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7.1 
Introduction

More than 100 years ago, Roy and Sherrington 
(1890) showed that stimulation of peripheral nerves 
creates a change in local cerebral perfusion. Their 
setup was simple; the exposed cerebral surface of a 
dog brain and the means to provide sensory stimu-
lation. Though not complicated, this experiment al-
lowed them to directly visualize changes in blood 
fl ow with stimulation. Kety and Schmidt (1945) 
and Meier and Zierler (1954) developed methods 
and analysis for perfusion imaging of diffusible and 
non-diffusible tracers, respectively. These ideas revo-
lutionized perfusion imaging and form the scientifi c 
foundation for MR imaging of perfusion. Today, MR 
has the ability to monitor blood fl ow with sophisti-
cated methods that are either effectively or entirely 

noninvasive. Lost, however, is the direct and emphatic 
visualization of perfusion experienced by Roy and 
Sherrington (1890). The recording of quantitative 
blood fl ow by MRI is hidden behind complicated 
mathematical formulas and arcane pulse sequences.

The purpose of this chapter is to present a gen-
eral description of the two methods that have come 
to dominate the measurement of cerebral perfusion 
with MRI: dynamic susceptibility contrast (DSC) and 
arterial spin labeling (ASL). In doing so, I hope to un-
ravel some of the complicated mathematics so that 
the reader has a more general understanding of the 
procedures needed to obtain either a qualitative or a 
quantitative map of cerebral blood fl ow (CBF). In ad-
dition, I will present the possibility of measuring CBF 
with laser polarized xenon.

7.2 
Background

Cerebral perfusion is a measure of the rate of blood 
fl ow through the capillary bed in a given mass of tis-
sue and is a primary indicator of tissue health. The 
means to non-invasively image tissue perfusion has 
long been a goal in neuroscience.  Perfusion imaging 
maps parameters related to the delivery of blood to 
the brain. These parameters include the mean tran-
sit time (MTT): the average time it takes a tracer 
to travel through the tissue, cerebral blood volume 
(CBV): the volume percent of blood in a voxel, and 
cerebral blood fl ow (CBF): the rate of blood fl ow per 
unit tissue. The cerebral blood volume in gray matter 
is 4%–7% and 2%–3% in white matter (Thomas et 
al. 2000). The units of CBF are commonly expressed 
in ml/min/100 g of tissue. Typical values of cerebral 
perfusion are 20–25 ml/min/100 g in white matter 
and 45–70 ml/min/100 g in gray matter (Calamante 
et al. 1999).

A variety of imaging modalities are able to mea-
sure cerebral perfusion. PET studies of 15O labeled 
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water (Phelps 1991), nuclear medicine SPECT stud-
ies of 133Xe (Jaggi et al. 1993), and X-ray CT studies 
of stable xenon (Wintermark et al. 2001) all pro-
vide maps of rCBF. The American Heart Association 
has recently compiled guidelines and recommenda-
tions for perfusion imaging in ischemic brain disease 
(Latchaw et al. 2003).

In the last 15 years, advances in MRI have led to 
more and more routine and common measures to 
assess of CBF by MRI. Within MRI, DSC and ASL ac-
count for the vast majority of studies in the literature. 
DSC imaging uses a bolus injection of contrast agent 
and measures rCBF by following the time course of 
signal change in the brain caused by the passing of 
the bolus through an imaging voxel (Villringer 
et al. 1988; Rosen et al. 1989; Belliveau et al. 1990, 
1991). DSC MRI is used in most clinical MRI stud-
ies because of the high signal-to-noise ratio of the 
method and the ease of obtaining a relative (as op-
posed to absolute) measure of CBF. ASL methods 
magnetically label the blood fl owing into the brain 
and create a new steady-state level of magnetization 
(Detre et al. 1992; Williams et al. 1992; Kim 1995). 
ASL has the advantage that it uses no contrast agent 
but labels or tags water molecules by RF saturation. 
Because ASL does not use contrast agents, it is en-
tirely non-invasive and may be repeated often. ASL 
is used in animal studies and in volunteer, or task ac-
tivation functional imaging studies. There is a price 
to pay, however, as the signal-to-noise ratio (SNR) of 
the ASL perfusion image is approximately ten times 
less than the SNR of the DSC perfusion image. Other 
MRI methods are also being developed to measure 
rCBF. One promising technique is laser polarized xe-
non MRI (Swanson et al. 1997). Xenon has long been 
used to measure CBF with SPECT or X-ray CT. Laser 
polarized xenon MRI has recently been used to mea-
sure CBF by Duhamel et al. (2002).

