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Vascular Segmentation of Phase Contrast Magnetic
Resonance Angiograms Based on Statistical Mixture
Modeling and Local Phase Coherence
Albert C. S. Chung*, J. Alison Noble, Member, IEEE, and Paul Summers

Abstract—In this paper, we present an approach to segmenting the brain vasculature in phase contrast magnetic
resonance angiography (PC-MRA). According to our prior work,
we can describe the overall probability density function of a
PC-MRA speed image as either a Maxwell-uniform (MU) or
Maxwell-Gaussian-uniform (MGU) mixture model. An automatic
mechanism based on Kullback–Leibler divergence is proposed for
selecting between the MGU and MU models given a speed image
volume. A coherence measure, namely local phase coherence
(LPC), which incorporates information about the spatial relationships between neighboring flow vectors, is defined and shown to
be more robust to noise than previously described coherence measures. A statistical measure from the speed images and the LPC
measure from the phase images are combined in a probabilistic
framework, based on the maximum a posteriori method and
Markov random fields, to estimate the posterior probabilities of
vessel and background for classification. It is shown that segmentation based on both measures gives a more accurate segmentation
than using either speed or flow coherence information alone. The
proposed method is tested on synthetic, flow phantom and clinical
datasets. The results show that the method can segment normal
vessels and vascular regions with relatively low flow rate and low
signal-to-noise ratio, e.g., aneurysms and veins.
Index Terms—Image segmentation, Kullback–Leibler divergence (KLD), local phase coherence, magnetic resonance
angiography (MRA), Markov random fields (MRF).

I. INTRODUCTION

M

AGNETIC RESONANCE angiography (MRA) is a collection of noninvasive and flow-dependent methods for
three-dimensional (3-D) vessel delineation that has the advantage of not relying on ionizing radiation. In this paper, we propose an automatic statistical method for segmenting brain vessels in phase contrast (PC) MRA images. Three-dimensional
vascular segmentation is extremely useful for diagnosis and endovascular treatments of arterial diseases because it provides interventional radiologists with 3-D shape and structural information of the vessels of interest.
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Statistical mixture models have been employed in segmentation of magnetic resonance and computed tomographic images, e.g., [1]–[7]. In Wilson and Noble [8] a statistical mixture
model in segmenting time-of-flight (TOF) MRA images for the
visualization of brain vessels. Similarly, we propose a statistical
mixture model to describe background and vascular signals in
PC-MRA speed images. Based on the formation of PC-MRA
speed images and the physical properties of blood flow, we assume that the probability density functions (pdfs) of background
and vascular signals can be modeled by the Maxwell distribution and uniform distribution, respectively [9], [10].
As will be discussed in Section II, in some cases, the mixture
distribution may not perfectly fit the observed speed image
histogram. To accommodate this, the modeling of an observed
speed image pdf can be improved by adding a Gaussian
component [11] and, thus, approximated by a linear mixture
of a Maxwell, Gaussian, and uniform distribution, namely a
Maxwell-Gaussian-uniform (MGU) mixture model. In this
paper, given a speed image histogram and the fitted MGU
and MU mixture models, we propose an information theoretic
mechanism for automatically selecting between these models.
A variety of approaches have been proposed for the segmentation of intracranial vasculature in speed images. For instance,
Mclnerney et al. proposed topologically adaptable surfaces
(T-surfaces), a variant of the classical deformable models with
an efficient topologically adaptable property [12]. Another
variant, geodesic active contours, was proposed by Lorigo et
al. [13]. A fast vessel delineation method was introduced by
Wink et al. to iteratively reconstruct a vessel segment defined
by two user-specified starting and end points [14]. Krissian
et al. [15] proposed a multiscale method to detect the vessel
centerline and estimate vessel width based on eigenvalue and
eigenvector analysis of the Hessian matrix, which relies on
the partial differentiation in the speed images. In all of these
methods, an intensity-based gradient function was employed to
give information about the boundaries of vessels. A drawback
in using a gradient-based method is that, in practice, gradient
values are often not sufficiently high in the low flow regions for
satisfactory segmentation. While most of the arterial anatomy
can be seen clearly in speed images, gradient-based methods are
generally not applicable to the segmentation of aneurysms and
veins. These can contain low or complex flow leading to low
signal-to-noise ratio (SNR) in speed images through the small
resulting phase shifts, or cancellation of signals on summation of
the contributing vectors [16], [17]. Where the resulting vascular
signal approximates that of the background, these inhomogeneous subregions make vascular segmentation difficult.
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PC-MRA images, which give high contrast between background and vascular regions [18], are often used for the
visualization of brain vessels and related malformations, e.g.,
aneurysms. The main advantage of PC-MRA over other MRA
methods is that, in addition to a speed-dependent image, it measures the , , and velocity components of the flow vectors on
a voxel-by-voxel basis, and provides velocity field information
about the motion of blood in the brain. Each component of the
flow vector is directly mapped onto the phase shift induced
by the dephasing and partial rephasing of moving spins under
the influence of a bipolar gradient used to encode velocity in
phase contrast sequences [18]. Four data volumes, including
three phase shift values (representing the velocity components)
and speed (or flow magnitude) image, are obtained after the
scanning. The focus of this work is to demonstrate that flow coherence information, which is extracted from the flow velocity
field in a PC-MRA dataset, can be combined with the speed
information to detect and segment both normal brain vessels,
and regions with relatively low signal-to-noise and low flow
rate, e.g., aneurysms and veins.
The rest of the paper is organized in the following way: Section II describes the statistical modeling of PC-MRA speed images and presents a new model selection mechanism. Section III
gives the background of related coherence measures and formally defines the local phase coherence (LPC) measure. Section IV derives a probabilistic framework for combining speed
information and flow coherence measures. Section V describes
the experiments and results. Section VI concludes the paper.
II. STATISTICAL MODELLING OF PC-MRA SPEED IMAGES AND
MODEL SELECTION MECHANISM
Following the formalism laid out in our prior work [9], we
describe the overall pdf of a PC-MRA speed image as either a
Maxwell-uniform (MU) or MGU mixture model. With representing the image intensity value, the pdfs
for these models
are given by
MU model:
and

