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Dynamic Contrast-Enhanced Quantitative
Perfusion Measurement of the Brain Using
T1-Weighted MRI at 3T
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Purpose: To develop a method for the measurement of
brain perfusion based on dynamic contrast-enhanced T1-
weighted MR imaging.

Materials and Methods: Dynamic imaging of the first pass
of a bolus of a paramagnetic contrast agent was performed
using a 3T whole-body magnet and a T1-weighted fast field
echo sequence. The input function was obtained from the
internal carotid artery. An initial T1 measurement was per-
formed in order to convert the MR signal to concentration of
the contrast agent. Pixelwise and region of interest (ROI)-
based calculation of cerebral perfusion (CBF) was per-
formed using Tikhonov’s procedure of deconvolution. Seven
patients with acute optic neuritis and two patients with
acute stroke were investigated.

Results: The mean perfusion value for ROIs in gray matter
was 62 mL/100g/min and 21 mL/100g/min in white mat-
ter in patients with acute optic neuritis. The perfusion in-
side the infarct core was 9 mL/100g/min in one of the
stroke patients. The other stroke patient had postischemic
hyperperfusion and CBF was 140 mL/100g/min.

Conclusion: Absolute values of brain perfusion can be ob-
tained using dynamic contrast-enhanced MRI. These val-
ues correspond to expected values from established PET
methods. Furthermore, at 3T pixelwise calculation can be
performed, allowing construction of CBF maps.

Key Words: dynamic contrast-enhanced MRI; T1-weighted
MRI; deconvolution; arterial input function; brain perfu-
sion
J. Magn. Reson. Imaging 2008;27:754–762.
© 2008 Wiley-Liss, Inc.

THE MEASUREMENT of brain perfusion is important
when treating various conditions such as vascular, de-
generative, and neoplastic diseases and also when
studying normal brain physiology. Using MRI, accurate
determination of brain perfusion is difficult to obtain.
The most commonly used approach is T2* susceptibili-
ty-weighted, contrast-enhanced MRI, as it has the ad-
vantage of a pronounced signal change in the tissue
during the bolus passage of the brain. In general, T2*-
weighted perfusion images can suffer from susceptibil-
ity artifacts, and feeding arteries can be difficult to
localize by visual inspection. It has been shown that in
order to obtain quantitative perfusion values a normal-
ization procedure is necessary for the most widely used
echo-planar imaging (EPI) approach (1,2).

Dynamic contrast-enhanced T1-weighted MRI is a
well-established method for estimating blood–brain
barrier (BBB) deficiency, and has been described thor-
oughly in a previous review of Tofts et al (3). However,
whether this method also enables tracking of perfusion
in general has yet to be discovered. In this study we
investigate whether dynamic contrast-enhanced perfu-
sion imaging using T1-weighted imaging is possible. A
preliminary investigation has shown that reasonable
values of perfusion can be obtained at 1.5T for regions
of interest (ROIs) (4), but it also has shown a somewhat
poor signal-to-noise (S/N) ratio, which prevents the cal-
culation of perfusion (CBF) maps. The present study
investigates the feasibility of dynamic, contrast-en-
hanced, quantitative perfusion measurement of the
brain when using T1-weighted MRI at 3T. We compare
the obtained values of perfusion in gray and white mat-
ter with the literature, and finally investigate whether
CBF can be calculated pixelwise in order to create CBF
maps such as those seen in T2*-weighted perfusion
MRI, SPECT, and PET imaging.
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MATERIALS AND METHODS

The method is based on dynamic brain imaging during
the passage of a peripherally injected bolus of paramag-
netic contrast agent, using a T1-weighted MR sequence.
In order to relate the MR signal to concentration of the
contrast agent, single point estimates of �R1 were per-
formed during the bolus passage. This was achieved by
measuring T1 and M0 before contrast injection, with the
implicit assumption of a constant M0 before and during
bolus passage.

