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Abstract
Cardiovascular magnetic resonance (CMR) phase contrast imaging has undergone a wide range of changes with
the development and availability of improved calibration procedures, visualization tools, and analysis methods.
This article provides a comprehensive review of the current state-of-the-art in CMR phase contrast imaging
methodology, clinical applications including summaries of past clinical performance, and emerging research and
clinical applications that utilize today’s latest technology.
Keywords: CMR flow imaging, Phase contrast, Valvular disease, Congenital defects

Introduction
The assessment of blood flow parameters is important
to the study of cardiovascular function and to the clinical evaluation of cardiovascular disease. Evaluation of
the heart valves requires identification and quantification
of stenoses and regurgitation, and congenital cardiac abnormalities require identification and quantification of
shunt flow. Building on early developments in NMR and
MRI that enabled the measurement of flow velocity and
velocity distributions [1–3], applications of MRI to flow
assessment in cardiovascular disease began in the mid
1980s [4–9], first to the assessment of flow in the heart,
and later to the large vessels (e.g., aorta, carotids). Many
technological innovations have led to the ability to reliably quantify regurgitant and shunt flow volumes,
visualize 3D time-resolved flow patterns, and assess coronary flow reserve, wall shear stress, and turbulence.
Cardiovascular MR (CMR) has become an important
complement to echocardiography in the clinic, and in
the evaluation of congenital heart disease (CHD) in centers with the required expertise. In cardiovascular research, CMR flow imaging is enabling a range of

emerging applications such as assessment of vessel compliance and myocardial motion.
This article describes the current state-of-the-art in
CMR flow imaging methods and applications. The first
section covers methodology and technical issues including
pulse sequences, calibration, visualization, and analysis.
This section includes practical advice appropriate for both
research and clinical users. The second section covers two
major clinical applications, valvular disease and congenital
disease. These applications rely on imaging methods that
have been thoroughly validated, and are feasible with commercially available pulse sequences and analysis software.
The third section covers emerging applications and technologies that have the potential to impact clinical medicine and/or basic cardiovascular research.
This article will also address several common questions:
What is the best way to avoid or correct velocity offsets
and other artifacts? What is the impact of high-field systems and parallel imaging? What visualization tools have
been found to be the most informative?

I. Methodology
Physical principles and imaging methods
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MRI is a phase-sensitive modality that can encode information about velocity into the phase of the detected signal. Flow volume is typically measured by obtaining a
thin, cross-sectional image of the vessel of interest using
phase contrast methods that are sensitized to through-
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plane velocity [6, 10–12]. The vessel lumen is covered by
a set of pixels. We calculate the flow Qi through pixel i
by forming the product
Qi ¼ai v⊥ i

ð1Þ

where v⊥i is the measured, perpendicular component of
the fluid velocity through the ith pixel, which has area
ai. The measured velocity v⊥i is in practice a weighted
average of velocities within the pixel. The total flow Q
through the vessel is then calculated by summing over
the N pixels that cover the vessel lumen in the image.
The pixel areas are typically identical (i.e., ai = a), and
can be removed from the summation:
Qtot ¼

N
X
i¼1

Qi ¼

N
X
i¼1

ai v⊥i ¼ a

N
X

"
v⊥i ¼ ðNaÞ

i¼1i

#
N
1X
v⊥i ¼ A〈v⊥ 〉
N i¼1

ð2Þ
Equation 2 shows that the net flow is given by the
product of the area of the vessel lumen A = Na and the
average perpendicular component of velocity 〈v⊥〉 over
the vessel lumen. If 〈v⊥〉 is measured in units of cm/s
and A is measured in units of cm2, then to express Q in
units of mL/min requires a multiplicative conversion
factor of 60 s/min.
Phase-contrast velocity mapping

