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Using contrast agents to obtain maps of 
regional perfusion and capillary wall 
permeability

The term perfusion imaging refers, tradition-
ally, to the use of a medical imaging modality 
for measurements of tissue capillary blood flow 
[1], although it has become increasingly com-
mon to include other characteristics of tissue 
microcirculation and microvasculature in the 
perfusion imaging framework. In quantitative 
approaches, the regional perfusion is normally 
visualized as a parametric map calculated on 
the basis of an appropriate tracer-kinetic model. 
Perfusion imaging is of obvious importance for 
assessment of cerebral blood flow (CBF) and 
myocardial blood flow, although investigations 
of numerous other organs or tissue types are also 
highly relevant. Quantitative or semi-quantita-
tive estimates of perfusion or regional blood flow 
can serve as important markers of tissue func-
tion and viability. Brain perfusion imaging has 
found applications in ischemic stroke, dementia 
and trauma, among others. Perfusion imaging 
in oncology is used extensively throughout the 
body [2], often in combination with assessment 
of capillary wall permeability, and extracted 
parameters are applied to tumor characteriza-
tion and grading [3], as well as in the assessment 
of pharmacological efficiency and follow-up and 
outcome of treatment [4].

Perfusion measurements using radioisotopes 
have been available for many years, using SPECT 
and PET. Stable xenon-CT is another reference 
method for CBF measurements. This article is 
primarily dedicated to perfusion and permeabil-
ity imaging by using non-radioactive contrast 
agents (CAs), developed for general diagnostic 
use in combination with an appropriate medical 
imaging technique in a clinical environment. It 
should be noted that the term ‘indicator’ would, 

formally, be a better choice of terminology than 
‘tracer’ for such substances, since a tracer is, in 
the classic literature, defined as an indicator mol-
ecule that is identical to (and thereby ‘traces’) 
the corresponding systemic carrier substance [5]. 
However, it has always been very common not to 
firmly distinguish between the two terms. This 
overview will primarily focus on MRI methods, 
but the application of similar concepts to CT 
and ultrasound (US) will also be briefly intro-
duced. CT offers excellent availability also in 
the acute setting, and US has the additional 
advantage of being portable as well as readily 
available. MRI offers the combined advantages 
of quite reasonable availability and the possibil-
ity to obtain additional information about soft-
tissue morphology, diffusion, large vessels and 
metabolism during a single imaging session.

Tracers & the microcirculation: 
basic considerations
The microvasculature is characterized by 
exchange of fluid, oxygen, nutrients, hormones 
and anti-infective agents between blood and sur-
rounding tissue, and also by removal of carbon 
dioxide and other waste products. Large varia-
tions are seen in the geometry and topography 
of the microvascular beds between different 
types of tissue [6]. In the microvasculature, 
the blood flow is determined by the balance 
between viscous stresses and pressure gradients. 
Arterioles have a coat dominated by smooth 
muscle, capable of large resistance to blood 
flow, while venular muscular coating is gener-
ally sparser. Capillaries, with diameters of the 
order of 10 µm, lack muscular coat and connect 
arterioles and venules. Due to the high arteriolar 
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resistance, the pressure in the capillaries is fairly 
independent of the arterial pressure. There is, 
however, not much resistance between capillaries 
and veins, so the venous pressure has consider-
able effect on the capillary pressure. The smooth 
muscle of the microcirculation acts to regulate 
the blood flow locally. It is a striking feature of 
the capillary network to be able to maintain 
a steady output flow in spite of arterial pulsa-
tions, but also to continuously vary the blood 
flow in order to deliver appropriate amounts of 
oxygen and nutrients in response to the specific 
metabolic demand of the cells. Local control of 
blood flow in the body is achieved by several 
means [7]. Autoregulation is one such process, 
explained by myogenic and metabolic mecha-
nisms, normally described as the intrinsic ability 
of an organ to maintain a constant level of blood 
flow despite changes in the perfusion pressure. 
Most systems of the body exhibit some degree 
of autoregulation, but it is most pronounced in 
the kidney, heart and brain.

The capillaries of the brain require some spe-
cial attention. All blood vessels have a smooth 
inside layer of endothelial cells, but for cerebral 
capillaries the vascular endothelium consti-
tutes a barrier preventing the passage of large 
molecules, the so-called blood–brain barrier 
(BBB). The BBB, and its state of integrity, is 
important in cerebral perfusion quantification 
because certain common CAs can act as intra-
vascular tracers (i.e., being nondiffusible from 
the intravascular to the extravascular space) in 
measurements of brain perfusion, while being 
diffusible or partially diffusible from the intra-
vascular to the extravascular space when applied 
to noncerebral tissue. Furthermore, a diffusible 
tracer (e.g., labeled water) is typically not freely 
diffusible in the brain, and its permeability or 
degree of extraction must be considered in the 
perfusion quantification.

A number of physiologically relevant param-
eters, specific to the employed methodology and 
type of tracer or indicator, can be extracted by 
kinetic modeling to describe the hemodynamics 
and permeability of the microvasculature. The 
term perfusion refers to the flow of blood through 
the capillary system. Perfusion or tissue blood 
flow (TBF) is traditionally quantified in terms of 
the volume of blood transported to a given mass 
(or volume) of tissue per unit time, typically in 
units of ml/min/100  g (or ml/min/100  ml). 
Other microvascular characteristics are some-
times loosely included in the term ‘perfusion 
parameters’, for example, the mean transit 
time (MTT; in seconds), which is the average 

time it takes for the blood (or plasma) to travel 
through the capillary network from the arterial 
to the venous end, and the tissue blood volume 
(TBV; ml/100 g or ml/100 ml). Additionally, a 
number of non- or semi-quantitative perfusion 
indices have been proposed in various applica-
tions. Below, TBV refers to the volume of whole 
blood per unit mass of tissue and, similarly, TBF 
refers to the flow of whole blood per unit mass 
of tissue.

The relationship between blood flow, blood 
volume and blood mean transit time is given by 
the central volume theorem [8]:

TBF
MTT
TBV

=

(1)

Particularly in cerebral applications, it can 
be useful to have access to information about 
blood volume and/or mean transit time, in addi-
tion to blood flow, because combined data may 
facilitate assessment of whether autoregulation 
mechanisms are engaged to maintain the local 
blood flow under circumstances with altered per-
fusion pressure. Furthermore, the blood volume 
parameter may contribute to identification of 
regions with angiogenesis/neovascularization.

