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Cerebral Perfusion Imaging by Bolus Tracking
Leif Østergaard, MD, MSc, PhD

Summary: Cerebral perfusion may be visualized by the dynamic
imaging of an intravenously injected bolus (a few milliliters) of clini-
cally approved gadolinium-containing contrast media. During its pas-
sage through the vasculature of the brain, the contrast agent induces
magnetic field disturbances, which can be seen as signal loss on ap-
propriately weighted dynamic MRI. This article deals with the quan-
titative analysis of such signal changes, first in terms of tracer con-
centration and then, via the mathematical approach of deconvolution,
in terms of tissue microvascular physiology, culminating in quantita-
tive estimates on a pixel-by-pixel basis of physiologic parameters,
such as cerebral blood volume, mean transit time, and cerebral blood
flow.
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Perfusion measurements by dynamic susceptibility contrast
MRI uses very rapid imaging (most commonly echo planar

imaging, EPI) to capture the first pass of intravenously injected
paramagnetic contrast agent, hence the term “bolus tracking.”
By kinetic analysis of these data, hemodynamic indices,
namely, cerebral blood flow (CBF), cerebral blood volume
(CBV), and mean transit time (MTT) can be derived.

In the following sections, the background of bolus track-
ing is explained in more detail, including sequence consider-
ations and analysis methods.

SUSCEPTIBILITY CONTRAST
Bolus tracking is commonly carried out using dynamic

susceptibility contrast imaging, tracking the passage of a rap-
idly injected bolus of paramagnetic gadolinium (Gd) chelate
by a T2 (SE) or T2*-weighted (GE) EPI sequence. In the brain,
the first pass extraction of contrast agent is zero when the
blood–brain barrier is reasonably intact. This intravascular
compartmentalization of contrast agent creates large, micro-
scopic susceptibility gradients, and the dephasing of spins as

they diffuse among these result in signal loss in T2- and T2*-
weighted images, as described by Villringer et al. in 1998.1

Spin Echo Versus Gradient Echo
Whereas pulse sequences without full refocusing of

static field inhomogeneities (GEs) will experience a general
signal loss due to the presence of microscopic field perturbers
in the vessels, the signal loss is far less for pulse sequences
where dephasing is partially refocused (SEs).

For the SE sequence, signal loss is observed at long echo
times, during which water diffuses through areas of different
magnetic fields. The signal loss is most pronounced when most
spins in or near the contrast-filled vessel have the opportunity
to diffuse across the susceptibility gradient at the vessel walls
in the course of the echo time TE. The diffusion-related signal
loss is hence a complex function of TE, the density of distri-
bution of vessel sizes, and the concentration and magnetic
properties of the contrast agent.

Weisskoff and co-workers performed a detailed analysis
of these effects using Monte Carlo modeling as well as experi-
mental data.2–4 They found that SE measurements are mainly
sensitive to vessel sizes comparable to the water diffusion
length during the time of echo (∼10 µm), whereas GE measure-
ments are equally sensitive to all vessel sizes. This effect is
illustrated in Figure 1. In practice, imaging performed using an
SE approach requires twice the amount of contrast agent (usu-
ally a double dose of standard Gd chelate, which is equivalent
to 0.2 mmol/kg) compared to imaging with GE-EPI (where 0.1
mmol/kg is generally injected). An in vivo example is shown
in Figure 2. In return for this, SE theoretically yields higher
sensitivity in detecting changes in small vessel density Fur-
thermore, preliminary studies suggest that, in the brain, the mi-
crovascular CBV “visible” by SE-EPI is roughly 45% of the
“total” CBV compared with measurements using PET5 or GE-
EPI.6

THEORY
To derive hemodynamic parameters from dynamic MR

images by tracer kinetic analysis, the contrast agent concentra-
tions in various tissue compartments must be known. For a
given pulse sequence (eg, SE or GE EPI), the relation between
observed signal changes during the contrast agent bolus pas-
sage and the corresponding concentration must be known in
detail.