Consider a single slice acquired at a single cardiac phase.
To obtain the velocity map (i.e., an image where pixel
intensity is proportional to v⊥i), a flow-encoding gradient
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is applied along the slice-selection direction of the imaging
pulse sequence, after the excitation but before the readout.
Figure 1 shows representative pulse sequence diagrams for
the slice-selection gradient axis. The flow-encoding gradient can be applied as an additional pair of toggled, bipolar
gradient lobes. Alternatively, those lobes can be combined
with slice selection gradient waveforms, in order to reduce
the minimum echo time. The typical acquisition is 2DFT
gradient recalled echo (GRE) with either a full echo or
a partial echo in the readout direction. Other k-space
acquisition trajectories, including echo planar [13, 14],
spiral [15, 16] and radial [17], have been employed to
improve acquisition speed or to reduce flow artifacts.
Spins that flow along the direction of the flow-encoding
gradient accumulate phase ϕi = γm1v⊥i + ϕ0i, where γ is
the gyromagnetic ratio in units of rad/s/T, and m1 is the
first moment of the flow-encoding gradient (i.e. the timeweighted sum of the gradient area, m1 = ∫ G(t)tdt). The
term ϕ0i represents all contributions to the MR phase that
are not related to flow. This includes phase due to offresonance, complex RF coil receive sensitivities, and the
effect of imperfect echo centering in the readout window.
When the gradient waveform is toggled between two
shapes A and B, as indicated in Fig. 1, the change in first
moment is given by m1A and m1B so that for each pixel:
Δϕ i ¼ ϕ iA −ϕ iB ¼ γΔm⊥ v⊥i

ð3Þ

To a good approximation, the confounding contribution
to the phase ϕ0i drops out of Eqn. 3, while the resulting

Fig. 1 MR images are sensitized to measure the through-plane component of velocity by applying a flow-encoding gradient to the
slice-selection axis of the pulse sequence. The flow encoding gradient can be added as (top) a bipolar pair to a flow-compensated slice
selection waveform, or (bottom) to reduce minimum TE, combined with other gradient lobes
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expression for Δϕ remains proportional to v⊥i. As discussed
in more detail later, some residual contributions to ϕ0i, notably those from gradient eddy currents and from the concomitant field, are not completely canceled by the
subtraction operation in Eqn. 3 and usually require further
correction with post-processing.
Two complete sets of raw image data are acquired, A
and B, with a difference in gradient first moment Δm1. A
phase difference reconstruction [18, 19] is then applied to
the two raw data sets to obtain an image where the intensity of the ith pixel is proportional to the velocity v⊥i. The
sign of Δϕi represents the flow direction. A magnitude
image M is reconstructed from the same raw data, either
by averaging the reconstructed magnitude images MA and
MB, or by using MA exclusively, provided acquisition A is
flow-compensated (i.e., m1A = 0). Because the gyromagnetic ratio constant γ and the factor Δm1 are known, we
can quantitatively extract the value of v⊥i using Eqn. 3.
Acquisition considerations

A single slice location is sufficient to quantify flow
through a vessel using the method suggested by Eqn. 2.
The slice is prescribed in an oblique plane so that it perpendicularly intersects the vessel of interest. Although
we should always strive for perfect slice orientation, for
sufficiently thin slices (e.g., 3 mm-thick or less), the measured flow rate is relatively insensitive to small angular
deviations from true perpendicular (e.g., β < 20o). This
insensitivity arises because, to first order, errors in two
multiplicative factors in Eqn. 2 cancel: 〈v⊥〉 is reduced by
a factor of cosβ, while the area A is increased by a factor
of (cosβ)−1 [20, 21].
A time-resolved or multiphase acquisition is required to
accurately quantify pulsatile, arterial flow. To enable the
acquisition of a slice location within a breath hold (e.g.,
approximately 18 heartbeats), a segmented [22] acquisition is often used. For example, if we acquire 6 phase encoding lines (views) per segment, then during the first R-R
interval, flow encodings A and B for views 1-6 are repeatedly acquired to yield approximately 10-20 cardiac phases,
depending on the patient’s heart rate and details of the
pulse sequence and the performance specifications of the
scanner hardware. In the second R-R interval, data for
views 7-12 are acquired, and so on, until the entire kspace is filled for both flow encodings A and B. The resulting multiphase phase contrast data are often reconstructed using view sharing to increase the apparent
temporal resolution [23–25].
Flow-related aliasing