One of the most basic considerations in tracer-
kinetic theory is the concept of mass balance, 
introduced by the so-called Fick principle [9]:
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Where C
t
(t), C

a
(t) and C

vein
(t) are the tracer 

concentrations (M), as a function of time t, 
in the tissue element, in the tissue-supplying 
artery (arterial inlet) and in the vein of outflow 
(venous outlet), respectively, and ρ is tissue den-
sity. Different tracer molecules exhibit different 
transit times when passing through the system, 
and the function h(t) describes the distribution 
(frequency function) of transit times (follow-
ing an instantaneous input of tracer molecules 
at t = 0). Another basic parameter is the tissue 
residue function R(t) [10], defined as the fraction 
of tracer molecules still remaining in the tissue of 
interest at time t, after having entered the tissue 
at time t = 0. Obviously, R (0) = 1 and the residue 
function shows a monotonic decrease with time. 
R(t) is related to h(t) according to the following 
relationship:
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An important and general relationship 
between TBF, C

t
(t) and C

a
(t), for stationary and 

linear systems, is the convolution integral [10]. 
The amount of tracer molecules (in moles) that 
enters the tissue volume of interest V

t
 (with mass 

rV
t
) between time t and t + dt is given by the 

product TBF C
a
(t) rV

t 
dt. From the definition 

of the tissue residue function, it is clear that, at 
times t >t, this amount of tracer contributes by 
R(t-t) TBF C

a 
(t) rV

t 
dt to the total amount of 

tracer molecules in the tissue volume. Integration 
over all entrance times t from 0 to t gives the 
total amount of tracer molecules in the tissue 
volume at time t. Finally, division by the tissue 
volume V

t
 provides the tissue concentration C

t
:

C t TBF C R t dt a

t

0

t x x x= -^ ^ ^h h h#

(4)

Which by definition constitutes a convolu-
tion integral. It is of some relevance to note that 
the indicator dilution theory leading to Equation 4 

makes no specific assumptions about the inter-
nal tissue architecture or the tracer transport 
mechanisms within the tissue volume.

In this context, it is also appropriate to intro-
duce the tissue impulse response function Q

t
, 

which is a frequently used concept to characterize 
the system and the employed tracer:

C t C t Q tt a t7=^ ^ ^h h h

(5)

Where ⊗ denotes convolution. Retrieval 
of the tissue impulse response function from 
measured tracer concentration data is typically 
achieved either by model-independent decon-
volution or by an analytical description of Q

t
(t) 

based on compartmental modeling. Examples 
of such data analysis methods will be further 
described below, but it should already at this 
point be emphasized that the interpretation of 
the impulse response function is dependent on 
the specific approach used, as described in detail 
by Brix et al. [11]. When model-independent 
deconvolution is applied in combination with 
the general indicator dilution theory [10], it is 
clear from Equations 4 & 5 that Q

t
(t) = rTBF R(t) 

and Q
t
(0) = rTBF. However, when data analy-

sis is carried out by compartment modeling, 
Q

t
(0) has other (model-specific) properties 

and is, in general, not expected to represent 
perfusion. Both these data analysis strategies 
are associated with pitfalls, and the interpre-
tation of obtained parameters is not always 
straightforward [11].

In the following sections, the basic con-
cepts of perfusion quantification are put into 
the context of medical imaging with the tracer 
or indicator being a conventional clinical CA 
(e.g., Gd-chelates in MRI and iodinated sub-
stances in CT). Such CAs are typically extra-
cellular (i.e.,  while in the vascular compart-
ment the tracer molecules reside in the blood 
plasma volume and upon extraction from the 
blood pool, if applicable, they distribute into 
the extravascular, extracellular space [EES]). 
In the description below, adaptations to the 
use of an extracellular tracer are generally indi-
cated. Application of accurate values of blood 
hematocrit (Hct) can thus be of practical rel-
evance in certain cases. It should be noted that 
the hematocrit is approximately 0.45 for major 
vessels and considerably lower (~0.25) in small 
vessels (capillaries). Unless explicit distinction 
between hematocrit in large and small vessels is 
required, the general notation Hct is used below 
to represent the hematocrit of the actual blood 
vessel size in question.

Intravascular tracers
Applications of the theory of intravascular or 
nondiffusible tracers [10,12] are exemplified by 
dynamic susceptibility contrast (DSC)-MRI 
and dynamic perfusion CT for measurement 
of cerebral perfusion parameters, primarily 
CBF, cerebral blood volume (CBV) and blood 
MTT. The CA is administered intravenously 
during a relatively short injection time (at injec-
tion rates of the order of 5 ml/s), referred to as 
a bolus injection. During the subsequent pas-
sage through the circulatory system the bolus is 
further broadened, and, in practice, the arterial 
tracer arrives at the local capillary system during 
an extended time period, and the shape of the 
bolus upon arrival is described by the arterial 
input function (AIF), that is, the arterial CA 
concentration curve C

a
(t).

In this context, the MTT is the average time 
it takes for an intravascular tracer (represent-
ing blood or plasma) to pass through a micro
vascular or capillary system from the arterial to 
the venous side. MTT is defined as the expecta-
tion value of the transit time distribution h(t) 
– that is:

MTT th t dt
0

=

3

^ h#

(6)

Using the derivative h(t) = −dR(t)/dt (Equation 3) 
in an integration by parts of the function 1⋅R(t), 
the following relationship is obtained:
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Meier and Zierler demonstrated that, for a 
finite volume, [tR(t)]→0 when t→∞ [12], and 
MTT is thus given by:

MTT R t dt
0

=

3

^ h#

(8)

A useful expression for calculation of TBV 
(i.e., the capillary volume per unit mass of tis-
sue) can be derived using the convolution inte-
gral (Equation 4) in combination with the central 
volume theorem (Equation 1) and the relationship 
between MTT and R(t) (Equation 8). It follows 
from Fubini’s theorem that the integral, over 
the whole space, of the convolution of two func-
tions is given by the product of their respective 
integrals. Hence, integration of C

t
(t) from zero 

to infinity can, according to Equations 4 & 5, be 
expressed as follows:
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By replacing TBF in Equation 9 by a combination of 
Equations 1 & 8 and solving for TBV, the following 
relationship is obtained:

TBV

C t dt
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(10)

In cerebral bolus-tracking applications, using 
the notation AIF(t) for the arterial concentration 
curve of the CA bolus, CBV can be expressed 
as follows, including adaptation to the use of a 
plasma tracer (and different hematocrit levels in 
arteries and capillaries):

CBV

Hct AIF t dt

Hct C t dt

1
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where Hct
large

 and Hct
small

 are the hematocrit values 
in large and small vessels, respectively. 

After appropriate corrections for the use of a 
plasma tracer, the measured tissue concentra-
tion curve C

t
(t) is given by the convolution of 

a kernel, that is, the impulse response function 
ρCBF R(t), and the AIF (Equations 4–5) [10,13,14]:
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Where ⊗ denotes convolution and 
k

H
 =  [1- Hct

large
 ]/[ρ(1 - Hct

small
)], in analogy 

with the CBV case above [13]. By independently 
acquiring C

t
(t) from the tissue of interest and the 

AIF from a suitable tissue-feeding artery, CBF 
can thus be determined from the maximal value 
of the tissue impulse response function obtained 
by model-free deconvolution.

In practice, MTT is often acquired from the 
CBV:CBF ratio (using Equations 11 & 12), accord-
ing to the central volume theorem (Equation 1). 
Obviously, MTT can also be calculated from 
the output of the deconvolution using Equation 8, 
which is sometimes reformulated according to 
Zierler’s area:height relationship [15]:

( )

max
MTT

Q t

Q t dt

t

t
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An alternative formulation of CBF is thus given 
by Equation 14 [13,16]. It follows directly from 
the properties of R(t) that the expression in 
Equation 14 is equivalent to rCBF = max[Q

t
(t)] = 

max[r CBF R(t)], as stated above.