All MRI experiments were performed on a 3.0T Philips
Intera Achieva (Philips Medical Systems, Best, The
Netherlands) equipped with Quasar Dual gradients
(with maximum 80 mT/m strength and 200 mT/m/ms
slew rate). All images were acquired using the quadra-
ture body coil as transmit coil and an eight-element
phased-array receive head coil. A saturation recovery
gradient recalled sequence was used both for an initial
T1 measurement and for the subsequent dynamic im-
aging of the first pass of a contrast agent through the
brain. Each slice was acquired after application of a 90°
nonselective saturation prepulse, followed by gradient
spoilers. After a saturation time delay (TD), echoes were
read out following RF flip angles � of 30°, a TR of 3.82
msec, and a TE of 2.1 msec. Centric phase ordering was
used. Scan matrix size was 96 with a scan percentage of
80% and a SENSE factor of 2. Field of view (FOV) was
240 mm and 4 slices of 8 mm thickness were obtained,
resulting in a spatial resolution of 2.5 � 3.1 � 8 mm3.
Images were interpolated to a matrix size of 256 � 256
by zero filling before reconstruction. The T1 measure-
ment was performed by varying the TD value (120, 150,
300, 600 msec, and 1, 2, 3, 4, 5, 6, 7, 8, 9, 10 seconds).
The T1 measurement serves as a calibration of the per-
fusion measurement and took �5 minutes to perform.

The passage of the contrast bolus was imaged using a
TD of 120 msec. Low TD has previously been shown to
minimize the effect of water exchange in such measure-
ments (4). The time resolution was 1.0 seconds. The
most caudal slice was placed orthogonal to the internal
carotid artery (ICA), based on an angio sequence in
order to obtain an arterial input function (AIF) with
minimal partial volume. In total, 180 frames were ob-
tained. The automatic bolus injection (speed 5 mL/s
followed by 20 mL saline) was started after the 10th
frame. The dose of contrast agent Omniscan (gadodia-
mide, 287 mg/mL equivalent to 0.5 mmol/mL) was
0.05 mmol/kg. The contrast was injected using an au-
tomatic contrast injector (Medrad, Pittsburgh, PA,
Spectris Solaris MR injector system). Anatomic turbo
spin echo images with high spatial resolution (matrix
size of 512 � 512, FOV 240 mm, 8 mm slice thickness,
acquisition time 2 minutes) were obtained, correspond-
ing to the four perfusion slices.

The MR signal is not linear in contrast concentration,
but the change of R1 (�R1) is proportional to the contrast
concentration both with regard to blood and tissue. The
MR signal as a function of time, t, s(t), and �R1(t) and
concentration c(t) are related by:

s�t� � M0sin����1 � exp� � TD�R1 � �R1�t����, �R1�t�

� r1c�t� [1]

The relaxivity r1 of Gd-DTPA at 3T was set to 4 s	1

mM	1, a value provided by the manufacturer. Equal
relaxivities were assumed for the intravascular com-
partment as well as for tissue in general. The MR signal
was converted to �R1 during the bolus passage, as a
single point-resolved T1 determination. This requires
the measurement of R1 and M0 before contrast injec-
tion. The signal equation for a saturation recovery (Eq.
[1] with �R1 
 0) was fitted to the data points in order to
determine T1 and M0. Having measured the initial R1

(before contrast injection) and M0, �R1(t), a function of
time during the bolus passage, is found from Eq. [1].
This procedure of converting the MR signal to �R1 has
been described previously (5,6). The method was imple-
mented both for ROIs and pixelwise calculation. With
regard to the input function, an ROI encompassing the
ICA was created. Then the pixel with the largest signal
increase was automatically selected and used for the
input function. In the case of tissue ROIs, on each of the
three most cranial slices, two ROIs were placed in fron-
tal gray matter, two ROIs in parietal/occipital gray mat-
ter, two ROIs in frontal white matter, and two ROIs in
parietal/occipital white matter. The size of the ROI for
both gray and white matter was �60 pixels. The ROIs
were drawn on the corresponding high-resolution ana-
tomical images. Care was taken to place ROIs in ‘pure’
tissue areas avoiding identifiable vessels on the high-
resolution anatomical image.

To provide a first impression of data quality the S/N
ratio was calculated simply for the baseline MR signal,
ie, the 15–20 data points, before bolus arrival. More-
over, contrast-to-noise (C/N, defined as the maximal
signal change divided by the standard deviation of the
baseline), and the ratio between maximal signal change
of the input function and maximal signal change of the
tissue curve, were calculated.

