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Abstract
Objective We investigate the implications of high magnetic
field strength on MR venography based on susceptibility-
weighted imaging (SWI) and estimate the optimum echo time
to obtain maximum contrast between blood and brain tissue.
Materials and methods We measured tissue contrast and
T ∗

2 relaxation times at 7 T of gray matter, white matter, and
venous blood in vivo.
Results T ∗

2 relaxation times of gray matter, white matter,
and venous blood in vivo yielded 32.9 ± 2.3, 27.7 ± 4.3,
and 7.4 ± 1.4 ms, respectively. Optimum TE was found to
be 15 ms which is supported by theoretical considerations.
Using this optimum TE, we acquired 3D high resolution
datasets with a large volume coverage in a short measure-
ment time that show very detailed microanatomical structures
of the human brain such as intracortical veins and laminar
cortical substructures.
Conclusions By applying optimised vessel filters (vessel-
ness filter and vessel enhancing diffusion) whole brain MR
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Introduction

The purpose of this paper is to describe the implications of
very high magnetic field strengths—namely 3 and 7 T—for
the contrast of SWI-based MR venography [1]. SWI is based
on the (static) blood oxygenation level dependent (BOLD)
effect [2–5] and has primarily been used at a low field strength
of 1.5 T. Within the recent years the applications of SWI
have been extended well beyond MR venography. They range
from clinical applications, such as tumor diagnostics [6–9],
trauma [10], stroke [11], and multiple sclerosis [12], to appli-
cations in functional MRI to remove venous contributions
[13]. High magnetic fields have potential advantages for SWI,
due to higher intrinsic SNR but, more importantly, due to
higher contrast in both magnitude and phase images for tis-
sues that contain iron-carrying paramagnetic substances. One
could think of deoxyhaemoglobin in venous structures, but
also ferritin in deep brain nuclei or methemoglobin contained
in certain neuropathologies.

However, when B0 is changed it is important to opti-
mise sequence parameters, in particular echo time TE, as T ∗

2
values change significantly with field strength. The impor-
tant practical implications of high fields are: At first, maxi-
mum contrast between veins and surrounding tissue can be
obtained at a shorter TE; thus, TR can be reduced resulting
in shorter measurement times. Secondly, the net magnetiza-
tion is higher, leading to a higher intrinsic signal that can
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be traded off for higher spatial resolution or shorter mea-
surement time, or both. In addition, shortening measure-
ment times by using parallel imaging methods becomes more
beneficial at high fields [14]. In the following: we estimate
the echo time that is optimal for MR venography at high
fields by investigating T ∗

2 related effects. We use these find-
ings to acquire high resolution datasets with large volume
coverage in a relatively short measurement time that show
very detailed anatomical structures of the human brain down
to laminar cortical substructures. Furthermore, by applying
dedicated filters (Utrecht vesselness filter and vessel enhanc-
ing diffusion) detailed whole brain MR venograms can be
obtained.

Theoretical considerations

SWI-based MR venography uses the fact that paramagnetic
deoxyhaemoglobin in veins causes a shift in resonance fre-
quency between the venous vessel and the surrounding tissue.
This leads to dephasing in case both tissues are present within
a voxel. A difference in T ∗

2 relaxation times of venous blood
and brain tissues is another source of contrast [2]. In case the
vein is not running parallel to B0 an additional extravascu-
lar field around the vessel can also cause signal cancellation
due to the induced magnetic field gradients in the extravascu-
lar space [15]. In gradient echo imaging the resulting signal
loss can be large, which makes it possible to visualise even
small, sub-voxel sized vessels due to these combined effects
[1,3–5]. SWI-based venography does not require a suffi-
cient flow velocity, as do other MR angiographic methods,
which enables the depiction of very small venous vessels. In
SWI-based venography, high spatial resolution increases the
venous blood volume fraction within a voxel and leads to a
better visualisation of small venous structures. High resolu-
tion comes at the cost of decreased SNR and longer measure-
ment times which can, at least partly, be compensated for by
using higher field strengths.