The measured velocity component v⊥i provides an excellent approximation to the true, average velocity component within the voxel [20, 26] unless flow-related
aliasing occurs. The aliasing velocity is an operator-
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selected parameter of the phase contrast pulse sequence.
It is often denoted by venc or VENC, which is the maximum
encoded velocity and is measured in units of cm/s. Provided the average perpendicular component of velocity
within a voxel lies within the range, − VENC < |v⊥| < VENC
the pixel intensity in the phase difference image remains
linearly proportional to v⊥i, as indicated by Eqn. 3. Because
the phase difference reconstruction returns a value in the
range −π ≤Δϕi ≤ +π, VENC is related to the change in first
moment by:
VENC ¼

π
γΔm⊥

v⊥i ¼ VENC

ð4Þ

Δϕ i
π

ð5Þ

When |v⊥i| exceeds VENC, velocity aliasing will occur.
That means that velocities in excess of ± VENC will be
mapped (i.e., aliased) erroneously to velocities within the
range of ± VENC. Besides misrepresenting speed, flowrelated aliasing can also result in an artifactual reversal
of the displayed flow direction. Unfortunately, the aliasing velocity cannot be set arbitrarily high because that
incurs a signal-to-noise ratio (SNR) penalty. Provided
that |v⊥| < VENC, the SNR of the phase difference image
is given by
SNRΔϕ ∝SNRM 

v⊥
VENC

ð6Þ

where SNRM is the signal-to-noise ratio of the reconstructed magnitude image. Notice that the phase SNR is
proportional to signal magnitude and velocity, but inversely proportional to VENC. A low VENC results in
higher phase SNR, however, if too low a value of VENC is
selected, unwanted flow-related aliasing occurs. Optimising an acquisition with low VENC setting may require
several acquisitions until the peak velocity is free of aliasing. It is possible to acquire images at multiple VENCs
within one breath-hold to assist this iterative optimization
(i.e., VENC Scout) but an acquisition at reduced spatial
and temporal resolution may miss some aliasing, though
aggressive scan-time acceleration may be used to alleviate
this [27]. In some cases, flow-related aliased images can be
salvaged with a post-processing technique called phaseunwrapping [28–30]. Typically, however, some SNR is
intentionally sacrificed by selecting the value of VENC to
be sufficiently high to avoid aliasing in most patients, e.g.,
200 cm/s to measure healthy aortic flow. If resulting images still have unacceptable flow-related aliasing and
phase unwrapping methods are not available, the acquisition can be repeated with a higher value of VENC, as illustrated in Fig. 2.
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Fig. 2 Difficulty where wraparound is not an “island” in the flow: a Peak flow through a mildly narrowed pulmonary vein showing velocity
aliasing of black into white (arrow) at VENC 80 cm/s. b Unwrapping this aliasing was uncertain in partial-volume pixels neighboring the reverse
flow channel (arrow) offset 50 cm/s. c The same plane acquired at VENC 130 cm/s showed true forward flow in black and the reverse flow
channel at its left on the image. (provided by Dr. Sylvia Chen, Royal Brompton Hospital, London, UK)

