven healthy
subjects. Two general ASL strategies were investigated: 1) a
single-subtraction approach using one tag-control pair acqui-
sition at an inversion time (TI) matched to the RR-interval, and
2) a multiple-subtraction approach using tag-control pairs ac-
quired at various TIs. The mean rPBF averaged 1.70 � 0.38
ml/min/ml when measured with the multiple-subtraction ap-
proach, and was approximately 2% less when measured with
the single-subtraction method (1.66 � 0.24 ml/min/ml). Assum-
ing an average lung density of 0.33 g/ml, this translates into a
regional perfusion of approximately 5.5 ml/g/min, which is com-
parable to other measures of pulmonary perfusion. As with
other ASL applications, a key problem with quantitative inter-
pretation of the results is the physical gap between the tagging
region and imaged slice. Because of the high pulsatility of PBF,
ASL acquisition and data analysis differ significantly between
the lung and the brain. The advantages and drawbacks of the
single- vs. multiple-subtraction approaches are considered
within a theoretical framework tailored to PBF. Magn Reson
Med 55:1308–1317, 2006. © 2006 Wiley-Liss, Inc.
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Matching of pulmonary blood flow (PBF) to ventilation is
essential for efficient gas exchange. The ability to quanti-
tatively evaluate changes in regional PBF (rPBF) has the
potential to enhance our understanding of the relationship
between lung structure and function in both health and
disease. Although several techniques for quantitatively
evaluating regional pulmonary perfusion are available,
most suffer from significant disadvantages, such as the use
of ionizing radiation, limited spatial or temporal resolu-
tion, or the need for an exogenous contrast agent.

Arterial spin labeling (ASL) magnetic resonance imaging
(MRI) techniques have been used to evaluate perfusion in
many organ systems. ASL is superior to other current
methods of calculating regional blood flow in many as-
pects; for example, it offers high spatial and temporal

resolution, is completely noninvasive, and can be repeated
over short intervals in the same subject. The ASL tech-
nique measures the rate of blood delivery to a local imag-
ing voxel by creating a magnetically “tagged” bolus using
specialized radiofrequency (RF) pulses to invert the mag-
netization of water protons in arterial blood. These in-
verted protons act as freely diffusible endogenous tracers
that can be used to quantify flow. ASL has been widely
applied to measure cerebral blood flow (CBF) (1–6), and to
a lesser extent has been used to evaluate perfusion in
skeletal muscle (7), heart (8), kidney (9), and lung (10–13).

There are a number of variations of ASL. In this paper
we focus on a technique called flow-sensitive alternating
inversion recovery with an extra RF pulse (FAIRER),
which was recently used for pulmonary perfusion imaging
(10,11). During each FAIRER measurement a control and
tag image are obtained. The control image is acquired by
applying a selective inversion pulse to the slice of interest
and waiting for a specific inversion time (TI), during
which time relaxed blood enters the slice. Imaging is then
performed. The tag image is acquired by applying a non-
selective inversion pulse to the entire chest volume and
waiting for the same TI prior to imaging. The two images
are then subtracted. Stationary inverted spins from tissue
cancel out, and the resultant image is a perfusion-weighted
map. Since FAIRER involves inverted spin delivery from
voxels immediately adjacent to the imaging slice, the ef-
fective transit times for tagged blood are short, and errors
caused by signal decay are minimized. A closely related
technique, called the T1-method, has also been used to
measure pulmonary perfusion (14). Methodologically, this
technique is similar to the ASL techniques considered
here. It differs primarily in how the experiment is concep-
tualized—as the delivery of a bolus of tagged spins, or as
an apparent alteration of the longitudinal relaxation
time T1.

In this paper we report our theoretical and experimental
analysis of the FAIRER technique applied to the measure-
ment of PBF. Because many previous attempts to optimize
ASL methods and interpret ASL data were focused on
measuring CBF, it is important to reevaluate these meth-
ods in the context of pulmonary perfusion imaging, while
taking into account the unique physiologic and hemody-
namic properties of the lung. Two specific properties of
the lung necessitate significant changes in the way the ASL
experiment is performed and analyzed: 1) the highly pul-
satile nature of PBF, and 2) the high degree of motion due
to subject respiration. By taking advantage of these prop-
erties, we used ASL-FAIRER to evaluate a novel single-TI
approach that quantifies blood delivered during one car-
diac cycle with a single tag/control pair acquisition. We
then utilized a more traditional multiple-TI approach to
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quantification, to serve as a comparison. Although a mul-
tiple-TI approach requires the acquisition of multiple tag/
control image pairs, and therefore a many-fold increase in
total scan time, it allows the generation of the entire mag-
netic bolus delivery curve. In the brain, such an approach
offers an important theoretical advantage for calculating
blood flow, and improves accuracy. Interestingly, though,
we conclude that such inflow curves require a significantly
different interpretation when measured in the lung with a
cardiac-gated experiment. By evaluating both techniques,
we were able to carefully investigate how the lung’s
unique properties influence PBF measurement with ASL.