From the Department of Neuroradiology, Center for Functionally Integrative
Neuroscience, Aarhus University Hospital, Denmark.

Address of correspondence and reprint requests to Leif Østergaard, MD, MSc,
PhD, DMSc, Department of Neuroradiology, Centre for Functionally In-
tegrative Neuroscience (CFIN), Building 30, Aarhus University Hospital,
Nørrebrogade 44, 8000 Århus C, Denmark (e-mail: leif@pet.auh.dk).

Copyright © 2004 by Lippincott, Williams & Wilkins

Top Magn Reson Imaging • Volume 15, Number 1, February 2004 3



An approximate linear relationship exists between tissue
contrast agent concentration and change in T2 / T2* relaxation
rate.

�R2�t� � Ct�t� (1)

where R2(*) characterizes the relaxation rate change for an SE
or GE and Ct(t) refers to the contrast agent concentration of the
tissue. This relationship is a central assumption in the subse-
quent kinetic analysis.

For both GE and SE sequences, signal intensity changes
after contrast agent administration, S(t), depend on transverse
and longitudinal relaxation rate changes, �R2(*) and �R1, and
are described in an exponential fashion as:

S�t� = S�t0��1 − expTR��R1�t�� � expTE��R2�t� (2)

where S(t0) is the baseline signal intensity, TR is the repetition
time, and TE is the echo time.

Assuming that R1 remains constant and is very small (in
the brain T1 effects are small because only a small fraction of
the tissue water can sample the contrast agent, which is re-

stricted within a small vascular volume assuming blood–brain
barrier integrity), Eq. 1 and Eq. 2 can be combined and the
relation between concentration and signal intensity is as fol-
lows:

Ct�t� = −k � log� S�t�

S�t0�� �TE (3)

where k is a proportionality constant, which depends on the
tissue, the contrast agent, the field strength, and the pulse se-
quence parameters.

The assumption of linearity in Eq. 1 has been confirmed
by indirect measurements in vivo6 and is now widely used for
deriving perfusion measurements. S(to) is usually determined
from the baseline signal in the images prior to the contrast bo-
lus arrival.

However, in a simulation study performed by Kiselev
and Posse, it was found that due to the complex physics of MR
signal formation in perfused tissues,7,8 the linearity in Eq. 3
may not hold for all ranges of contrast agent concentrations or
tissues and may cause overestimation of perfusion estimates.9

FIGURE 1. The change in transverse relaxation rate as
a function of vessel size for typical gadolinium dos-
ages (single and double dose; 0.1 and 0.2 mmol/kg,
respectively) and deoxyhemoglobin in SE and GE se-
quences with typical TE values. Note the microvas-
cular sensitivity of the SE sequence (in the range of
capillary diameters), while GE sequences are equally
sensitive to all vessel sizes.

FIGURE 2. The time course of a typical dynamic sus-
ceptibility contrast imaging experiment. Upon injec-
tion of contrast agent into an antecubital vein, the
contrast agent reaches the brain, causing a substan-
tial signal drop in tissue and arteries (b), which in
turn is converted into contrast agent concentration
(c). Based on the raw images (a), maps of CBF, CBV,
and MTT can be derived. Note that the GE raw im-
ages are more prone to susceptibility artifacts near
tissue–air interfaces, eg, near the frontal sinus (a and
d) than SE images (e). Microvascular sensitivity of the
SE sequence makes large vessels less pronounced in
the CBF maps (arrows, d and e). Because of the rapid
bolus transit, rapid imaging is required to capture the
first pass of the bolus (typically at a rate of 1 image /
1.5 second using FLASH or multislice EPI sequences).
Rapid injection of contrast agent and saline (prefer-
ably flush with 20 mL in adults) is imperative to ob-
tain a sharp input bolus to the tissue.
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CBV MEASUREMENTS
Rosen et al. derived maps of relative CBV by kinetic

analysis of the concentration time curves while dynamically
tracking the bolus passage of a high-susceptibility contrast
agent.10–13 Note that the technique is applicable to any passage
tracking of intravascular tracers with high temporal resolution,
irrespective of modality (dynamic CT is also suited for this
purpose).