Fourier velocity encoding

In some cases, it is desirable to measure the distribution
of velocities within a pixel, rather than only the weighted
average. This can be accomplished with Fourier velocity
encoding [3], where the two flow encoding values mentioned earlier, A and B, are replaced by a longer series
(e.g., 8 or 16 values) of flow encoding steps separated by
constant increment of the first moment Δm1. The resulting data are then reconstructed with a discrete Fourier
transform instead of a phase difference method. At each
pixel, this procedure yields a set of images, each sensitive
to velocity within a specific range, or bin.
One advantage of Fourier velocity encoding is that by
examining the zero velocity image, we can measure the stationary tissue contribution to the signal for a particular
pixel. This is particularly useful at the boundary of the vessel lumen, where pixels cover both flowing blood and stationary tissue. As discussed in more detail later, such partial
volume effects are a common source of systematic error
when using standard MR methods to quantify flow.
The main disadvantage of Fourier velocity encoding,
however, is that it increases the acquisition time by a
factor of N/2, where N is the number of velocity encoding steps, compared to a standard phase contrast measurement with 2 flow encoding steps. There have been
attempts at compensating by using faster acquisition
strategies [31, 32]. However, because of this acquisition
time penalty, Fourier velocity encoding has not been
widely used. Instead, as discussed later, the most popular
countermeasure against partial volume errors is simply
to increase the spatial resolution using standard velocity
mapping methods. Fourier velocity encoding, however,
has found application with 1D pencil beam excitation
imaging [33] (discussed further below), which is intrinsically fast.
Measuring the velocity vector

In some cases, it is desirable to measure the complete
velocity vector v i for each pixel i, rather than only its
perpendicular component v⊥i. Although this complete

vector measurement is not necessary to measure flow
through a vessel, it is required for other applications such
as tissue velocity mapping, as discussed later. Measurement of the velocity vector requires a minimum of four
flow-encoded measurements [34], which we will label A,
B, C, D. Often A is acquired with flow compensation on
the slice selection and frequency encoding axes. This involves adding gradient pulses that null the 0th and 1st moment of the gradient waveforms between excitation and
data collection. Then the first moment is changed by Δm1
on one axis at time for the B, C, and D acquisitions. For
example, we could set the first moment on the frequency
encoding axis to be Δm1 for encoding B; the first moment
on the phase encoding axis to be Δm1 for encoding C, and
similarly for the slice selection axis for encoding D. Using
acquisition A as a common phase reference, three independent phase difference reconstructions and Eqn. 3
yields three separate velocity maps, each of which is sensitized to flow in one orthogonal direction. Calling the three
velocity maps vxi, vyi and vzi, the vector velocity for pixel i


is given by vi ¼ vxi ; ; vyi ; ; vzi . If desired, a map of the flow
qﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃ
speed can be calculated from jvi j ¼ v2xi þ v2yi þ v2zi .

4D flow CMR

3D spatial encoding offers the possibility of isotropic
high spatial resolution and thus the ability to measure
and visualize the temporal evolution of complex flow
and motion patterns in a 3D volume, without any restrictions to predefined imaging planes. In this context,
ECG synchronized 3D phase contrast CMR (PC-CMR)
using 3-directional velocity encoding can be employed
to detect and visualize global and local blood flow characteristics in targeted vascular regions [35, 36]. A number of recent methodological improvements permit the
accelerated acquisition of such data within scan times of
the order of 5-10 minutes. The number of potential applications of 4D flow CMR is growing, as covered by a
number of recent review articles [37–43].
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Pulse sequence details and vendor acronyms

While often not stated explicitly, PC-CMR acquisitions
are generally RF-spoiled [44] to suppress multiple-TR signal pathways. In the absence of flow-induced intra-voxel
dephasing (discussed below), RF-spoiled magnitude images have mixed T1 and spin-density weighting, and some
T2* weighting depending on the TE. Several cycles of gradient dephasing across the voxel is needed to suppress
ghost artifacts [45]. RF-spoiled 2DFT sequences have
vendor names such as spoiled gradient echo (SPGR), fast
low angle shot (FLASH), and T1-weighted fast field echo
(T1-FFE). Since the PC-CMR sequence is typically interrupted at the end of each R-R interval while “waiting” for
the next ECG trigger, the corresponding sequence names
Fast SPGR, TurboFLASH, and TFE are sometimes used
instead. Spiral phase-contrast sequences are not widely
available, and in research papers are referred to as “spiral
SPGR” or simply “spiral”.
Artifacts and calibration procedures