In order to estimate the echo time at which optimum con-
trast is obtained at different field strengths one can calculate
pure T ∗

2 contrast C(TE) between venous blood and tissue
according to:

C(TE) = exp(−TE/T ∗
2T ) − exp(−TE/T ∗

2B) (1)

Here, T ∗
2B denotes the relaxation time of blood and T ∗

2T
denotes the one of tissue at the field strength of interest. We
used the results of T ∗

2 measurements at 7 T that we performed
in this study and used Eq. 1 to obtain the echo time for opti-
mum contrast for MR venography at this field strength and
experimentally validated this estimation.

Materials and methods

MR imaging

All experiments were performed on whole body MRI scan-
ners (Siemens, Erlangen, Germany) at field strengths of 3
and 7 T. At 3 T the 8 channel head array of the manufac-
turer was used and, for imaging the visual cortex, a custom
built eight channel array (Stark Contrast, MRI Coils, Erlan-
gen, Germany) covering the occipital cortex (see [13]). At
7 T a CP head coil (InVivo, USA) and an eight channel array
coil (RAPID, Germany) were used. Where indicated, parallel
imaging implemented as GRAPPA [16] was used to acceler-
ate the acquisition by an acceleration factor (AF) of 2.

SWI data were obtained using a 3D, first-order flow-
compensated gradient echo FLASH sequence. The following
imaging parameters were used:

3 T: repetition time (TR) = 35 ms, echo time (TE) = 28 ms,
flip angle (α) = 15◦, readout bandwidth (BW) = 120 Hz/px.
For the occipital SWI dataset a resolution of 0.75 × 0.75 ×
0.75 mm3 (0.42 µl) was used (MA = 144 × 192; 40 slices).
The original dataset had eight functional volumes (acquisi-
tion time TA = 2 min per volume) which were acquired using
the occipital coil array. Only the “rest condition” volumes
were used because functional activation reduces the contrast
between dark veins and bright brain tissue in activated areas.
For more details on this dataset see [13]. The whole brain
SWI dataset (TA = 15 min, AF = 2, 128 slices) was acquired
with a resolution of 0.57 × 0.57 × 1.25 mm3 (0.41 µl) using
a sagittal slab orientation to reduce artefacts related to turbu-
lent flow in arteries near the base of the brain.

7 T: TR = 22 ms, TE = 15 ms, α = 15◦, BW = 120 Hz/px.
The whole brain SWI dataset (TA = 10 min, AF = 2, 128
slices) was acquired in sagittal orientation with a resolution
of 0.57 × 0.57 × 1.25 mm3 (0.41µl). To detect very small
anatomical structures a transverse orientation with a reso-
lution of 0.27 × 0.27 × 1.5 mm3 (109 nl) was used (TA =
13:30 min, AF = 2, 72 slices). In order to estimate T ∗

2 , a multi
(twelve) echo version of the previously described sequence
(without flow compensation) was used in four subjects with
TE ranging from 5 ms to 60 ms (TR = 70 ms), interecho delay
was 5 ms (BW 210 Hz/px). T ∗

2 values of gray matter (GM),
white matter (WM) and venous blood were obtained using
respective ROIs from a non-linear fit routine (curvefit) imple-
mented in IDL (Creaso, Germany). All echoes were used in
the fit procedure except for estimating the short T ∗

2 of venous
blood in the sagittal sinus where the first five echoes were
used. By using ROIs containing veins perpendicular to B0

and ROIs of surrounding tissue, we estimated the contrast in
dependence of TE.