(1)

MGU model:
(2)
respectively. They are also called finite mixture models [11]. In
these expressions, the constituent Maxwell distribution has the
form
(3)
represents the distribution standard deviation,
,
where
and
when
. While the Gaussian distribution is
given by
(4)

and
are the mean and variance of the Gaussian
where
distribution, respectively, the uniform distribution is expressed
as
(5)
where
is the maximum intensity in the observed frequency
histogram. The combination of these distributions in (1) and (2)
,
, and
, where
,
is subject to the weights
,
, and weights sum to one in each equation. The
expectation-maximization (EM) algorithm is employed to estimate the parameters by maximizing the log-likelihood of the
mixture distribution [19]. The update equations of the EM algorithm and implementation details can be found in [9] and [10].
Fig. 1 shows a maximum intensity projection (MIP) of a
PC-MRA volume, an intensity histogram of the volume (solid
line), and the fitted MU mixture distribution (dotted line) by
using the EM-based parameter estimation algorithm. As shown
in Fig. 1(b), the MU mixture distribution provides a good approximation of the observed intensity histogram. According to
the maximum a posteriori (MAP) criterion, the image threshold
is defined as the intersection of the Maxwell and uniform
, as indicated
distributions, i.e.,
in the figure. One of the speed images in the volume is shown
, Fig. 1(d)
in Fig. 1(c). Based on the estimated threshold
shows its corresponding binary segmented image.
In addition, we have found that, due to vessels of subvoxel
size, relatively low flow rates in some arteries and veins, slight
tissue motion and ghosting artefacts, the mixture distribution
may not perfectly fit the observed PC-MRA speed image histogram. To accommodate this, the modeling can be improved
by adding a Gaussian component [9], [10]. Therefore, we
approximate the observed image pdf by a linear mixture of a
Maxwell distribution, a Gaussian distribution and a uniform
distribution, as given in (2). The pdf becomes a MGU mixture
.
model
For illustration, Fig. 2(a) shows a MIP of a second PC-MRA
volume. Fig. 2(b) and (c) plots the fitted MU and MGU mixture
distributions, respectively, and illustrate that the MGU mixture
distribution gives a better representation of the observed intensity histogram than the MU mixture distribution in this situation, and that the added Gaussian component improves the description of the intensity histogram. Similarly, according to the
is defined as the inMAP criterion, the image threshold
tersection of the Maxwell-Gaussian and uniform distributions,
, and is
i.e.,
indicated in Fig. 2(c). The estimated Maxwell and Gaussian distributions are plotted in Fig. 2(d). Note that the intersection between Maxwell and Gaussian distributions is not used as an
image threshold because, in general, the threshold is too low
and results in an excess of background pixels being identified
as vessels. A segmented image, as shown in Fig. 2(f), was obtained from one of the speed images in the volume [Fig. 2(e)]
. As compared with anbased on the estimated threshold
[Fig. 2(g)],
other segmented image based on a threshold
the use of the MGU model could lead to a better estimation of
image threshold because there are fewer noisy pixels.
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Fig. 1. Demonstration of the failure of the MGU mixture model to improve on the MU model when segmenting a PC-MRA image volume. (a) A MIP of a
PC-MRA speed image volume. (b) An intensity histogram of the volume (solid line), and the fitted MU mixture distribution (dotted line) by using the EM-based
parameter estimation algorithm (The vertical axis ranges from 0 to 6 10 ). The insert is an enlargement of the histogram (The vertical axis ranges from 0 to
= 248, estimated by using the fitted MU model. (e) For
1800). (c) One of speed images in the volume. (d) Segmented image of (c) based on a threshold, I
comparison, it shows a segmented image of (c) based on a threshold, I
= 475, estimated by using the fitted MGU model which gives an excessively high
estimate for the image threshold and a suboptimal segmentation.

2

We have noted, however, that when the MU mixture distribution approximates the observed intensity histogram well, the
Gaussian component of the MGU mixture model has a relatively
large variance. This flattened Gaussian component may lead to
, and
an excessively high estimate for the image threshold
a suboptimal segmentation, as shown in Fig. 1(e). In this paper,
we propose a new information theoretic procedure to choose between the MGU and MU models for each PC-MRA speed image
volume. Given an observed histogram, let the fitted MGU and
MU models be

and
, respectively. We deand
based on the Kullback–Leibler
fine two measures
divergence (KLD) , which is a symmetric version of the Kullback–Leibler distance and is widely used for measuring the difference between two distributions [20]. They are given by

where
butions

(6)
, for any distriand , and

when

.
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Fig. 2. An example of improvement on the MU model by using the MGU model to achieve improved segmentation, in particular, note the reduction in the number
of false-positive vessel identifications (small points). (a) A MIP of a PC-MRA speed image volume. (b) An intensity histogram (solid line), and the fitted MU
mixture distribution (dotted line). The vertical axis ranges from 0 to 6 10 . (c) The fitted MGU mixture distribution. The inserts are the histogram enlargements
(The vertical axes range from 0 to 1800). (d) The fitted individual distributions: f and f (dotted lines). (e) One of speed images in the volume. (f) Segmented
= 241. (g) Segmented image of (e) based on a threshold, I
= 201.
image of (e) based on a threshold, I

