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Measurement of cerebral perfusion  
using MRI

Cerebral perfusion MRI is becoming an increasingly important method for diagnosing and staging brain 
diseases. MRI provides the opportunity of combining perfusion imaging with high-quality anatomical 
imaging and is therefore, for most brain diseases, the modality of choice. Perfusion MRI techniques can 
be categorized into two different groups based on tracer type. First, dynamic susceptibility contrast  
(DSC)-MRI is a method based on the injection of an exogenous tracer, a gadolinium-based contrast agent, 
in the arm vein. By means of fast T2‑ or T2*‑weighted imaging the first passage of the contrast agent 
through the brain tissue is monitored. The second technique, arterial spin labeling (ASL), is a completely 
noninvasive technique that employs water protons as an endogenous tracer. In this article, the crucial 
elements for correct perfusion measurements by DSC‑MRI and ASL are discussed. In DSC-MRI, the conversion 
from signal changes to contrast agent concentration, the arterial input function measurement and the 
deconvolution method are the most important elements. Whereas in ASL, the efficiency of the labeling 
method, correction for relaxation processes and M0-calibration methods can be considered the most 
essential components of blood flow quantification. 
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Brain perfusion MRI characterizes the micro­
vascular blood supply of brain tissue. Blood sup­
plies the tissue with oxygen and nutrients and 
removes waste products. In many brain diseases 
and pathologies, blood supply is altered and 
therefore perfusion MRI can aid in the diagno­
sis and staging of different brain diseases and 
pathologies [1–7]. For example, in brain tumors, 
the cerebral blood volume (CBV) can be used 
to identify angiogenesis, the formation of new 
vasculature that enables brain tumors to grow 
larger than 1–2 mm [8]. Perfusion imaging can 
also be helpful in characterizing the autoregula­
tion of cerebral blood flow (CBF). Reduction 
in perfusion pressure, for example caused by 
stenosed or occluded brain-feeding arteries, is 
counteracted by vasodilatation of the arterioles 
in particular that reduce the resistance of the 
microvascular bed, thereby stabilizing blood 
flow [9,10]. This process of vasodilatation can 
be monitored by measuring the blood volume. 
Subsequent lowering of perfusion pressure will 
result in a reduction of CBF, but by increas­
ing the oxygen extraction, aerobic metabolism 
can be sustained. Parallel to this microvascular 
blood flow regulation, collateral blood flow, 
for example via the circle of Willis or the lep­
tomeningeal arteries, assists in continuing CBF 
[11–13]. Transport times of the blood to the brain 

tissue provides some insight in the quality of 
collateral blood flow [14,15]. In acute stroke, it 
is hypothesized that perfusion deficits enable 
differentiation between penumbra and core of 
the infarct [16–18]. Finally, it is known that in 
patients with Alzheimer’s disease reduction in 
cerebral perfusion precedes anatomical changes 
[19,20], although the interplay between blood 
flow, amyloid-b deposition and tangle formation 
is not completely understood at the moment. 

Characterizing cerebral perfusion with 
MRI requires differentiating static brain tis­
sue from moving blood. This can be performed 
by introducing a tracer in the bloodstream, as 
first applied in humans by Kety in the first 
half of the 20th century [21]. The first group 
of magnetic resonance (MR) perfusion tech­
niques, named dynamic susceptibility contrast 
(DSC)-MRI or first-passage bolus-tracking 
perfusion MRI, also rely on the injection of an 
exogenous tracer that, for MRI, is based on the 
lanthanum ion gadolinium [22]. However, MRI 
is the only imaging modality that also allows 
the use of an endogenous tracer for perfusion 
imaging. This other MR perfusion technique, 
called arterial spin labeling (ASL), employs 
radiofrequency (RF) pulses to magnetically 
label proton spins in blood, thereby creating 
an endogenous tracer [23]. 
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Hemodynamic parameters
Brain perfusion can be characterized using sev­
eral hemodynamic parameters, each reflecting 
a different physiological element of the blood 
supply to tissue. CBF describes the amount of 
blood supplied to the capillaries in a volume 
of tissue per min that is [ml/100 ml of tissue/
min] or [ml/100 g of tissue/min]. Measuring 
CBF can for example be used to grade tumors 
[24–26] or assess the hemodynamic effect of large 
vessel occlusions [27–29]. The term perfusion is 
often solely used for CBF, however, there are 
more metrics characterizing microvascular 
blood supply.

Cerebral blood volume is defined as the 
amount of blood in a given volume of tissue 
and is expressed in [ml/100  ml of tissue] or 
[ml/100 g of tissue]. CBV is a good marker for 
vasodilatation and angiogenesis [7,30] and aids 
in the differentiation of the penumbra from the 
core of the infarct in acute stroke [31–33]. 

The mean transit time (MTT) is the average 
time the blood resides in the capillary bed. The 
MTT can be used for delineating the penum­
bra and core of the infarct in stroke patients 
[6,33]. Furthermore, 1/MTT is an index of local 
cerebral perfusion pressure [34,35] and provides 
essential information on cerebral autoregulation, 
for example in carotid occlusive disease.

The bolus arrival time, the time of arrival 
(TA) and the time to peak are timing parameters 
related to large vessel blood transport towards 
the capillaries and can be used to assess occlu­
sions in brain-feeding arteries or collateral flow 
through the circle of Willis [15]. 

Dynamic susceptibility contrast MRI
Dynamic susceptibility contrast MRI measures 
perfusion using the passage of an exogenous 
contrast agent through the brain vasculature. 
The contrast agent is injected in the arm vein 
and after passing the heart and lungs it passes 
through the brain (micro-)vasculature, which is 
dynamically monitored by fast MRI. The pres­
ence of a contrast agent decreases the longitu­
dinal relaxation (T

1
) and transverse relaxation 

(T
2
) and disturbs the local magnetic field in 

and around the vessels. Detection of the con­
trast agent can therefore be based on T

1
‑, T

2
‑ or 

T
2
*‑weighted imaging. T

1
‑weighted imaging will 

result in signal enhancement and is frequently 
used to obtain information regarding the perme­
ability of the capillaries. This method is known 
as dynamic contrast-enhanced MRI, but is 
beyond the scope of this article and we refer to 
other articles for more information [36–39]. The 

term DSC‑MRI is reserved for perfusion meas­
urements based on monitoring the first passage 
of contrast agent by T

2
‑ or T

2
*‑weighted imag­

ing. Based on simulations by Knutsson et al., 
the dynamic scan time chosen should be faster 
than 1.5 s/image [40] to enable accurate perfusion 
quantification. To obtain such a high temporal 
resolution and still have whole brain coverage at 
a high resolution, acquisition is performed with 
fast imaging techniques such as echo-planar 
imaging (EPI) most often in combination with 
parallel imaging [41,42]. Guidelines for imaging 
settings used in acute stroke are described by 
Wintermark [43].

The actual signal drop observed in T
2
‑ and 

T
2
*‑weighted magnitude images (Figure 1) is a 

combination of relaxation effects, diffusion of 
water protons over the local field changes and, 
for T

2
*‑weighted images, dephasing due to the 

presence of local magnetic field changes [22]. The 
transformation from signal decrease to contrast 
agent concentration is important for accurate 
hemodynamic measurements.