7.3 
Dynamic Susceptibility Contrast

DSC MRI measures the passage of a bolus of non-dif-
fusible contrast through the brain. A bolus of contrast 
is injected into a vein and travels through the vascu-
lature into the brain where the change in MRI signal 
is recorded. The signal decreases as the bolus passes 
through the imaging slice. The decreased signal 
change is mathematically converted to a change in 
the concentration of contrast agent. The time course 
of the rate of change of contrast agent is integrated 

to yield the relative cerebral blood volume (relCBV). 
The arterial signal is also recorded and used to com-
pute the mean transit time (MTT) and rCBF (regional 
cerebral blood fl ow).

7.3.1 
What Causes the Signal to Change?

Signal intensity decreases because the paramagnetic 
contrast disrupts the magnetic fi elds in a small re-
gion surrounding the capillaries as it passes through 
the tissue. Disruption of the magnetic fi eld decreases 
T*

2 (or increases R*
2 = 1/T*

2) of water protons in tissue 
near the contrast agent. Since the echo of the spins is 
recorded at a time TE following the pulse, the change 
in T*

2 will result in a decrease in the signal intensity 
of the water proton spins.

The intensity of the water proton signal at time TE 
will be given by:

S S eTE
R TE= −

0
2   (7.1)

where R2 is the transverse relaxation rate (1/T2) of 
tissue. R*

2 is the effective transverse relaxation rate 
(1/T*

2) in the presence of contrast agent.
If contrast agent is added to the tissue, an addi-

tional relaxation occurs due to the susceptibility 
induced dispersion created by addition of paramag-
netic ions. The new relaxation rate can be defi ned as:

R R r C tGd2 2 2
* * ( )= +  (7.2)

where r*
2 is the relaxivity (relaxation rate per unit 

concentration of gadolinium) and CGd(t) is the time 
dependent concentration of the gadolinium contrast 
agent. Rate constants (rather that the time constants 
such as T2 are used because the rates are additive 
and simplify the math. The signal intensity at time 
TE is now defi ned as:

S t S e S e eTE
Gd R t TE R TE r C t TEGd( )

* *( ) ( )= =− − −
0 0

2 2 2  (7.3)

7.3.2 
How Does the Signal Change Correspond to 
Tracer Concentration?

The goal of this procedure is to calculate the concen-
trate of the concentration of the tracer. This can be 
done by taking the logarithm of the ratio of the signal 
with and without contrast agent.
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Figure 7.1a shows a representative curve of the sig-
nal intensity in a voxel as the contrast agent passes 
through the volume. These data are processed with 
Eq. (7.5) to generate the time–concentration curve 
shown in Fig. 7.1b. The arterial input function (AIF) 
(Fig. 7.1c) is measured from voxels near a major ar-
tery such as the MCA. 

Because the bolus passes through the tissue in a 
very short time, echo planer imaging (EPI) meth-
ods are needed to image the profi le seen in Fig. 7.1a 
(Kwong et al. 1995). 

This procedure assumes that the contrast agent 
does not leak out of the vessels into the tissue and 
that the contrast agent causes insignifi cant T1 en-
hancement.