PC-CMR is susceptible to unique artifacts that may alter
the qualitative visualization of flow, and introduce errors in
the quantification of flow volume or other hemodynamic
parameters. There is no single dominant source of error,
however several smaller errors may combine to result in
velocity or flow measurement errors on the order of 5 % to
10 % or more. The earliest work that validated PC-CMR
methods [46–48] included descriptions of these artifacts,
and more recent reviews can be found in [26, 49]. It is important to note that the relative importance of different
sources of artifact depends on the type of measurement being made, e.g., peak velocity or volume flow, and the type
of pulse sequence being used. This section specifically discusses artifacts in PC-CMR acquired with 2DFT gradient
echo pulse sequences.
Velocity signal and velocity noise

As suggested by Eqn. 6, reliably strong blood signal is
fundamental to PC-CMR. Exactly as in gradient-echo
cine imaging, in PC-CMR cine imaging, the longitudinal
magnetization of material in the slice is partially saturated by the repeated RF pulses, more so for long T1s
such as blood. Inflow of unsaturated material into the
image plane or volume produces bright signal [50]. For
large volume imaging, there is little inflow often resulting in low steady-state signal, thus requiring the use of
low flip angles or T1-shortening contrast agents [51].
The total signal within a voxel may also be reduced or
entirely lost by dispersion caused by spatially nonuniform, motion-induced phase shifts within the voxel,
also known as intra-voxel dephasing or intra-voxel phase
dispersion. This can be reduced by using flow compensation, however, PC-CMR requires that at least one
flow-encoded image be obtained and by definition this
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image cannot be flow-compensated. There is the potential for regions of weak blood signal in that image,
whereas the “reference” image can be fully velocitycompensated, producing strong blood signal. The subtraction of the two phase images described by Eqn. 3 will
be unreliable if either image has low magnitude. The
noisy phase of a weak magnitude signal leads to erroneous pixels around jet flows, e.g., “edge spike” artifacts
[52] or “salt and pepper noise” [53]. Most systems offer
“balanced” or “symmetric” velocity encoding shared between the two images [54], which can reduce signal loss
due to intravoxel phase dispersion.
Signal can also be lost when there is turbulence or unsteady motion on the timescale between excitation and
echo (a few milliseconds). In such cases, much of the
signal can be recovered by shorter duration of the gradient waveforms so that there is less time for incoherent
flow-related phase dispersion to occur [52, 53, 55], perhaps ultimately using TE times on the order of 1 ms
[56]. The shorter gradient pulses do imply that stronger
gradient amplitudes are required, which partially counteract the strong benefit of shorter TE [48]. Image postprocessing techniques can remove unreliable pixels [57],
but such methods require experienced supervision to
avoid unnecessary suppression of true velocity data. The
potential for high noise in individual pixel velocity measurements is one of the reasons that peak velocity determination in stenoses should be made using several
pixels [53].
The problem of low velocity SNR can also be addressed
in post-processing using advanced denoising techniques.
Several such methods are based on the assumption of incompressible flow, which in turn dictates that flow fields
must be divergence-free. By fitting the measured velocity
field to a set of divergence-free “basis” functions [58] or
vector fields [59], a strictly divergence-free flow field with
reduced noise is obtained. Ong et al. [60] recently proposed a related denoising technique that retains a nondivergence-free flow component, which may arise due to,
e.g., partial volume and flow discretization. The problem
of suppressing noise while retaining physically meaningful
flow information is an active area of research.
Flow measurement will be impacted if the vessel boundary region-of-interest (ROI) includes pixels whose signals
are only partially from flowing magnetization (“partial volume” effect). The consequence depends on the surrounding tissue signal strength compared to that of blood,
which is increased by fresh inflow enhancement. If the
blood magnitude is far brighter than the surrounding tissue, and if the ROI includes the entire border pixel, then
there will be an over-estimation of the total flow. If the
two magnitudes are similar and the ROI again includes
the entire partial-volumed pixel, the total flow will be correct. However, given the image interpolation often applied,
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ROI software might not include the entire partialvolumed raw pixel. In other words, the error due to
“partial volume” effects can depend on the implementation details of the ROI software as much as on the relative signal strength of blood and surrounding tissue.
The dependence of blood signal strength on fresh inflow confounds any general rule about setting ROI
drawing thresholds from magnitude images. Nevertheless, drawing ROIs on magnitude images is generally
found to be easier than drawing on velocity images.
Perhaps the most detailed study [61] concluded this difference was “almost negligible for clinical purposes” in
a great vessel model even with plug or skewed velocity
profiles causing high velocities and bright blood magnitude near the wall. In smaller vessels, to keep partialvolume error below 10 %, at least 16 pixels should
cover the vessel [20, 21, 61]. Complex-difference processing [62] and paraboloid fitting [63] reduce flow
measurement errors, but are subject to limitations such
as the assumption of laminar flow. In addition to these
considerations, it has recently been recognized that
partial volume from perivascular fat can cause chemical
shift-induced velocity measurement errors, which can
be minimized by imaging with high receiver bandwidth
and choosing the TE such that fat and (stationary)
blood signal are in-phase [64].
Image artifacts