( ) ( )
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Finally, the required deconvolution is, in general, 
a delicate mathematical procedure, especially in 
the presence of noise. A number of model-depen-
dent [17] and model-free [18,19] deconvolution 
algorithms have been proposed, as well as 
deconvolution using statistical approaches [20,21]. 
However, model-free matrix formulation of the 
convolution integral solved by means of singu-
lar value decomposition (preferably the block-
circulant version) has been the most frequently 
applied approach in DSC-MRI [22].

�� Use of intravascular tracers in 
medical imaging
MRI
DSC-MRI is frequently used for assessment 
of cerebral perfusion [13,19,23]. After rapid 
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intravenous injection of the CA bolus, fol-
lowed by a saline flush, the first passage of CA 
through the brain vasculature is monitored by 
T

2
*-weighted MRI. In combination with kinetic 

models for intravascular tracers, as described 
above, this enables calculation of CBF, CBV 
and MTT maps (Figure 1).

In DSC-MRI examinations, a conventional 
paramagnetic gadolinium-based CA is normally 
used, assumed to act as an intravascular tracer 
in the presence of an intact BBB. Several studies 
have been carried out on the use of gadolinium 
chelates at different doses and preparations 
[24–27], as well as on the effects of sequential 
administrations of CA [28]. Preparations with a 
high gadolinium concentration (1 M) have been 
developed, enabling a higher dose to be admin-
istered in a given volume of injection [24]. The 
use of gadolinium-based CAs in MRI is gener-
ally very safe, although anaphylactoid reactions 
(at very low incidence rates) have been reported, 
as well as a severe but extremely rare complica-
tion referred to as nephrogenic systemic fibrosis, 
observed in patients with renal impairment (pre-
dominantly after receiving more than a normal 
dose of gadolinium CA) [29].

During its passage through the brain, the 
exogenous paramagnetic CA causes transient 
local magnetic field gradients that extend from 
the vascular compartment into the surrounding 

tissue (although the CA itself is assumed not to 
leave the blood pool). These local CA-induced 
magnetic field inhomogeneities introduce a 
phase dispersion of the water proton spins, and 
a corresponding signal drop in T

2
*-weighted 

images during the bolus passage [30]. Gradient-
echo-based pulse sequences, not refocusing 
the spin dephasing caused by magnetic field 
inhomogeneities, are frequently used for this 
purpose, but spin-echo sequences exhibit sub-
stantial signal loss as well in a DSC-MRI experi-
ment due to spin diffusion in the CA-induced 
magnetic field gradients in combination with T

2
 

shortening within the vascular compartment.
The choice between gradient-echo and spin-

echo sequences has been a somewhat controver-
sial issue in DSC-MRI. Gradient echoes typi-
cally show a higher sensitivity to a given dose of 
CA, that is, a larger relative signal drop at peak 
concentration and higher contrast-to-noise ratio. 
However, early simulations predicted that the 
spin-echo signal would be selectively more sen-
sitive to CA residing in the microvasculature 
(vessels with diameters of the order of 5–10 µm) 
[31], and this finding was supported by experi-
mental studies [32,33]. Still, investigations com-
paring gradient-echo and spin-echo sequences 
with regard to clinical usefulness have not been 
entirely conclusive [32,34]. In brief, gradient-
echo sequences tend to show more susceptibility 

Integration over time

Tissue
Ct(t)

Artery
AIF(t)

Integration over time

Impulse response
function CBF.R(t)

Deconvolution

CBF

Division

MTT

CBV

Maximal
value of
CBF.R(t)

Figure 1. Procedure for obtaining dynamic susceptibility contrast MRI maps of perfusion 
parameters (cerebral blood flow, cerebral blood volume and mean transit time) in a normal 
volunteer according to the bolus-tracking concept by use of an intravascular tracer.
AIF: Arterial input function; CBF: Cerebral blood flow; CBV: Cerebral blood volume; Ct(t): Tissue 
contrast agent concentration as a function of time; MTT: Mean transit time; R(t): Tissue residue 
function.
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artefacts and large-vessel hyperintensity in CBV 
and CBF maps (Figure 2B), while spin echoes may 
require higher CA dose to achieve sufficient sig-
nal drop at peak concentration (at least at lower 
magnetic field strengths). As will be further dis-
cussed below, the T

2
* relaxivity may depend on 

the topography of the vascular space in which 
the intravascular CA is located [35,36], and the 

behaviour of ∆R
2
*-versus-concentration (C) 

relationships in blood and tissue environments 
may also vary between gradient echoes and spin 
echoes [35]. Recently, a combined spin-echo and 
gradient-echo sequence was proposed, allowing 
for T

1
-insensitive signal collection and enabling 

vessel-size imaging [37]. With regard to the readout 
technique in DSC-MRI, single-shot echo-planar 
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Figure 2. Dynamic susceptibility contrast MRI data from a normal volunteer, obtained using gradient-echo echo-planar 
imaging at 3T (TE = 21 ms, voxel size 1.6 × 1.6 × 5 mm3). (A) To the left, a precontrast or baseline image and, to the right, a 
corresponding image at peak concentration (i.e., showing minimal signal; note that signal loss is most prominent in gray matter and large 
vessels). (B) To the left, a color-coded cerebral blood volume map; in the middle, a color-coded cerebral blood flow map; and to the right, 
a mean transit time map. Note pronounced large-vessel hyperintensity in the cerebral blood volume and cerebral blood flow maps. 
(C) Dynamic susceptibility contrast-MRI signal curve from one single voxel in gray matter. (D) Corresponding contrast-agent concentration 
curve from the same gray matter voxel. (E) Representative AIF from a middle cerebral artery branch in the Sylvian fissure region.
AIF: Arterial input function; a.u.: Arbitrary units; GM: Gray matter.
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imaging (EPI; either gradient echo or spin echo) 
has been the most common for monitoring the 
tissue (Figure 2C) and arterial signal-versus-time 
curves. The primary reason for its popularity is 
excellent temporal resolution in combination with 
whole-brain coverage. An alternative approach 
is to use ‘principles of echo shifting with a train 
of observations’ (PRESTO), which covers large 
regions with very short repetition times (TRs) [38].