Having a correct concentration–time curve of 
the first passage of contrast agent through brain 
tissue is, however, not sufficient to calculate the 
hemodynamic parameters. Three of the hemo­
dynamic parameters (CBF, CBV and MTT 
see Figure 2) can be obtained from the so-called 
impulse response function, which is mandatory 
for CBF and MTT estimations. The impulse 
response is the outcome of the hypothetical 
experiment of a d‑injection of contrast agent in 
the brain-feeding artery. It describes the delay 
and broadening (dispersion) of this d‑injection 
due to the transport through the vascular net­
work. From the tracer kinetic theory, it can be 
shown that the maximum value of the impulse 
response function equals the CBF and the area 
under the curve equals the CBV. However, in 
clinical practice, the bolus is injected in the 
arm vein and the shape of the arterial input 
function (AIF), the concentration profile of a 
brain-feeding artery, is therefore much broader 
and is dependent on subject-specific transport 
properties between the injection site and the 
AIF measurement location and on the cardiac 
ejection fraction. The impulse response func­
tion can be obtained by deconvolving the tissue 
response with the AIF. 

In summary, DSC‑MRI is based on the fast 
injection of contrast agent in the arm vein, whose 
passage through a brain-feeding artery (AIF) 
and brain tissue is monitored by fast dynamic 
MRI. Subsequently, the MR signal changes are 
converted to concentration–time curves and a 
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deconvolution is performed; finally, the perfusion 
parameters are calculated from the impulse 
response function as based on tracer kinetics.

�� Contrast agent
Most clinically approved contrast agents con­
sist of a gadolinium ion (Gd3+) and a chelate to 

prevent toxic reactions in vivo. The first clinically 
approved contrast agent was gadolinium-dieth­
ylene triamine pentaacetic acid or gadopentetate 
dimeglumine (Gd‑DTPA, Magnevist®, Bayer 
Schering, Berlin, Germany). Since the approval 
of Gd‑DTPA for commercial use in 1988, many 
new chelates have been developed. DTPA has a 

Figure 1. T2*‑weighted PRESTO magnitude images before the contrast agent arrival (top left image) and at several time 
points during the contrast passage through the brain vasculature. The whole brain average is plotted in the top left corner of 
every magnitude image with a circle depicting the specific time point for the magnitude image. The signal decrease is especially observed 
in the gray matter and less so in the white matter.

Figure 2. The resulting (A) cerebral blood flow, (B) cerebral blood volume and (C) mean 
transit time maps after postprocessing of the data presented in Figure 1. The arterial input 
function was selected manually and a block circulant singular value decomposition was used for the 
deconvolution. The figure shows that the gray matter has a higher cerebral blood flow and cerebral 
blood volume and the mean transit time is almost the same for gray and white matter.
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linear chemical structure and is ionic (Figure 3). 
Until recently Gd‑DTPA was most commonly 
used but recent studies have showed that chelates 
with linear chemical structures have a chance 
of transmetallation, the uncoupling of Gd3+ 
with the chelate, which can lead to nephro­
genic systemic fibrosis in patients with reduced 
renal function [44,45]. New chelates with a cyclic 
structure such as gadoteridol (Prohance®), gado­
butrol (Gadovist®) and gadoterate meglumine 
(Dotarem®) (Figure 3) reduce the chance of trans­
metallation. Furthermore, non-neutral chelates 
such as gadoterate meglumine bind the Gd3+ 
stronger than neutral chelates such as gado­
teridol, thereby further reducing the chance of 
transmetallation. 

The concentration of gadolinium can be 0.5 
and 1.0 mol/l depending on the product. The 
increased concentration results in a lower volume 
to inject in the arm vein and this could lead to 
a shorter and sharper bolus with a higher peak 

concentration [46]. However, a later study showed 
no significant difference in peak width when com­
paring equal doses with different molarities [47].

The effects of the contrast agent on the MR 
signal are threefold: first, the susceptibility 
difference of the gadolinium-based contrast 
agent with blood results in local magnetic field 
changes in and around vessels. Second, the con­
trast agent decreases the transverse relaxation 
time of nearby water protons. Third, the contrast 
agent decreases the longitudinal relaxation time 
of nearby water protons. 

The intravascular susceptibility is linearly 
related to the concentration of contrast agent 
and changes the local magnetic field [48,49] in and 
around a vessel. For an infinite cylinder the local 
magnetic field changes due to the susceptibility 
difference can be obtained from the Maxwell 
equations (see also Figure 4): 
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where DB
int

 is the magnetic field change inside the 
cylinder, DB

ext
 is the magnetic field change out­

side the cylinder, dc is the susceptibility difference 
per mol/l of gadolinium between the interior and 
exterior compartments, [Gd] is the concentration 
of gadolinium, a is the radius of the cylinder, r is 
the distance from any given point (p) to the cyl­
inder center, q is the angle between the cylinder 
axis and B

0
, and f is the angle of p in the plane 

perpendicular to the cylinder axis. The interior 
magnetic field change for a parallel oriented cylin­
der is twice as strong compared with the magnetic 
field change for a perpendicular oriented cylinder 
and has opposite sign. Whereas a parallel cylinder 
does not change the magnetic field outside the cyl­
inder, magnetic field changes outside the cylinder 
do occur for other orientations, where a pattern 
with positive and negative lobes can be observed.
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Figure 3. Chelates gadoteridol, gadoterate meglumine and gadopentetate dimeglumine. The first two chelates have a cyclic 
structure and the third chelate has a linear structure. The first chelate is neutral and the second and third are non-neutral chelates. The 
second chelates binds gadolinium the strongest compared with the other two chelates.
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Figure 4. Magnetic field change due to a susceptibility difference in and 
around an infinite cylinder oriented perpendicular to the main magnetic 
field (A) and parallel to the main magnetic field (B). For the perpendicular 
oriented cylinder, there is a lobular pattern around the cylinder and a homogenous 
magnetic field inside the cylinder. For the parallel oriented cylinder, there is only a 
homogenous magnetic field change inside the cylinder. The subfigures 1 to 4 
correspond with the lines 1 to 4 in each of the magnetic field graphs.
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For a voxel in tissue filled with randomly ori­
ented capillaries the signal decrease as observed 
in T

2
*‑weighted images is a result of suscepti­

bility effects in and around the capillary net­
work, diffusion through these magnetic field 
inhomogeneities and relaxation changes inside 
the vasculature [50]. A numerical study by Kjølby 
et al. showed that the susceptibility effects in the 
surrounding of the capillaries are the main cause 
of signal decrease in the magnitude images [51]. 