The key issue is temporal resolution of the dynamic im-
aging relative to the characteristic blood transit time of the tis-
sue (typically 4–6 seconds). With a standard 5-mL/second in-
jection into an antecubital vein, the tissue bolus passage dura-
tion is of the order of 12 to 20 seconds in adults. With echo
planar imaging, a typical choice of temporal resolution is a TR
of 1.5 seconds or faster. With current high performance gradi-
ent systems, this allows acquisition of 10 to 15 slices (typically
with a spatial resolution of roughly 1.5 mm in-plane, 5–6 mm
slice thickness) for every TR, providing good brain coverage.
For purposes involving deconvolution processes, temporal
resolution slower than 1.5 second per image is not advised.

By detecting the arterial as well as the total tissue con-
centration as a function of time during a single transit, CBV
can be determined from the ratio of the areas under the tissue
and arterial concentration time curves14–17:

CBV =
�−�

�

Ct���d�

�−�

�

Ca���d�
(4)

where Ct(�) is tissue contrast agent concentration and Ca(�) is
the arterial contrast agent concentration. These can be deter-
mined from Eq. 3.

As arterial measurements (due to limited spatial resolu-
tion) are not readily quantifiable, relative CBV values are
usually reported. Assuming uniform arterial concentration
profiles in all arterial inputs, relative CBV measurements are
determined by simply integrating the area under the concen-
tration time curve,10–12 or occasionally by the use of a gamma
variate function in order to correct for tracer recirculation.18 In
a recent report, Perkiö et al.19 concluded that for relative CBV
measurements, typical for clinical assessment of focal patholo-
gies, numerical integration over the whole image range is op-
timal in terms of computation efficiency, signal-to-noise ratio
and accuracy of relative values. However, for absolute CBV
measurements, the CBV obtained as the area under the singu-
lar value decomposition (SVD) deconvolved tissue curve pro-
vides the most accurate estimates.

CBF MEASUREMENTS
The analysis of residue data (ie, the tracer concentration

in tissue after a venous injection has reached the tissue through
the feeding artery) is most easily understood by first consider-
ing a simple experiment where tracer is injected directly into

the feeding artery of a tissue element. To describe the tissue
retention of tracer, the so-called residue function R is intro-
duced. It measures the fraction of tracer present in the vascu-
lature at time t after injection. So, if the residue is a decreasing
function of time, R(0) = 1. If the tracer is not bound to the
vessels, R(�) = 0.

For an infinitely short lasting injection that gives rise to
an arterial concentration Ca at time 0, the tissue concentration
Ct(t) as a function of time is as follows:

Ct�t� = CBF � Ca � R�t�

This proportionality with CBF is intuitively clear, as the
concentration of contrast agent present in the tissue at a given
time is proportional to the amount of blood (with tracer con-
centration Ca) passing through the tissue element per unit time.
CBF ·R(t) is called the impulse response, as it is the tissue
concentration as a result of the aforementioned “impulse” (in-
finitely short) input.

In real experiments, the arterial input function Ca(t) is
distributed in time and the tissue concentration time curves
becomes the convolution (sum of individual, very short arterial
“impulses” above) of the impulse response and the shape of the
arterial input function, which can be mathematically expressed
as follows:

Ct�t� = CBF Ca�t� � R�t� (5)

where � indicates a convolution operation.
In order to derive CBF from this equation, the impulse

response has to be determined by a process called deconvolu-
tion, ie, essentially fitting CBF· R(t) from the experimental
data. As R(0) = 1, CBF is determined as the initial height of the
impulse response function.