2
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When the MU model
fits well to the observed in[see Fig. 1(b)], the added Gaussian
tensity histogram
in the MGU model
tends to have
component
relatively large variance and shift to the high intensity
range in the histogram. This causes the estimated threshold
to become relatively high, as shown in Fig. 1(e).
The image can then be under-segmented. The Maxwell
and
distributions in the MGU and MU models,
, respectively, should be roughly the same. As such,
.
Conversely, when the MU model
does not fit well to
the observed intensity histogram [see Fig. 2(b)], the added
in the fitted MGU model
Gaussian component
is likely to have relatively small variance, and be shifted to
the low intensity region in the histogram [see Fig. 2(c) and
(d)]. As such, there should be a relatively small discrepancy
between the Maxwell-Gaussian distribution in the MGU
model and Maxwell distribution in the MU model. Therefore,
.
These observations lead to a procedure for choosing between
MGU and MU models whereby the MU model will be selected
is larger than , and the MGU model will be selected if
if
is smaller than . Either of the MGU or MU models may be
.
selected when
III. LOCAL PHASE COHERENCE (LPC) MEASURE
In this section, we formally introduce a coherence measure to
quantify locally coherent flow patterns. This coherence measure
is named the local phase coherence (LPC), and is very helpful in
distinguishing locally coherent flow fields from (noncoherent)
random flow fields. Conceptually, LPC treats the coherence and
random flow patterns as regions of texture, and is similar to a
texture-based approach [21], [22] emphasizing the spatial relationships (or inter-relationships) between adjacent voxels. A
coherent flow texture corresponds to slight changes in the flow
directions between the adjacent flow vectors in a window ,
whereas a random flow texture corresponds to large differences
in the flow directions between adjacent flow vectors in . The
flow direction changes can be calculated using the dot product
operation between the two neighboring flow vectors. Given the
indicating the
normalized velocity vector
flow direction in a voxel, the relationship between pairs of adjacent vectors can be expressed in a number of ways.
The LPC measure at is defined as the sum of dot products of these adjacent vector pairs. In this paper, we loosely
follow the notations used by Geman and Geman [23] in letrepresent a regular lattice structure of
ting
voxels (or pixels), and , the number of voxels in an image.
be a set of voxels, and
Let
be the corresponding set of normalized flow vectors, and
be a neighborhood system for . Let
be
containing a subset of voxels of , i.e.,
a window at voxel
. The neighborhood system at is given by
(7)
Note that specifies the order of the neighborhood system or
between two sites
and
in a
the maximum distance

N

Fig. 3. The neighborhood system
. (a) First-order neighborhood system.
(b) Second-order neighborhood system.

window
. For example, when
, it is a first-order neighforms a pair with
borhood system because every voxel inside
its nearest neighbor, as shown in Fig. 3(a) for a 3 3 window
mask in a slice. A second-order neighborhood system, gener, is shown in Fig. 3(b). The LPC measure
ated by having
is defined as
(8)
In a slice, the number of adjacent vector pairs for
and
are 12 and 20, respectively.
is bounded by the
, i.e.,
. Thus, the value
size of the set
is between 12 and 12 when
, and 20
range of
. The LPC measure is inherently a general
and 20 when
measure that can be applied in any dimension. The extension to
window cube in an
3-D is naturally done by applying a
image volume. The size of the neighborhood system, as defined
in (7), is then increased. The numbers of adjacent vector pairs
for
and
are 54 and 126, respectively. In this
window mask (or 3 3 in two dimensions)
paper, a
is used for reasonable localization of the measure and for speed
of computation.
In addition to the LPC-based coherence measures introduced
in (8), we review two previously defined coherence measures
and 2)
based on: 1) the deviation of vector directions
the ratio of the length of the net flow vector to the total vector
. Given a group of flow vectors , Rao and Jain
length
[24] suggested projecting the flow vectors onto the mean vector
using the dot-product operation, and measured the deviation (or
the “spread”) of vector directions from the mean vector. This
defined as
leads to the coherence measure
(9)
and repwhere represents any vector inside a window
resents the mean vector, which is given by
,
where is the number of flow vectors inside the window W. It is
, because it is
noted that is a normalized vector, i.e.,
intended to measure the directional information alone [24]. Another reason for normalizing the vectors is to avoid any vector
with relatively large magnitude dominating the local coherence
is
measurement. Consequently, the coherence measure
.
bounded by a range between 0 and 1, i.e.,
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The second approach to measuring flow coherence we consider is that proposed by Summers et al. [25]. The coherence
measure is defined as

is a Gibbs distribution with rerespect to if and only if
spect to . A Gibbs distribution of is given by
(13)

(10)
represents a normalized vector inside a window .
where
represents the ratio of the
The coherence measure
length of the net flow vectors to the total vector length. Since
can be
vectors are normalized, the coherence measure
rewritten as

where
is a temperature parameter,
is the energy function and
is a normalizing constant given by
, i.e., the normalizing constant is
the summation of all the values of possible configurations.
can be expressed
Suppose that the likelihood function
in Gibbs distribution form. From (12) and (13), the MAP
decision rule becomes

(11)

(14)

which is bounded between 0 and 1. We introduce the coherence
measures in this section as preparation for a comparison of their
utility detailed later in this paper.

where

is a normalizing constant, and where
and
denote the prior and likelihood energies, respectively.
This in turn leads to a minimization problem, and the MAP
decision rule (12) can then be re-expressed as
(15)