For quantification of CA concentration, C is 
often approximated to be proportional to the 
change in transverse relaxation rate ∆R

2
* (with a 

generally unknown proportionality constant, cor-
responding to the T

2
* relaxivity, denoted by r

2
*):

R r C* *
2 2D =

(15)

For gradient echo-based pulse sequences, 
being heavily T

2
*-weighted, the signal develop-

ment over time t, S(t), during the CA passage 
is given by:

S t S e TE R t
0

*
2=

D-^ ^h h

(16)

Where S
0
 is the baseline signal and TE is 

echo time. For spin-echo sequences, analogous 
equations can be formulated for the relationship 
between signal and the change in the transverse 
relaxation rate ∆R

2
. Note that there is a cer-

tain risk of competing T
1
 effects in the signal 

registration, not accounted for in Equation 16 [39].
From Equations 15 and 16, the concentration C of 

the CA (in arbitrary units) can be calculated as:

lnC t
TE S

S t1
0

\-^
^

ch
h
m

(17)

The situation above is complicated by the 
fact that the change in the transverse relaxa-
tion rate (Equation 15), at a given concentration, 
depends on the vessel size and the vascular 
topography [35,40], with substantially higher r

2
* 

in tissue environments as compared with the 
arteries used for AIF registration. If this is not 
accounted for, the resulting AIF area under
estimation hampers accurate perfusion quanti-
fication in absolute terms, and is probably an 
important contribution to overestimations of 
DSC-MRI-based CBV and CBF, observed in 
experimental comparisons with gold-standard 
techniques [41–43]. The T

2
* relaxivity issue is 

made even more difficult by observations of a 
quadratic ∆R

2
*-versus-C relationship in oxy-

genated whole blood [44]. This implies that the 

application of Equation 15 to AIF data acquired 
from a whole-blood compartment might lead 
to incorrect AIF shape, and a quadratic model 
accounting for hematocrit and relaxivity might 
be more appropriate [45]. Another approach to 
accomplish a linear CA response, giving a correct 
gradient echo-based AIF shape, is to select the 
AIF from pixels at specific locations outside large 
vessels with appropriate orientation relative the 
main magnetic field [46]. Phase-based AIFs are 
also promising in this respect [44,47].

A few additional methodological complica-
tions leading to imperfect AIF registration will 
be briefly discussed (Figure 3). First, it should be 
noted that the CA concentrations in large vessels 
are much higher than in tissue, and an echo time 
(TE) that is reasonably well optimized for tissue 
regions is likely to cause a decrease of arterial 
signal to the noise level (sometimes referred to 
as signal saturation or signal clipping) at peak 
concentration [48]. Attempts have been made 
to employ a shorter TE for the slice targeting 
a brain-feeding artery, while at the same time 
using a longer TE for brain-tissue slices [49]. 
Another commonly observed effect is local geo-
metric distortion at peak concentration, such 
that arterial signal becomes displaced in the 
image during the bolus passage, owing to the low 
bandwidth in single-shot EPI [50], and this can be 
reduced by employing higher-bandwidth pulse 
sequences such as segmented EPI. Furthermore, 
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Figure 3. Concentration–time curve registered at a location close to a 
middle cerebral artery branch, which, at visual inspection, seemed to be 
well suited for arterial input function selection. However, at peak 
concentration, the shape is characteristically distorted, and this kind of appearance 
may result from partial volume effects, signal clipping and/or signal displacement 
owing to local geometric distortion. 
AIF: Arterial input function; a.u.: Arbitrary units.
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partial volume effects in AIF registration are very 
complex in DSC-MRI, and have received con-
siderable attention [51,52]. Finally, the measured 
AIF may not accurately represent the artery that 
actually supplies the tissue of interest. If arterial 
dispersion (bolus broadening) occurs between 
the site of registration and the location of the true 
arterial input, CBF and MTT estimates may be 
incorrect due to deconvolution with an errone-
ously shaped AIF (typically being too narrow) 
[53]. Effects of arterial dispersion can potentially 
be reduced by employing local arterial input 
functions [54] or by accounting for dispersion 
effects in the deconvolution procedure [21,55].

If the BBB is damaged, as commonly observed, 
for example, in tumor environments, the gado-
linium chelate will enter the EES. The assump-
tions of an intravascular tracer are then violated, 
and appropriate corrections are likely to be ben-
eficial, in particular for CBV assessment [56]. T

1
 

signal enhancement, caused by CA in the EES, 
can also be minimized by administration of a 
small pre-bolus of CA [57]. The pre-bolus CA is 
then assumed to result in an almost complete 
regrowth of longitudinal magnetization between 
two excitation pulses, thereby eliminating the 
influence of further shortening of T

1
 when the 

main bolus arrives.
Deconvolution-based approaches for retrieval 

of perfusion parameters should theoretically not 
require correction for recirculation (i.e., for CA 
passing through the tissue of interest multiple 
times with the circulating blood). However, it 
has been argued that removal of recirculation 
effects is likely to be of relevance in DSC-MRI 
owing to the complex T

2
* relaxivity situation 

[58], and a common approach has been to fit a 
γ-variate function to concentration–time data 
before calculating the perfusion parameters.

Finally, although DSC-MRI-based perfu-
sion estimates tend to show reasonable linear 
correlation with reference methods, as well as 
convincing relative CBV and CBF distribu-
tions, it is clear that DSC-MRI estimates have 
generally been overestimated in absolute terms 
[42,43], most likely due to the sources of AIF-area 
underestimation described above. A viable solu-
tion to this would be to calibrate the DSC-MRI 
estimates, either by using a general calibration 
factor obtained from direct comparison with a 
gold-standard method [41,59], or by acquiring an 
additional, subject-specific and independent local 
or global CBV or CBF estimate, for example, a 
steady-state T

1
-based estimate of the CBV [60], 

for rescaling the absolute level of the DSC-MRI 
estimates.

CT
Following the initial idea of employing dynamic 
CT scans enhanced by an iodinated CA for 
assessment of perfusion by Axel [61], later refine-
ment and adaptation to clinical environments 
[14,62,63] has led to a powerful tool for perfusion 
imaging with excellent availability, for example, 
in connection with acute stroke (where unen-
hanced CT has been the method of choice for 
visualization of intracranial hemorrhage for a 
long time). Today, quantification of CBF, CBV 
and MTT by dynamic contrast-enhanced CT 
(Figure 4) employs the bolus-tracking theory of 
intravascular tracers (including the decon
volution approach), and follows, in principle, the 
same processing methodology as for DSC-MRI 
[63]. In perfusion CT, it is also very common to 
include registration of a venous output function 
from the superior sagittal sinus to allow for cor-
rection of arterial partial volume effects by res-
caling the AIF time integral (i.e., the AIF area 
under curve). This approach is less common in 
DSC-MRI, although similar concepts have been 
proposed [43].

From the perspective of CBV and CBF quan-
tification in absolute terms, the most prominent 
advantage of perfusion CT, compared with 
DSC-MRI, is the direct and linear relation-
ship between CA concentration and radioden-
sity. Other quantification issues related to, for 
example, arterial dispersion and deconvolution 
of noisy data are, however, of similar concern 
for both modalities. In practical implementa-
tions, perfusion CT protocols typically show 
excellent spatial resolution, but tended for some 
time to exhibit reduced brain coverage compared 
with DSC-MRI. This situation has, however, 
considerably improved with the continuous 
development of multiple detector row scanners. 
Obviously, absorbed dose must be kept to a mini-
mum and settings of low kilovolt and milliam-
pere (80 kVp and 100–120 mA, respectively) 
have been recommended [63]. Modern iodin-
ated CAs are safe, although uncommon adverse 
effects exist, primarily anaphylactoid reactions 
and contrast-induced nephropathy [64].