7.3.3 
How Is the Time–Concentration Tracer Curve 
Turned into a Measure of Perfusion?

After recording the images and creating the time–
concentration curves for each voxel or region of in-
terest, the data needs to be further analyzed to create 
maps of perfusion (rCBF), MTT, and CBV. At this 
stage the investigator needs to decide whether he or 
she desires a relative or a quantitative map of perfu-
sion. There are basically three paths: (1) numerical 
integration (or summing up) of the data to create 
relative maps of CBV; (2) fi tting the data to a gamma-
variant function; or (3) deconvolution of the data 
using the AIF (Perkio et al. 2002). Of these three 
methods we will consider numerical integration and 
deconvolution.

7.3.3.1 
Numerical Integration

The easiest method to create a measure of perfu-
sion is to measure the area of the time–concentration 
curve (Fig. 7.1b).

relCBV C t dttissue= ∫ ( )  (7.6)

This will provide an index that is proportional to the 
relative cerebral blood volume (relCBV) of a given 
pixel. Because of the ease of performing the numeri-
cal integration, this method is perhaps the most used 
in clinical application of MR perfusion imaging. It 
should be noted that this does not provide an abso-
lute, quantitative measure of cerebral blood volume, 
but yields an image that may be useful for comparing 
normal to ischemic or diseased tissue.

7.3.3.2 
Deconvolution

Indicator-dilution theory of perfusion imaging for 
non-diffusible tracers states that the time–concentra-
tion profi le is equal to the cerebral blood fl ow times 

Fig. 7.1a–c. Generation of the concentration–time curve. The 
passage of contrast agent through the voxel causes the signal 
to decrease due to a decrease in T2* (an increase in R2*) re-
sulting in a decrease in the MR signal (a). The signal–time 
curve is turned into a concentration–time curve by using 
equations 7.4 and 7.5. The arterial input function (c) is created 
in a similar manner, using these same equations to transform 
the signal–time curve measured near a major artery into a 
concentration–time curve.
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the convolution of the AIF and the tissue residue func-
tion (Meier and Zierler 1954; Zierler 1965).

(7.7)C t CBF AIF u R t u duGd
u

t

( ) ( ) ( )= −
=
∫

0

  
 

If the reader understands this equation and all of 
its implications, then read no further. If, however, one 
is trying to gain an understanding of how this con-
volution integral can be used to measure perfusion, 
then this section should be very helpful.

This statement leads to three obvious questions: 
What is the arterial input function? What is a convo-
lution integral? What is a residue function? 

The arterial input function was introduced pre-
viously and is simply the concentration of contrast 
agent in the arteries as a function of time. In a perfect 
world, one could shape the arterial input function so 
that it would be a delta function, or instantaneous 
spike of contrast agent. This would greatly simplify 
the mathematics and make quantitative perfusion 
imaging trivial. Because of the realities of injection 
and diffusion of contrast agent within the blood, this 
ideal function can never be achieved in practice. In 
general the AIF is a broad, Gaussian-like function 
determined by the rate at which contrast agent is in-
jected and by the spread of the contrast agent that 
occurs as the blood fl ows from the injection site to 
the brain. 

The second term, the residue function, is the man-
ner in which contrast agent is retained by the tissue. 
Because there are many pathways that molecules of Gd 
chelates can follow through the capillary bed to leave 
the tissue, the residue function is a statistical probabil-
ity of how it is retained in the tissue. The residue func-
tion is determined by deconvolving the time–concen-
tration function with the arterial input function.

Figure 7.2 demonstrates convolution. The left col-
umn contains different arterial input functions rang-
ing from a delta function in Fig. 7.2a to a Gaussian 
function in Fig. 7.2e. The center column contains an 
exponentially decaying residue function and is the 
same for each row. The right column shows what the 
detected tissue MRI signal would be measured for 
these combinations of AIF and residue functions. 
The delta function AIF in Fig. 7.2a is shifted by 10 s. 
Convolution of this function with the exponentially 
decaying residue function simply shifts the residue 
function by 10 s. In Fig. 7.2b, the AIF contains three 
well separated delta functions. Convolution with the 
residue function creates three well-separated expo-
nentially decaying functions. As the delta functions 
become closer in time (Fig. 7.2c), the measured re-

sponse does not decay to zero before another bolus 
of signal arrives. Therefore, the signal builds up with 
each additional arrival of bolus. In Fig. 7.2d, the AIF 
is a square wave (a series of back-to-back delta func-
tions). The measured tissue response builds up while 
the AIF has a value of 1, and decays when the AIF = 0. 
Note change in scale in the value of the measured re-
sponse in Fig. 7.2d. Finally, a more realistic Gaussian 
function is used in Fig. 7.2e for the AIF.

