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Abstract— Phase contrast MRI is a powerful tool for blood
flow quantification. Conventional cartesian phase contrast
sequences require lengthy acquisition on the order of several
minutes. Spiral acquisition phase-contrast (PC) MRI is capable
of reducing the TR and TE in order to minimize flow
dependent artifacts and total imaging time. Despite this, in
general, spiral phase contrast sequences suffer from off-
resonance artifacts and inconsistent data artifacts. In this
work, we show that short interleaved spiral readout
trajectories have the capability to obtain high spatio-temporal
resolution flow images in the common iliac artery distal to the
aortoiliac bifurcation with little or no artifacts and with
significant savings in image acquisition time over the Cartesian
trajectory. To verify the accuracy, we compare our results with
a Conventional cartesian trajectory.

I. INTRODUCTION

LOW visualization and quantification in-vivo is very

helpful for diagnosis and monitoring of many vascular
and cerebro-spinal diseases. Currently, Doppler ultrasound
is a main reference method for vascular and cardiac flow
imaging. But existence of air, bone, or surgical scar presents
a significant barrier to accurate evaluation [1], [2].
Additionally, Doppler flow imaging can only derive
components of velocities in the direction of insonification.
As with Ultrasound, magnetic resonance imaging (MRI) has
the capability to perform both structural and functional
imaging; i.e., it can image the anatomy as well as velocity
and flow. Compared to ultrasound however, the direction of
velocity encoding can be arbitrarily defined by the operator,
and is not limited to being toward or away from the
transducer.
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In MR flow imaging, time has a significant role in a
method’s performance. Low temporal resolution leads to
underestimation of peak velocities, and often the total
imaging time needs to be limited to the length of a breath-
hold. PC MRI is common in blood flow imaging [3] with
short imaging times achievable by reducing temporal and
spatial resolutions. Fourier Velocity Encoding is more
accurate than Phase Contrast MRI in quantification of high
speed and complex flows [7], as it is able to extract the
spectrum of velocities within each voxel by adding one more
frequency dimension related to velocity in the Fourier
domain [8]. This idea eliminates partial volume artifact,
however, it results in a considerably longer data acquisition
time. Quantitative flow measurement methods provide us
with a numerical tool to evaluate the amount of flow.
Clearly, comparison of measured flow in a diseased vessel
with the expected normal flow can be helpful in the
diagnosis of patients and can help in understanding and
monitoring of the disease process. Quantitative flow
measurement methods essentially are based on the
accumulated phase of moving spins against stationary ones

(91, [11].

II. PHASE-CONTRAST MRI

A. Theory

The use of phase contrast to determine fluid velocities
was first proposed by Hahn in 1960 [10]. The first
application of this method in imaging was developed by
Moran [11], and subsequently applied in human cases by
Van Dijk [12].

The basis of the phase contrast technique is that spins
moving in the presence of a magnetic field gradient acquire
a different cumulative phase than stationary spins. For a
spatial position vectorr(¢), and a magnetic field gradient

vector G(t), the cumulative phase of the spins in the

rotating frame is given by
o0 = 7 [ Geerrtexe (1)
0
where y is the gyeomagnetic ratio. For simplicity, let us

assume that the motion and the gradient are both in the x
direction, substituting Taylor’s expansion of general
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assuming expansion up to the second order. Note that in (3)

M is the nth moment of the gradient waveform Xx, is initial

position v_ is velocity and a_ is acceleration in x direction.

Therefore, flow dependent cumulative phase shift depends
on initial position, velocity, acceleration, and higher order
terms through the gradient’s zeroth, first, second, and higher

order moments, respectively. If we assumex, =0,a =0

(constant velocity) and assume higher order terms to be
zero, we can rewrite cumulated phase in (3) as follows:

p=yv.M, “4)
y =2 (5)
M,

Therefore, by measuring cumulative phase of the spins, it
is possible to extract velocity by using (5). Phase values that
are greater than r radians cannot be discriminated from
their modulus 27  counterparts. So, the velocity
corresponding to a phase-shift of z radians defines the
upper limit and -z the lower limit on the range of velocities
that can be accurately measured. It is convenient to define

Venc = T (6)
yAM

1

In that case, the maximum measureable velocity maps to a
phase shift of z radians. Any velocity value outside of the
range [-Venc +Venc] will be aliased and assigned to a
smaller value. The upper limit of the range is referred to as
velocity encoding value or Venc [9].