The concentration curves for blood, tissue, and per-
fusion are described by:

ct�t� � ca�t� � f r�t� [2]

where ct(t) is tissue concentration and ca(t) is arterial
concentration as a function of time t, f is perfusion, and
r(t) the residue impulse response function as a function
of time. Rewriting this equation in matrix form gives (7):

A R � C [3]

where the matrix A represents the input function as A 

�t[ca(t1) 0…0; ca(t2) ca(t1) …0;…; ca(tN) ca(tN	1) …. ca(t1)] as
a lower triangular matrix of size (N � N) corresponding
to N samples. The R vector represents the residue im-
pulse response function scaled by f: RT 
 f[r(t1)
r(t2)…r(tN)], and the C vector is the tissue concentration:
CT 
 [ct(t1) … ct(tN)]. This equation was solved by Tik-
honov’s procedure of deconvolution (8,9), which has
been used successfully in dynamic susceptibility T2*-
weighted perfusion MRI (10). Briefly, the idea is to de-
fine the regularized solution as the R which minimizes
the following weighted combination of the residual
norm and a side constraint:
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min� � AR � C � 2 � � 2 � L �R�� 2  [4]

The matrix L is a discrete approximation of the first
derivative operator. Hereby, nonphysiological oscilla-
tions of the residue impulse response function are sup-
pressed. The degree of suppression is determined by
the value of �. It can be shown that � also controls the
sensitivity of the regularized solution R(�) to perturba-
tions in ca(t) and ct(t), and � should therefore be chosen
with care. In contrast to a previous study (10), addi-
tional prior information was included by constructing R
from a basis set of polynomials, with K interior knots.
Choosing the polynomial order of M 
 4 results in a
cubic B-spline basis with continuous first and second
derivatives at the knots. The elements of R can therefore
be represented as:

f r�ti� � �
j
1

K�M

bj �ti� �j [5]

where bj represents the j’th B-spline, and vj represents
the polynomial coefficient of the j’th B-spline. In matrix
form where the indices denote the size, this can be
rewritten as RN,1 
 BN,K�M VK�M,1. It is seen that the
number of variables to be estimated is reduced from N
to K�M; we have chosen K 
 N/5 in order to keep a high
degree of flexibility of the residue impulse response
function. The elements of the B-matrix can easily be
computed as the Haar basis functions described previ-
ously (11). The general convolution in matrix form, C 

A R, is therefore replaced with C 
 A B V 
 D V, where
D is the new design matrix, and V 
 (v1,…vK�M)T, the
polynomial coefficients. Therefore, the final solution in
V is found by minimizing:

min � � DV � C � 2 � � 2 � L �V� � 2  [6]

This equation has a standard solution, which can be
found by general singular value decomposition (12).
The regularization parameter � was automatically de-
termined as the point of maximal curvature in a plot of
the residual norm versus the norm of the side con-
straint for each pixel or ROI (12), and f was then found
as the maximum value of f r(t) from Eq. [5]. In ischemic
brain diseases a notable delay of the tissue curve in
relation to the input function may occur. In contrast to
Calamante et al (10), we therefore shifted the tissue
curve back in time in order to establish concurrence of
blood and tissue enhancement. This was done auto-
matically by fitting a cubic spline function to the initial
part of the enhancement data points of the tissue and
blood. The inclusion of points was halted corresponding
to two points before peak enhancement. The time posi-
tion, corresponding to the maximal curvature of each
spline function, was calculated and used as an offset for
correcting a possible delay of tissue tracer arrival by
requiring concurrency between the input function and
tissue curve.

Patients

The study was performed in accordance with the guide-
lines for medical research in the Helsinki Declaration

and was approved by the Local Committee for Medical
Research Ethics. Seven patients (four men and three
women, mean age 41 years, age range 22–54 years) with
optic neuritis (ON) and two male patients, age 68 years
(patient A) and age 53 years (patient B), who had suf-
fered an acute stroke a week earlier, were examined
following their informed consent to participate. Of the
seven patients with ON, six had definite multiple scle-
rosis (MS) with a mean disease duration of 4 years
(range 0–12 years). The number of lesions was less than
7; all were smaller than 3 mm and nonenhancing. Both
stroke patients initially presented severe aphasia. The
patients recovered differently. The first patient’s lan-
guage impairment (patient A) was characterized as a
nonfluent aphasia of the Broca type. He had signs of a
generalized severe arteriosclerotic disease and experi-
enced a difficult recovery during the following weeks.
Patient B had a nonfluent aphasia, with completely
unaffected reading, writing, and grammar skills. Sub-
sequently his speech improved considerably and the
damage was restricted to articulary difficulties, dysar-
thria and dysprody.

After the perfusion measurement, additional contrast
was given in most cases to fulfill the requirement of the
diagnostic scanning procedure.