IV. A PROBABILISTIC FRAMEWORK FOR COMBINING SPEED
AND FLOW COHERENCE INFORMATION
To increase segmentation quality, this section introduces a
probabilistic framework for combining the speed (or flow magnitude) and flow coherence information, which have been described in Sections II and III, respectively, for segmentation of
brain vessels in PC-MRA datasets.
A. The MAP-MRF Framework
Let
, where
represent
a regular lattice structure with sites. Let
and
be the true image and the observed
image, respectively, where can be equal to one of the labels
in
, represents one of the observed
used in Section II,
values, e.g., intensity values
is equal to the number of possible classes. Let
and
be the sample space of ,
, and
be the observation space,
.
MAP estimation maximizes the posterior probability
of the true image given the observed image . The posterior
probability can be estimated according to the Bayes’ theorem,
, where
represents the prior beembodies
liefs about the image (prior probability), and
the knowledge of image formation and noise properties (likelihood function). The MAP decision rule for the optimal solution
(final estimated image) is given by
(12)
Markov random field (MRF) theory was introduced to the
image processing community by Geman and Geman [23] for
modeling the local relationships between image voxels so that
the optimal solution of the MAP estimation could be obtained
in a more robust and efficient manner. We assume that the local
relationships between sites in are described by a neighbor, where
hood system , which is defined as
represents a set of sites adjacent to the site . According to the Hammersley-Clifford theorem, is a MRF with

B. Fusing Speed and Flow Coherence Information
A priori knowledge is very important for solving statistical
decision problems, like the MAP estimation in (12), because it
influences the determination of the posterior probability and in
turn affects the decision certainty [26]. We propose a new flow
in (15)],
coherence term to represent the prior energy [
based on the coherence measure introduced in Section III, such
that the information about speed (or flow magnitude) and flow
coherence can be incorporated as a priori knowledge, and a
better quality segmentation can be obtained.
The goal is to partition an image into two separate and distinct regions: 1) the object and 2) the background based on the
speed and flow coherence. The process may be summarized as
follows. Assume that there exists a flow field in an image, in
which flow vectors with different speeds and directions are situated at the center of the sites. Each site variable
will
if the
be classified as one of the labels {0, 1}, where
site belongs to the object having locally coherent flow and relif the site belongs to
atively high flow (i.e., vessel), and
the background with random and relatively low flow. The MRF
can be initialized based on the estimated statistical mixture
model, as described in Section II, and global thresholding in the
speed images. Assume that the flow coherence is a constant
field, represented at each site by the variable , rather than an
MRF because the observed flow field is fixed during the energy
minimization process. And further assume that and are located at the same site. Based on the coherence measure, a label
is set to 1 if the flow vectors are locally coherent at , and to
0 if the vectors are locally noncoherent. (See Section IV-C for
classification of coherent pixels in a LPC map.)
The a priori knowledge is derived from the observation that
, only if
a site is likely to belong to the object class,
its neighboring object sites and itself are locally coherent, i.e.,
,
and
. The interactions between the
, then the site belongs
sites are described as follows. If
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Fig. 4. Local coherence map and its histogram. (a) LPC map. (b) Histogram of the LPC map, which consists of background (B), brain tissue (T) and vessel (V )
histograms.

to background,
. If
, then the site belongs to
and
the object only if its adjacent sites belong to object
; otherwise,
. Conceptually,
are locally coherent
these interactions can be similar to boundary or optical flow estimation problems [27], [28]. For example, in boundary estimation, an edge element is commonly estimated in a window, and
then neighboring object and edge elements interact in the MRF
framework.
The new flow coherence prior energy is defined as

(16)
and
are positive weights, which need not sum to
where
is the Ising first-order neighborhood system. The
one, and
controls the influence of the object sites in the
parameter
interactions between the adjacent sites, while
governs the
weight of the background or noncoherent sites. For instance,
setting to a higher value than will enhance the interaction
between the object-and-coherent sites. As such, from (15), the
MAP-MRF decision rule becomes
(17)
where
is the new flow coherence prior energy defined
is the likelihood energy.
in (16) and
The derived objective function in (17) can be optimized by
the iterated conditional modes (ICM) method [29]. ICM persistently seeks a lower energy configuration and never allows increases in energy, which guarantees a faster convergence rate
[5], [29]. ICM assumes that 1) the observed variables
are conditionally independent, and 2) the state of a

(Marsite depends only on the states of its adjacent sites
kovian property). These two assumptions allow the minimization of its local energy terms

(18)
in each iteration step such that the overall energy terms
in (17) can be minimized. It should be noted
that we fixed the temperature throughout the entire searching
.
process, e.g.,
at site

C. Application to PC-MRA Images
In this section, we apply the MAP-MRF approach to the segmentation of PC-MRA images. A typical LPC map and its histogram are shown and plotted in Fig. 4(a) and (b), respectively.
, is used. Fig. 4(b) shows
The second-order LPC ,
that the histogram is right-shifted and skewed.
In fact, the LPC histogram can be described by three classes:
background with low LPC, brain tissue with slightly higher
LPC, and vessel with extremely high LPC, as illustrated in
Fig. 4(b). The vessel (V) and brain tissue (T) histograms overlap
because of the nonstationary, but slightly coherent motion of
the nonvessel brain tissue, and systematic imaging artefacts
[30]. As in Section II, where we modeled the background and
vascular signals in speed images, we model the background and
brain tissue regions in LPC maps with two separate Gaussian
distributions. It is worth noting that theoretical modeling of
the LPC histogram is extremely difficult. This is because of
the high correlation between the velocity random variables,
and normalization and dot product operations of the correlated
variables when the coherence measure is calculated. We again
use the EM algorithm to fit the LPC histogram by a mixture
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Fig. 5. LPC histogram and the double Gaussian model, with a second-order neighborhood system. (a) Histogram of LPC map and fitting of the double Gaussian
model. (b) Individual histograms of the Gaussian distributions.

represent object and background
sites, respectively; and b) the local
. (see Seclikelihood energy
tion II)
,
For the background sites,
if the MGU mixture model is used,
then
or
if the MU mixture model is used,
.
then
,
For the object sites,
Fig. 6.