Magnitude Phase
. el i
Reference . i t‘ Phase Contrast
scan g Velocity Map
v ! i
e G —
— .
Velocity- :
encoded |
scan !
*

Fig. 1. In PC MRI, the magnitude and phase images are constructed from
the reference scan (top row) and also from the velocity encoded scan
(bottom row). The corresponding phase images are subtracted resulting in
the PC velocity image. Taken from [16].

To remove signal from static tissue and constant noise, often
one performs two different acquisitions with identical zero
time-moments, and different first time-moment and
subsequently subtracts them. Therefore, to construct a
velocity image two separate scans are needed. Fig. 1 shows
a reference and a velocity encoded scan, and result from
phase map subtraction, yielding the velocity map.

The drawback of the PC technique is that the phase can be
affected by many undesirable factors like magnetic field in-
homogeneity, pulse sequence tuning, acceleration, partial
volume artifact, and eddy current [13]-[15]. In addition, PC
MR can suffer from data inconsistency and phase dispersion
which can degrade the image quality and accuracy [4]-[6].

B. Spin-warp and radial trajectories

Spin-warp uses conventional Cartesian coordinates to
cover the k-space (Fig. 2a). Implementation of this method
is straightforward; it is sufficient to add a bipolar gradient in
desired flow measurement direction of regular imaging
sequence. However, this method suffers from off-resonance
artifacts due to long echo times. Additionally, relatively long
repetition times decrease the temporal resolution in the case
of CINE imaging. A motion artifact is another disadvantage
of Cartesian scans, causing repetition of moving object in
phase-contrast velocity imaging in the phase-encode
direction.

Radial phase-contrast has also been developed, but has
primarily been used for vessel visualization (for k-space
trajectory see Fig. 2b). Barger [17] introduced PIPR (Phase-
contrast with Interleaved Projections), an interleaved
undersampled projection technique for contrast-enhanced
phase-contrast angiography. Relative to Cartesian PC,
Radial acquisition can reduce ghosting artifact significantly
and it is possible to obtain a higher spatial resolution per
unit time. However, because of reduced number of
acquisition angles, smearing and streaking artifacts will be
visible.

C. Spiral phase contrast

Above considerations provided incentives for having a
new strategy for covering the k-space: instead of using
horizontal or radial read-out lines in k-space, a spiral read-
out trajectory has been proposed for filling the k-space [21].
In this method, the repetition time TR and total scan time can
decrease significantly. Unfortunately, the single shot spiral
acquisition technique which covers the entire k-space in one
read-out leads to severe artifacts. These arise due to off-
resonance. In short, since the entire k-space is scanned in
one shot, while the MR signal is undergoing T2 decay and
signal dephasing, the SNR is reduced in time and by the
time the high-frequency portions of k-space is reached very
little signal is left. Finally in single-shot imaging in our case,
each read-out and each velocity image will take in the range
of 124-128 ms and 258-266 ms respectively, therefore, Cine
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Fig. 2. K-space trajectory for (a) Cartesian and (b) radial acquisitions. Taken
from [http://users.fmrib.ox.ac.uk/~stuart/thesis/] and [17].

imaging is not possible due to the long read-out times and
poor temporal resolutions (e.g., 2-3 images per cardiac cyle).
Pike [18] suggested an interleaved spiral k-space
acquisition. The advantage of this method is its capability to
significantly reduce TR, removing respiratory ghosting,
among others. Moreover, since in the interleaved approach
the center of the k-space is sampled multiple times, resulting
in higher data density at the origin, pulsatile-flow related
artifacts are reduced [19].
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Fig. 3. K-space trajectory of a uniform density single shot spiral showing
sample spacing Ak, in the radial direction. Taken from [20]

Fig. 3 shows the k-space trajectory of a uniform density
single shot spiral. The shape of the gradient waveforms in
spiral MRI is different from the gradient waveform in
Cartesian and radial MRI; equations (7-9) show the
expressions for the spiral gradient waveforms:

k_=k(t)cos(6(1)) )
k, = k(t)sin(6(t)) (8)
k(t)y=A4-0(t) )

Where A is a constant, and is determined by the Nyquist
criterion. If Ak is radial distance advanced by one rotation,
D is the size of FOV, and M the number of interleaves, to
satisfy the Nyquist criterion for uniform density spiral
trajectories.