The demonstration of convolution in Fig. 7.2 does 
not show one how to deconvolve. Deconvolution is a 
much more complicated process and beyond the scope 
of this chapter. In summary, deconvolution uses an 
iterative process to create an estimate of the residue 
function if one is given the AIF and the time–concen-
tration curve in the tissue of interest (Ostergaard 
et al. 1999). From Eq. (7.7), one can see that once the 
AIF and the residue function are known, then one 
can calculate a quantitative estimate of CBF.

CBF
C t

AIF u R t u du

Gd

u

t=
−

=
∫

( )

( ) ( )
0

  (7.8)

Since we have measured the time–concentration 
curve and the AIF, a quantitative estimate of CBF 
can be made.

CBV
C t dt

AIF t dt

Gd= ∫
∫

κ
( )

( )
  (7.9)

Where  is a scaling factor depending on the he-
matocrit and vessel geometry. Moreover, from the 
central volume theorem (Meier and Zierler 1954), 
one can calculate the mean transit time (MTT).

MTT
CBV

CBF
=    (7.10)

Deconvolution of the time–concentration curve with 
the AIF provides quantitative estimates of CBF, CBV, 
and MTT. 

7.4 
Arterial Spin Labeling

Arterial spin labeling (ASL) magnetically labels the 
water proton spins in blood that is fl owing into the 
brain (Detre et al. 1992). Either continuous wave 
(CW) or pulsed (Kim 1995) RF energy is used to selec-
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tively invert magnetization in the arteries. Numerous 
methods have been developed over the last 10 years 
and are well reviewed in Calamante et al. (1999) 
and Barbier et al. (2001). This work focuses on the 
fundamental equations of sources and sinks of mag-
netization in the brain and illustrates the complicated 
coupled differential equations describing ASL imag-
ing with simple pictures of coupled reservoirs. 

7.4.1 
What Causes the Signal to Change?

In order to be effective, ASL methods label the water 
proton magnetization in the blood stream to create a 
signal difference in the region of interest. The label-
ing is done with either CW RF excitation or with a 
pulsed RF excitation.

Fig. 7.2a–e. Convolution of the arterial input function with the tissue residue function yields the tissue concentration curve. An 
ideal delta function at time 10 s is used as the AIF and convoluted with the exponentially decaying residue function. This proce-
dure shifts the residue function in time (a). Three delta functions separated by 20 s convoluted with the residue function yields 
three exponential decays at the appropriate time points (b). As the time between the three delta functions decreases, the tissue 
concentration does not decay to zero and the tissue concentration curve will begin to increase (c). A square AIF seen in (d) is 
200 back-to-back delta functions. The convolution of a square AIF with the exponentially decaying residue function will result 
in a tissue concentration curve that fi rst increases with a positive exponential and then decreases with a negative exponential 
(d). [Note the change in vertical scale in (d)]. A more realistic shape for an AIF is a Gaussian function as seen in (e)
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7.4.1.1 
Spin-Lattice Relaxation

To gain an understanding of how ASL methods work, 
one must fi rst examine the basic equations of mag-
netization. The Bloch equations state that the rate of 
change of magnetization is proportional to the dif-
ference between the equilibrium magnetization and 
the current level of magnetization. In a static sample, 
with no infl owing water molecules, magnetization is 
restored to equilibrium values by random motions of 
the nuclear spins. The time constant for this process 
is, of course, T1. Mathematically, this is written as a 
fi rst order differential equation.

dM t

dt

M M t

T
R M M tz z

z

( ) { ( )}
{ ( )}=

−
= −0

1
1 0

  (7.11)

where Mz(t) is the time-dependent value of longi-
tudinal magnetization, M0 is the equilibrium value, 
and T1 is the spin-lattice relaxation time constant. 
Figure 7.3 shows a schematic of Eq. (7.11), where the 
reservoir of tissue magnetization is coupled to an 
infi nite “lattice” by the rate constant R1.