The concentration of contrast agent in the 
tissue can be determined by relating the signal 
intensity of the dynamic T

2
(*)‑weighted images 

to the signal intensity prior to the arrival of con­
trast agent. The equilibrium signal relation of 
gradient echo sequences is as follows:
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where S(t) is the evolution of the magnitude 
of the MR signal, a is the flip angle, TR is the 
repetition time, T

1
(t) is the longitudinal relaxa­

tion time that will decrease during the contrast 
agent passage, TE is the echo time and T

2
*(t) the 

transverse relaxation time, which is also depend­
ent on the contrast agent concentration. For 
sequences insensitive to longitudinal relaxation 
time changes, this relation simplifies to:
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-

When using short TR sequences, as in princi­
ples of echo-shifting with a train of observations 
(PRESTO) or segmented EPI, T

1
 effects of the 

contrast agent can no longer be neglected when 
the flip angle is chosen close to the Ernst angle. 
Such effects do not only lead to erroneous quan­
titative CBF values, but also affect relative CBF 
measurements [52]. From theoretical and simula­
tion studies it has been shown that the relation 
between the concentration of contrast agent in 
brain tissue and DR

2
* is linear with relaxivity r

2
*, 

whereas the DR
2 
has a slightly

 
nonlinear relation 

with the contrast agent concentration [50,51,53,54]. 
The DR

2
(*) is defined as:
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with S(0) the magnitude signal before contrast 
agent arrival and T

2
(*)(0) the T

2
(*) without the 

presence of contrast agent. When acquiring more 
echoes, DR

2
* measurements can be obtained that 

are insensitive to T
1
 effects of the contrast agent 

[55–58]. Whereas spin-echo sequence are slower, 
show less signal changes for a certain contrast 
agent concentration and have a nonlinear rela­
tionship with the contrast agent concentration, 

it shows specific sensitivity towards the micro­
vascular bed yielding perfusion maps less affected 
by large vessel artifacts [53]. 

Inside brain-feeding arteries the relation 
between the DR

2
* and the contrast agent con­

centration is more complex. In vitro experiments 
showed that the relation between the DR

2
* and 

the contrast agent concentration in human 
blood is quadratic and dependent on the hema­
tocrit level [49,59]. This quadratic relation can be 
explained by the compartmentalization of the 
contrast agent within blood since the contrast 
agent remains extracellular. Based on the origi­
nal Monte Carlo simulation study of Boxerman 
and coworkers, one might conclude that meas­
urement of contrast agent concentration in or 
near a large vessel is not possible with spin-echo 
sequences, since these authors showed a vanish­
ing sensitivity towards the presence of contrast 
agents for vessels larger than 30–50  µm [53]. 
However, based on measurements in pigs, it has 
been concluded that for AIF measurements a lin­
ear relation exists between DR

2
 and the contrast 

agent concentration [60,61].

�� Tracer kinetics
The method for determining the hemodynamic 
parameters CBF, CBV and MTT, as measured 
with DSC‑MRI, is based on the classic tracer 
kinetic theory as developed by Zierler [62] and 
reviewed by Lassen [63]. The contrast agent con­
centration in the capillaries c(t) is dependent on 
the contrast agent concentration in the artery 
c

AIF
(t) supplying the blood to the tissue micro­

vasculature (AIF) and the transport properties 
of the microvasculature itself. The output of the 
microvasculature, c

out
(t), can be expressed as a 

convolution of the AIF with a blood transport 
function h(t):

( ) ( )dc t h(t )cout AIF
t

t

0

8= - xx x

The blood transport function h(t) represents 
the distribution of transit times through the 
microvasculature. Under the assumption of an 
intact blood–brain barrier, all contrast agent will 
leave the microvasculature at some moment and 
therefore h(t) possesses the following property:

( ) 1h t dt
0
8 =
3

Following the same argument or by integra­
tion of Equation 6 in time leads to the following 
relation:

( )c t( )c tout AIF8 8=
3

3

3

3

- -

(5)

(6)

(7)

(8)

(3)

(4)
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This is the basis of correction methods for par­
tial volume artifacts of the AIF that rescale the AIF 
to have the same the area under the curve as the 
venous output function [64–66]. However, it should 
be noted that partial volume effects can also lead 
to shape changes, which are not corrected for in 
this approach (see section AIF measurements). 

Dynamic susceptibility contrast MRI, how­
ever, does not measure the output of the micro­
vascular system, but the amount of contrast 
agent still present in the tissue. Therefore, it is 
easier to describe the tracer kinetics in terms 
of the residue function R(t), which describes 
the fraction of the contrast agent concentra­
tion that remains in the microvasculature after 
a d‑injection contrast agent at the input of the 
microvasculature. The tissue residue function 
is equal to the impulse response normalized to 
unity. R(t) can be deduced from h(t):

( ) 1 ( )t h d

t

0
80 = - x x

At the onset, this residue function has a 
value of one and this becomes zero when the 
contrast agent has completely washed out. The 
input to a voxel in the microvasculature ( ( )n tt

in  
in mol contrast agent) can be calculated from 
the AIF, when assuming that the AIF is not 
delayed nor dispersed during transport from 
the location of the AIF measurements towards 
the brain tissue:

( ) ( )n t f c t dt• •t

in

AIF=

where f  is the blood flow in ml/s at the input 
of the voxel. The contrast agent concentration 
of a voxel in tissue is: 
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where V

f

voxel
 equals the CBF except for some 

conversion factors. 
The CBF can therefore be obtained by means 

of a deconvolution from the tissue passage curves 
and the AIF, when keeping in mind that R
(0)=1:

( ) ( ) ( )CBF t c t c t•
1

AIFt 70 =
-

When the AIF was actually delayed by TA/s, 
then 0(t) will be zero for t<TA and will reach 
the value of one at TA s. Therefore, CBF is in 
practice not calculated from 0(0), but as the 
maximum value of 0(t): 

( ) ( )CBF max c t c tAIFt
1

7=
-^ h

whereas the timepoint of the maximum value of 
R(t) is taken as TA. This method assumes that 
the applied deconvolution method handles delays 
correctly. This was not the case for the original 
singular value decomposition (SVD) method, 
but recent methods provide delay-insensitive 
results [67–70].

The CBV can be calculated from the product 
of the blood flow and the transport time func­
tion, comparable to the calculation of distance 
traveled from the product of velocity and time:

CBF ( ) ( ) ( )

CBV CBF

t t CBF t dt CBF t dtR R R

•h(t) • t • dt

• • 0

0

0 0
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8 8
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- + =
3

3

3 3
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The CBV can also be calculated from the ratio 
of the areas under the curve of the tissue pas­
sage curve and the AIF, although this results in 
slightly worse quantification owing to difficul­
ties in differentiating between the first passage 
and recirculation [71]. It should be noted that an 
additional correction for CBF and CBV is used 
to account for the difference in hematocrit in 
large (artery) and small (capillary) vessels.

Finally, the MTT of the blood through the 
capillary network can be calculated by using 
the central volume theorem, which describes the 
relation between CBF, CBV and the MTT [72,73].

MTT
CBF

CBV
=

As can be seen from Equation 14, the MTT can 
also be calculated by taking the area under the 
curve of the residue function.

�� AIF measurements
The AIF measurement is a crucial element for 
obtaining the hemodynamic parameters CBF, 
CBV and MTT with DSC-MRI. The AIF rep­
resents the concentration in time of the contrast 
agent through a brain-feeding artery (referred 
to as concentration profile). The concentration 
profile requires the AIF shape and peak height 
to be correctly measured to provide quantitative 
values for CBV, CBF and MTT. If the shape of 
the AIF is correctly measured, but the height is 
incorrect, then CBV and CBF will only show 
correct relative values, but MTT will still be 
quantitatively correct, since CBV and CBF will 
scale by the same factor. If the shape of the AIF 
is incorrect, all perfusion parameters calculated 
from the impulse response function will be 
incorrect, although relative CBV values can be 
obtained from the area under the curve of the 
tissue response. AIF selection is often performed 

(9)

(10)

(11)

(12)

(13)

(14)

(15)
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manually but a number of automatic selection 
procedures have been proposed based on shape 
characteristics of a correct AIF, such as high 
peak height, small full-width-half-maximum, 
low first moment and steep rise [74–76]. 