Phase images were created by reconstructing the phase
images for each coil individually for the high resolution trans-
verse dataset. Using the 2D unwrapping tool � UN [17–19],
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these images were unwrapped while masking out regions of
low SNR. The eight resulting volumes were high-pass fil-
tered and averaged using weighting factors: for each coil
a smoothed magnitude image using a large kernel was cre-
ated while disregarding information coming from outside the
brain to avoid brain edge enhancement. These images were
used as estimated sensitivity profiles. For each voxel, a coil’s
weighting factor was calculated as the intensity of the voxel
in the smoothed image of that coil divided by the sum over
all coils.

MR venography

The performance of two automated vein segmentation meth-
ods (described below) was evaluated in a low and high SNR
situation using the magnitude of a functional SWI dataset of
the occipital cortex where it was important to automatically
identify veins. Due to the nature of the coil, a large signal
intensity gradient was present (see Fig. 1a depicting the slab
orientation and Fig. 1b showing a central slice of the dataset).
Because a part of both vein segmentation filters was sensitive
to absolute intensity values, this inhomogeneity gradient was
corrected for by estimating a low frequency bias field. This
bias field was obtained by smoothing the magnitude data
with a very large (20 mm FWHM) Gaussian kernel while
ignoring the data outside the brain to avoid edge enhance-
ment. To test performance in a high SNR case an average
over four volumes after motion correction was used, for the
low SNR case a single volume was taken. Motion correction
was performed using a weighting volume, because the fat on
the scalp would otherwise severely compromise the motion
parameter estimation due to its movement with respect to the
brain.

Further processing was performed using the vesselness
filter developed by Frangi et al. [20] at the Image Sciences

Fig. 1 Overview of occipital SWI dataset showing the extent of inten-
sity inhomogeneity; a approximate slab orientation, b magnitude image
of a single slice of this 3D dataset. 49 × 35 mm (150 × 150 DPI)

Institute Utrecht (dubbed Utrecht vesselness filter further on)
and by using vessel enhancing diffusion (VED) [21]. In the
following we briefly describe these methods, a more detailed
description can be found in [21]. In addition, manual vein seg-
mentation was performed on the average volume to be com-
pared with the automated segmentation approaches. Apart
from assessing the performance of both filters with respect
to SNR in the case of a functional experiment, using a ded-
icated coil covering the visual cortex only, we also applied
both filters to a whole brain dataset acquired at 3 T and applied
the VED filter to a whole brain dataset of the same subject
acquired at 7 T.

Vesselness filter

The Utrecht vesselness filter is based on the second order
image information, represented by the Hessian matrix. By
analysing the eigensystem of the Hessian, a likeliness func-
tion can be formulated to distinguish tubular structures (ves-
sels) from non-tubular structures (e.g., background noise).
The Hessian is calculated at a particular spatial scale which
will be varied to detect vessels of different diameters. The
eigenvalues (λj) of the Hessian, sorted by increasing magni-
tude (|λ1| < |λ2| < |λ3|), describe the local second order
structure in an image. For instance, if λ3 has a high value and
λ1 and λ2 are low, it means that there is an intensity change
in a single direction only, in other words, we are dealing
with a plate-like structure. The vesselness filter function is
constructed to respond to dark tubular structures and to sup-
press all other structures by using these eigenvalues and three
tuning parameters: one suppressing blob-like structures (α),
one suppressing plate-like structures (β) and one suppress-
ing background noise (c). This last one is sensitive to the
absolute intensity of the image. The total vessel-likeliness
filter which selects vessels which are dark with respect to
their surroundings is shown in Eq. 2.
V = 0 in case λ1 > 0 or λ2 > 0, else

V =
(

1 − e− R2
A

2α2

)(
e
− R2

B
2β2

)(
1 − e− S2

2c2

)
(2)

with

RA = (Largest Cross Section Area)/π

(Largest Axis Semi-length)2 = |λ2|
|λ3| (3)

RB = Volume/(4π/3)

(Largest Cross Section Area/π)3/2 = |λ1|√|λ2λ3| (4)

S = ‖H‖F =
√∑

j≤D

λ2
j . (5)