Figure 7.4a demonstrates what happens when the 
tissue magnetization is saturated by an RF pulse. 
Magnetization will fl ow from the lattice, with rate 
constant R1, until the tissue reservoir is fi lled to M0. 
Figure 7.4b shows that if Mz(t) is sampled at times TR 
with a pulse of fl ip angle δ, the steady-state, longitu-
dinal magnetization will be 

M M
e

es s

TR T

TR T. .

/

/ cos
= −

−

−

−0

1

1

1

1 ϑ
  

(7.12)

7.4.1.2 
Coupled Reservoirs of Magnetization

In vivo, there are other sources and sinks of water 
proton magnetization. One source would be the arte-
rial blood fl owing into a region of tissue and one sink 
would be the fl ow of venous blood exiting the tissue. 
The differential equation could then be written as,

dM t

dt

M M t

T
FM t FM tbrain brain

art ven

( ) { ( )}
( ) ( ). .=

−
+ −0

1

 
(7.13)

Because water is a freely diffusible tracer, the value of 
the magnetization in the venous blood can is given by 
the magnetization in the brain divided by the parti-
tion coeffi cient.

dM t

dt
R M M t F M t

M tbrain
brain art

brain( )
{ ( )} ( )

( )
.= − + −⎧

⎨
⎩

⎫
⎬
⎭1 0 λ
, 

 
(7.14)

where F is the blood fl ow in ml/100g/min, λ is the 
blood/brain partition coeffi cient for water.

Fig. 7.3. Coupled reservoirs model of nuclear magnetization 
in a static sample

Fig. 7.4a,b. Coupled reservoir model of magnetization follow-
ing inversion (a) and during RF pulsing (b)
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An additional magnetic coupling in brain tissue is 
the magnetization transfer that occurs between the 
mobile water protons and the immobile lipid bilayer 
protons of white and gray matter. MT is generated 
by applying RF energy off-resonance from the nar-
row water proton line but within the linewidth of the 
broad lipid proton resonance. The RF energy partially 
saturates the magnetization of the solid-like protons. 
This saturation is transferred to the water protons by 
magnetic cross-relaxation and exchange. MT occurs 
in ASL because the CW RF needed to invert magne-
tization in the carotid arteries causes signifi cant MT 
in the brain. Therefore a control RF pulse is needed 
that generates MT but does not label arterial blood 
(Mclaughlin et al. 1997). Pulsed methods minimize, 
but do not eliminate, MT effects in ASL. MT can be in-
cluded by adding a term for cross-relaxation between 
the mobile and immobile protons

dM t

dt
R M M t F M t

M t
Rbrain

brain art
brain( )

{ ( )} ( )
( )

.= − + −⎧
⎨
⎩

⎫
⎬
⎭
+1 0 λ tt solid brainM M−{ }

,
   (7.15)
where R1 is the cross relaxation rate. 

Figure 7.5 provides a picture of all of the magnetic 
couplings and magnetization fl ow patterns that are 
described mathematically in Eq. (7.15).