Coherent voxels.

of the two Gaussian distributions. Fig. 5(a) shows the fitting
of the double Gaussian model (dashed line). The individual
histograms of the Gaussian distributions are shown in Fig. 5(b).
We define the mean and standard deviation of the brain tissue
and , respectively, and use
as
distribution as
the nonvessel threshold (we set equal to 2 in this paper), which
is a variant of the background thresholding approach [31], [32].
A voxel with LPC above the nonvessel threshold is labeled as a
coherent voxel. Otherwise, it is labeled as a noncoherent voxel.
As shown in Fig. 6, the coherent voxels form a number of vessel
“clusters,” though there are some randomly distributed voxels due
to random coherent noise, small coherent motion of the nonvessel
tissue during scanning and ghosting artefacts. These “outliers”
can be ignored if they are far away and disconnected from the
vasculature, and their intensity values in a speed image are low.
The proposed segmentation algorithm, based on the
MAP-MRF model and using the flow coherence prior energy, is summarized as follows.
1) Use mixture model and global thresholding to obtain a) a segmented PC-MRA
and
speed image , in which

2) Compute the coherence measure
at each site. (see Section III)
based on
3) Segment the image
, where
and
represent
coherent and noncoherent sites, reand
are located
spectively, and
at the same site position. (see Section IV-C)
: (see Sec4) Iterate for
tion IV-B)
:
Iterate for

where

Terminate if
5) Final estimate
(Note:

or

.

.

.) The final estimate
comes the output of the segmentation method.

.
be-
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V. EXPERIMENTS AND RESULTS
To assess the performance of the proposed segmentation
method, our approach has been applied to clinical, synthetic
and flow phantom datasets. These studies were conducted in
collaboration with the University Hospital of Zurich, Switzerland, who performed the data acquisition. All the datasets were
acquired using a Philips 3T ACS Gyroscan MR scanner. The
segmentation process was implemented in Visual C++ 6.0 with
the use of MATLAB 6.0 Release 12 as an interface, and was
run on a 1.8-GHz PC in the MS Windows NT environment with
512–MB RAM.

TABLE I
IMAGE THRESHOLDS I
AND I
ESTIMATED BY THE MGU AND MU
MIXTURE MODELS, RESPECTIVELY. (MAXIMUM INTENSITY VALUE OF THE
OBSERVED HISTOGRAMS IS 2048 FOR ALL VOLS.) IT ALSO GIVES THE VALUES
OF J AND J , AND THE SELECTED MIXTURE MODELS (BY THE KLD-BASED
METHOD AND MANUAL SELECTION) FOR THE 12 PC-MRA SPEED IMAGE
VOLUMES. IT SHOWS THAT MODELS SELECTED BY THE KLD-BASED METHOD
AND MODELS SELECTED MANUALLY BY A RADIOLOGIST ARE WELL MATCHED

A. Model Selection Mechanism
For validation, both the MGU and MU models were fitted
to the observed intensity histograms of 12 PC-MRA speed
image volumes. We have noted that, when the MU mixture
distribution approximates the observed intensity histogram
well, the Gaussian component of the MGU mixture model has
. This flattened
a relatively large variance and small weight
Gaussian component may lead to an excessively high estimate
for the image threshold
, and a suboptimal segmentation.
As shown in Table I, this occurred in 7 out of the 12 test cases
(Volumes: 1,2,4,5,6,10,11) (One example is shown in Fig. 1).
The mixture model selection procedure described in Section II was used in each case. For comparison, a consultant
radiologist was asked to choose between the MU and MGU
models on the basis of which of the above detailed segmentations more closely matched his evaluation of the speed images.
For each case, a PC-MRA speed volume and its two globally
segmented volumes were presented (one based on the MU
model and the other on the MGU model). Table I gives the
and , together with the selection of mixture
values of
model made by the automated KLD-based method and by the
expert reader for each of the 12 clinical PC-MRA datasets.
From the table, the results show that models selected by the
KLD-based method and models selected manually by a radiologist are well matched. On average, the computational time
was around 2 s for the relatively large volume matrix size of
.
B. Synthetic Image Volumes
In this study, the synthetic image volumes consist of two flow
patterns: 1) vertical straight tubes and 2) circular tubes with diameters of 8 and 4 voxels, as shown in Fig. 7(a) and (b), respectively (middle slices of the volumes). The typical vessel dimensions encountered in vivo are on average 8 voxels for large
vessels down to 4 (or fewer) voxels for the smaller vessels. The
simulated parameters were, therefore, chosen to mimic the clinical case. The image volume sizes were
and
, respectively (The extra two image slices
are the top and bottom background slices). The white strips in
Fig. 7(a) and (b) represent the positions and regions of the simulated flow, while the black strips represent the background regions. In Fig. 7(a), the simulated “flow” runs from top to bottom
direction, while in Fig. 7(b), it is in the clockwise direction.
For the purpose of image synthesis, we corrupt each velocity
component with Gaussian noise having zero mean and the same

standard deviation [33]. In Fig. 7(a), the flow vector inside the
,
, and
, where
tubes is given by
represents the true flow magnitude, the axis is parallel to the
tube direction, and the terms ,
and
are the zero-mean
Gaussian noise components with the same standard deviation
. The flow vector in the background is given by the same set
of equations, except that is set to zero. SNR is then given
by
. Similarly, the tube flow vector in Fig. 7(b)
,
,
is given by
, where
. As with clinical pracand
tice, voxels with high flow rates are assigned intensity values
higher than those assigned to the voxels with low flow rates.
The magnitude (or the speed) of the flow at each voxel is given
. In our datasets, the SNR of typical
by
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Fig. 7. True patterns of the synthetic images (tubes are 8 pixel width). (a) Vertical straight tubes. (b) Circular tubes. (c) Speed image of the synthetic flow patterns
. (d) Speed image histogram of (c). (e) Segmented image using speed information alone.
:
:
. (f) Segmented
image using
c
.
:
:
.