Initial approaches to measure the AIF with 
both correct height and shape concentrated on 
finding voxels located completely inside a brain-
feeding artery. In this case a quadratic relaxation 
rate for magnitude-based AIF measurements 
should be used and a linear relation for phase-
based AIF measurements [49,59,77]. At an optimal 
dose and echo time phase-based AIF measure­
ments have increased signal-to-noise ratio (SNR) 
compared with magnitude-based AIF measure­
ments [78,79]. However, phase-based AIF meas­
urements still require a magnitude-based esti­
mation of the brain tissue response, because the 
contrast agent induces almost no phase changes 
in a voxel filled with randomly oriented capilla­
ries [80]. Owing to the high maximum concen­
tration of the AIF (~15 mM), the MR signal can 
drop into noise level, which would corrupt the 
shape of the concentration profile independent 
of whether the amplitude or the phase of the MR 
signal is used for the measurement. Reducing 
the echo time or lowering the contrast agent 
dose could prevent signal depletion, but both 
methods would result in a lower SNR of the tis­
sue response measurement. Therefore, dual echo 
approaches have been proposed with a short echo 

time for the AIF measurement and a longer echo 
time for the tissue response [55]. An additional 
advantage of dual echo sequences is that lon­
gitudinal relaxation effect can be compensated 
for [58,81]. 

The AIF can theoretically be measured cor­
rectly in a voxel located completely within an 
artery, but owing to the limited spatial resolution 
of DSC‑MRI, such voxels cannot be found in 
actual experiments and partial volume effects 
can therefore not be avoided. Owing to mixing 
of the arterial signal with the signal from the 
surrounding tissue, nonlinear distortions of the 
AIF can occur when gradient echo imaging is 
employed. These distortions occur because the 
phase evolution of the arterial compartment will 
differ from the phase evolution in the surround­
ings, leading to in- and out-of-phase effects 
depending on the contrast agent concentration. 
Partial volume effects affect both the magni­
tude- and phase-based AIF measurements and 
can attain different manifestations, as shown 
in Figure 5. AIF shape distortions due to partial 
volume effects can only be corrected for arteries 
parallel to the main magnetic field, because only 
in this orientation are magnetic field changes not 
present in the surrounding tissue when the con­
trast agent passes through the artery (Figure 4) [82].

Since AIF measurements in voxels located in 
or near the artery are hampered by these partial 
volume effects, the AIF is often selected in tissue 

Partial volume effects on the magnitude

Partial volume effects on the phase

Decreasing arterial component of the partial volume voxel with a voxel size of 1 × 3 times the radius of the cyclinder
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Figure 5. Simulated partial volume effects on arterial input function measurements for (A) the magnitude-based approach 
and (B) the phase-based approach. These partial volume effects lead to errors in the shape of the arterial input function 
measurement. The light gray line represents the ground truth scaled to have an equal cerebral blood volume obtained from the first 
passage. All profiles are created in noise-free simulations. 
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surrounding the artery. When the artery is not 
oriented parallel to the main magnetic field, 
the magnetic field outside the artery will also 
change due to the passage of the contrast agent 
within the vessel. These magnetic field changes 
lead to changes in the phase and amplitude of 
the MR signal of tissue surrounding the ves­
sel, which can therefore be used to estimate the 
AIF. Voxels located close to the vessel wall but 
completely outside the artery are unaffected by 
partial voluming with arterial signal, but still 
show reasonably large signal changes during the 
arterial bolus passage. Numerical modeling has 
shown that at specific locations outside an artery 
a correct measurement of the shape of the AIF 
can be obtained using either the magnitude or 
the phase of the MR signal [83–85]. A disadvan­
tage of measuring the AIF in tissue surround­
ing an artery is that such measurements will 
be affected by the tissue response of the same 
voxel. Thornton et al. proposed subtraction of 
the tissue response to improve the magnitude-
based AIF measurements [86]. Phase-based AIF 
measurements have almost no tissue response 
and are therefore only affected slightly by the 
tissue passage.

Traditionally, a single (global) AIF is used for 
all voxels in the brain tissue and such a global 
AIF is frequently measured in the internal or 
middle cerebral artery. However, these arteries 
are located at a relatively large distance from the 
microvasculature. All dispersion between these 
arteries, where the AIF is measured and the 
actual input of the microvasculature, would be 
incorrectly interpreted as microvascular disper­
sion and thus lead to quantification errors in the 
CBF [68]. Thijs et al. showed for example that for 
stroke patients the AIF is best selected on the 
contralateral side of the infarct [87]. Based on the 
original ideas of Alsop et al., several investiga­
tors have looked into the possibility of estimat­
ing an individual AIF for every tissue voxel [88]. 
Such ‘local’ AIFs would be much less affected by 
dispersion effects. Independent component ana­
lysis, factor analysis and feature extraction have 
been proposed for obtaining local AIF measure­
ments [88–91]. The benefit of reduced dispersion 
effects for local AIFs comes with potential disad­
vantages, such as increased risk of partial volume 
effects [92] and a reduced SNR.

�� Deconvolution
A correct AIF and tissue response still require a 
deconvolution approach to produce the impulse 
response from which the CBF, CBV and MTT 
are derived. There are two general approaches 

for deconvolution: model-dependent approaches 

[93–96] and model-independent approaches 
[69,97,98]. The model-independent approaches are 
rarely dependent on the underlying vasculature 
but can be sensitive to noise and dispersion of 
the bolus. Dispersion effects lead in general to 
an underestimation of CBF and hence an over­
estimation of MTT [68]. The effect of disper­
sion is excellently reviewed by Calamante [99]. 
Furthermore, the original (also referred to as 
standard) SVD approach was sensitive to delay 
effects [69]. The simplest model employed for 
model-dependent approaches is an exponential 
decay; this model describes the microvasculature 
as a single well-mixed compartment. Models 
that are more complex can describe, to some 
extent, delay and dispersion, but with additional 
parameters fitting the residue function becomes 
more difficult. Moreover, if the model is differ­
ent from the true vascular response the obtained 
hemodynamic parameters have erroneous values. 

Currently, most postprocessing methods of 
DSC‑MRI rely on model-independent decon­
volution techniques that do not pose restrictions 
on the shape of the impulse response. A number 
of different model-independent deconvolution 
approaches have been reported, for example 
the SVD and block-circulant SVD (which is a 
modified version of the SVD in order to make 
the deconvolution delay insensitive) [67,69,70] or 
the Tikhonov regularization [100]. A different 
approach is the Fourier-based deconvolution, 
where deconvolution is a mere division [97,101]. 
Deconvolution can also be performed using 
a statistical approach such as the maximum 
likelihood estimation maximization (MLEM) 
and its modified version mMLEM (in order to 
make the deconvolution less sensitive to delay 
and dispersion) [98,102,103]. 

All deconvolution methods are susceptible to 
noise on the tissue response and the AIF. Noise 
on the concentration profiles can corrupt the 
outcome of the deconvolution and therefore 
each deconvolution method employs some kind 
of filtering, either by spectral filtering [96,97], 
cutoff value on the eigenvalues of the matrix 
inversion [69,104] or by limiting the number of 
iterations in iterative methods [98,102]. 