Fluctuations in flow velocity during a 2DFT acquisition can
create ghosting artifacts along the phase-encoded direction
[65, 66]. This could be due to cardiac variability of flowrelated phase shifts in the raw data, which the image reconstruction then assumes were made by the spatial phaseencoding gradient pulses. Flow changes have been documented during large inspiratory breath-holds [67], endexpiratory breath holds [68, 69], and during free breathing
[70, 71]. One common appearance is that of replication of
blood vessels along the phase-encoded direction. The symmetric velocity encoding approach can also weaken these
artifacts. Mis-triggering or variable delay in ECG-triggering
exacerbates such artifacts because it increases cardiac phase
variability between sections of raw data. Signal averaging in
non-breath-hold PC-CMR can reduce ghosting arising
from random and pseudo-random flow variability [72, 73].
The flow itself can also appear displaced, due to motion during the time differences between sliceexcitation, velocity-encoding, phase-encoding, and
frequency-encoding. These effects reduce with short
TE [48, 74, 75], but can still be significant in the case
of flow jets. For example, a 4 m/s post-stenotic jet
moves 12 mm in 3 ms, which by current standards
would be a short time between excitation and frequency encoding. This would result in a displacement
of the visualized flow by up to 12 mm within the
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reconstructed image. The exact location of the displaced signal depends on the orientation of flow with
respect to the phase and frequency encoding gradients
[74], and may even end up outside of the vessel. Phaseencode velocity compensation, if correctly implemented, also reduces distortion of oblique flow [8, 76,
77], except for that due to acceleration [78].
Slice positioning near mobile cardiac valves especially for
regurgitation measurement has to balance multiple inaccuracies including distal Windkessel, coronary flow, proximal
valve motion and signal loss [79, 80], even if repeatability is
precise [81]. Prospective [82] and retrospective [83] valveplane tracking may offer improvements beyond what is currently available on commercial scanners.
Misalignment of the velocity-encoding gradient with respect to the flow of interest results in an underestimation
of velocity by the cosine of the misalignment angle, as discussed previously. For peak velocity assessment, a “splayed”
jet emerging from a narrow or irregularly shaped orifice
may defy accurate velocity measurement [84]. Finally, truncation or Gibbs artifacts can affect flow measurements, but
are most problematic only when there is another nearby
vessel [85].
Velocity errors