(SNR = 3)

Segmentation error = 13 75% 6 0 0320%

CM ( = 2) Segmentation error = 0 95% 6 0 0140%

major arteries in the brain can range from 4 (near the boundary)
to 40 or more (vessel center), which mainly depends on the
flow magnitude. For veins, the SNR can range from 3 to 20.
For aneurysms, the SNR can range from 3 (sac) to 20 (near the
aneurysmal wall).
Fig. 7(c) shows the speed images of the synthetic flow pat. The histogram corresponding to the simterns
ulated image is plotted in Fig. 7(d). The background distributions overlap heavily with those of the tubes because of the
. Segmentation was then performed using
low SNR
the MAP method on the histograms of vessel and background
voxels in the speed images to choose the intersections of the histograms as the threshold. Fig. 7(e) shows that, when the SNR is
low, segmentation result based on the speed information alone
is not very encouraging. Coherence maps of
(8) were then calculated on a voxel-by-voxel basis. We generated histograms of the background and tube regions from the
corresponding coherence maps. The background and tube histograms were then used for thresholding the coherence maps
using the MAP classification method. An example of the threshis shown in Fig. 7(f). It is obolded image for
served that the thresholded image matches the true flow patterns
[Fig. 7(a)] better than the segmented image obtained using speed
information alone [Fig. 7(e)].

TABLE II
c
,
SEGMENTATION ERRORS BASED ON
AND SPEED INFORMATION ALONE. (TUBE SIZE

CM

CM ( = 2) CM ( = 1), CM ,
= 8 PIXELS, SNR = 3.)
c

Given that the true pattern is known, the segmentation error
can be accurately calculated by counting the number of misclassified pixels, which is given by

(19)
Tables II and III list the segmentation errors based on
,
(11),
(9) and speed information alone, and also
when
and
.
provide relative performance of
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Fig. 8. Errors of segmentation using three-dimensional (3-D) flow coherence information from the synthetic images (vertical and circular tubes). (a) Vertical
straight tubes (8-voxel width). (b) Circular tubes (8-voxel width). (c) Vertical straight tubes (4-voxel width). (d) Circular tubes (4-voxel width).
TABLE III
SEGMENTATION ERRORS BASED ON CM (c = 2), CM (c = 1), CM
AND CM
. (TUBE SIZE = 4 PIXELS, SNR = 3.)

,

The simulations were repeated for 12 different noise contributions at each of the six SNR levels between 2 and 7. The ta,
consistently gives
bles reveal that, when
a smaller segmentation error than
and
. Compared to the segmentation errors using speed information alone,
it is clear that segmentation using flow coherence information
gives higher segmentation accuracy when the SNR is low.

The segmentation errors of the four different coherence measures are plotted in Fig. 8 across a range of different SNRs for the
synthetic images. It is interesting to see that the segmentation erto
rors change significantly as the SNR increases (from
). Most notably, there is a performance transition from
[Fig.8(a)]lowSNR(i.e.,lessthan4),wherethequality ofsegmentation using flow coherence information is better than that using
speed information alone; to [Fig. 8(b)] high SNR (i.e., larger than
4), where segmentation using speed information alone is better
than that using flow coherence information.
The two major behaviors seen in segmenting these images
can be understood in the following way. First, speed histograms
overlap heavily when the SNR is low, making the MAP segmentation based on speed information problematic and increasing
the segmentation error. In this situation, the spatial correlation
of flow vectors provides more robust information than the speed
information for segmentation with a noisy background. Secondly, speed histograms become well separated when the SNR
is high. As such, the segmentation error using speed information
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Fig. 9. Segmentation errors on the 3-D synthetic images (vertical and circular tubes). Different values of
= 1, 2, 3 and fixed value of
= 1. (a) Vertical
straight tubes (8 voxel width). (b) Circular tubes (8 voxel width). (c) Vertical straight tubes (4 voxel width). (d) Circular tubes (4 voxel width).

is greatly reduced. The reduction in segmentation error using
flow coherence information, however, is limited by inevitable
errors due to the tube boundaries (flow discontinuities) and the
inherent random coherence patterns in the background.
Fig. 8 also shows that, among the four different coherence
and
give better overall
measures,
and
in the two synsegmentation results than
thetic image volumes with the tube diameter set to 8 and 4
gives a smaller segmentation
voxels. Moreover,
.
error than
Although only tube widths of 8 and 4 were tested, it can be expected that the segmentation error decreases as the tube width increases for both straight and circular tubes. For example, the segmentation errors drop when the width increases from 4 voxels [see
Fig. 8(c) and (d)] to 8 voxels [see Fig. 8(a) and (b)]. The errors of
the wider tubes are smaller than those of the narrower tubes. The
reason is described as follows. As the width increases, the curvature on the tube surface decreases. For estimating local coherence on the tube surface, the decrease in curvature can lead to an

(7).
increase in the number of flow vectors within a window
Therefore, more evidence is included to give a more reliable decision on the local coherence. Similarly, because of the decrease
in the curvature of surfaces, it is observed that the segmentation
errors of the vertical tubes [see Fig.8 (a) and (c)] are smaller than
those of the circular tubes [see Fig. 8(b) and (d)].
Based on the proposed MAP-MRF method using both speed
and flow coherence information, we further segmented the four
synthetic 3-D image volumes using different values of and a
fixed value of ( was set to 1 throughout this paper), and compared the differences in segmentation when was varied from 1
to 3. The segmentation performance was measured based on the
ratio of the number of misclassified pixels to the total number of
voxels, which is defined in (19). From Fig. 9, it is observed that the
segmentation performance is sensitive to the value of when the
SNR is low. This is because, in the low SNR regions, the segmentation performance mainly depends on the interactions between
adjacent sites based on the flow coherence information, and the
interaction is enhanced by setting a higher value of .
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Fig. 10. Comparison on the results based on 1) segmentation using speed information alone, 2) segmentation using flow coherence information alone, and 3)
= 2 and
segmentation using both speed and flow coherence information. All segmentations were done on the 3-D synthetic images (vertical and circular tubes).
= 1. (a) Vertical straight tubes (8 voxel width). (b) Circular tubes (8 voxel width). (c) Vertical straight tubes (4 voxel width). (d) Circular tubes (4 voxel width).