(10)

In interleaved spiral phase contrast instead of using one long
spiral arm with N rotations, N short spiral interleaves with
one rotation can be used (fig. 4). With this approach, the
total read-out time required to cover entire of k-space stays
the same but density of data sampling increases at the origin
leading to higher accuracy and SNR in reconstruction. Fig. 4
demonstrates conventional single shot spiral and interleaved
spiral trajectories for covering identical regions in k-space.
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Fig. 4. Demonstartion of (a) conventional single shot spiral acquisition with
10 rotations and (b) interleved spiral acquisition with 10 interleaves.

Although the Nyquist rate is satisfied in both cases, with
interleaved spiral, a higher data density is achieved at the
origin of k-space. Additionally, with interleaved acquisitions
(with M interleaves), the total read-out time is separated into
M shorter read-out times, resulting in less dephasing in outer
part of k-space and off-resonance artifacts.

III. MATERIALS AND METHODS

Imaging was performed on a Philips Achieva 3T scanner
(Philips Healthcare, Best, NL). The flow waveforms were
calculated in a normal 29 year old male volunteer. To
measure flow, we used a turbo gradient echo sequence
(turbo factor = 3), which included a bipolar flow encoding
gradient with a short spiral readout. To take full advantage
of the fast acquisition of a spiral read-out and to
concurrently avoid off-resonance artifacts, as discussed in
section II, we wused several sparse and short spiral
interleaves, thus reducing flow artifacts associated with a
large read-out 1 moment. To assess the impact of the
number of spiral interleaves on accuracy of velocities in the
iliac arteries, different numbers of interleaves were tested
(Table I). The sequence parameters were also optimized to
minimize artifacts while maintaining a high SNR.

Fig. 5 demonstrates our designed spiral phase contrast
pulse sequence for imaging velocities in the iliac arteries. It
consists of (a) short and selective RF pulse to minimize echo
time and in-plane flow artifacts, (b) bipolar flow encoding
gradient in direction of flow, (c) short spiral read-out
gradients to mitigate off resonance artifact, and (d)
refocusing and spoiler gradients to eliminate residual
transverse magnetization. The TR/TE = 7.0/2.6 ms were
optimized to maximize temporal resolution and reduce flow
artifacts, respectively. Each velocity image takes 2*TR = 14
ms to acquire; consequently, about 63 phase images can be
acquired in one heart beat (assuming useable time in the R-R
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Fig. 5. Interleaved Spiral Phase Contrast pulse sequence. It consists of (a)
slice selective excitation pulse, (b) velocity encoding bipolar gradient, (c)
short spiral readout, and (d) refocusing and spoiler gradients.

interval to be about 900 ms). Using a turbo factor of 3 in
turbo gradient echo sequence reduces the number of phase
images to 21. Short echo time was achieved by using a 10°
flip angle and a short RF excitation pulse (750 ps).

The remaining sequence parameters were as follows: FOV =
250x250 mm, 1.5 x 1.5 mm acquired in-plane resolution, 5
mm slice thickness, and 168 x 168 matrix size. In order to
minimize the off-resonance artifacts, the read-out time was
decreased to 2 ms. To provide sufficient k-space coverage,
the number of spiral interleaves was increased to 75. With a
turbo factor of 3, 25 heart beats are required to acquire all
75 interleaves. To avoid velocity aliasing, a Venc of 100
cm/sec was used for imaging both iliac arteries.

The turbo gradient echo PC sequence with Cartesian
readout was also implemented with the minimum possible
TE = 4.1 ms, but otherwise had the same parameters as
specified above for the Spiral sequence.

The Cartesian phase contrast scans were used as reference
scan in order to measure the accuracy of the proposed spiral
phase contrast technique. To determine accuracy, the flow
waveform obtained both the spiral and the Cartesian scans
were compared using the root mean-squared error (RMSE)

criterion.
RMSE = 230, -0,

where n is the number of phases, Q_ is the flow waveform

(11)

as quantified with the Cartesian sequence, and Q_ is the

flow waveform as quantified with the Spiral sequence.