RESULTS

Figure 1 shows an example of R1 and M0 maps of the
four slices. The R1 maps show the expected gray white
matter contrast. T1 of gray matter was 1.25 � 0.11
seconds (SD) (R1 
 0.81 � 0.09 s	1), and T1 of white
matter was 0.84 � 0.08 seconds (R1 
 1.21 � 0.11 s	1)
for the tissue ROIs described above. This is in good
agreement with previously published values (13). Fig-
ure 2 shows representative timeframes of the caudal
slice from which the input function was taken, as well
as a more superior slice through the basal ganglia. The
arteries here can be clearly identified. Figure 3a shows
MR signal curves during the passage of the contrast
agent. It shows an arterial input function (AIF) and a
tissue curve for an ROI placed in gray matter. Figure 3b
shows these curves after conversion to concentration,
and Fig. 3c shows the model fitted to the observed
tissue curve, while Fig. 3d shows the corresponding

Figure 1. The first row shows calculated R1 maps correspond-
ing to the four slices. The second row shows the corresponding
M0 maps. Note the signal distribution reflecting the coil sensi-
tivity profile.
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residue impulse response function, r(t). Figure 4 shows
two examples of pixelwise calculated CBF maps of two
patients with ON. Figure 5 illustrates the result of the
CBF measurement of the stroke patients. Figure 5, up-
per row, shows a T2-weighted image, a diffusion-
weighted image, and the CBF map of the same slice
through the infarct of patient A. The CBF map shows an
area corresponding to the gray matter of insula of pro-
nounced hypoperfusion. The lower row shows the same
type of images for patient B. The anterior stroke lesion
showed postischemic hyperperfusion (14), while the
posterior lesion showed only mild hyperperfusion. The

mean transit time (MTT) is equal to the area under r(t),
and the cerebral blood volume (CBV) is given by CBV 

CBF MTT. Pixelwise calculation of MTT and CBV was
performed and the corresponding maps are shown for
the two stroke patients in Fig. 6. Figure 6 shows patient
A (upper row) with an increased MTT in the entire MCA
area. Figure 5 (upper row) also shows a slight decrease
of perfusion in the MCA area outside the infarct.

Table 1 shows S/N and C/N calculated for all ROIs in
gray and white matter, together with the standard de-
viation between ROIs. S/N and C/N were also calcu-
lated for a single pixel within ROIs and the mean value
within the ROIs is shown in the table, together with the
standard deviation of these mean values between ROIs.
When comparing S/N for a single pixel and an ROI the
image interpolation should be taken into account, and
the expected improvement of S/N for an ROI should be
a factor of 2–3, in line with the findings. The ratio
between MR signal change of the input function and MR
signal change of tissue is calculated for all ROIs in white
and gray matter.

Table 2 shows the results of perfusion from ROIs
placed in the tissue of patients with optic neuritis.
There was no regional dependence of perfusion either
for gray or white matter.

ROIs were placed inside the lesions and in symmet-
rically contralateral position in the two stroke patients.
The positions of the ROIs are shown in Fig. 6. Patient A
(upper row of Figs. 5, 6) had CBF, CBV, and MTT values
of 9.0 � 1.1 mL/100g/min, 4.2 � 0.4 mL/100g, 27.9 �
3.6 s, respectively, in the lesion. The corresponding
values of the contralateral ROI (insular gray matter)
were 66.3 � 19.5 mL/100g/min, 4.1 � 0.7 mL/100g,

Figure 2. First row shows dynamically obtained images of the
most caudal slice and the second row a slice through the basal
ganglia. The first column is obtained before contrast arrival,
while the second column shows the arterial phases, where a
bright signal is seen in the ICA and basilar artery. The third
column shows the situation about 6 seconds later when con-
trast has arrived in the larger veins, while the last column
shows the situation 30 seconds after bolus injection.

Figure 3. a: MR signals (AIF) corresponding to an ROI placed in ICA (solid curve), and an ROI placed in gray matter (dashed
curved) as a function of time during the bolus passage. Note the different scaling of the right and left axis; b: The two curves
converted to concentrations (in mM). c: Model fit (fully drawn curve) to obtained tissue data points (dots), ie, the tissue curve in
b. d: The corresponding residue impulse functions, r(t).
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3.9 � 0.8 s, respectively. Patient B (lower row in Figs. 5,
6) had the following values in the lesion: 140.2 � 47
mL/100g/min, 7.0 � 1.2 mL/100g, 3.2 � 1.2 s, and for
the contralateral ROI (frontal gray matter): 51.9 � 12.0
mL/100g/min, 3.7 � 0.8 mL/100g, 4.3 � 0.7 s.