In this study, the values for α and β were both 0.5 as
suggested in [20]. In previous work [22] we investigated the
influence of parameter c and found that a too low value will
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degrade the contrast of the Utrecht filter output. A too high
value will not affect this contrast, however it will lower the
absolute value of the vessel likeliness which, in turn, degrades
the performance of the VED filter (explained below) as it
makes use of the Utrecht filter output. In the current study
a good value for c was empirically found to be 10% of the
median intensity value within the brain after inhomogeneity
correction. The spatial scale of the filter was varied between
0.1 and 1 mm. Note that using a scale of 0.1 mm does not
mean we can detect vessels of 0.1 mm in diameter, which is
much smaller than the voxelsize. It just means that the stan-
dard deviation of the Gaussian used to calculate the deriva-
tives is 0.1 mm, i.e., the derivative is calculated in an almost
discrete fashion.

Vessel enhancing diffusion

The VED filter method [21] is an iterative process making
use of the vesselness filter. During each iteration the data
is processed in such a way that the vesselness filter output
will be improved in the next iteration by applying a diffu-
sion scheme of varying (an)isotropy to the data. The nature
of this scheme is determined by the vessel-likeliness found
by the vesselness filter. If the voxel in question has a low
vessel-likeliness, isotropic diffusion occurs, if it has a high
vessel-likeliness, anisotropic diffusion occurs in the direction
of the vessel. The strength of the vessel-likeliness response
is determined by separate parameters of the VED (in this
study, ω = 25, ε = 0.01 and t = 0.001, for further details
on these parameters see [21]). After the dataset has been
“smoothed” in this fashion, the vesselness filter is applied
again to determine the new vessel-likeliness and the process
is repeated a number of times. In this study five iterations
were used.

Filter performance assessment

To assess the performance of both filters with respect to SNR,
maximum intensity projections over a few (eleven) slices
were made along with a minimum intensity projection of
the same slices of the original data. The VED filter output
was thresholded and overlaid onto the original data to be
compared to an overlay image of the manual segmentation.
Both overlays were based upon the high SNR case. For the
whole brain datasets maximum intensity projections were
made to qualitatively assess the differences between vessel-
ness filtering only and VED at 3 T. The 3 T VED result
was also compared to the 7 T result. Note that in order to
obtain good 3D projections of the datasets the brain was
extracted (i.e., the skull was removed) in every dataset using
FSL–BET.

Results

T ∗
2 contrast at different field strengths

In our relaxation time measurements at 7 T, T ∗
2 values of 32.9

± 2.3 ms (occipital GM), 27.7 ± 4.3 ms (occipital WM out-
side the optical tract), 7.4 ± 1.4 ms (venous blood within the
sagittal sinus) were found which are in excellent agreement
with literature values [23]. Literature values for T ∗

2 of gray
and white matter as well as venous blood at common field
strengths (1.5, 3, and 7 T) are given in Table 1. It becomes
clear that the range of values is relatively large which may in
part be attributed to the influence of macroscopic B0 inho-
mogeneity. In order to estimate T ∗

2 related contrast, we make
use of Eq. 1 and insert the field dependent T∗

2 values. For
simulations of the GE contrast between blood and tissue at
different B0, the mean T∗

2 value of the range, given in Table 1,
was used for 1.5 and 3 T. For 7 T the values obtained in this
study were used. As GM and WM have very similar T ∗

2 , GM
is assumed to be representative for brain tissue. Optimal T ∗

2
contrast can then be estimated to occur at an echo time of
around 64 ms (1.5 T), 35 ms (3 T) and 14 ms (7 T). In Fig. 2
the contrast normalised to the GM signal at TE = 20 ms is
plotted versus TE for the three field strengths. Compared to
1.5 T, the contrast at the echo time where the maximum con-
trast occurs (without accounting for noise) is increased by a
factor of 2.7 at 3 T and 4.6 at 7 T, respectively. We compared
these simulations to the measured contrast between veins per-
pendicular to B0 and surrounding tissue at 7 T. These values
are plotted as squares (± standard deviation over subjects) in
Fig. 2. The echo time where maximum contrast at 7 T occurs
(i.e., at 15 ms) corresponds very well to the one found in the
simulations. The normalised contrast was different due to
additional dephasing effects that are not accounted for in the
simulations. Accordingly, in all MR venography measure-
ments an echo time of 15 ms was used to obtain optimum
contrast for veins.