Arterial spin labeling
Arterial spin labeling is a completely noninvasive 
perfusion imaging technique that employs 
water protons as an endogenous tracer to probe 
the blood supply to tissue [23,105]. Since water 
transport across the blood–brain barrier is rela­
tively unrestricted, water protons are considered 
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diffusible (although not completely freely diffus­
ing) tracers [23,106–109]. Labeling is performed at 
the location of the larger brain-feeding arteries 
such as the internal carotid artery or the basilar 
artery and after labeling a delay is inserted in 
the sequence to allow the labeled spins to travel 
towards the microvasculature. The spin of water 
protons located in the brain-feeding arteries are 
either inverted [23] or saturated [110,111] by a RF 
pulse. The imaging performed after the labeling is 
proton density weighted, with a short echo time to 
limit the influence of transverse relaxation. Since 
such images are not only sensitive to the inflow of 
labeled spins, but also to signal from static tissue, a 
second image is acquired without labeling arterial 
blood. A subtraction of the label from the control 
image provides an image that is only sensitive to 
the presence of labeled spins. Such a single sub­
traction image is, however, of limited quality and 
therefore 30–60 averages are usually obtained to 
increase SNR (Figure 6). In the following sections 
the labeling, the imaging and quantification of the 
CBF are discussed. Furthermore, ASL provides 
the opportunity to label only a single artery, thus 
potentially allowing the flow territory of a sin­
gle vessel to be imaged. This has importance in 
pinpointing the origin of emboli in acute stroke 
[112], differentiating en passage feeders from direct 
feeders in arterio–venous malformation and in 
understanding collateral blood flow in large ves­
sel disease [28,29,113,114]. The different approaches 
of flow territory mapping will also be discussed.

Labeling of arterial blood
Labeling approaches for ASL can be subdivided 
into three categories: continuous ASL (CASL), 
pulsed ASL (PASL) and velocity selective ASL 
(VSASL). These three categories differ based 
on the temporal layout of the sequence and the 
spatial extent of the labeling sequence. ASL is 
a subtraction technique based on the assump­
tion that the only difference between the label 
and control image originates from the inflow of 
labeled spins. When designing a labeling approach 
it is therefore essential that the influence on the 
spins in the imaging slices is equal for the label 
and control module. In this respect, it is essential 
to avoid magnetization transfer (MT) effects (see 
next section). 

�� MT effects
All labeling approaches employ slice selective 
RF pulses to invert or saturate water spins at 
the labeling location. Whereas water protons 
in blood have a narrow frequency spectrum, 
the frequency spectrum of macromolecules in 

brain tissue is much broader. Therefore, slice 
selective RF pulses of the labeling module do 
still affect macromolecular spins even when they 
are located at a different location along the slice 
selection gradient and this magnetization can 
be transferred to the free water signal. When 
the total power of RF pulses in the labeling part 
of the sequence differs from the control part, a 
net difference in magnetization will be created 
that will show as subtraction errors in the ASL 
CBF images. For some ASL implementation the 
occurrence of this type of error is easily tested 
by labeling the superior from the imaging slices 
instead of the neck region (e.g., in [115]).

�� Continuous ASL 
In CASL, labeling is performed using a small 
labeling plane through the brain-feeding arteries 
(Figure 7). The water protons that flow through 
that labeling plane are inverted using a flow-
driven adiabatic inversion RF pulse in combi­
nation with a small gradient in the flow direction 
[23,116,117]. The labeling is switched on for a rela­
tively long period of 1.5–2.5 s to create sufficient 
labeling resulting in a long bolus of labeled blood. 
Owing to the continuous RF pulse, the total 
RF power is high, thereby potentially leading 
to severe MT effects. To avoid such MT effects, 
the control image needs to have the same RF 
power with minimal effect on the magnetiza­
tion of arterial blood. Two different approaches 

32 averages/32 s 8 averages/1 min 4 s

16 averages/2 min 8 s 75 averages/10 min

1 average/8 s

Figure 6. Arterial spin labeling-based cerebral blood flow images for 
different numbers of signal averages. Note that for a single average the 
gray–white matter contrast is already evident, whereas 75 averages are  
necessary for an adequate depiction of the white matter. Acquisition employs  
pseudo-continuous labeling with a label duration of 1650 ms, a delay of 1515 ms 
and background suppression.
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have been proposed: the first approach limits 
the coverage to a single plane, by changing the 
position of the labeling plane to the other side of 
the imaging plane. When extending the cover­
age to more than a single plane, this approach 
would result in slightly asymmetrical excita­
tion of the macromolecules for the control and 
the label part, which will lead to subtraction 
errors. Therefore, a second approach has been 
proposed that employs amplitude modulation 
of the RF pulse for the control images to create 
two inversion planes close to each other, thereby 
resulting in a double inversion of the blood flow­
ing through these planes. The last approach is 
currently the most common implementation 
of CASL, although the double inversion plane 
approach results in a slightly lower labeling 
efficiency of approximately 80%. 

Advantages of CASL are that all spins are 
labeled at the same level of the arterial tree and 
that the temporal width of the bolus is deter­
mined by the labeling duration. Both charac­
teristics result in a straightforward quantifica­
tion of the CBF as long as all labeled spins have 
reached the microvasculature in the imaging 
volume before the start of the readout [118,119]. 
Disadvantages of CASL are the difficult imple­
mentation of the continuous RF pulse on mod­
ern RF amplifiers and the relatively high specific 
absorption rate (SAR) of the sequence. 

Pseudo or pulsed CASL (PCASL) was 
recently proposed to reduce the demands on the 
RF amplifier and to lower the SAR while keep­
ing the advantages of CASL [120–122]. PCASL 
splits the continuous RF pulse of CASL into 
a train of short, slice selective RF pulses that 
gradually invert the spins of the water protons 
when combined with a small net gradient along 
the artery. As a control scan, the amplitude of 
the odd pulses can be inverted or the net gradi­
ent can be nulled. It has been shown that the 
labeling efficiency of PCASL can be higher than 
the amplitude-modulated CASL implementa­
tion, although the sequence is sensitive to off-
resonance effects and the efficiency depends on 
the arterial velocity [120,122].

�� Pulsed ASL
The labeling approach in PASL is fundamentally 
different from the CASL approach: instead of a 
temporally long but spatially confined labeling 
pulse, a short labeling pulse is employed over 
a large region. Although the labeling period is 
short, in the order of 10–15 ms, a large amount 
of spins can still be labeled, since a much larger 
part of the brain-feeding vasculature is labeled. 
Many different approaches have been proposed 
for PASL, although in the end all implementa­
tions create a situation in which spins proximal 
to brain vasculature have an opposite magnetiza­
tion during labeling compared with the control 
situation [123–133] (see overview in [134]). Three 
of the best-known PASL sequences are flow-
sensitive alternating inversion recovery (FAIR), 
signal targeting with alternating radiofrequency 
(STAR) and transfer insensitive labeling tech­
nique (TILT) (Figure 8). FAIR employs a slice-
selective inversion of the imaging slices as a label 
condition and a nonselective inversion pulse in 
the control situation. STAR and TILT are both 
based on a slice-selective inversion below the 
imaging slices, where STAR employs no RF 
pulses for the control image and TILT uses a 
+90 and ‑90 pulse as control. 

Advantages of PASL are the high labeling 
efficiency and the lower SAR due to the short 
RF pulses. Disadvantages are the potentially 
lower SNR of the CBF images and difficulties 
in quantification, because labeling is performed 
spatially, thereby incorporating a dependency on 
the layout of the arterial tree. 