After the subtraction operation to form the phase difference image (Eqn. 3) there are residual contributions
to Δφi, notably those from gradient eddy current effects
[57], concomitant field (i.e., Maxwell) terms [86], and
gradient field distortions [87]. The residual phase errors
appear as a non-zero velocity in stationary tissue but
they affect the entire image often with gradual spatial
variation. If uncorrected, all three effects can significantly distort the measured velocities and flow volumes
and can also result in distortion of 3D streamlines and
3D particle traces, described in the Flow Visualization
section. Such phase offset errors exhibit a substantial increase with increasing distance from the isocenter of the
MR system, with the concomitant field and gradient field
distortion in particular varying super-linearly with distance. Even small systematic inaccuracies in measured
velocity can propagate into larger errors when computing volume flow. Its consequences and corrections are
reported in [88–90]. 2D PC-CMR measurements
performed in single vessel segments at or near the
isocenter of the magnet are relatively insensitive to these
errors. For 2D or 3D PC-CMR with large anatomic
coverage, however, correction is required. Increasing
interest in CMR phase contrast imaging to quantify
valvular heart lesions such as mitral regurgitation [91]
warrant re-examination of elements in clinical scan
protocols such as phantom scan or other approaches to
correct for phase offsets that remain problematic on
current-generation scanners.
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Corrections may be derived from stationary tissue
[57, 92], or derived from a stationary phantom acquired with identical slice and pulse sequence parameters.
Alternatively, Giese et al. [93] recently demonstrated that
baseline PC offsets can be measured directly using magnetic field probes, which obviates the need for potentially
error-prone post-processing but requires specialized hardware. Similar measurements by Busch et al. [94] showed
that PC offsets can vary significantly with the temperature
of the gradient coil mount, indicating the need for thermal
stabilization or dynamic offset correction. While background velocity offsets may be insignificant for peak velocity assessment, on some machines and protocols the
baseline offset becomes significant due to the area and temporal summations used to calculate volume flows such as
cardiac output. Even small parameter changes such as slice
thickness or in-plane orientation may alter the offset, which
can arise from small errors in the eddy current correction
or the essential concomitant gradient correction [86]. Using
the smallest possible value of VENC or varying VENC
through the cardiac cycle [95] may reduce the offset error
in comparison to the velocity phase shift, but this is not always the case; for example, a smaller value VENC can provoke a larger offset. Positioning the vessel of interest near
isocenter, or more realistically in the z = 0 plane, minimizes
the phase error from the concomitant field and generally
assists with many other aspects of scanner performance.
Furthermore, these background velocity offsets can be temporally stable between cine frames conferred by cine imaging in breath-hold or free-breathing sequences [96],
which facilitates their identification and removal during
post-processing when the flows of interest are pulsatile.
However, large temporal variations can occur due to,
e.g., respiratory navigators in prospective cardiac gating sequences.
Impact of parallel imaging, high field systems, and
constrained reconstruction