7.4.2 
Measurement of Flow with ASL

Figure 7.6 demonstrates the conditions for CW ASL. 
In Fig. 7.6a, a control RF pulse is applied along with 
a magnetic fi eld gradient. The pulse is off-resonance 
for spins in the brain and creates signifi cant MT ef-
fect, resulting in a decrease in brain tissue signal. In 

Fig. 7.6b, the same RF energy is applied to the brain 
causing the same MT effect. This pulse, however, is 
on-resonance for spins in the carotid arteries and 
inverts the magnetization of the spins fl owing into 
the brain. Because the level of magnetization in the 
arteries is less than the level of magnetization in the 
brain, the net fl ow of magnetization is out of the brain 
causing an additional decrease in the brain signal. 
The difference between the saturation in Fig. 7.6a and 
Fig. 7.6b is given by Williams et al. (1992):

F R
M M

Mapp
brain
cont

brain
ASL

brain
cont=
−λ 1 2

 (7.16)

where R Rapp
F

1 1= + λ .Fig. 7.5. A complete model of the coupled reservoirs of mag-
netization in the brain

Fig. 7.6a,b. Behavior of magnetization during the control CW 
RF irradiation (a) and ASL of the carotid arteries (b)

TissueLattice

Tissue R1

Arterial 
blood

Venous 
blood

Cross-relaxation Rt

Immobile
 protons

arterial 
flow 
into 

tissue

venous 
flow out 
of tissue

Lattice

Solid R1

Blood R1

TissueLattice

Tissue R1

Arterial 
blood

Venous 
blood

 Rt

Immobile
 protons

RF satu
ratio

n
 o

f so
lid

s

MT+
ASL

rCBF

A
rterial sp

in
 lab

elin
g

TissueLattice

Tissue R1

Arterial 
blood

Venous 
blood

 Rt

Immobile
 protons

RF satu
ratio

n
 o

f so
lid

s

MT

rCBF

MT

a

b



90 S. D. Swanson

To obviate the problems of MT, one needs to use a 
separate RF surface coil on the carotid arteries (Silva 
et al. 1995). This is technically challenging but allows 
one to label the water protons in the carotid arteries 
without causing MT in the brain. A schematic exam-
ple of this technique is shown in Fig. 7.7.

7.5 
Laser Polarized Xenon

Alternative means to measure CBF using MRI are 
also being explored. One promising technique that 
has been used in small animal models is laser po-
larized or hyperpolarized 129Xe (Fig. 7.8) (Swanson 
et al. 1997; Duhamel et al. 2002). Xenon is a freely 
diffusible tracer and has been used by both CT (by 
attenuation of X-rays) and SPECT (as radioactive 
133Xe) to measure rCBF. Laser polarization increases 
the nuclear polarization (the percent of xenon in the 
spin up state) from normal levels of about 0.0001% 
to approximately 50% in ideal cases. With increased 
MR signal and near ideal tracer kinetics, it should 
be possible to use MRI of laser polarized xenon to 
measure perfusion.

For a freely diffusible tracer, such as xenon, the 
time–concentration profi le of xenon in the tissue will 
be given by the same convolution integral [Eq. (7.7)] 
examined earlier.

M t F M u
F

T
t u duT A

t

bt

( ) = ( ) − +
⎛
⎝⎜

⎞
⎠⎟
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Though it is informative to evaluate the longitudi-
nal magnetization, as done in Eq. (7.17), the imaging 
experiment will measure the transverse magnetiza-
tion and it is necessary to determine the transverse 
magnetization. This is especially critical for polarized 
gas MRI, as the MR signal will be destroyed with each 
additional pulse. This fact is both a disadvantage and 
an advantage when attempting to measure fl ow with 
polarized gas MRI. It is a disadvantage in that once 
the magnetization is destroyed, it is gone and will 
not be replaced by T1 processes. It is an advantage 
because the ability to destroy the signal of the tracer 
that we are using to measure fl ow means that there 
will be no problem with recirculation of tracer. Once 
the signal is used, it is gone.

With a constant arterial input function, one can 
show that the transverse xenon magnetization will 
be:
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With appropriate RF pulsing, the detected xenon 
signal in Eq. (7.18) linearly proportional to fl ow. 
Though rCBF measurements with laser polarized 
xenon are currently challenging, further advances 
in polarization technology and delivery may show 
that this historically important atom may yet have 
a role to play in MR methods to measure cerebral 
perfusion.

Fig. 7.7. Behavior of magnetization during CW RF 
irradiation using a dedicated surface coil in the 
neck. MT effects are eliminated.
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