MATERIALS AND METHODS

Technical Considerations

An ASL-FAIRER pulse sequence with a half-Fourier acqui-
sition single-shot turbo spin-echo (HASTE) imaging
scheme was used for data collection, as described by Mai
and Berr (10) and Mai et al. (11). Turbo spin-echo imaging
sequences are well suited for the lung, as they reduce
susceptibility effects caused by inhomogeneous magnetic
fields (15), maximize the intrinsically low lung signal by
allowing recovery of T2 signal loss (16,17), and reduce
artifacts caused by respiratory and cardiac motion (13).
Half-Fourier acquisition adds an additional twofold de-
crease in imaging time, allowing subsecond image acqui-
sition (18).

In FAIRER, the first image is acquired by applying a
spatially selective inversion pulse, followed by a satura-
tion pulse, followed by dephasing gradients. An adequate
delay (TI) allows relaxed spins to enter from adjacent
tissue and displace saturated spins. Imaging begins after
this delay. The imaging slice and inversion slice are cen-
tered on the same plane such that they overlap. To ensure
complete inversion of the spins in the image plane, the
width of the selective inversion pulse must be significantly
wider than the image slice thickness. In the present study
the inversion pulse was three times wider than the imag-
ing slice thickness. The experiment is then repeated with
the spatially selective inversion pulse replaced by a non-
spatially-selective inversion pulse. This inverts all of the
spins in the volume covered by the RF body coil. The same
delay (TI) allows inverted spins to enter the imaging plane.
Subtraction of the spatially-selective tagged image from
the non-spatially-selective tagged image yields a perfu-
sion-weighted image map. The addition of the extra RF
pulse and dephasing gradients prevents the zeroing of
signal intensity in certain voxels upon subtraction (10).
Because the blood-to-tissue ratio is high in any given voxel
of the lung, these extra pulses are required in order for the
technique to be quantitative (19).

Several issues must be addressed when ASL perfusion
imaging is applied to the lung. In contrast to imaging of
other organs, breath-holding is required in order to prevent
lung motion. As a result, the total imaging time per scan
must be short enough so that patients with heart and lung
disease are able to comfortably suspend respiration.
Breath-holds of 8–10 s are generally short enough for most
patients but long enough to provide image maps with
adequate SNR. Furthemore, because of the pulsatile nature

of pulmonary flow, selectively and nonselectively tagged
images must be acquired at the same point in diastole in
successive cardiac cycles. If imaging commences during
systole, the image will have motion artifacts due to high
flow during the several-hundred-millisecond HASTE im-
aging time (10). Because of this dependence on the cardiac
cycle, it is necessary to cardiac-gate the scanning and
trigger to the ECG signal.

Data Acquisition

Imaging experiments were performed on seven healthy
human subjects after they provided informed consent. The
University of California–San Diego Human Subjects Com-
mittee approved the research protocol, and the guidelines
proposed by the medical institutional review board were
followed. All MRI studies were performed on a Siemens
Magnetom Vision 1.5T whole-body system (Siemens Med-
ical Systems, Erlangen, Germany). Each subject was placed
in a head-first, supine position into the scanner, after a
four-element phased-array body coil was positioned over
the thorax. The superior end of the coil was placed directly
under the subject’s chin to minimize magnetic field
dropoff in the apical sections of the lung. The subject was
connected to the scanner’s ECG hardware, which allowed
cardiac gating of the acquisitions and monitoring of the
cardiac period (R-R).

To test the basic principles of the technique, we per-
formed multiple ASL experiments with various TIs (20,21)
to measure the inflow of tagged blood. These experiments
were analogous to previous experiments performed in the
brain (22), but involved an experimental design that ex-
plicitly accounted for the pulsatility of pulmonary flow.
The general organization of the timing is shown in Fig. 1.
In these cardiac-gated acquisitions, the scanner triggers off
of the upstroke of the ECG Q-wave. The duration between
the trigger and the inversion pulse was defined as Tecg, and
the duration between the inversion pulse and onset of
imaging was defined as TI. The timing of the inversion
pulse was varied. However, the total time, Ttot, (Ttot� Tecg

� TI), was constant for each subject, so that the image was
always collected during diastole of the second cardiac
cycle. TI and Tecg varied through the experiment, but the
tag was always applied after the first systolic period (i.e.,
Tecg � Tsys). Choosing Tecg, TI, and Ttot in this manner
ensured that at most only one systolic period could deliver
tagged spins to the imaging slice (i.e., for long TI the
tagging pulse was applied between the two systolic peri-
ods, while for short TI the tagging pulse was applied after
the second systolic period). The duration of the R-R inter-
val was obtained from the ECG. For the purposes of choos-
ing Ttot and the minimum Tecg, Tsys was approximated as
one-third the R-R interval (22). Figure 1 depicts the timing
of a typical pulmonary ASL scan, repeated twice, during
the same breath-hold (11). A delay of roughly 4 s was
inserted between the two image acquisitions, which al-
lowed longitudinal magnetization to return to steady state.
The total scan time using this approach was roughly
8 –10 s.

To minimize misregistration between perfusion maps,
the subjects were trained to hold their breath at the same
point during expiration (functional residual capacity
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(FRC)). Multiple, coronal, perfusion-weighted imaging
maps were acquired with slices positioned in the posterior
lung. Additional imaging parameters were as follows:
TE � 36 ms, FOV � 350–400 mm, slice thickness �
15 mm, and matrix size � 128 � 256.