Fig. 9 also shows that when
, segmentation errors are
and 3, over the whole
smaller than the other two values,
in this
range of SNRs (from 2 to 7). As such, we set
implementation. From the figure, it can be predicted that the
segmentation errors are small when the SNR is large, and also
, 2 and 3 becomes very small.
the difference between
Fig. 10 shows the results of the three different segmentation
methods, based on 1) speed information alone, 2) flow coherence information alone using the second-order local flow co, and 3) the MAP-MRF model
herence measure
using both speed and flow coherence information. As shown in
Fig. 10, the combination of speed and flow coherence information in the MAP-MRF model substantially reduced the overall
segmentation errors at all SNR levels tested.
C. Flow Phantom and Measurement of Error
A geometrically accurate straight tube flow phantom was
made using MR compatible materials (silicone elastomer,

Sylgard 184, Dow Corning Corp, Midland, MI). The phantom
was constructed using a lost metal technique based on a numerically controlled, milled mould [34]. The phantom provides
accurately defined lumen dimensions, which are 8 mm in
diameter running the length of the silicon block (block dimen). The phantom was filled with
sions:
a water glycerol mixture having a viscosity comparable to
.
that of human blood flowing at a constant rate of 300
The phantom was scanned using the PC-MRA protocol on
a 1.5T MR scanner (Signa, GE Healthcare, Milaukee WI)
at the Department of Neuroscience, King’s College London,
and
London, U.K. The image size was
dimensions were
. The scan details
, flip angle
were as follows: axial scan,
, VENCS: 400
18 , 1 signal average, FOV:
and acquisition matrix: 256 160 pixels.
Fig. 11 shows a MIP of the straight tube. The image has
been cropped for the purpose of illustration. The left- and
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Fig. 11. Maximum intensity projection of the straight tube phantom. The left–
and right-hand sides are the inflow and outflow regions, respectively.

Fig. 13. Segmentation results and comparison. (a) Original speed image. (b)
Segmented image using speed information alone. (c) Segmented image using
speed and flow coherence information. (d) The differences between (b) and (c)
are white in color, and the overlapping vessel region is grey in color.

Fig. 12. This figure shows that the errors of area estimation (underestimation)
:
:
and
for the MAP-MRF-based
:
:
are
approach and method using speed information alone, respectively. The
difference between two methods is 15.36%.

05 83% 6 2 64%

021 19% 6 3 76%

right-hand sides are the inflow and outflow regions, respectively.
Although the speed inside the tube remained constant during
the experiments, the SNR decreases from the inflow region to
the outflow region due to progressive saturation of the fluid
signal. Also, it is recognized that imperfections in velocity
encoding due to nonlinearities in the gradient systems can cause
a position-dependent deviation in the velocity images [30].
These two factors may influence the behavior of the surface
extraction method but were not taken into consideration in
the experiments below.
We define the measurement error in a slice as the percentage
difference between the estimated area and the true area of the
straight tube
(20)
where
and
represent the estimated and true
areas, respectively. For validation, we invited a consultant radiologist to segment each slice manually. The manual segmentations were used for estimating the true area by counting the
number of pixels inside the tube and multiplying the voxel size
in a slice. The estimated area
is equal
to the number of vessel voxels multiplied by the voxel size. As
underestimates the
such, the error is negative when
true area.
Fig. 12 shows the results of applying segmentation based on
speed information alone, and based on the MAP-MRF method
described in Section IV-C to the straight tube phantom using the