IV. RESULTS

Fig. 6 demonstrates the flow waveforms in a normal
subject at identical slice locations. Both curves have the
same shape and peak flow. However, the total imaging time
was significantly reduced from 56 heart-beats with a
Cartesian readout to 25 heart-beats with the spiral readout.
Fig. 7 demonstrates flow waveforms as in fig. 6 but with the
number of spiral interleaves reduced from 75 to 30. In fact,
table I illustrates that decreasing the number of interleaves
from 75 to 30 leads to shorter total imaging time (26 heart
beats to 11 heart beats) with a small loss of accuracy in the
quantified flow waveform based on the RMSE criterion.

Spiral vs. Cartesian trajectory
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Fig. 6. Flow waveform in left Iliac artery for spiral and Cartesian acquisition
over the cardiac cycle for 75 spiral interleaves.
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Fig. 7. Flow waveform in left Iliac artery for spiral and Cartesian acquisition
over the cardiac cycle for 30 spiral interleaves. Although with much less
interleaves, the shape of flow waveform was maintained

A further advantage of the spiral acquisition which was
observed was the reduction of motion artifacts commonly
seen in flow imaging with the Cartesian trajectory (Fig. 8).

(a) (b)
Fig. 8. Color overlay of phase on magnitude image in the iliac arteries. (a)
White arrows show the flow-induced ghosting artifacts visible in Cartesian
scan. (b) This is resolved with the spiral read-out. Both images are in the
same person and at the same axial location.
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Table I. Comparison of spiral and cartesian acquisition for different number
of spiral interleaves

read- Total
Readout # of TR/TE| out Zla; imaging RMSE
cadout i terleaves (msec) | time haoses time (0’ /sec)
(msec) p (seconds)
Cartesian
(Reference)| 7.0/4.1] 3.6 21 56 0
Spiral 75 7.02.6| 2 21 26 1.99
Spiral 51 7.8/2.6| 2.8 19 18 3.15
Spiral 30 9.3/2.6| 4.3 16 11 5.23

V. DISCUSSION AND CONCLUSIONS

In this work we designed an optimized spiral phase contrast
sequence to acquire high temporal resolution velocity
images in the iliac arteries. Using a small voxel size
(1.5x1.5x5 mm) reduced the partial volume artifact and
improved the accuracy of phase images.

Motion artifacts observed in Cartesian acquisitions were
not visible in results obtained with the proposed spiral
acquisition while the total imaging time decreased
significantly without affecting accuracy of velocity image. It
was also observed that although reducing the number of
spiral interleaves degrades the quality of the magnitude
image, the quality of the phase image was to a large degree
maintained. Also obtaining short repetition time (TR=7ms)
provides high temporal resolution and the capability for fast
flow imaging. Moreover short read-out time reduced the
effect of off resonance due to long read-out time in
conventional single shot spiral acquisition.

Although there are some advantages to use of spiral
acquisitions, there are also challenges. The common
disadvantage of non-Cartesian trajectories comes from the
basic definition of the Discrete Fourier Transform which
requires Cartesian gridded data as input. This requirement
forces us to regrid non-Cartesian data into a Cartesian grid
prior to applying inverse Fourier transformation, resulting in
interpolation errors. On the other hand we need to apodize
the image by multiplying with the inverse Fourier transform
of the interpolation kernel. Also in the case of 3D velocity
measurement, when using the Cartesian trajectory, we can
use the same reference scan for all three velocity encoded
directions. This improves the temporal resolution from 6TR
to 4TR. However, this is not possible with spiral
acquisitions. Finally, use of single shot spiral readout leads
to off resonance in outer parts of k-space due to spins
dephasing.

We believe due to sparsity of MR images and coherence
between successive phase images in cine phase contrast
imaging, combining partial Fourier sampling and parallel
imaging with spiral acquisition can further reduce imaging
time while resulting in less data inconsistency and off-
resonance artifacts. This line of research is already being
pursued by researchers [22] including in cardiac imaging
[23] and should prove useful in vascular imaging.
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