In addition to the ASL scans, a single 2D fast low-angle
shot (FLASH) acquisition with the same slice parameters
was performed. This scan was used to calculate the global
calibration factor, as discussed below. The imaging param-
eters for the 2D FLASH sequence were as follows: Tecg �
100, TR � 80–112 ms, TE � 3.1–4.8 ms, FOV � 350–
400 mm, slice thickness � 15 mm, flip angle � 30°, and
matrix size � 128 � 256.

Modeling the ASL Experiment

The primary measurement in an ASL experiment is the
subtraction of control and tag images to isolate the signal
of delivered blood. To model the ASL signal difference,
�S, we adapted the general kinetic model (GKM) that was
originally developed to analyze the ASL signal in the brain
(22). The current analysis explicitly takes into account the
high pulsatility of pulmonary flow and the gated acquisi-
tion scheme used in the current experiments. In general,
our goal was to relate the measured ASL signal in a voxel
to the local PBF, F, defined as the volume of blood deliv-
ered to a volume of tissue per second (ml blood/ml tis-
sue/s) averaged over the cardiac cycle. If the image voxel
volume is Vvoxel, then the volume of blood delivered to a
voxel in one cardiac cycle (TRR) is:

V � FVvoxelTRR [1]

In the pulmonary vasculature the flow is highly pulsatile,
and most of the blood is delivered during systole.

For the ASL experiment we assume that 1) the pulses
applied in the tag and control parts of the experiment have
identical effects on the spins within the image plane, so
the difference signal �S (control-tag) arises only from the
magnetization difference of blood that was in the tagging
band when the inversion pulse was applied, and delivered
to the image voxel during the interval TI; and 2) all tagged
blood delivered to a voxel remains in the blood compart-
ment of the voxel at the time of measurement (i.e., no

exchange with extravascular water and no venous clear-
ance of tagged water molecules).

With these assumptions, �S is proportional to the vol-
ume of tagged blood (VASL) that was delivered from the
tagging band to the voxel during the interval TI. If TI �
TRR, the volume VASL will approach the true volume of
blood delivered during one cardiac cycle. However, VASL

will underestimate the true volume of blood delivered,
because of the physical gap between the edge of the im-
aged slice and the edge of the tagging region. The blood in
this gap that will be delivered to a particular image voxel
is not tagged, and as such does not contribute to the ASL
signal. If we define Vgap as the volume of blood within the
gap that will ultimately be delivered to the capillary bed
within a voxel, then VASL � V – Vgap. We can also define
the effect of the gap in terms of a transit delay, �t, which is
the time required for the tagged blood to cross the gap
between the tagging band and the imaged slice. The effect
of a transit delay has received considerable attention in
ASL applications in the brain (23,24).

We will discuss this systematic error further below, but
for now we consider how the signal, �S, is calibrated in
physiological units. To do this, it is useful to define �SB as
the signal difference that would be observed in a voxel
completely filled with tagged blood for the timing param-
eters of the experiment. Then the measured ASL signal can
be written as:

�S �
VASL

Vvoxel
�SB [2]

At time TI, the longitudinal magnetization is tipped into
the transverse plane and measured with an acquisition
with echo time (TE), so the reference blood signal is:

�SB�TI� � 2M0Be	TI/T1 e	TE/T2 [3]

where M0B is the equilibrium magnetization of blood ex-
pressed in imager units, and T1 and T2 are the longitudinal
and transverse relaxation times of blood, respectively, so
that M0Be-TE/T2 is the fully relaxed signal generated by a
voxel full of blood after a 90° pulse. For this study a T1

FIG. 1. Timing diagram for pulmonary ASL exper-
iments. MRI hardware triggers off the upstroke of
the ECG Q-wave to start scanning. After a delay,
Tecg, the tagging pulse is applied, inverting water
spins in arterial blood. Another delay, TI, allows
delivery of inverted spins to tissue in the imaging
plane. Imaging then commences to create either
the control or tag image (depending on the nature
of the inversion pulse). The timing of the tagging
pulse can be varied (horizontal arrows), but the
total imaging time is fixed such that imaging al-
ways occurs during the second diastolic period.
Tecg must be greater than Tsys to ensure that only
one systolic period (systole 2) delivers tagged
blood to the imaging plane. The flow profile has
been simplified for descriptive purposes.
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value of 1.3 s and a T2 value of 254 ms were used, based on
earlier studies (13,25).

From these relationships, a simple way to estimate F is
to perform a single ASL measurement with TI � TRR, use
Eqs. [2] and [3] to estimate VASL from the measured data,
and assuming VASL is approximately equal to V, to calcu-
late F from Eq. [1]. This single-subtraction approach will
underestimate true PBF with an error that depends on
Vgap.