A number of difficulties arise when solving Eq. 5. Be-
cause of experimental noise, the deconvolution is said to be ill
posed, meaning that wildly different solutions for the impulse
response can result in similar fits to the experimental data. Ap-
proaches to solve this equation in order to regionally determine
CBF can be divided into two main categories: 1) model-
dependent techniques, where specific analytical expressions
are chosen to describe the shape of R(t); and 2) model-
independent approaches, where deconvolution is performed
for every image pixel, solving Eq. 5 for CBF·R(t). In addition,
there are statistical approaches, such as the maximum likeli-
hood technique. As the approach chosen is important in order
to understand some of the shortcomings of deconvolution tech-
niques, each of these methods is shortly reviewed below.

DECONVOLUTION TECHNIQUES

Model-Independent Approach
In this approach, Eq. 5 is solved for CBF·R(t) by stan-

dard mathematical deconvolution techniques, typically a
transform approach, or by a linear algebraic approach.
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In the Fourier Transform (FT) approach, the convolution
theorem of the FT is utilized, so that the transform of two con-
volved function equals the product of their individual trans-
forms. Hence, Eq. 5 can be solved20,21 as:

F�CBF � R�t� � Ca�t�� = F�Ct�t�� ⇒ CBF � R�t�

= F−1�F�Ct�t��

F�Ca�t��
�

where F and F-1 denote the discrete and inverse discrete Fou-
rier transform.

In the Linear Algebraic Approach, a matrix equation is
used.22 Assuming that tissue and arterial concentrations are
measured at equidistant time points t1, t2 = t1 + �t,. . .,tN, the
tissue concentration C(tj) at time tj can be reformulated as a
matrix equation by noting

Ct�tj� = CBF�
0

tj
Ca(�)R�tj − ��d� ≈ CBF�t�

i=0

j

Ca�ti�R�tj − ti�

equivalent to

�
Ct�t1�

Ct�t2�

. .

Ct�tN�
� = CBF � �t�

Ca�t1� 0 . . 0

Ca�t2� Ca�t1� . . 0

. . . . . . . .

Ca�tN� Ca�tN−1� . . Ca�t1�
�

� �
R�t1�

R�t2�

. .

R�tN�
� (6)

This is in fact a standard matrix equation that can, theo-
retically, be inverted to yield CBF·R(t).

Stable solutions for Eq. 5 and Eq. 6 can only be obtained
by applying techniques that suppress experimental noise. For
the FT, this is achieved by applying a filter to the higher fre-
quencies in the frequency (transformed) domain, under the as-
sumption that this can be done without losing physiological
information. In the case of matrix equations, noise is often sup-
pressed by regularization (forcing the solution to satisfy a
priori, user-defined conditions, or otherwise be well be-
haved)23 or by SVD.22 Further details on noise suppression by
SVD are provided by Liu et al.24

The optimal choice of some transform and linear alge-
braic approaches using Monte Carlo simulations was studied
by Østergaard et al.25 It was found that the FT has an inherent
problem to derive “true” CBF due to the discontinuity of the
impulse response at t = 0 (FTs are optimal for smooth func-
tion). In a subsequent analysis by Alsop et al., the SVD and FT
were shown to be equivalent when certain periodicity criteria
were met.26 This may also explain the findings of Smith et

al.,27 who found that SVD and FT yield only similar CBF val-
ues when tissue concentration curves were first fitted to a
gamma variate function. Further evidence suggests that, in
normal volunteers, the FT dependence upon vascular structure
does not lead to appreciable differences in relative CBF esti-
mates from those obtained by the SVD approach.28 The FT
approach has the attraction of, at least theoretically, being in-
sensitive to delays between the arterial input function and the
tissue, as may be observed in cerebrovascular disease.