area error defined in (20) as the measure of comparison. This
figure shows that the MAP-MRF-based approach using both
speed and flow coherence information gives higher segmentaof the true area,
tion accuracy (on average,
underestimated) than the segmentation method using speed inof the true area,
formation alone (on average,
underestimated). The underestimation can be caused by the fluid
viscosity. The frictional force can slow down the flow near the
wall [35]. As such, the intensity is relatively low at the boundary
in the angiograms. This can make segmentation inaccurate near
the tube wall.
Fig. 13(a) shows an example speed image of the flow phantom
data, in which the cross-section of the phantom is located at
the center. Fig. 13(b) and (c) shows the segmentation results
of using speed information alone and the MAP-MRF method.
The differences between these two images are shown as white,
and the overlapping vessel region as grey in Fig. 13(d), which
reveals the advantage of incorporating flow coherence information for segmenting the low SNR regions near the boundary of
the tube.
If we assume that the cross-sectional areas are in circular
shape, then the underestimations of areas, 5.83% for MAP-MRF
and 21.19% for speed information only based segmentations,
can be seen against the pixel resolution of the images. For this
phantom, the typical tube diameters are around 11 and 12 pixels,
and so a single pixel represents between 5% and 6% of the vessel
lumen. Thus, the results of the MAP-MRF method and segmentation using speed information alone correspond to underestimations representing less than 1 and approximately 4 pixels
underestimation, respectively. Because the underestimation is
not a focal effect but is smoothly dependent on position in the
phantom, the erroneous pixel excluded from the cross-section
will not result in specific stenosis, but rather irregularity of the
segmented surface. The impact of this error, however, is likely
to increase as the vessel size is reduced.
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D. Clinical Studies
We have applied our approach to 12 clinical datasets. Some
representative segmentation results are shown in Fig. 14. For the
sake of comparison, the clinical PC-MRA images [as shown in
Fig. 14(a)] were first processed using speed information alone
[see Fig. 14(b)], as described in Section II. The overall segmentations are good except for the regions of low or complex flow
indicated by the arrows. The resulting loss in contrast makes the
vessel voxels hard to distinguish from the background voxels.
The results of applying the MAP-MRF segmentation algorithm
combining speed and flow coherence information are shown in
Fig. 14(c). It can be seen that there are improvements in segmentation, especially within aneurysms, and other low flow regions,
e.g., veins. In Fig. 14(d), the differences between Fig. 14(b) and
(c) are highlighted in white, while the vessel regions identified in
both 14(b) and 14(c) are depicted in grey. To visualise the shape
of reconstructed vasculatures, MIPs of two PC-MRA volumes
are shown in Fig. 15(a) and (d). The three dimensional surfaces
of the segmented results based on speed information alone are
shown in Fig. 15(b) and (e). Fig. 15(c) and (f) shows the improved surfaces based on the segmentation method using speed
and flow coherence information. Aneurysms and veins are indicated in these figures by solid and dashed arrows, respectively.
We note that, in some cases, there remain a few false-negative voxels (two or three voxels) in the middle of the indicated
regions. We have found two main reasons for this. First, the flow
rate was extremely low in the middle, which may lead to serious
corruption of the velocity field by noise. Second, a circular (or
deformed circular) flow pattern in the aneurysm will give rise to
an associated singularity in the flow field. These factors can adversely affect the LPC measure. The average computation time,
on average for all cases, is about 20 min for the relatively large
.
volume matrix size of
VI. SUMMARY AND DISCUSSION
In this paper, we have introduced the use of statistical mixture models for modeling the background and vascular signals in
clinical PC-MRA images. One of the main contributions of this
paper is that we have proposed a way of selecting between the
MGU and MU mixture models based on the KLD measure. Experiments carried out on 12 clinical images illustrated the applicability of the MGU and MU mixture models, and showed that
the KLD measure can help in selecting the appropriate threshold
for the segmentation task.
Although the mixture model works satisfactorily in classifying the background and vessel voxels, for relatively low flow
rate and low SNR vessel regions, e.g., aneurysms and veins, we
find that it is hard to distinguish vessel voxels from the background voxels because of their low intensity value. Rather than
relying on the speed information alone, the available but unused velocity information is used to overcome this problem. We
have formally introduced a flow coherence term into the image
segmentation process, and presented a local coherence measure,
namely the LPC measure, which effectively describes the spatial correlations of the neighboring flow vectors. We have carried out experiments on synthetic images to evaluate and compare the performance of the LPC measure and two other related

coherence measures that have appeared in the literature. The experimental results show that 1) when the SNR is low, segmentation using the flow coherence measure is more accurate than
that achieved using just the speed information, 2) the LPC measure outperforms the two other related coherence measures, and
performs better than
3) the second-order LPC measure
because it gives more evithe first-order LPC measure
dence of flow vector correlations. On the other hand, when the
SNR is high, segmentation simply using a threshold based on
the speed information outperforms that attained when only the
coherence measure information is incorporated.
In PC-MRA datasets, different vessel dimensions and contained flow velocities create a range of SNRs for the vessels.
Those vessels with high SNRs can be readily segmented based
on the speed image alone. The use of the velocity information
alone through a measure of LPC is less error prone at low SNRs,
but is subject to errors in the presence of background boundaries or flow singularities. The combination of these methodologies in an automated framework is a promising step forward. In this paper, we have presented a MAP-MRF framework
for combining speed and flow coherence information for segmentation. Experiments on synthetic images show that the new
method reduces segmentation errors across SNRs ranging from
to 7. Furthermore, experiments on a flow phantom
(straight tube) show that the MAP-MRF method is more accurate than the method using speed information alone. Finally,
the performance of the MAP-MRF method was evaluated on 12
clinical datasets. Testing on the datasets showed that the combined approach performs better than the approach using speed
information alone in segmenting vasculature and low flow regions, e.g., aneurysms and veins.
The MU and MGU models were adapted to fit the physics and
mathematics underlying the generation of PC-MRA images. Future work will include detection of flow singularities which may
indicate the presence of vorticity (to be expected in large saccular aneurysms), perhaps by using knowledge of flow topology.
When the level of SNR goes down to about 2, the velocity
field obtained from the PC-MRA images can be seriously corrupted by noise. It can be described as the “velocity estimates
corrupted by noise” domain, which is likely to be found in the
background regions. For a better estimation of LPC, other forms
of preprocessing or further knowledge of flow topology [36]
(e.g., lack of field divergence) can be incorporated. Using those
preprocessing techniques one should also consider the fact that
there may be systematic errors in the velocity field estimates due
to misalignment of spatial encoding for moving spins, or nonsteady velocities (always present to some degree due to cardiac
pulsation).
We will also investigate the improvements on the inclusion of
flow coherence information in the segmentation method, especially on the possibilities of eliminating the necessity for thresholding the LPC map. While flow coherence is relevant to the angiographic application to hand, other sources of secondary information could be used as in multispectral analysis of different
MR images. Closely akin to the present work is high resolution
MR venography where the low oxygenation of the veins perturbs the magnetic field giving rise to localized phase shifts in
a background of smoothly varying phase. Adapting the mixture
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Fig. 14. Segmentation results and comparisons. (a) Original speed images. (b) Segmented images using speed information alone. (c) Segmented images using
speed and flow coherence information. (d) The differences between (b) and (c) are white in color and the overlapping vessel regions are grey in color. The relatively
low SNR and low flow rate regions, e.g., aneurysms and veins, are indicated by the arrows in the figures.
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Fig. 15. Three-dimensional surfaces reconstructed based on the segmentation results. (a),(d) MIP. (b),(e) Three-dimensional surfaces of the segmentation results
based on speed information alone. (c),(f) Three-dimensional surfaces of the segmentation results based on speed and flow coherence information. The relatively
low SNR and low flow rate regions, e.g., aneurysms (solid) and veins (dashed), are indicated by the arrows in the figures.

model and perhaps reversing the phase coherence criteria may
be of use in automatically and efficiently segmenting the veins
in such images.
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