An alternative multiple-subtraction approach, following
earlier modeling work on ASL for CBF measurements (22),
uses measurements of the curve of �S as a function of TI.
To model this curve we must make further assumptions
about the time dependence of PBF. We assume highly
pulsatile flow, such that during systole the flow has a
constant value Fsys, and during diastole the flow is zero.
Then as TI is varied from low values to high values, there
will be an initial duration, �t, during which no tagged
blood arrives. This is followed by a linear increase of �S
while tagged blood is delivered during systole. After a
time, 
, no more tagged blood is delivered. Mathemati-
cally, the ASL signal can be modeled as:

�S�TI� � 0 �TI � �t�
� Fsys�TI � �t��SB�TI� ��t � TI � �t � 
�
� Fsys
�SB�TI� ��t � 
 � TI�

[4]

where the parameter �t is the earliest TI where the signal
begins to increase, and 
 is the apparent duration of arrival
of tagged spins. This form of the equations is identical to
one used previously to model the ASL signal in the brain
(22). However, because of the pulsatile nature of pulmo-
nary flow and the gated acquisition, the interpretation of
�t and 
 differs from that used in brain studies. In the
current experiments the image data were always collected
at the same point in the cardiac cycle, and the time of the
inversion pulse was varied to change TI. For this reason,
the empirical parameter, �t, is not the same as the true
transit delay across the gap (�t), and the apparent duration
of the bolus, 
, is not equal to Tsys, the true duration of the
bolus. Specifically, referring to the timing diagram in Fig.
1, these parameters are:

�t � Tdias � �t

 � Tsys � �t [5]

With a multiple-subtraction approach, at least two points
are measured during the systolic upslope portion of the
curve (i.e., when �t � TI � �t � 
), and from these
measurements the slope of the curve is calculated to give
an estimate of Fsys (24). With the assumption that no flow
occurs during diastole, the flow averaged over one cardiac
cycle is:

F � Fsys

Tsys

TRR
[6]

Data Analysis

Perfusion was measured in the apical, middle, and basal
regions of the lung. A total of 20–30 regions of interest

(ROIs) were drawn in each of these sections, and the ROIs
were chosen such that signal contribution from large ves-
sels would be minimized. We estimated PBF from the data
using both the single- and multiple-subtraction ap-
proaches. Equation [4] was fit to the experimental data of
�S as a function of TI to determine �t and 
, and to test
whether the assumption of pure systolic flow was reason-
able (i.e., whether the inflow curve was linear and reached
a stable plateau after systolic delivery). The perfusion pa-
rameters were fit with a Levenberg-Marquardt least-
squares optimization method, as implemented in MAT-
LAB 6.1 (The Mathworks, Natick, MA, USA). The average
flow per cardiac cycle, F, was computed from Fsys by
approximating Tsys as 
 and applying Eq. [6]. The single-
subtraction analysis was performed using the TI value
closest to R-R duration, and applying Eqs. [1]–[3]. In these
calculations it was assumed that VASL � V, so the effect of
the gap between the image plane and the tagging region
was neglected.

To compute absolute flow in both the multiple- and
single-subtraction methodologies, it was necessary to esti-
mate the scaling factor �SB, the ASL signal for a voxel
filled with tagged blood. As described in Eq. [3], this
calculation requires M0B. In principle, M0B can be esti-
mated by directly measuring the blood signal from a
HASTE image acquired without spin labeling and correct-
ing for T2 decay by multiplying by eTE/T2. However, be-
cause the HASTE imaging sequence does not compensate
for flow effects, such a method would be inaccurate.
Therefore, a single image was first acquired with the same
slice prescription as the ASL images using a flow-compen-
sated sequence (2D-FLASH). This low-flip-angle, short-TE
segmented sequence provides a proton density-weighted
image and was used to calculate the intrinsic ratio of the
equilibrium magnetization of arterial blood (M0B) to the
equilibrium magnetization of a reference organ, the liver
(M0L). Small ROIs were drawn in homogeneous regions of
the descending aorta and liver tissue. The average signal
intensity was measured for each subject and corrected for
T2 decay (with assumed values of T2 � 254 ms for arterial
blood; T2 � 40 ms for liver) to obtain an estimate of the
intrinsic ratio (M0B/M0L).

To apply Eqs. [2] and [3], M0B must be expressed in
scanner units that are scaled identically to those in the
ASL images. To accomplish this, a single (TR � �) non-
ASL HASTE image with the same TE as the ASL HASTE
sequence was subsequently acquired. The same ROI was
drawn in the liver, and signal intensity was measured and
corrected for T2 decay. T1 decay did not have to be con-
sidered, since only one single-shot image was acquired; in
other words, longitudinal magnetization was already at its
maximum. Using this resultant M0L value, along with the
intrinsic ratio determined from the 2D-FLASH data, an
equilibrium arterial blood magnetization constant, M0B,
was determined. Unique M0B values were calculated for
each experiment because the phased-array body coil cre-
ates an inhomogeneous magnetic field in the anterior–
posterior direction and distance to the aorta, and therefore
the magnetization at the aortic coronal imaging plane will
vary between individuals.

The relationship between the multiple- and single-sub-
traction rPBFs was compared across all lung regions using
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linear regression. The effects of intersubject differences on
the dependent and independent variables were controlled
for by assigning dummy variables to encode the different
subjects. A multiple regression analysis (Statview 4.1, SAS
Institute Inc., Cary, NC, USA) was then performed (26).
Alpha was accepted at P � 0.05, two-tailed.