�� Velocity selective ASL
Whereas both CASL and PASL differentiate 
flowing arterial blood from static tissue signal 
by spatially limiting the labeling to the region 
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Figure 7. Pulse diagrams for different continuous arterial spin labeling 
sequences with schematic images for the labeling slab (yellow) and 
readout slices (white). Readout modules are indicated by gray boxes. (A) Shows 
the diagram for CASL, (B) shows the pulse diagram for CASL wuth amplitude 
modulation control and (C) shows the pulse diagram for pseudo CASL.
CASL: Continuous arterial spin labeling; PCASL: Pseudo CASL; RF: Radiofrequency.
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below the imaging slice, VSASL differentiates 
flowing from stationary spins by employing 
flow-encoding gradients. In the label condi­
tion spins that flow faster than approximately 
2  cm/s are saturated, whereas only minimal 
flow-sensitive components are used in the con­
trol condition [111]. Since arterial blood flow is 
gradually slowing when flowing from brain-
feeding arteries into the microvasculature and 
venous blood is accelerating when leaving the 
microvasculature, this approach enables dis­
crimination of arterial and venous signal. Flow 
encoding can be performed in the imaging slab, 
thereby labeling the arterial blood much closer 
to the microvasculature and thus minimizing 
transport times of the labeled spins. However, 
comparable to PASL it is ill-defined how much 
spins are exactly labeled, thereby making 
accurate quantification difficult. 

Readout approaches for ASL
In principle, any readout sequence can be used 
for ASL as long as the sequence is predomi­
nantly proton density weighted. However, since 
the combination of labeling and delay times 
are time-consuming (at least 1.5 s), the imag­
ing sequence should enable all image data to 
be acquired after a single (or a few) labeling 
periods. Single-shot EPI or fast low-angle shot 
(FLASH) readout sequences are therefore the 
most commonly used readout protocols [134–136]. 
With the recent advances in gradients perform­
ance and the introduction of parallel imaging, 
it has become feasible to acquire whole brain 
perfusion images at a resolution of 3 × 3 mm2 
within a total readout time of 900 ms, thereby 
resulting in high quality perfusion images in 
4 min (Figure 9). More recently, the application 
of True-FISP as a readout module for ASL has 
been investigated [137–139].

Traditionally, CASL has been frequently com­
bined with spin-echo EPI and PASL with gra­
dient-echo EPI. However, the choice of readout 
sequence does not depend on the type of labe­
ling module, but only on the clinical research 
question. For example, in the lower brain, spin-
echo sequences provide better image quality 
than gradient-echo sequence at the expense of 
slower imaging. Recently, 3D single (or mul­
tishot) acquisition methods (GRASE) have 
gained much attention for two reasons; first, 
3D sequence have an inherently higher SNR 
than multislice sequences; and second, all blood 
flow information is acquired at exactly the same 
moment [140]. This last issue avoids modula­
tion of the blood flow information by different 

transport times for different slices and enables 
perfect background suppression for the complete 
volume (see next section).

�� Background suppression
All implementations of ASL use a subtraction 
to separate the signal from static tissue from the 
perfusion signal. Since CBV is less than 5%, 
the perfusion signal is more than a factor of 20 
smaller than the signal from static tissue. This 
implies that a few percent signal fluctuations of 
the static tissue signal are of the same order of 
magnitude as the perfusion signal. Physiological 
noise caused by the respiratory cycle, for exam­
ple, can result in such signal f luctuations, 
thereby degrading the SNR of the ASL. When 
the relative signal contribution of static tissue 
and perfusion signal would be more comparable, 
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Figure 8. Pulse diagrams for different pulsed arterial spin labeling 
sequences indicating the labeling slab in yellow, saturation slab in red and 
readout slices in white. (A) Shows the diagram for the FAIR sequence; (B) shows 
the pulse diagram for the STAR sequence; and (C) shows the pulse diagram for the 
TILT sequence. Both STAR and TILT have a saturation pulse before inversions of the 
water protons. 
FAIR: Flow-sensitive alternating inversion recovery; INV: Inversion pulse;  
STAR: Signal targeting with alternating radiofrequency; TILT: Transfer insensitive 
labeling technique.
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the influence of such signal fluctuations on the 
SNR of ASL images would decrease considera­
bly. This is the basis of the so-called background 
suppression – by including additional nonselec­
tive inversion pulses prior to the readout module, 

background signal of static tissue can be nulled 
during acquisition (Figure 10) [141]. Although nul­
ling of the background signal would in prin­
ciple leave exclusively the signal of the labeled 
spins, nulling of all tissue components cannot be 
achieved and to avoid uncertainties in the sign of 
the magnetization of these residual components, 
a small positive residual signal of approximately 
5–10% is aimed for. For multislice sequences, 
background suppression will be optimal for 
the first slice, but gradual regrow of the static 
tissue magnetization will result in suboptimal 
background signal for subsequent slice

�� Quantification of CBF by ASL
After subtraction of the label from the control 
image, an image is obtained that reflects the 
amount of labeled spins present in the tissue at 
the moment of imaging. Since MRI provides 
only arbitrary numbers, the values from the 
subtraction image should be normalized. This 
is often referred to as the M

0
 measurement and 

the different approaches to obtain this calibra­
tion factor are discussed later. Although infor­
mation on the cerebral perfusion is included in 
the calibrated subtraction image, other factors 
affect the amount of detected labeled spins, 
such as the input function (that is the amount 
of labeled spins), loss of label due to longitudinal 
relaxation while the spins reside in the blood 
and tissue compartment, loss of signal due to 
transversal relaxation and imperfect excitation 
pulses. These different factors will be discussed 
in the following sections.

�� M0 measurement
Quantification of the CBF by ASL is based upon 
the idea of creating a label in brain-feeding arter­
ies and to monitor what brain tissue is fed by 
this label. Therefore, the signal intensities in the 
subtraction image should be compared with the 
signal intensity of pure blood, which is the maxi­
mal signal that could be obtained if a perfectly 
created label filled a complete voxel. The first step 
in quantification of ASL images is therefore to 
normalize the signal intensities of the subtraction 
image by M

0
, the signal intensity of pure blood 

in a proton density sequence. To measure M
0
, 

several approaches have been proposed, all based 
on the measurement of the MR signal intensity 
in reference areas, such as the ventricles and sag­
ittal sinus, or by employing the signal intensity of 
the control images as a reference. Except for the 
sagittal sinus, all other approaches need correc­
tion factors to compensate for differences in pro­
ton density, for example between cerebrospinal 

Figure 9. Whole brain perfusion imaging at a resolution of 3 × 3 mm2 

acquired in a total scan time of 4 min and 10 s. Acquisition is based on 
pseudo-continuous arterial spin labeling at 3 Tesla with 1650 ms label duration, 
1525 ms delay, background suppression and a multislice single-shot echo-planar 
imaging readout module. 
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fluid and blood [142]. When measuring the M
0
 

of brain tissue in the control images, division by 
the brain–blood partition coefficient (frequently 
represented by l = M

0
brain tissue/M

0
blood .0.9 [143]) 

needs to be performed to obtain M
0

blood. When 
using M

0
brain tissue, differences in proton density 

in gray and white matter or pathology will bias 
the CBF values, although on the other hand dif­
ferences in coil sensitivity profiles are automati­
cally compensated for. Measurements in smaller 
regions-of-interest such as the sagittal sinus or the 
ventricles are known to introduce a considerable 
amount of noise in the quantification, thereby 
limiting the usefulness of these calibration meth­
ods. Suboptimal measurement of M

0 
is probably 

still one of the main sources of quantification 
errors in ASL [144].