Table 1 T ∗
2 relaxation times (ms) of gray matter, white matter and

venous blood as a function of magnetic field strength

T ∗
2 (ms) 1.5 T 3 T 7 T

Venous blood (Y ∼ 0.7) 42b–70a 20–29g 6.8c–13f

Gray matter 65d–84h 41.6e–66h 33.2h–36f

White matter 66.2h 48.4e–53.2h 26.8h–35f

a Chien et al. [37]
b Barth and Moser [38]
c Yacoub et al. [39]
d Kruger et al. [40]
e Wansapura et al. [41]
f Li et al. [42]
g Blockley et al. [43]
h Peters et al. [23]
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Fig. 2 Simulated T ∗
2 contrast between brain tissue and blood. Contrast

is plotted versus TE for different B0 (solid line: 1.5 T; dotted line:
3 T; dashed line: 7 T). Square symbols represent measured contrast
between veins perpendicular to B0 and surrounding tissue at 7 T, error
bars reflect standard deviation over subjects. Contrast is normalised to
the GM signal at TE = 20 ms. 129 × 129 mm (150 × 150 DPI)

In Fig. 3a magnitude and phase images of a high reso-
lution, transverse SWI dataset acquired at 7 T using a TE
of 15 ms is shown. To appreciate the small details zoomed
sections of this dataset are shown in Fig. 3b. Note the high
contrast even for very small anatomical structures visible on
the zoomed magnitude and phase images, such as intracortical
veins and layered structure of gray matter. Although gener-
ally the magnitude images show more details some structures
are only visible on the phase images.

MR venography

Figure 4 shows the projection images of the filter results.
Fig. 4a–c shows the mIP of the low SNR data (a), the MIP of
its vesselness filter output (b) and the MIP of its VED filter
output (c), respectively. In Fig. 4a the veins are clearly visible
as dark structures within the bright brain tissue. The top part
of the image (the more anterior–dorsal part) which is furthest
away from the coil array suffers from very low SNR. In this
region the vesselness filter (Fig. 4b) clearly fails to suppress
the noise. The VED filter (Fig. 4c) is better able to contrast
the vessels with respect to the noisy background although
at extremely low SNR values it still shows a lot of false
vein classification. Figure 4d–f shows the same as Fig. 4a–c
for the higher SNR case. While the Utrecht vesselness fil-
ter (Fig. 4e) does not result in a good contrast between noise
and vessels, the VED (Fig. 4f) shows good results. The result

from Fig. 4f was compared to manual segmentation using two
overlay images. Figure 4g shows the manual segmentation
overlaid upon Fig. 4d, the mIP of the average dataset. Fig-
ure 4h shows the VED result from Fig. 4f overlaid on Fig. 4d.
Apart from the uppermost part of the noisy region, the VED
filter output is comparable to manual segmentation.

Figure 5 shows MR venograms of the whole brain scans
of the same subject at 3 T (both Utrecht vesselness filter
results as well as VED results are shown) and 7 T (VED
results shown). Note the detailed depiction of the venous
vasculature.