RESULTS

Figure 2 shows representative FAIRER perfusion-weighted
image maps from a healthy volunteer (subject 1) at six
different TIs (100–600 ms). An apparent transit delay, �t,
can be clearly identified, as tagged spin delivery to pulmo-
nary voxels starts at about TI � 300 ms. As TI increases, a

progressive increase in signal intensity is seen, reflecting
an increased delivery of tagged spins. Representative ROIs
within the apical, middle, and basal portions of the lung
are denoted by white boxes. Figure 3 shows the corre-
sponding, representative �S vs. TI curves for subject 1, fit
with the kinetic model for quantitative ASL perfusion
imaging (Eq. [4]). The kinetic curves show a consistent
pattern of a delay followed by a sharp rise to a maximum,
followed by a gradual decline. Table 1 summarizes the
average fit parameters for all seven subjects using the mul-
tiple-subtraction analysis and fit with the GKM. In all
cases an excellent fit to the model was obtained (mean
R2 � 0.90  0.04). Table 2 compares the average rPBF over
the cardiac cycle, measured with both the single- and

FIG. 2. Pulmonary FAIRER perfusion-weighted images from a healthy volunteer are shown at different TIs: (a) 100 ms, (b) 200 ms, (c)
300 ms, (d) 350 ms, (e) 400 ms, (f) 450 ms, (g) 500 ms, (h) 550 ms, and (i) 600 ms. Evident from this series is the transit delay (�t) in a–c.
Very few relaxed spins are delivered in the first 300 ms, resulting in minimal lung signal. As TI increases beyond 350 ms, enhancement is
clearly visible as relaxed spin delivery increases, since more and more of systole 2 is included. The three white ROIs are representative of
those used for rPBF calculations in apical, middle, and basal sections of the lung (see Fig. 3 for data points and GKM fit).
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multiple-subtraction analysis techniques. A highly signif-
icant relationship was found between flows calculated
with the single- and multiple-subtraction analysis tech-
niques (R2 � 0.99, P � 0.0001). There was a small but
statistically significant difference in rPBF measured
with the two methods. The mean rPBF averaged 1.70 
0.38 ml/min/ml (P � 0.05) measured with multiple-sub-
traction analysis, and was approximately 2% less as mea-
sured with the single-subtraction method (1.66  0.24
ml/min/ml P � 0.05).

DISCUSSION

ASL techniques are now being used in multiple research
centers to investigate CBF (27–33); however, applications
of ASL techniques to measure PBF are more limited
(14,34,35). Although the basic principles are the same
when applied to either organ system, there are important

differences in the acquisition scheme and data interpreta-
tion resulting from the highly pulsatile nature of pulmo-
nary flow and lung motion during respiration. In this study
we adapted and analyzed two approaches for quantifying
PBF with ASL. The first approach uses a single ASL sub-
traction of tag and control images, while the second ap-
proach uses multiple-subtractions with different TIs. In
both the lung and the brain, a critical issue for the accuracy
of the technique is the physical gap between the tagging
region and the imaged slice. A multiple-subtraction ap-
proach was suggested to overcome this problem in the
brain by measuring the transit delay caused by the gap. A
key result of the current investigation is that this issue is
more complicated in the lung, and a multiple-subtraction
approach does not fully solve the problem.

In the single-subtraction approach, the ASL signal dif-
ference, �S, is determined at a single TI with TI � TRR.

This provides an estimate of VASL, the volume of tagged
blood delivered to a voxel during one cardiac cycle. This
approach makes no assumptions about the flow profile
during the cardiac cycle, but it will underestimate true
flow due to the spatial gap between the tagging band and
the image plane (discussed further below). The multiple-
subtraction approach estimates systolic flow from the
slope of the measured curve of �S as a function of TI. This
analysis requires a more restrictive assumption of constant
flow during systole, which is required for a linear inflow
curve. Also, to measure flow averaged over the cardiac
cycle, an additional assumption must be made to relate
systolic flow to average flow. In the analysis presented
here, we assumed zero flow during diastole. This assump-
tion was based on the high pulsatility of pulmonary flow
(i.e., the majority of flow is concentrated during the sys-
tolic period (Tsys) of the cardiac cycle, with comparatively
little inflow during diastole). With this restrictive assump-
tion, an additional measurement of Tsys is required to
calculate average flow in one cardiac cycle.

The multiple-subtraction approach adapted here to
quantify PBF was based on earlier models developed to
quantify CBF (23), and both approaches use the same the
mathematical shape to describe the curve of �S vs. TI (Eq.
[4]). However, it is important to note that the physical
interpretation of this curve differs between the lung and
the brain. The gated experimental design we used was
required given the highly pulsatile nature of the flow and
the restriction of having to collect the data during a breath-
hold. In typical brain studies the tag and control images
are collected over several minutes during different phases
of the cardiac cycle. For this reason, pulsatility is rarely
considered explicitly in the modeling, with the expecta-
tion that the average ASL signal reflects the average flow.
In lung experiments we need to account for the pulsatility
of blood flow, which introduces an added complexity to
the interpretation of the curve of �S vs. TI. Specifically,
the apparent transit delay, �t, is not the true transit delay,
�t, through the gap between the tagging band and the
image plane, and the apparent duration of the tagged bo-
lus, 
 is not the true duration, Tsys.