�� Input function of labeled spins
As a second step in the quantification process, 
the temporal profile of the bolus of labeled spins 
that leave the labeling area has to be known, 
which is determined by the labeling efficiency 
and the temporal-spatial layout of the labeling 
pulses. Since almost all ASL methods (except 
VSASL) create an inversion difference between 
label and control, the maximum difference 
between label and control equals two times 
M

0
 (e.g., +M

0
 vs ‑M

0
). For PASL an almost 

perfect labeling efficiency can be obtained by 
using adiabatic inversion pulses that provide a 
proper inversion over a large area, independent of 
local B

0
 and B

1
 inhomogeneities [145]. However, 

such adiabatic inversion pulses do lead to some 
efficiency losses due to transverse relaxation. 
For CASL and PCASL the labeling efficiency 
will be approximately 20% lower and show a 
slight dependency on the arterial flow velocity. 
Estimates of the labeling efficiency, frequently 
represented by a, have been obtained by using 
single-slice CASL as reference or by simulations 
of the Bloch equations [116,117,119,122]. Finally, it 
has recently been proposed that a separate phase 
contrast quantitative flow sequence in combina­
tion with an estimation of the total brain volume 
be used to estimate the labeling efficiency and 
thereby normalizing the CBF maps [146]. When 
an estimate of the labeling efficiency is obtained, 
the difference image is be divided by this factor 
to correct for the imperfect labeling efficiency. 

Continuous ASL and PCASL perform the 
labeling at a single position in the brain-feeding 
arteries for a period of 1–2 s. This implies that 
the input function can be considered to be a 
block-function with an amplitude of a and a 
temporal width equal to the labeling duration. 

This width will be equal for all labeled vessels, 
although a might be variable for different arter­
ies. For PASL the input function is more compli­
cated, since labeling is performed over a much 
larger region of the arterial tree (Figure 8). The 
temporal width of the input function when it 
leaves the upper part of the labeling slab will 
be determined by the length of the vessels 
within the labeling slab and the blood velocity 
therein. The input function will be different for 
different vessels owing to these dependencies. 
Furthermore, spins that are labeled more proxi­
mal in the arterial tree will leave the labeling 
later and during this transport delay, some label 
will be lost due to longitudinal relaxation. The 
input function will therefore have an exponential 
decreasing shape. Finally, the slice profile of the 
inversion pulses will modulate the shape of the 
input function. This can be especially important 
for the most proximally labeled spins, where the 
slice profile can be affected by the coil trans­
mit profile [147,148]. In particular, because of the 
uncertainties in the temporal width of the input 
function in PASL, quantification becomes chal­
lenging. To circumvent this issue, three different 
solutions have been proposed.

First, Wong and coworkers have proposed 
to cut off the input function by means of a 
saturation pulse at the labeling location shortly 
(~800 ms) after the inversion pulse [125]. When 
not all inverted spins have left the labeling slab, 
this implies that the width of the input func­
tion has been fixed to the same duration (e.g., 
800  ms). However, the width of the input 
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function would still be undetermined when the 
saturation pulse is played out too late, for example 
all labeled spins of a certain artery have already 
left the labeling slab. A correct choice of the tim­
ing of the saturation pulse is therefore essential: 
when chosen too early, only very few spins have 
been labeled, whereas a saturation pulse applied 
too late will no longer fix the width of the label 
bolus. This approach is named QUIPSS‑II and 
can be combined with most PASL approaches. 
When the saturation pulse is replaced by a train 
of saturation pulses with a smaller slice thickness, 
the approach is named Q2TIPS [149].

Second, instead of influencing the shape of the 
input function, the width can also be estimated 
by monitoring the signal evolution over time in 
the brain tissue. In this approach, images are 
not acquired at a single delay time as is usually 
performed with ASL, but a series of images with 
different delay are acquired [118,131,150]. In such an 
approach images will be acquired directly (100 ms) 
after labeling until most signal is lost (~3000 ms 
after labeling) at a 150–300 ms interval. Modeling 
of the signal–time curves results indirectly in an 
estimate of the width of the input function.

Finally, it is possible to incorporate the meas­
urement of the shape of the input function into 
the ASL sequence [151,152]. This shape can be 
obtained by subtracting an ASL image with 
vascular crushing (tissue signal) from an ASL 
image without crushing of fast-flowing spins 
(tissue plus arterial signal). Since this approach 
needs to acquire images with and without vascu­
lar crushing, the sequence will last longer than 
conventional approaches. After obtaining the 
correct shape of the input function, this know­
ledge is incorporated into the analysis, thereby 
enabling an improved quantification of the CBF.

�� Transport of the label towards the 
brain tissue
After leaving the labeling slab, the labeled spins 
will be transported to the microvasculature. 
These transport times can be different for dif­
ferent brain regions and may vary, especially in 
patients with vascular occlusive disease. While 
residing in blood, the label as encoded in the lon­
gitudinal magnetization will decay due to lon­
gitudinal relaxation. When the transport time 
is longer than the delay in the sequence, not all 
labeled spins will have arrived in the brain tissue 
when imaging, leading to an underestimation of 
the perfusion. Errors due to prolonged transit 
times are especially prominent in patients with 
large vessel disease, and multi-TI approaches 
have been used to correct for this.

When the capillaries are reached, the label 
will start to cross the blood–brain barrier and 
exchange with the brain tissue [109]. Finally, the 
label will also leave the tissue into the venous 
compartment (Figure 11). While the label resides 
in the brain tissue, it will no longer decay with 
the T

1
 of blood, but with the T

1
 of tissue. The 

fact that decay of the label differs according 
to which compartment the label resides com­
plicates quantification, but fortunately the lon­
gitudinal relaxation times of blood and tissue 
are comparable and most commonly a single 
T

1
 is assumed. However, several researchers 

have investigated how this assumption affects 
quantification [106,107,109]. From these studies it 
can be concluded that the error made by this 
so-called single compartment assumption are 
smaller for PASL than for CASL and more 
prominent for white than gray matter for low 
perfusion values. 

�� Transverse decay of signal
Except for spiral readout approaches, all imag­
ing modules employed in ASL result in T

2
 or T

2
* 

decay of the signal after the excitation pulse [153]. 
Whereas most researchers will assume a single 
reference value for T

2
* and employ a correction 

factor when converting the signal intensities to 
CBF values, this assumption might breakdown 
regionally, in pathology or when monitoring 
CBF changes upon brain activation. In particu­
lar, in the frontal areas and above the petrous 
bones, magnetic field inhomogeneities result in 
a much shorter T

2
* than in more homogenous 

brain tissue [154]. This can result in an under­
estimation of the regional CBF by 30%. In a 
preliminary study employing a dual-echo rea­
dout module, we have further shown that T

2
* 

changes upon activation have only marginal 
effects in ASL [154]. This implies that the ASL 
signal originates predominantly from the arte­
rial side of the microvasculature, whereas blood 
oxygen level dependent (BOLD) effects are on 
the venous side. Dual-echo ASL sequences can 
therefore be used to monitor simultaneously 
CBF changes (first, short TE) and BOLD 
(second, long TE) [155,156].