Discussion

Phase and T ∗
2 contrast at different field strengths

In addition to the contrast based on T ∗
2 effects, the contrast

is also influenced by a phase effect that is due to the bulk
magnetic susceptibility within the venous vessel. This causes
an average frequency shift for all the protons inside the vessel.
The accumulated phase angle � of the venous blood can be
written as [24]

φ(TE) = γ · 
B · TE (6)

where γ is the magnetogyric ratio for protons (2.678 ×
108 rad/sT), 
B the field difference between blood and
surrounding tissue. In a simple approach the magnetic field

B inside the vessel can be written as


B = 2 · π · χdo · B0 ·
(

cos2 θ − 1

3

)
· (1 − Y ) · Hct (7)

where χdo is the susceptibility difference between fully
deoxygenated and fully oxygenated blood, Y is the fractional
oxygen saturation of the blood in the vessel, and Hct is the
average volume fraction of hematocrit in blood. θ represents
the angle between the blood vessel and the static field, B0.
In case θ = 0◦ one can estimate the maximum dephasing
between vein and tissue if both are present within a voxel. Set-
ting the parameters accordingly to Y = 0.7 [25], Hct = 0.40
[26], χdo to 0.27×10−6 [27], this yields � ≈ 12 ·π ·T E · B0.
The maximum signal cancellation—i.e., phase difference �

equal to π , between tissue and a vein that runs parallel to
B0 should then occur at TE equal 57 ms (1.5 T), 28 ms (3
T), and 12 ms (7 T). In case θ �= 0◦ an additional extravas-
cular field around the vessel will cause additional dephasing
that is quite complex and also depends on vessel size, ves-
sel position and the ratio of voxel dimensions [28]. These
parameters also influence the signal decay versus TE. How-
ever, an in vivo study has shown that a signal minimum (i.e.,
maximum contrast) occurs at a comparable TE for both the
parallel case as well as the other extreme case when the vessel
runs perpendicular to B0 [29].
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Fig. 3 a Magnitude (left
column) and corresponding
phase image (right column) of
an SWI dataset acquired at 7 T
(top row single slice; bottom
row mIP over five slices).
199 × 213 mm (150 × 150DPI)
b Zoomed sections of the
dataset shown in Fig. 3a,
magnitude (left column) and
corresponding phase images
(right column). First row shows
the mIP of five slices, second
row shows intracortical veins,
bottom row shows stripe of
Gennari. Note the high contrast
even for very small anatomical
structures visible on the zoomed
magnitude and phase images,
such as intracortical veins and
layered structure of gray matter.
Although generally the
magnitude images show more
details some structures are only
visible on the phase images (see
e.g., top row mIP).
151 × 178 mm (150 × 150 DPI)
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Fig. 4 Vessel segmentation
results; top row is low SNR
case, middle row is high SNR
case. mIPs over 11 slices of the
original data are shown in a and
d. Utrecht vesselness filter
results are shown as MIPs in b
and e. VED MIPs are shown in c
and f. Manual segmentation
overlaid on d is shown in g.
VED segmentation (f) is
overlaid on d shown in h.
133 × 133 mm (150 × 150 DPI)

One also has to keep in mind that while the phase images
show a very nice contrast between gray matter and white
matter, the purpose of our study was to optimise the contrast
between veins and tissue and not between GM and WM.

In contrast to previously published high resolution data at
7 T [30], our data were acquired using a 3D sequence which
is

√
NSLICES more efficient than the equivalent 2D sequence.

This, and the usage of an acceleration factor of two, allowed
us to acquire 72–128 slices in less than 15 min, either to cover
the whole brain or to obtain a very high spatial resolution.
Especially at 7 T, ghosting can lead to significant artefacts
due to breathing. These were found to be either negligible
due to the low signal intensity of the ghosts compared to
the high signal within the brain in case of the whole brain
acquisition or they could be prevented by simply using a
phase correction based upon a navigator echo. However, high
fields have several disadvantages that can be challenging. In
our study, severe susceptibility artefacts in magnitude images
could be minimised by using very high resolution, and the
increased phase wraps in the phase images could be dealt
with by unwrapping the single coil images and proper com-
bination as proposed in the materials and methods section.
However, the lower SNR in certain regions of the brain due
to B1 inhomogeneities leads to a reduced performance of the

vessel filters. This can be seen by comparing the whole brain
venograms at 3 T with those acquired at 7 T, but one has to
keep in mind that the datasets at 7 T were acquired in much
shorter time than those at 3 T.