Noise is an issue in dynamic perfusion CT, and 
various filtering approaches are normally included 
in the processing. Accuracy and precision may 
become influenced by noise, particularly under 
low perfusion conditions when the change in 
radiodensity relative baseline is small. In order to 
illustrate typical contrast-to-noise conditions in 
dynamic perfusion CT, a concentration-versus-
time curve from one pixel in normal gray matter, 
with comparatively high blood flow and volume, 
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is displayed in Figure 5 (see Figure 2, in which similar 
data for DSC-MRI are shown).

Ultrasound
Dynamic contrast-enhanced US for assess-
ment of perfusion is a promising and rapidly 
emerging technique [65–67], although, at this 
point, the concept is not quite as widespread 
as perfusion CT or DSC-MRI. US CAs consist 
of gas microbubbles (~1–10 µm in diameter) 
stabilized by different kinds of shells. The cur-
rent temporal stability of the microbubbles in 
combination with appropriate size and intra-
vascular distribution imply that they can act as 
an intravascular or blood-pool tracer. Clinical 
US CAs are generally well tolerated, and seri-
ous side effects are rarely observed. However, 
as for all other CAs used in medicine, adverse 
events can occur (primarily anaphylactoid or 
vasovagal reactions) [68].

The perfusion quantification approaches are 
still under development, but extraction of semi-
quantitative measures from time–intensity 
curves (Figure 6A) as well as transit times (from 
arterial input to venous output of CA) follow-
ing intravenous bolus injection of CA, is pres-
ently used for assessment of microcirculation 
and tumor vascularity in a number of locations 
in the body. Recently, a deconvolution approach 
was introduced for assessment of the impact of 
the arterial input on perfusion parameters mea-
sured by dynamic contrast-enhanced US after 
bolus injection of CA [69].

A refined contrast-enhanced US method 
for analysis of regional tissue perfusion is to 
analyze the replenishment kinetics of micro-
bubbles [70], after destruction of an initial 

steady-state population of microbubbles by 
high-intensity US (i.e., US with high mechani-
cal index [MI]). After complete destruction of 
the initial microbubble population, new micro-
bubbles will enter with inflowing blood and the 
microbubble refill rate in the volume of interest 
is registered by low MI US transmission and 
the obtained refill curve is analyzed (Figure 6B). 
The refill signal curve S

r
(t) can, for example, 

be described by S
r
(t) = a(1 - exp(-βt)), and the 

slope β and the plateau of acoustic intensity a 
can be used for characterization of the tissue 
blood flow.
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Figure 4. Color-coded maps of cerebral blood volume, cerebral blood flow and mean transit time obtained by dynamic 
perfusion CT in a patient with ischemic stroke. 
CBF: Cerebral blood flow; CBV: Cerebral blood volume; MTT: Mean transit time. 
Courtesy of Roger Siemund, Lund University Hospital, Sweden.

1110

1100

1090

1080

1070

1060

1050

1040
0 5 10 20 3015 25 35

Dynamic scan number

S
ig

n
al

 in
te

n
si

ty

Figure 5. Dynamic contrast-enhanced CT signal intensity–time curve 
(reflecting contrast agent concentration as a function of time), obtained 
from one single pixel in normal gray matter (no spatial smoothing, voxel 
size 0.49 × 0.49 × 5 mm3). 
Courtesy of Roger Siemund and Adnan Bibic, Lund University Hospital and Lund 
University, Sweden.
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Diffusible tracers
This section primarily describes dynamic imag-
ing following intravenous injection of a partially 
diffusible tracer, for example, when a common 
clinical (normally extracellular) CA is used 
for studies of noncerebral tissue or to condi-
tions when BBB leakage occurs (e.g., in tumor 
environments). Under these circumstances, a 
certain fraction of the tracer is expected to be 
extracted from the intravascular to the extra
vascular space. The diffusive transcapillary 
flux of tracer depends on the permeability (in 
cm/min) and the surface area per unit mass of 
tissue (in cm2/g), often expressed in terms of a 
combined quantity referred to as the permeabil-
ity-surface area product of the capillary wall PS 

(in ml/min/g). The extraction ratio (or extrac-
tion fraction) E is the fraction of inflowing tracer 
that extravasates during one single capillary 
transit. After mixing, the tracer is distributed 
within a volume that is larger than the plasma 
volume. This so-called volume of distribution V

d
 

is normally expressed in terms of an equivalent 
volume in relation to a reference fluid. A com-
mon approximation for obtaining the extraction 
ratio, assuming that the capillary bed is mod-
eled as a plug-flow system [71], is given by the 
Crone–Renkin expression [72,73]:

E e1 ( )TBF Hct
PS
1= - -
-

(18)

A

B

Figure 6. Transcranial ultrasound perfusion imaging using the echo-contrast agent SonoVue® and a low mechanical index. 
(A) After contrast bolus injection there is a strong increase of acoustic intensity in cerebral tissue due to the resonance of microbubbles. 
Bolus kinetics can determine the time until the maximum intensity is reached (time to peak), which is typically delayed in acute cerebral 
infarction. (B) Refill kinetics measure the replenishment of microbubbles in cerebral tissue after microbubble destruction by a sequence 
of high mechanical index pulses. Assuming a refill signal curve shape according to S

r
 = a(1 - exp(-bt)), the slope (b) and the plateau of 

acoustic intensity (a) can be used to describe cerebral blood flow. 
Courtesy of Rolf Kern and Manuel Bolognese, Department of Neurology, Universitätsmedizin Mannheim, University of Heidelberg, 
Germany.
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For an extracellular tracer, the leakage originates 
from the plasma volume, implying the use of 
plasma flow TBF(1 – Hct) in Equation 18.

This category of studies typically includes a 
combined assessment of perfusion and perme-
ability, and the pragmatic aim is not always to 
assess TBF as an isolated parameter. Early MRI 
studies of the CA transfer coefficient were con-
ducted by Larsson et al. [74], Tofts and Kermode 
[75], and Brix et al. [76]. It should, at this point, 
be noted that a variety of physiologic parameters 
have been introduced in this field of research, 
and, in many cases, equivalent quantities have 
been assigned different names and symbols in 
different studies, and equal or very similar quan-
tities have been difficult to compare because 
they have been expressed in different units. In 
this section, the nomenclature of the consensus 
document by Tofts et al. has been adopted [77].