�� Taking it all together:  
the Buxton model
Buxton and coworkers were among the first 
to describe a model of ASL that includes most 
terms affecting ASL perfusion quantification. 
This model was dubbed the general kinetic 
model, but has recently become better known 
as the ‘Buxton model’. The simplest version 
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of the general kinetic model consists of three 
functions: the input function of labeled spins 
at the tissue level (c

input
); the residue function 

describing how long labeled water molecules 
will stay in the tissue voxel (r(t)=exp(-f·t/l)); 
and the magnetization relaxation function 
(m(t)=exp(‑t/T

1
)), which describes the loss of 

label due to longitudinal relaxation. The only 
difference between PASL and CASL is in the 
shape of the input function at the entrance of the 
tissue, reflecting the difference in travel times of 
labeled water molecules in PASL depending on 
the localization within the label slab:
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with Dt equaling the transit delay and t the fresh 
inflow time (PASL) or labeling duration (CASL 
or QUIPSS). This model is the basis for multi‑TI 
ASL measurements, which are based on fitting 
Equation 16 to measured ASL difference signal at 
multiple delay times.

�� Imaging artifacts
B

1
 variations are especially eminent at medium 

(3 Tesla) and higher magnetic field strengths 
(e.g., 7 Telsa). Any variation in B

1
 deposition 

will result in deviations from the perfect 90° 
excitation pulse and will result in a modulation 
of the CBF map. By acquiring images at multi­
ple flip angles, this effect can be corrected for, 
although at the expense of a time penalty [152]. 
Furthermore, variations in the received profile 
of the reception coil can result in erroneous CBF 
maps, although coil sensitivity profiles are now 
frequently measured and corrected for as part of 
the implementation of parallel imaging. Finally, 
it should be noted that using fast sequences can 
result in distortions or blurring of the CBF maps. 
By limiting the readout time of the sequence, for 
example by parallel imaging, such distortions 
and blurring can be minimized. Single-shot 3D 
sequences bare the risk of significant blurring in 
the z‑direction owing to T

2
 decay of the signal 

during the long readout. 

Flow territory imaging
In the last decade, flow territory mapping based 
on ASL methods has gained much attention, 
especially since the only alternative for flow 

territory mapping by ASL is the invasive method 
of conventional catheter angiography with the 
associated mortality and morbidity. The princi­
pal idea of flow territory mapping is to restrict 
the labeling pulses to a single artery, thereby 
exclusively imaging the tissue supplied by this 
artery. Several different approaches have been 
proposed to limit the labeling to a single artery, 
such as:

�� Separate labeling coil; by positioning a small 
labeling coil on top of a vessel, the RF is lim­
ited to this vessel and the labeling will there­
fore also be restricted to this artery [157–159]. 
This method is easily implemented, although 
it relies on separate hardware and yields only 
limited flexibility in which arteries can be 
labeled during a single session;

�� Tilting of labeling plane; whereas traditionally 
ASL labeling planes are always in the trans­
verse orientation, this labeling plane can also 
be tilted and positioned in such a way that 
only a single vessel is labeled [129,160]. After tilt­
ing the labeling plane, the plane could inter­
sect with the imaging slices and therefore it is 
essential that saturation pulses before and after 
labeling are included in the sequence to cir­
cumvent artifacts in the subtraction images. 
Second, it can be challenging to plan this 
tilted plane in such a way that only a single 
vessel is labeled. This method is therefore 
mainly used to differentiate between left and 
right internal carotid artery flow territories 
and posterior circulation;

Figure 11. Overview of labeled water protons that will leave the 
microvasculature and will return into the venous compartment.

(16)
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�� For CASL and PCASL the gradient in the 
flow direction of vessel can be rotated during 
labeling to limit labeling to a single spot in 
the labeling plane [161]. This approach ena­
bles superselective labeling of the smallest 
vessels. For CASL this method can result in 
artifacts in the imaging slices, but for PCASL 

this issue does not occur, since the rotating 
gradients are played in between the RF 
pulses [162];

�� Wong and coworkers have developed a plan­
ning-free method for flow territory mapping, 
which is based on the acquisition of four or 
more images with different labeling distribu­
tion over the different brain-feeding arteries 
(Figure 12) [163–166]. The first two images are 
the control and label images of a normal ASL 
experiment and subtraction of these two 
images results in a normal nonselective per­
fusion map. In the following images the labe­
ling efficiency is varied in the right–left or 
anterior–posterior (or any other) direction 
(Figure 12B & C). Subtraction of these images 
from the control image and normalizing with 
respect to nonselective perfusion map results 
in a relative labeling efficiency map. Based on 
clustering methods, regions are identified 
that have comparable relative labeling effi­
ciency independent of how the labeling 
efficiency of the arteries is changed. 

Conclusion & future perspective 
Both DSC‑MRI and ASL are becoming impor­
tant tools in the radiological clinic and both 
perfusion methods are considered essential for 
many different clinical indications, such as brain 
tumors and acute stroke. Furthermore, ASL is 
starting to play an important role in psychologi­
cal research since it enables PET-like studies of 
the cognitive state of subjects. Both methods 
will continue to benefit from hardware improve­
ments, such as techniques for parallel transmis­
sion and reception, improved coil design and 
higher magnetic field strengths. These develop­
ments will continue to provide improved new 
insights in the cerebral hemodynamics. In the 
coming years quantification of cerebral perfusion 

Executive summary

�� MRI provides two techniques that can measure cerebral perfusion: dynamic susceptibility contrast (DSC)‑MRI and arterial spin  
labeling (ASL).

�� DSC‑MRI is based on dynamic monitoring of the first pass of a gadolinium-based contrast agent. 
�� In DSC‑MRI, cerebral blood flow is calculated from the residue funtion that is obtained by deconvolving the tissue passage curve with an 

arterial input function.
�� DSC‑MRI can only provide quantitative hemodynamic values when the arterial input function measurement is correct and the 

deconvolution method handles noise and delay adequately.
�� ASL is a noninvasive technique and is based on the subtraction of a label image (obtained 1–2 s after inversion of the magnetization of 

arterial blood) from a control image.
�� There are three general labeling schemes in ASL: continuous ASL, pulsed ASL and velocity selective ASL.
�� Quantitative cerebral blood flow values can be obtained from ASL measurements after correction for transit time effects, T

2
* decay 

and when the magnetization of blood is known.
�� By limiting the labeling of ASL to a single artery, a flow territory map of that artery can be obtained.

Control

Control

Control

Labeling modulated
in right–left direction

Labeling modulated
in anterior–posterior
direction

Nonselective
labeling

Figure 12. Overview of planning-free flow territory mapping. (A) A normal 
arterial spin labeling experiment consisting of a nonselective label (red) and a 
control (white) image, results in a global perfusion image (right panel of (A)). 
Subtraction of an image in which the labeling was modulated in (B) the right–left 
direction or (C) anterior–posterior direction from the control image results in vessel 
specific perfusion images. After a subsequent clustering step, the flow territories 
can be identified.
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will remain the most challenging part of both 
MRI techniques and more research is definitely 
needed to obtain absolute quantification of the 
CBF and CBV. Finally, it is anticipated that 
reactivity measurements, that is relative blood 
flow changes upon a vasodilatory challenge 
such as acetazolamide or breath-holding, will 
improve the hemodynamic characterization of 
neurodegenerative disease.
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