MR venography

MR venography based on SWI has often used minimum
intensity projections (mIP) to show the connecting vascu-
lar tree. While this works very well in case of near transverse
slice positioning (see Fig. 3) in regions where the diam-
eter and shape of the brain does not change significantly
between slices, this can be problematic in other situations.
mIPs also cannot be used for vessel classification. To solve
this it has been proposed to use vesselness filters known from
angiography [31]. We showed in this study that VED filter-
ing outperforms a vesselness filter alone in regions of low
SNR, suppressing more noise while leaving the underlying
veins intact. The advantage of using a diffusion filter in addi-
tion to a vesselness filter is that it gets rid of false positives
(typically noise) and that it restores suppressed connections,
where thresholding after application of the vesselness filter
is too rigid [22]. Note, that in all result images a brain mask
is applied. This is necessary because the skull, the sagittal
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Fig. 5 Whole brain MR
venograms using datasets
acquired at 3 T using the Utrecht
vesselness filter (first column)
and 5 iterations of the VED
(second column). The third
column shows the VED filtered
dataset of the same volunteer
acquired at 7 T. Rows show
MIPs of sagittal, coronal, and
transverse orientation, as well as
of several slices along the
midline, respectively.
330 × 376 mm (150 × 150 DPI)

sinus and other surrounding structures/tissue would compro-
mise the projection images. Another reason is that the Utrecht
vesselness filter seems to have problems to fully suppress
the sharp boundary at the pial surface, a notion previously
reported in [31] as well. The results obtained from the VED
method are good and comparable to manual segmentation
results. This allows for segmentation of veins in a whole
brain dataset where laborious manual segmentation is highly
undesirable.

In SWI reconstruction [1] magnitude data are multiplied
by a phase mask. This phase mask is an image in which all
positive phase values are put to one and all negative phase
values are put between zero and one according to a user-
defined relation. At the lower field strength of 1.5 T, this
combination was especially important as it enhanced the con-
trast of veins. However, at higher field strengths, the phase
image has become an important source of information of
its own right [6,32] giving insight into the iron metabolism

[33,34] and into cortical substructures such as cortical layers
[30,35] that can be visualised with very high detail at 7 T.
This causes the phase image to become quite difficult to inter-
pret, due to its dependence on shape of the object of interests
(e.g., vessel, cortical ribbon, deep brain nucleus) and due to
the background field inhomogeneities that have to be filtered
out. The consequence is that SWI reconstruction can become
problematic as next to veins, other sources of negative phase
values like tissue boundaries will be enhanced as well. As,
to our knowledge, the optimal phase mask relationship to
enhance veins only has not been determined yet, we chose to
use only the magnitude data to assess the vessel filters. We
do believe however that the phase information could improve
venography results once the methods to exploit this informa-
tion have been developed. Please note that the magnitude
data is affected by phase effects: partial voluming of blood
and tissue within a voxel causes both a phase shift (phase
image) and signal cancellation due to dephasing (magnitude
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image). As shown in animal studies at high field strength,
the magnitude alone gives magnificent intracortical details
of the vasculature of the brain [35,36].

Conclusion

Based on simulations performed in our study, vein–tissue
contrast is higher at higher fields at a shorter TE due to the
shorter T ∗

2 relaxation time of venous blood and faster dephas-
ing between venous blood and tissue. When using an opti-
mum echo time tiny intracortical veins could be detected in
the SWI datasets acquired at 7 T in a short measurement time.
We also showed the feasibility of constructing detailed whole
brain MR venograms by application of a vessel enhancing
diffusion filter.
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