DISCUSSION

Dynamic contrast-enhanced T1-weighted MRI of the
brain, or other tissues such as breast tissue, is nor-
mally performed for the purpose of measuring the leak-
age of the contrast agent from blood to tissue ie, the
capillary permeability. This permeability is related to

the degree of inflammation or the degree of neovascular
formation, which again might be related to the degree of
malignancy. The findings of the present study show
that it is possible to measure perfusion on a regional
basis, and also to generate CBF maps from dynamic
contrast-enhanced T1-weighted MRI at a field strength
of 3T. The perfusion values obtained are in agreement
with the most established PET values from the litera-
ture (15–18). PET values for gray matter are typically
found in the range 40–60 mL/100g/min with a stan-
dard deviation of 10%–30% when using H2

15O. How-
ever, results are dependent on the model used, and in
particular models that attempt to correct for, or are not

Figure 4. Typical CBF maps with color scale for two different ON patients.

Figure 5. Two stroke patients are presented. Both patients suffered from aphasia. MRI performed 1 week after the debut of acute
symptoms. First row shows the same slice of patient A obtained with conventional T2-weighted imaging, DWI (b factor 1000
s/mm2) and the CBF map. The second row shows the same slice obtained with the same type of imaging for patient B. A
pronounced hyperperfusion (so-called luxury perfusion) corresponding to the anterior lesion is noted.
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affected by, partial volume effects between gray and
white matter, and have shown perfusion values around
100 mL/100g/min for gray matter (19,20). A gold stan-
dard for human brain perfusion is difficult to establish.

The use of T1-weighted imaging in order to obtain
information about the vascular system of the brain,
other than the capillary permeability, is not entirely
new. In two studies (21,22) CBV was calculated based
on dynamic imaging during the bolus passage after
injection of a very low dose of Gd-DTPA (1/7 of normal
dose). In Ref. (22) CBV was calculated as the integral of
the tissue curve divided by the integral of a blood curve
taken from the sagittal sinus as a substitute for an
arterial curve. Even though the relationship between
signal change and concentration of the contrast agent
was only approximated, consistent values for CBV were
obtained. Moody et al (23) calculated CBF using an
inversion recovery MR sequence at 1T. CBF calculation
was based on the ‘maximum gradient’ model which
basically states that perfusion can be calculated as the
maximum rate of change of tracer concentration in tis-
sue divided by the maximum of the local arterial con-
centration. For this calculation to hold true, the as-
sumption is made that the bolus of contrast is
sufficiently compact, so there is no significant egress of

contrast from tissue before the peak of the AIF. This
condition is very challenging in the brain, especially in
patients with vascular brain diseases. Even though the
effective inversion time was 800 msec, which previously
has been shown to result in a severe underestimation of
CBF due to water exchange if a normal dose is used (4),
Moody et al found CBF values in gray matter of 42.6
mL/100g/min, a little lower than our values. We think
that the reason for not obtaining a severe underestima-
tion CBF is related to the fact that a very low dose of
Gd-DTPA (1/10 of normal dose) was employed, thus
keeping the condition of a fast water exchange rate
valid. The very low dose of contrast agent was chosen in
order to achieve linearity between the MR signal and
concentration of the contrast agent in tissue and blood.
However, in the case of a second bolus injection shortly
after the first, this linearity was lost, preventing re-
peated measurements in the same session. Our previ-
ous (4) and present study deviates from the study of
Moody et al (23) in several respects, as we use: 1) a
higher field strength; 2) a receive-only head coil, facili-
tating application of a prepulse from the body-coil to a
larger volume, thus diminishing an unwanted wash-in
effect of arterial blood; 3) conversion of the MR signal to
R1, which allows a higher dose to be used with an
improved S/N ratio; 4) no denoising of data; 5) a much
shorter inversion time or saturation time delay mini-
mizing the effect of water exchange; and 6) four slices
with a higher time resolution. Finally, we used a decon-
volution approach, which has a much more general
validity than the ‘maximum gradient’ model.