Because of this complexity, the confounding effect of the
gap cannot be analyzed in the same way for the lung and
brain. In brain studies with FAIR, multiple measurements
of the ASL difference signal to characterize the curve �S

FIG. 3. Application of the GKM for quantitative ASL perfusion im-
aging to apical, middle, and basal ROI data, from ROIs in the healthy
human subject shown in Fig. 2. Graphs represent the average pixel
intensities in ROIs over all TI values (100–1100 ms), fit by GKM
(curve). Signal intensity is plotted on the y-axis (SI, arbitrary units).
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vs. TI provide a direct estimate of �t, so the transit delays
can be taken into account. For gated studies in the lung, �t
depends on both �t and Tdias, the time between the end of
the previous systolic period and data acquisition. Further-
more, for these gated acquisitions it is easiest to think
about the physical source of the problem in terms of the
volume of blood within the gap, rather than as a transit
delay problem. Ideally, by choosing TI � TRR, we are
measuring the total amount of blood delivered to a voxel
during one cardiac cycle. The error comes in because we
have not tagged all of the blood that will be delivered
during one cardiac cycle. The missing blood is the blood in
the gap that was not tagged, or simply, Vgap. For this
reason the problem is essentially one of anatomy, rather
than transit times. If the vascular volume remained un-
changed but flow velocity increased, the untagged volume
(Vgap) would remain the same but the transit delay (�t)
would decrease.

To summarize, the advantages and limitations of the two
approaches can be characterized as follows: With the sin-
gle-subtraction approach using TI � TRR, the experiment
can be performed quickly, and the volume, VASL, of tagged
blood delivered during one cardiac cycle can be measured
directly. No assumptions are required about the flow dy-
namics during the cardiac cycle, which is a powerful fea-
ture given the complex flow patterns in the lung. However,
the gap transit delay will cause the VASL measurement to

underestimate true PBF, with the fractional underestima-
tion as:

Fractional error �
VGAP

VGAP � VASL
[7]

It follows that as long as Vgap remains small compared to
VASL, the error introduced by the gap will also be small.
Further experiments are required to estimate the magni-
tude of this error in practical applications.

The multiple-subtraction approach, in principle, pro-
vides a measurement of Fsys, the flow during systole. Mea-
surement of Fsys is independent of the physical gap be-
tween the imaging slice and tagging region, since the cal-
culation depends only on the slope of the measured curve
of �S vs. TI after tagged blood begins to arrive in the voxel.
Since several TI data points are needed to characterize the
upslope portion of the curve, the multiple-subtraction ap-
proach requires a more time-consuming experiment than
the single-subtraction approach. Also, the multiple-sub-
traction approach requires additional assumptions about
the flow dynamics during the cardiac cycle. In the analysis
described here, we assumed the extreme case of constant
flow during systole and zero flow during diastole. This
produces a linear inflow curve of �S as a function of TI,
and the time-averaged flow is then related to systolic flow

Table 1
Parameter Values from Multiple Subtraction Analysis*

TR-R (s) Ttot (s) MOB
fsys

(ml/min-ml)
SD (�/–) �t (s) SD (�/–) 
 (s) SD (�/–) R2 SD (�/–)

Subject 1
Apical 0.907 1.500 1778 7.346 1.011 0.353 0.022 0.214 0.029 0.975 0.012
Middle 0.907 1.500 1778 7.212 0.681 0.348 0.024 0.230 0.028 0.948 0.028
Basal 0.907 1.500 1778 6.100 0.903 0.354 0.022 0.227 0.028 0.905 0.037

Subject 2
Apical 0.900 1.500 1376 4.517 0.771 0.277 0.013 0.227 0.019 0.937 0.016
Middle 0.900 1.500 1376 4.962 0.526 0.262 0.025 0.242 0.032 0.874 0.035
Basal 0.900 1.500 1376 7.592 1.105 0.287 0.007 0.235 0.036 0.905 0.050

Subject 3
Apical 0.789 1.300 1945 6.048 1.075 0.280 0.019 0.197 0.040 0.963 0.021
Middle 0.789 1.300 1945 6.172 0.953 0.262 0.028 0.223 0.043 0.916 0.043
Basal 0.789 1.300 1945 5.116 0.748 0.262 0.022 0.231 0.033 0.881 0.024

Subject 4
Apical 0.880 1.400 1833 5.764 1.030 0.271 0.035 0.206 0.039 0.901 0.035
Middle 0.880 1.400 1833 5.743 1.289 0.276 0.026 0.213 0.045 0.887 0.035
Basal 0.880 1.400 1833 6.257 1.578 0.272 0.028 0.256 0.037 0.904 0.049

Subject 5
Apical 0.936 1.500 2603 6.723 0.661 0.279 0.023 0.190 0.028 0.845 0.023
Middle 0.936 1.500 2603 6.622 0.801 0.308 0.023 0.192 0.040 0.880 0.043
Basal 0.936 1.500 2603 5.792 1.164 0.301 0.025 0.270 0.031 0.859 0.032

Subject 6
Apical 1.105 1.900 1729 6.864 0.740 0.327 0.048 0.404 0.062 0.912 0.047
Middle 1.105 1.900 1729 7.652 0.715 0.367 0.030 0.367 0.030 0.873 0.049
Basal 1.105 1.900 1729 5.810 0.866 0.388 0.031 0.334 0.039 0.875 0.028

Subject 7
Apical 0.928 1.500 1729 6.498 0.867 0.258 0.031 0.223 0.047 0.887 0.020
Middle 0.928 1.500 1729 7.332 0.945 0.263 0.028 0.259 0.058 0.855 0.038
Basal 0.928 1.500 1729 7.154 1.092 0.214 0.042 0.275 0.060 0.821 0.021