�� Standard compartment models
Normally, curve-fitting approaches are employed 
to extract relevant parameters from experimen-
tal data, and more complex models, including a 
larger number of unknown parameters, tend to 
generate less reliable estimates. Hence, a pharma-
cokinetic model presented for use in the context 
of medical imaging must have reasonable sim-
plicity while still showing a good fit to experi-
mental data. For example, the two-compartment 
exchange model is defined by [71]:

(1 )
dt
dC

TBF Hct C PS C

TBF Hct PS C1

p
p

ap e

p

y t t

t

= - + -

- +^^ h h

(19)

dt
dC PS C Ce

e
p ey t= -^ h

(20)

where C
ap 

is the tracer concentration in the arte-
rial plasma (arterial inlet; M), C

p
 is tracer con-

centration in blood plasma (M), C
e
 is the EES 

concentration (M), v
p
 is the fractional plasma 

volume and v
e
 is the fractional EES volume. If 

the effect of tracer in the intravascular space is 
assumed to be negligible, in other words, if the 
blood volume is small (v

p
 ≈ 0), then C

t
 = v

e
C

e
 and 

dC
t
/dt = v

e
(dC

e
/dt).

Mixed flow-permeability weighting: 
tracer uptake influenced by both flow 
& permeability
Using the steady-state plasma concentrations at 
the arterial inlet (C

ap
) and the venous outlet (C

v
), 

without tracer backflux from the interstitial space 

to plasma (i.e., rPS C
e
 = 0), the extraction ratio 

E is defined by E = (C
ap

-C
v
)/C

ap
. Sourbron and 

Buckley [71] introduced a formulation of E when 
the capillary bed is a compartment (with C

v
 = C

p 

by definition), using the fact that, at steady-state, 
dC

p
/dt = 0. Under the above conditions,

( )

( )C

TBF Hct PS

TBF Hct

1

1

- +

-

C

p

ap  

(according to Equation 19) and the extraction ratio 
of the plasma compartment is thus given by:

1

1

E
C

C C
C
C

TBF Hct PS

TBF Hct

TBF Hct PS
PS

1

1

1

ap

ap p

ap

p
=

-
= - =

= -
- +

-
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- +^
^

^h
h

h

(21)

With negligible intravascular tracer (v
p
 = 0 

and C
e
 = C

t
/v

e
), combination of Equations 19 & 21 

leads to:

C
TBF Hct PS

TBF Hct C PS C

E C EC E C E C

1

1

1 1

p

ap e

ap e ap

e

t

o

=
- +
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= - + = - +

^
^

^ ^

h
h

h h

(22)

Insertion of Equation 22 into Equation 20 (using 
dC

t
/dt = v

e
(dC

e
/dt) gives:

dt
dC PS E C E C C

PS E C C

TBF Hct PS

PS TBF Hct
C C

E TBF Hct C C

1

1

1

1
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(23)

Tofts model & extended version
One common approach has been to include the 
effects of several physiological properties into 
one composite model parameter, for example, 
the volume transfer constant between blood 
plasma and EES, Ktrans (s-1):

( )K E TBF Hct1trans t= -

(24)

Using this notation, the tracer uptake rate in tis-
sue (per unit volume of tissue) can be expressed as:

dt
dC K C Ct trans

ap

e

t

o
= -c m

(25)
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It is also illustrative to briefly address two 
special cases, which can be evaluated using 
Equations 21 & 24. At high permeability, when the 
transcapillary transport is limited by blood flow 
(PS>>TBF(1 – Hct)), then Ktrans represents the 
plasma blood flow (i.e., Ktrans ≈ rTBF(1 – Hct)). 
In the other limiting case, when low capil-
lary permeability limits the tracer leakage 
(PS<<TBF(1-Hct)), then Ktrans reflects the perme-
ability–surface area product (PS), that is, Ktrans 
≈ rPS. Note, however, that the case of PS = 0 is 
not compatible with a Tofts model [71].

The differential equation in Equation 25 has the 
following solution (if C

ap
(0) = C

t 
(0) = 0):

' 'C t K C t e dt( ')
t

trans
ap

t
K t t

0

e

trans

= o- -^ ^h h#

(26)

The approach described above is compatible 
with the model proposed by Kety [78], and it 
closely reflects the work by Tofts and Kermode 
[75] and Larsson et al. [74]. The measured 
dynamic change in tissue concentration can be 
viewed upon as a convolution of an exponen-
tial kernel and an arterial blood or plasma con-
centration curve (i.e., the AIF). The notation 
Ktrans was introduced to accentuate that PS and 
TBF(1 - Hct) cannot be measured separately in 
tissue environments where the Tofts model is 
applicable. Brix et al. [76]. introduced a similar 
methodology, but included the plasma concen-
tration as an additional free model parameter. 
When the blood volume cannot be assumed to 
be small, a modified or extended Tofts model is 
often applied [79], including C

ap
(t) and the frac-

tional plasma volume v
p
 in an additional term:

' 'C t C t K C t e dt'
t p ap

trans
ap

t
K t t

0

e

trans

o= + o- -^ ^ ^ ^h h h h#

(27)

A detailed analysis of the scope and interpre-
tation of the Tofts and extended Tofts models 
in dynamic contrast-enhanced (DCE)-MRI is 
given by Sourbron and Buckley [71].

�� Distributed parameter models
The Tofts–Kermode concept yields Ktrans and v

e
 

(and v
p
 in the extended model), but, as pointed 

out above, Ktrans does not allow for a separate esti-
mation of blood flow TBF. It might be tempt-
ing, under certain circumstances, to presume 
that Ktrans reflects either permeability or flow, 
but such a conclusion would be quite dubious 
without a priori information. There is an obvi-
ous interest in extracting estimates of TBF and 
PS separately, and the employment of distributed 

parameter models, requiring no assumption of the 
tracer being instantaneously well mixed in each 
compartment, is a promising alternative, provided 
that experimental data of adequate quality can 
be attained. The tissue homogeneity model [80] 
is a relatively simple example, and the adiabatic 
approximation to the tissue homogeneity (AATH) 
model [81] is one common implementation, requir-
ing the assumption that the tracer concentration 
changes slowly in the EES compared with the rate 
of change in the vascular compartment, which is 
motivated by the fact that the volume of the EES 
is much larger than the blood plasma volume.

In the context of distributed parameter mod-
els, the finite transit time of the tracer through 
the microvasculature (of the order of seconds) 
becomes central. During this relatively short 
period, the entire amount of tracer that entered 
at the arterial end remains in the total tissue 
space (including plasma and EES). A fraction 
E of the tracer is extracted into the EES during 
the transit-time phase, and the remaining frac-
tion (1-E) exits into the venules after completed 
transit through the capillary network. Hence, 
the plasma tracer concentration C

p
 is dependent 

on position as well as time, in the sense that C
p
 

varies along the vascular tree while dynamic 
changes in concentration occur. If capillaries are 
randomly oriented and in reasonable vicinity of 
each other, the EES CA can be assumed to be 
well mixed and its concentration C

e
 is therefore 

only dependent on time. The initial vascular 
phase, during which the capillaries are filled 
with tracer (and during which a fraction might 
be extracted into the EES), allows for estimation 
of the MTT, which in turn allows for derivation 
of TBF since plasma-volume information is also 
attainable. The later phase gives Ktrans, and the 
separate estimates of TBF and Ktrans provides PS 
using the Crone–Renkin relationship (Equation 

18). It is generally acknowledged that the AATH 
model requires input data of high quality, and, 
in particular, measurements with high tempo-
ral resolution, sufficient to sample the vascular 
phase, are required [82]. That is, the time between 
subsequent images must be considerably shorter 
than the MTT, which is of the order of 4–6 s 
in the normal brain, but might be several times 
longer, for example, in certain tumors.