The patients with ON in the present study were only
mildly affected, and unlikely to have significantly devi-
ating CBF values compared to normal subjects. The two
stroke patients may illustrate different courses after a
stroke. Generally, the frequency of reperfusion in-

Figure 6. CBV and MTT maps are shown for patient A (upper
row) and patient B (lower row). The slices are the same as in
Fig. 5. CBF, CBV, and MTT values were obtained from the ROIs
shown on the CBV maps (see Results).

Table 1
S/N and C/N Calculated for All ROIs in Gray and White Matter

Mean � SD Gray Matter Tissue ROI Gray Matter Tissue Pixel White Matter Tissue ROI White Matter Tissue Pixel

S/N 110 � 35 58 � 12 127 � 38 70 � 14
C/N 31 � 11 17 � 5 12 � 4 7.2 � 1.3
�Sinput/�Stissue 26 � 7 60 � 13

ROI, region of interest; S/N, signal to noise ratio; C/N, contrast to noise ratio; �Sinput/�Stissue, maximal signal change of the artery divided by
the maximal signal change of the tissue.

Table 2
Results of Perfusion From ROIs Placed in the Tissue of Patients
With Optic Neuritis

CBF for
Mean � SD

(ml/100g/min)

Frontal gray matter 61.4 � 15.4
Parietal/temporal gray matter 62.7 � 16.0
Occipital gray matter 64.2 � 17.2
Frontal white matter 22.4 � 5.6
Parietal/temporal white matter 20.1 � 5.6
Occipital white matter 21.6 � 3.2

ROI, region of interest; CBF, cerebral perfusion.
Perfusion values calculated using Tikhonov’s method of deconvolu-
tion.
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creases rapidly after a stroke, eg, from zero at the time
of onset to 60% on day 7, reaching a maximum on day
14, where 77% showed reperfusion (24). Reperfusion is
often associated with hyperperfusion, also called lux-
ury perfusion. The phenomenon indicates recanaliza-
tion of an occluded artery (25). It has also been noted
that significant clinical improvement is observed in pa-
tients with spontaneous reperfusion, while no improve-
ment occurs in patients without reperfusion (24). This
differential course of improvement was also observed in
our two cases, and close correlation between the diffu-
sion-weighted images and the CBF and MTT maps was
found. This could indicate that the presented method
could be useful in management of patients, but this
needs further validation in a larger group of stroke
patients. In a preliminary study the method was shown
to be sensitive to induced change in CBF during visual
stimulation, where a 30%–40% increase in CBF in pri-
mary visual cortex was found (26).

The method benefits from the high field strength of
3T. Previous similar studies at 1 and 1.5T have shown
that it was possible to measure perfusion from ROIs,
but with a low S/N ratio of CBF maps (4,23). The ICA,
from which the input function was obtained, was easily
identified during the bolus passage. The dynamic T1-
weighted sequence was optimized in order to obtain a
high time resolution of 1 second, which is normally
considered fast enough for obtaining the first pass
through the brain. Therefore, only four slices could be
obtained. However, increasing the SENSE factor to 3
may allow six slices to be obtained with a time resolu-
tion of 1.2 seconds. The MR signal of the input function
and tissue was converted to change in relaxation rate,
which is normally considered linear in concentration
(3). This was done by measuring T1 (
1/R1) and M0

before contrast injection. The sequence used for the T1

measurement and for the first pass was identical and
employed centric phase encoding. In the corresponding
signal equation M0 is therefore a constant which in-
cludes proton density and local receiver gain. In the
case of centric phase encoding, the local variation of the
RF flip angle can be lumped together with M0, which
eliminates the effect of the uncertainty of a nonaccurate
RF flip angle. The remaining uncertainty is therefore
related to inaccuracy of the initial 90° nonselective sat-
uration prepulse. In our case, no systematic regional
variation of the CBF could be detected. However, future
versions of the perfusion sequence might utilize a com-
posite 90° pulse in order to increase robustness to T1

variation and B1 inhomogeneity.
Deconvolution was performed by Tikhonov’s method

(8,9). It differs from the standard singular value decom-
position (SVD) by the inclusion of additional con-
straints in order to reduce oscillations of the residue
impulse response function r(t). Additionally, r(t) is con-
structed from polynomials, making it differentiable.
These constraints are well justified, since it is known
that r(t) should decay monotonously (or stay constant).
Indeed, the residue impulse response function showed
very few oscillations. This is in accordance with the
findings by Calamante et al (10). The oscillations do not
directly bias the perfusion estimate, but may have an
effect on MTT, which is equal to the area under the