*Resultant parameter values after data from multiple-subtraction analysis is fit with the general kinetic model for quantitative ASL perfusion
imaging. The R2 statistic provides a goodness-of-fit measure. Data points from at least 20 different ROIs, in each of the three pulmonary
regions (apical, middle, and basal), were averaged and reported. The standard deviation (SD) across the ROIs is also reported.
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in a simple way (Eq. [6]). The true pulmonary profile will
undoubtedly deviate from this square-wave profile, espe-
cially with pathology, and thus introduce error into the
Fsys calculation. Furthermore, in order to convert the mea-
surement of Fsys into an estimate of F, the average flow
over the cardiac cycle, an additional precise measurement
of systolic duration Tsys is required. Even with the as-
sumption of an idealized rectangular-wave profile, Tsys

will not be equal to 
, as discussed in the Materials and
Methods section, due to the physical gap. While the ap-
proximation of Tsys as one-third TR-R is suitable for the
purposes of choosing Ttot, it is not exact enough to accu-
rately calculate flow. Consequently, if F is calculated by
estimating Tsys as 
, this will result in the same fractional
underestimation as the single-subtraction approach (Eq.
[6]). To avoid this problem, one could obtain a more pre-
cise measurement of Tsys by alternative MRI techniques;
however, such approaches would further complicate the
experiment and introduce additional scans. In short, even
a multiple-subtraction approach will become sensitive to
gap transit delay errors in calculating the average flow F.
As a result, one of the primary advantages of a multiple-
subtraction approach over a single-subtraction approach—
insensitivity to gap transit delay errors—is lost if Tsys is
approximated as 
.

In addition to the assumptions that are specific to the
two approaches, the methods share two assumptions in
common: 1) that the exchange of tagged water between
vasculature and tissue is negligible during TI, and 2) that
entering tagged water stays in the vascular tree and does
not clear through the venous circulation during TI. With
these assumptions, the measured ASL difference signal is
proportional to the volume of delivered tagged blood,
VASL, but to no other local parameters. In this sense, �S
can be interpreted as a measure of PBF that lacks only a
global calibration factor (�SB) to convert the signal mea-
surement into absolute flow units. The global scaling fac-
tor depends only on properties of blood, and can be esti-
mated.

If tagged water spins in blood do exchange with tissue
water spins, T1 decay must be modeled with two rate
constants: the T1 of arterial blood (T1b) and the T1 of lung
tissue (T1). The longer the TI delay, the more spins will
exchange with tissue, eventually approaching equilib-
rium. The assumption made in these studies, however, is
that even at the longest TIs very little blood water will
exchange with the tissue. Because the T1 of tissue is typ-
ically shorter than that of blood, perfusion will be slightly
underestimated if exchange occurs.

In the simplest terms, perfusion calculation using the
ASL technique relies on knowing the volume of tagged
spins delivered to the imaging slice, and the duration of
time needed to deliver that particular volume. Voxel signal
intensity will be directly proportional to volume of spins
delivered, as long as the delivered spins do not leave the
voxel during the delivery time (TI). Previous theoretical
work involving the measurement of CBF suggested that
this phenomenon is the least important systematic error in
ASL imaging and has a virtually negligible effect (24).
Blood velocities in the lung, however, are typically faster
than those in the brain (15,24), and voxels containing large
vessels with fast-moving blood might have spins delivered
and subsequently cleared during TI. Therefore, we made
an effort to choose ROIs in low-flow regions of the lung
and hence avoid large vessels. The peripheral areas of the
lung were usually free of large vessels.

A notable feature of the ASL difference images is that
many large vessels appear bright. Strictly speaking, this
signal does not represent quantitative PBF (i.e., the deliv-
ery of blood to the capillary bed of the lung). Tagged blood
in a large vessel within a voxel cannot be properly counted
as perfusion within that voxel if it is being delivered to
capillary beds in more distal regions. In fact, if a voxel
contains a segment of a large vessel that is filled with
tagged blood, the ASL signal will reflect blood volume
rather than blood flow. In the case of smaller vessels, in
which none of the tagged blood has cleared, the ASL signal
reflects perfusion in the same way that microspheres re-
flect perfusion. For these reasons, the bright vessels could
be considered to be an artifact of the perfusion image. One
way to deal with this problem is to apply bipolar gradient
pulses to destroy the signal of fast-flowing blood. Such
“flow weighting” can be effective in removing signal from
the largest vessels. This approach, however, aggravates the
problem of the transit delay across the gap. Effectively, the
transit delay will be longer because tagged spins must not
only cross the gap and enter the voxel, but also move along

Table 2
Multiple-Subtraction and Single-Subtraction rPBF*

fMS

(ml/min-ml)
SD (�/–)

fss

(ml/min-ml)
SD (�/–)

Subject 1
Apical 1.731 0.238 1.860 0.393
Middle 1.832 0.173 1.872 0.327
Basal 1.528 0.226 1.341 0.292

Subject 2
Apical 1.140 0.194 0.963 0.173
Middle 1.332 0.141 1.211 0.280
Basal 1.983 0.289 1.950 0.309

Subject 3
Apical 1.509 0.268 1.581 0.284
Middle 1.744 0.269 1.813 0.292
Basal 1.496 0.219 1.397 0.162

Subject 4
Apical 1.352 0.241 1.231 0.189
Middle 1.392 0.312 1.272 0.227
Basal 1.817 0.458 1.835 0.471