�� Model-independent deconvolution 
approach for blood flow estimation
According to the general indicator dilution the-
ory [10], TBF can be estimated by solving the 
basic tracer kinetic equation (Equation 4) using 
model-independent deconvolution. As pointed 
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out above, estimation of TBF using the model-
free approach does not require detailed informa-
tion about the tracer distribution within differ-
ent compartments, but C

a
(t) and C

t
(t) must be 

determined with high temporal resolution (of 
the order of 1–2 s) during the first passage of 
the tracer bolus. The central volume theorem 
applies, but in the presence of leakage, it is obvi-
ous that the volume of distribution V

d
 becomes 

larger than the plasma volume and the mean 
residence time of the tracer can be very long in 
comparison with the blood mean transit time.

�� Use of partially diffusible tracers in 
medical imaging
MRI
In T

1
-weighted DCE-MRI, the in vivo kinetics 

of a clinical gadolinium-based MRI CA is moni-
tored, and the DCE-MRI experiment allows 
for some degree of tracer extravasation into the 
EES. Although different injection schemes may 
be used, fast bolus injections into a peripheral 
vein, followed by a saline flush, is likely to be the 
most frequent approach nowadays. The dynamic 
CA-induced shortening of relaxation times alters 
the MRI signal in a complex manner, described 
by the pulse-sequence-specific signal equation. In 
early studies, spin-echo pulse sequences were often 
used, but due to poor temporal resolution they 
have largely been replaced by, for example, fast 
low-angle shot (FLASH), Turbo-FLASH and EPI 
sequences. A presently widespread choice for the 
dynamic imaging is a gradient-echo sequence with 
spoiling of the transverse magnetization (SPGR), 
described by the following signal equation:

cos
sinS PD

e

e e
1

1

T
TR

T
TR

T

TE
*

1

1

2\
a

a
-

-
-

-
-

^
^

h
h

(28)

Where PD is proton density and a is flip angle. 
If changes in T

2
* during the dynamic time series 

can be neglected, as is often the case at short 
TE, then the CA can be assumed to influence 
the signal by its effect on T

1
 only. This type of 

pulse sequence exhibits reasonable, although 
somewhat limited, spatial coverage, high tem-
poral and spatial resolution as well as sufficient 
signal-to-noise ratio. The optimal image param-
eter settings depend strongly on the application 
and its particular requirements, and it is thus dif-
ficult to make distinct recommendations. Flip 
angles in the range 10–35° and TRs between 
2.5 and 8.0 ms were reported in a recent sum-
mary of representative examples [83]. The time 
resolution is often around 2.5–5 s (sometimes 

as low as 20–30 s) but should be better if AIF 
measurements or AATH implementations are 
considered.

The CA concentration C is assumed to be 
proportional to the CA-induced change in 
longitudinal relaxation rate DR

1
: 

C
r

R1
1

1:D= c m

(29)

where r
1
 is the longitudinal CA relaxivity. It is 

normally assumed that r
1 
is independent of the 

compartment in which the CA resides, but one 
should be aware that this might not always be 
entirely correct [84,85]. Although the relationship 
between MRI signal and CA concentration is 
nonlinear and often rather complex, the CA 
concentration can be derived if the relationship 
between the CA-induced T

1
 change and the 

corresponding alteration of the MRI signal S is 
established and explicit. A reasonably ambitious 
DCE-MRI experiment would require estimation 
of CA concentration in a supplying artery (i.e., 
the AIF) as well as in the tissue of interest, and 
it may be challenging to accurately estimate such 
a large range of CA concentrations. In quantita-
tive DCE-MRI, a two-step approach for data 
acquisition is often employed (Figure 7), including 
an initial quantification of T

1
 before CA admin-

istration (often referred to as baseline T
1
), and  

the dynamic scan (e.g., using the SPGR), which 
includes acquisition of a few pre-CA images (giv-
ing the baseline signal) and a series of images 
during and up to several minutes after the CA 
injection. Acquisition of a B

1
-map is frequently 

included in the DCE-MRI imaging protocol.
T

1
 is estimated from the baseline and dynamic 

measurements, using appropriate signal equa-
tions, and the concentration of CA is obtained 
using Equation 29. Regarding the baseline T

1
 

quantification, T
1
 measurements can broadly 

be categorized as either inversion/saturation 
recovery prepared sequences or variable satura-
tion techniques. In DCE-MRI, it is common to 
estimate T

1
 by variable flip angle gradient-echo 

image acquisitions, normally with constant TR 
[86]. This approach is relatively fast and offers 
good tissue coverage in multislice or 3D volume 
mode [87].

Estimation of uncertainties in DCE-MRI esti-
mates is far from straightforward. The measured 
signal intensity over time depends on the specific 
pulse sequence and the setting of relevant imag-
ing parameters (TE, TR, flip angle and so on), 
according to a given signal equation, and the 
signal data are noisy and sampled with limited 
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temporal resolution. Furthermore, the baseline 
T

1
 estimate also suffers from errors related to 

the specific T
1
-measurement approach [88]. All 

these factors are likely to introduce bias and/or 
uncertainty in the CA concentration estimates. 
Thereafter, a pharmacokinetic model is fitted to 
the suboptimal concentration estimates, and a 
variety of physiological parameters, for example, 
Ktrans, TBF, v

e
 and v

p
 are extracted with various 

precision and accuracy. Measurement errors 
propagate in a highly nontrivial way during the 
different steps of mathematical processing, and 
the resulting error is also likely to depend on 
the absolute value, over a physiologically relevant 
range, of the parameter of interest. A typical 
example of DCE-MRI data is given in Figure 8.

It is not feasible to provide general estimates 
of accuracy and precision, but a number of 
investigations have been published regarding 
the uncertainty and reliability of various DCE-
MRI protocols and kinetic models [89–93]. For 
the SPGR sequence, Schabel and Parker [92] 
concluded that optimization of, in particular, 
flip angle and baseline signal accuracy enabled 
significantly improved effective signal-to-noise 
ratio and decreased sensitivity to errors in flip 
angle and baseline T

1
 when estimating the CA 

concentration. However, in the T
1
 quantification, 

it is still important to consider, for example, B
1
 

inhomogeneity [94], imperfect SPGR radiofre-
quency spoiling [95] and slice profile imperfec-
tions [87]. Inclusion of corrections for imperfect 
radio-frequency spoiling in the SPGR signal 
equation may be beneficial [96].