Of the linear algebraic approaches, regularization
showed an inherent dependency on signal-to-noise ratio (and
thereby regional blood volume). Deconvolution by SVD
showed, however, a remarkable independence upon vascular
structure and CBV, yielding reasonably accurate CBF esti-
mates even at signal-to-noise ratio levels of clinical EPI mea-
surements. The major disadvantage of the original SVD ap-
proach is a tendency toward underestimation of flow when tis-
sue tracer arrival is delayed relative to the arterial input
function.25,29,30 This problem can be circumvented by the so-
called circular SVD, recently published by Wu et al.31

Model-Dependent Approaches
The deconvolution techniques described above make no

assumptions regarding the vascular structure. Instead, regional
vascular transit-time characteristics can be determined along
with tissue flow by studying the residue function. Alternative
approaches model tracer transport and retention and must
therefore be chosen very carefully so as not to lose generality
and thereby bias the resulting flow values. Larson et al. sug-
gested an exponential residue model, assuming that the micro-
vasculature behaves like a single, well-mixed compartment32.
Although residue functions determined by model-less ap-
proaches often appear exponential, assumption of this model
tends to bias resulting flow values in cases where the underly-
ing residue function is nonexponential.25

Østergaard et al. modified and applied a model of mac-
rovascular transport and microvascular retention to the brain.33

The model, originally introduced to describe tracer transport
and retention in the heart,34,35 uses vascular transport opera-
tors, allowing detailed modeling of delay and dispersion of the
arterial input due to the passage through the arterial down-
stream of the measurement site.

Statistical Approaches
Vonken et al. suggested a statistical approach, optimiz-

ing the kernel (residue function in Eq. 5) by a maximum like-
lihood approach. This has the advantage of allowing for de-
layed tracer arrival relative to the measured arterial input.36,37

In another statistical approach, Andersen et al. used a Gaussian
process to approximate the convolution kernel.38 Although
overly computationally demanding, this represents a promis-
ing approach to study the residue function.
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Whereas the model-less approach offers simultaneous
determination of flow and vascular residue function, the vas-
cular model approach requires a model of major vessel trans-
port as well as of microvascular retention. Major vessel disper-
sion and microvascular retention can then to some extent be
distinguished, stabilizing CBF estimates. On the other hand,
abnormal capillary perfusion patterns (and thereby deviation
from the normal flow heterogeneity) are likely to affect flow
estimates by this approach.39,40

MTT
As pointed out by Weisskoff et al., the differentiation

between MTT and the first moment of the tissue concentration
time curve is crucial in attempting transit time measurements
with intravascular tracers.40 The calculation of MTT requires
knowledge of the transport function or CBF and can be formu-
lated using the central volume theorem,14 which states that:

MTT =
CBV

CBF
(7)

QUANTIFICATION LIMITATIONS
The formalism above produces absolute values for CBF

(mL/100 mL/min) and CBV (mL blood/mL tissue), providing
arterial and tissue concentrations are experimentally deter-
mined in identical units. This, however, presents a number of
practical problems in actual clinical applications. Because of
the inherently limited spatial resolution of MRI relative to ves-
sel size, absolute arterial tracer concentration measurements
are difficult to obtain from image data.

Several studies have applied FLASH-type imaging se-
quences, allowing measurements of arterial levels in a separate
slice (usually placed through the neck) while using a short echo
time, and hence avoiding complete loss of vascular signal dur-
ing bolus passage.20,37 Studies based on this method yielded
somewhat higher absolute CBF values, possibly due to the
choice of deconvolution approach or partial volume and aver-
aging effects. However, in a recent study by Schreiber et al.,
absolute values in good agreement with accepted flow rates
were obtained.41

In multislice EPI experiments, a single echo is generally
used, optimizing tissue signal loss, thereby often causing com-
plete signal loss at major vessels. Therefore, smaller arterial
branches with partial volume effects with surrounding tissue
are used; consequently, the shape rather than the absolute am-
plitude of the AIF is obtained in these experiments. Intersub-
ject comparisons must therefore be performed using internal
references (eg, white matter or cerebellum), which are sup-
posed to have little intersubject variability. In an attempt to
obtain absolute flow values from EPI experiments, Østergaard
et al. assumed proportionality between the area of the AIF and
the injected contrast dose using water clearance PET as a cali-
bration method. This approach provided reproducible absolute

CBF measurements in animal hypercapnia studies5 and in hu-
mans.42 This approach may, however, be too crude to allow
general use in patients with severe cardiac or cerebrovascular
disease.