Subject 5
Apical 1.368 0.134 1.312 0.258
Middle 1.361 0.165 1.224 0.376
Basal 1.669 0.336 1.575 0.372

Subject 6
Apical 2.513 0.271 2.572 0.424
Middle 2.544 0.238 2.510 0.389
Basal 1.756 0.262 1.708 0.226

Subject 7
Apical 1.564 0.209 1.571 0.372
Middle 2.048 0.264 2.076 0.532
Basal 2.123 0.324 1.934 0.557

*Comparison of average rPBF per cardiac cycle calculated from
multiple-subtraction (fMS) and single-subtraction (fSS) analysis meth-
ods, across multiple ROIs (between 20 and 30) in apical, middle,
and basal regions. The standard deviation (SD) across the ROIs is
also reported.
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the vascular tree to vessels with slower flow before they
generate a measurable signal. Effectively, the volume of
missing blood Vgap will grow because some of the blood
that was originally tagged will remain in the faster-flowing
vessels of the voxel at imaging time, but will not generate
an ASL signal. Thus there is a trade-off involved in trying
to remove the large vessel signal while maintaining ade-
quate tissue-perfusion signal. The best quantitative ap-
proach remains to be determined. In addition, it may be
that the large vessel signal carries useful diagnostic infor-
mation, even if it interferes with a strict interpretation of
the signal as pulmonary perfusion.

The results of this study show that flows calculated with
the single- and multiple-subtraction approaches yield
comparable flow values, and these values are in good
agreement with other published measurements. In the sim-
plest terms, the mean pulmonary perfusion can be esti-
mated as cardiac output divided by the weight of the
human lung, since in healthy individuals the lungs receive
the entire cardiac output. The normal resting value of
cardiac output is about 5 l/min (36), and the weight of the
human lung is about 1 kg (37); therefore, the perfusion of
the lung is 5 ml/g/min. Measurements of regional pulmo-
nary perfusion obtained with a variety of techniques also
approximate this value. For example, using 1H spin label-
ing MRI, Wang et al. (14) observed perfusion rates in
healthy lungs of 4–6 ml/min/g. However, many measures
of PBF, including the present one, express perfusion per
volume of lung tissue and therefore can only be compared
when the lung volume at which the imaging takes place is
known and a value for lung density at that lung volume is
assumed. Since the density of the right human lung at FRC
is about 0.3 g/ml (37), this would provide a comparable
value of 5.5 ml/min/g for pulmonary perfusion for our
average single-subtraction measurement of 1.66 ml/min/
ml. Data obtained using PET scanning (in which data are
acquired during quiet breathing, resulting in slightly lower
lung density) indicate a regional pulmonary perfusion
of 1.9 ml/min/ml (38), providing a comparable value of
6.3 ml/min/g.

Based on the above discussion, both single- and multi-
ple-subtraction methods are susceptible to transit delay
errors, and the multiple-subtraction approach is also sus-
ceptible to error caused by a non-ideal flow profile. There-
fore, without additional experiments, it is difficult to com-
ment on the accuracy of these reported values. Further-
more, because we approximated Tsys as 
 when we
computed f with the multiple-subtraction approach, the
fractional error caused by the physical gap will be given by
Eq. [6], just as with the single-subtraction approach. There-
fore, differences between average flows calculated with the
single- and multiple-subtraction methods are likely due
primarily to error caused by a non-ideal flow profile. The
fact that the results from both methods are highly corre-
lated, with only a 2% difference in the calculated flow
values, suggests that an idealized flow-profile assumption
is reasonable, at least in normal physiology. However, this
may change in pathology, which would make the profile-
insensitive single-subtraction approach the method of
choice.

In conclusion, we have presented the quantitative re-
sults of MR perfusion experiments in normal subjects us-

ing an ASL-FAIRER imaging scheme. Single- and multi-
ple-subtraction techniques were theoretically and experi-
mentally explored. Pulmonary ASL approaches are
markedly different from ASL approaches in the brain, in
terms of both data acquisition and analysis, primarily be-
cause of the high pulsatility and strong cardiac-cycle de-
pendence of PBF. In the brain, a multiple-subtraction ap-
proach adequately addresses errors caused by physical
gaps between tagging and imaging volumes, thus facilitat-
ing perfusion quantification. In the lung, however, rather
than simplifying perfusion quantification, a multiple-sub-
traction approach introduces a restrictive assumption re-
garding flow delivery. Furthermore, such an approach in
the lung requires an additional accurate Tsys measurement,
which is also complicated by the gap transit delay. While
a single-subtraction approach does not address the physi-
cal gap, which leads to an underestimation in perfusion, it
does not depend on the shape of the bolus inflow profile,
and can provide a flow measurement with a single tag-pair
acquisition. As long as Vgap is relatively small compared to
one cardiac cycle’s worth of delivered blood, a physiolog-
ically useful value for average pulmonary flow can be
estimated. More experimental work is needed to address
the practical significance of this question.

ASL has great potential for evaluating rPBF, which can
be useful for diagnosing disease, monitoring disease pro-
gression, and evaluating disease response to therapy. Ad-
ditional characterization of the pulmonary perfusion re-
sponse is necessary to determine the magnitude of perfu-
sion error and further develop an optimal quantitative
approach that will be feasible for both research and clini-
cal settings.
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