Currently, one of the most important and 
challenging issues in quantitative DCE-MRI 
is the measurement of the AIF. Several early 
implementations of DCE-MRI and modeling 
of CA kinetics tended to refrain from using indi-
vidually measured AIFs, but instead employed 
the experimentally simpler solution of a popu-
lation-averaged AIF [75]. However, it was soon 
recognized that individual AIF measurements 
are warranted [97], because the exact AIF shape 
depends on CA injection rate and dose, cardiac 
output, CA distribution pattern in the body 
and renal function. It is clear that AIF errors 
propagate to result in inaccurate pharmaco
logical parameters [98], and an AIF measurement 
specific to a given subject and examination is 
generally superior [99]. Examples of challenges in 
the AIF measurement, in addition to the general 
quantification problems mentioned above, are 
sufficient temporal resolution (of the order of 
1–1.5 s), accurate quantification of peak con-
centrations [100], arterial partial volume effects 
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[101], inflow effects [83] and arterial dispersion 
between the site of measurement and the tis-
sue region of interest [53]. One potential solu-
tion is to employ a separate injection of a small 
amount of CA, prior to the actual dynamic study 
and to measure the AIF during this pre-bolus 
experiment [102–104]. This approach enables 
tailoring of the imaging protocol to the AIF-
measurement requirements and it also includes 
the advantage of lowering the peak concentra-
tion, which reduces the risk of signal saturation 
or nonlinearity. Another alternative is to employ 
dual-contrast sequences, for example, interleaved 
acquisition of an inversion-prepared T

1
-weighted 

image and a T
1
/T

2
*-mixed-weighted image for 

determination of the AIF [105]. Finally, phase-
based AIFs (Figure 8) and venous output functions 
show considerable promise due to excellent phase 
shift-versus-concentration linearity and favor-
able signal-to-noise ratio [47,106] but might not 

be entirely trivial to acquire in realistic patient 
materials, particularly not over the extended 
time periods required in DCE-MRI [104].

Another topic that has received considerable 
attention in DCE-MRI is the potential effect of 
water exchange between tissue compartments. 
CA quantif ication in DCE-MRI normally 
assumes the conditions of the fast-exchange 
limit, in other words, molecular motion between 
spaces being rapid (and/or relaxation time dif-
ference between spaces being small), which 
leads to an observed effect of relaxation that 
approaches a single average value. For nor-
mal, relatively low, concentrations of CA in 
the interstitial space, the assumption of fast 
exchange between the intracellular and inter-
stitial spaces was supported by experiments by 
Donahue et al. [107], but exchange conditions 
have indeed been under some debate [108], and 
exchange effects are dependent on the employed 
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imaging parameters of the pulse sequence [109]. 
Intravascular-to-interstitial (i.e., transendothe-
lial) water exchange is more likely to depart 
from the fast-exchange limit, since the differ-
ence in longitudinal relaxation rate between 
the intra- and extra-vascular compartment may 
be prominent, for example, initially after CA 
administration or if the CA remains intravas-
cular (such as in the brain) [110]. With large 
first-pass extraction, the effect of slow exchange 
is likely to be limited, but it should at least be 
considered in brain applications [101].

Finally, imaging strategies for T
1
-weighted 

first-pass imaging, applied to, for example, 
cardiovascular and cerebral perfusion MRI, 
should be briefly mentioned. Various imag-
ing strategies exist for myocardial perfusion 
imaging, but SPGR (although being somewhat 
slow), hybrid EPI (with echo train lengths of 
3–6 echoes) as well as magnetization prepara-
tion by saturation recovery followed by a steady-
state free precession pulse sequence for readout 
are well-known examples [111,112]. The model-
free deconvolution approach mentioned above 
(Equation 4) has been applied, for example, to 
myocardial blood flow [113] as well as CBF [114,115] 
assessment. In the brain applications, Larsson 
et al. used a saturation recovery gradient recalled 
sequence both for baseline T

1
 measurements and 

for subsequent dynamic imaging [114,115].

CT
Assessment of perfusion and permeability by 
DCE-CT using the Tofts, extended Tofts or 
AATH models is quite feasible (e.g., see [116]). 
In this context, an obvious advantage of using 
DCE-CT is the absence of any water exchange-
related problems, which cannot be ruled out in 
DCE-MRI, and a comparative tracer-kinetic 
analysis of corresponding data from both DCE-
MRI and DCE-CT, has in fact been proposed 

for assessment of the magnitude of water 
exchange effects in DCE-MRI [117]. There is 
also an increasing and well-founded interest in 
CT-based myocardial perfusion imaging [118].

Future perspective
In DSC-MRI, quantification of CBV and CBF 
in absolute terms is a challenging task, particu-
larly due to the complicated issue of varying T

2
* 

relaxivities in blood and tissue, and a subject-
specific calibration by a separate CBV or CBF 
estimate (either global or from selected regions), 
obtained by an independent perfusion tech-
nique, might be a viable way to proceed. Recent 
advances in quantification of magnetic suscepti-
bility using MRI phase information might turn 
out to be beneficial also for CA concentration 
quantification in vivo [119]. For DSC-MRI as well 
as dynamic perfusion CT, a possible extension of 
the data analysis is to extract additional informa-
tion from the tissue residue curve or the corre-
sponding transit-time distribution in connection 
with assessment of cerebral oxygen extraction 
and metabolism [120].

Perfusion and permeability studies by DCE-
MRI and DCE-CT are likely to become of 
considerable value in connection with evalu-
ation of early treatment response in a number 
of cancer therapy modalities [4]. Furthermore, 
tailored or individualized therapy is a current 
keyword in oncology, and identification of par-
ticularly aggressive parts of an individual tumor 
by functional medical imaging would be of great 
benefit. In this context, one should emphasize 
the need for standardization and consensus 
with regard to imaging protocols and model 
parameter extraction. The focus of the current 
overview has primarily been on standard tracer-
kinetic models, applied to MRI, but it is clear 
that so-called second-generation models, for 
example, returning separate estimates of TBF 

Executive summary

Theory of tracer kinetics
�� Basic theory of tracer kinetic principles is of relevance for understanding the prerequisites and uncertainties of current tissue blood 

flow quantification approaches in medical imaging. Selecting the most appropriate model under given experimental and physiological 
conditions is not always entirely straightforward.

Intravascular tracers
�� With regard to intravascular tracers, dynamic susceptibility contrast MRI and dynamic perfusion CT are well-established techniques for 

brain perfusion imaging. Perfusion CT is of particular relevance in acute ischemic stroke owing to its availability in the acute setting, but 
dynamic susceptibility contrast-MRI is also likely to play an important role in such a context, for example, in combination with diffusion-
weighted MRI.

Diffusible tracers
�� Attempts to assess perfusion and permeability using partially diffusible tracer techniques, primarily dynamic contrast-enhanced MRI, 

are indeed promising, but uncertainties need to be further evaluated and care must be taken to ensure that common models are not 
applied without proper assessment of their validity and precision in a given situation.
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and capillary permeability, are likely to become 
increasingly important in dynamic MRI and CT 
applications [121].

In cardiac imaging, perfusion CT tech-
niques are likely to represent an important 
future advancement [118]. Cardiac CT shows 
good availability and it already provides excel-
lent anatomical and angiographic information. 
The possibility of adding myocardial perfusion 
studies, at rest and during stress, would cer-
tainly be beneficial. Stress myocardial perfusion 
CT shows promising results, although further 
validation and optimization of the technique is 
required [122].
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