Delay and Dispersion
Even though a simple delay of tracer arrival can be ac-

counted for by, for example, circular SVD, model-less ap-
proaches cannot distinguish tracer dispersion in feeding ves-
sels from the tracer retention in the capillary bed. Therefore,
large vessel dispersion will be interpreted as slow flow, al-
though actual tissue flow is normal.25,29 This more fundamen-
tal limitation cannot be circumvented unless a specific model
dealing with major vessel dispersion is applied.33

Using the superior spatial resolution of the raw perfusion
images, Alsop et al. suggested detecting the arterial input func-
tion regionally, ie, from arterial branches close to the tissue
voxel being analyzed.43 Although correctly assigning the arte-
rial supply of a voxel to one of several nearby arterial branches
may be difficult (eg, in vascular watershed areas and in vascu-
lar occlusion or stroke), this may be a promising approach in
overcoming this inherent methodological problem.

OTHER HEMODYNAMIC INDICES
The derivation of flow and transit times from bolus

tracking experiments requires derivation of arterial input tracer
levels. In some cases, this may not be practical, as the inherent
complexity of deconvolution approaches may preclude the use
of these techniques in some situations. Parameters directly ob-
tainable from the tissue concentration time curves (Fig. 3, left
panel) are time-to-peak (time from injection to maximum con-
centration is reached), arrival time (arrival time of tracer in the
pixel), full width at half maximum of the tissue bolus shape, as
well as the first moment of the peak.

FIGURE 3. Left: Direct descriptors of aspects of the measured
concentration-time curves in artery and blood yielding param-
eters such as “time to peak” and “full width at half maximum.”
Right: Deconvolution of the arterial curve from the measured
tissue curve results in the tissue residue function, whose char-
acteristics can be interpreted as CBF (peak) and CBV (area).
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Based on the deconvolved tissue curve (Fig. 3, right
panel), a delay of the occurrence of the peak value (the height
of the curve, defining CBF) can be defined, which is some-
times referred to as Tmax .44

Although the dependence of these parameters upon
MTT and CBF depends strongly on the vascular structure and
the arterial input function,40 they often suffice to delineate
pathological changes and can provide important qualitative in-
formation in many diseases. However, it appears that the deri-
vation of CBF, CBV, and MTT from kinetic principles im-
proves somehow specificity and sensitivity of clinical studies,
facilitating intersubject and intrasubject comparisons.45

SUMMARY
In summary, tracking the passage of a contrast agent bo-

lus with fast T2*-weighted imaging and exploiting the mag-
netic field disturbance (and T2*-shortening) associated with
the contrast agent allows visualization of cerebral perfusion.
Manipulating the signal intensity changes into estimates of
tracer (contrast agent) concentration allows tracer kinetic mod-
eling. Absolute concentration determination in arterial struc-
tures as well as tissue remains problematic, associated with
partial volume effects and differences in agent potency (or re-
laxivity) as a function of microenvironment. Nonetheless, si-
multaneous estimation of tracer concentration in a feeding ar-
tery and the tissue of interest allows the process of deconvolu-
tion to yield quantitative estimates of cerebral blood flow,
cerebral blood volume, and mean transit time. These param-
eters are of considerable clinical impact in the imaging of acute
stroke, for example (see also Rowley and Roberts, this issue).
A variety of mathematical methods to achieve this deconvolu-
tion have been proposed and are under development. Further-
more, the impact of artery choice remains contentious as this
may lead to rather different physiologic interpretations. None-
theless, the methodology presented here demonstrates that
magnetic resonance imaging of cerebral perfusion has evolved
from a qualitative, to best semiquantitative technique into a
more quantitative physiologically specific modality. It is con-
sidered likely that this fact will enhance the utility of MR per-
fusion imaging and identify new roles and applications.
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