residue impulse response function. We did not system-
atically investigate the influence of oscillations on MTT.
However, as shown in Fig. 3d, the oscillations are small
compared to the initial peak. Further, positive and neg-
ative excursions tend to cancel each other out, and thus
we consider it likely that the oscillations have a minor
influence on the determination of the MTT. Linear de-
convolution, as used in standard SVD and the present
method of deconvolution are very sensitive to tracer
arrival delay between the arterial input function and
the tissue curve (27). Particularly, severe overestima-
tion of CBF may be encountered if, for some reason, the
tissue curve precedes the chosen arterial input func-
tion. It is therefore important to correct a time delay
(positive as well as negative) between the two curves.
This can be achieved by employing a block-circulant
deconvolution matrix, which makes the result rather
insensitive to time delay (28), or by shifting the arterial
input function, whereby the input function and the
tissue curve start rising at the same time, ie, delay
becomes zero. Block-circulant deconvolution may itself
give rise to spurious oscillations of the residue function
(28) and, in addition, to underestimation of the CBF
(29). Therefore, in the original reference (28) the block-
circulant deconvolution was implemented together with
pixelwise minimization of the oscillations of the residue
function by use of an oscillation index (28). We also
employed pixelwise regularization of the residue im-
pulse function by Tikhonov’s method together with a
timeshift of curves. A further study and comparison of
the various methods is desirable especially for perfu-
sion data obtained with T1-weighted imaging, as the
relation between the arterial input function and tissue
curve seems to differ from the corresponding relation
obtained from T2*-weighted imaging. The presented
method depends critically on a number of factors. The
diameter of the ICA is about 5–7 mm, and when using
an in-plane resolution of 2–3 mm some degree of partial
volume can occur. This will result in an underestima-
tion of the input function and consequently an overes-
timation of perfusion values. However, the interpreta-
tion of the CBF maps will not change as the effect will
result in an overall scaling of the image. Conversion of
the MR signal during the bolus passage to contrast
concentration relies on the accuracy of Eq. [1]. Errors in
perfusion calculations will occur if the 90° saturation
pulse deviates from the nominal value globally or lo-
cally, as mentioned above. An underestimation of per-
fusion will occur if the water exchange is in the inter-
mediate or slow exchange regime during the bolus
passage. However, a relatively short saturation time
delay of 120 msec may result in an underestimation of
maximum 5%–10% (4). The selected TD is related to the
trade-off between loosing signal and sensitivity for
short TD (signal vs. contrast concentration becomes
flatter) and the underestimation of perfusion due to the
water exchange for longer TD values. In the present
study we assume equal relaxivity of the contrast agent
for blood and tissue. Under this assumption the abso-
lute magnitude does not affect the CBF estimate. If the
relaxivity is different a simple scaling of the CBF values
will result. Again, this effect will not change the inter-
pretation of the CBF maps. The S/N for tissue was
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found to be better than the S/N ratio for dynamic sus-
ceptibility T2*-weighted MRI, which is around 20 (10).
The signal ratio for the input function to the tissue
curve was 26–60. This broad range may create difficul-
ties during image acquisition if not taken into account.
A ratio of 30–60 is also found in perfusion CT, where
attenuation values are linear in concentration of the
iodine contrast agent (30). This is in contrast to dy-
namic susceptibility T2*-weighted perfusion MRI, where
this ratio is typically found to be 3–10 (31). Therefore,
perfusion values obtained with T2*-weighted perfusion
MRI are higher than expected if not normalized (1,2,32).

Preliminary studies have shown that the BBB perme-
ability can be measured simultaneously from the same
data obtained when using the present method (33). The
permeability can be found from the slope of the result-
ing linear part of the curve obtained when plotting the
instantaneous ratio of tissue concentration over the
blood concentration as a function of the ratio of the
integrated blood concentration over the instantaneous
blood concentration in a Patlak plot (34). The transfer
constant, Ktrans is equal to the PS product in the case of
diffusion limited transport over the BBB. No confound-
ing effect of BBB leakage was observed in that study
(33), as opposed to dynamic susceptibility T2*-weighted
perfusion imaging (35).

In conclusion, the present study shows that T1-
weighted imaging at 3T can be used to generate quan-
titative perfusion maps, which may be helpful in eluci-
dating pathophysiology as well as in risk assessment
for stroke patients and similarly affected patients.
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