PC-CMR requires multiple image acquisitions with differing first gradient moments, which can lead to long acquisition times. PC-CMR therefore particularly benefits from
acceleration via parallel imaging techniques, which rely on
receive coil arrays to reconstruct images from only a subset
of the complete k-space data. There are two “classic” parallel imaging techniques that are supported by vendors:
sensitivity-encoded MRI (SENSE) and generalized autocalibrating partially parallel acquisitions (GRAPPA). SENSE
[97] operates in image space, and is able to unwrap field-ofview aliasing by combining images from a number of receiver coils once the sensitivity profiles of the coils have
been obtained. Therefore, SENSE reduces scan time by reducing the acquired field-of-view. GRAPPA [98], on the
other hand, operates in k-space, and relies on the k-space
profiles of multiple receiver coils to fill the gaps between
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sampled k-space lines. Both SENSE and GRAPPA are
phase-sensitive and can be used to accelerate PC-CMR,
and are supported by vendors. Note that the use of these
techniques in PC-CMR does not differ fundamentally from
their use in other applications.
The cost of speeding up image acquisition with SENSE
or GRAPPA is local image noise enhancement, which generally worsens with increasing acceleration (or “reduction”)
factor R, and improves with increasing number of receive
coils. The speed-up factor achievable with SENSE and
GRAPPA are comparable, and values of R = 2 to 3 have
been reported in 2D and 4D PC-CMR imaging at 1.5 T
[99–106]. Parallel imaging can also be combined with Cartesian or spiral EPI for real-time imaging [100, 107], for
which similar acceleration factors have been reported.
There are no strict criteria for setting the speed-up factor,
and it is ultimately up to the user to select an R that results
in acceptable noise and artifact levels for a given
application.
The trade-off between R and noise/artifact levels becomes more favorable at higher fields, since the image
SNR improves with increasing field strength, and because spatial coil sensitivity profiles become more independent (localized). In addition, 3D spatial encoding is
particularly well-suited for parallel imaging since, for a
given net acceleration factor, “sharing” the undersampling between the phase- and partition-encoding dimensions can lead to improved image quality compared to a
2D acquisition. For these reasons one can generally expect 4D flow imaging at high field to enable the highest
speed-up factors [105, 106] [108–122]. Alternatively, for
a given reduction factor R, moving to higher fields can
produce smoother 3D flow streamlines, reduced noiseinduced measurement bias, and improved image SNR
which aids vessel segmentation [121].
Several groups have explored the possibility of speeding
up image acquisition further by combining parallel imaging
with advanced, often iterative and non-linear, constrained reconstructions that exploit spatio-temporal correlations or sparsity [123–134]. These research methods go
under a variety of names, typically including keywords such
as “k-t”, compressed sensing, and spatio-temporal sparsity/
constraints/correlations. Spatio-temporal constraints can
also be combined with non-Cartesian undersampled PCCMR acquisitions such as 2D radial [135, 136], 3D radial
(“PC-VIPR”) [137], and 3D stack-of-stars [138]. The role
that these advanced acquisition and reconstruction
schemes may be able to play in routine clinical practice is
the subject of intense ongoing research.
Image analysis and flow visualization

By drawing an ROI around a vessel, basic statistics such
as average velocity (Eqn. 2), peak velocity, and a velocity
histogram can be determined. If ROI’s are drawn for
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each acquired time frame, one can determine flow as a
function of time over the cardiac cycle. By plotting the
flow values summed over pixels for each ROI at each time
point, flow rate versus time curves can be generated
(Figs. 3 and 4). The thermal noise (standard deviation) in
such ROI-averaged measures can be calculated from the
velocity SNR using the recently introduced approach by
Hansen et al. [139]. As discussed previously, care is usually
taken to trace boundaries near the edges of the vessel to
eliminate contamination from other vessels and to eliminate errors in the integration due to inclusion of excess
static tissue [140]. These curves are used to determine
clinically relevant quantities such as aortic or pulmonary
regurgitant volume, abnormal ventricular filling patterns,
cardiac stroke volume (in mL/cardiac cycle), cardiac output (in L/min), and quantification of flow in left-to-right
shunts [81, 141].
Time-resolved 2D PC-CMR pulse sequences with
through-plane velocity encoding are typically available on
all commercial MR systems. The resulting time-series of
magnitude images reflect the dynamics of the underlying
cardiac and/or vascular anatomy. The additionally calculated series of phase difference images represents the local
velocities along the flow-encoded direction with the same
spatial and temporal resolution as the anatomical data.
These images are typically visualized side-by-side using
gray-scale depiction of the measured blood flow velocities.
Alternatively, color-overlay similar to flow visualization on
Doppler echocardiography can be employed [142]. Presenting the time-series of magnitude and phase difference
images in movie mode can depict the dynamics of the pulsatile flow over the cardiac cycle.
The velocity field generated by CMR can be used to
determine other important physiologic parameters such
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Fig. 4 Flow versus time in the cardiac cycle for an ROI in the
ascending aorta of a patient with valvular regurgitation. The
negative flow in diastole is due to antegrade flow from the
regurgitation. Each point represents the integrated flow over the
ROI at one time point

as pressure gradients, vessel compliance, and wall shear
stress (WSS), although these analyses are not yet available
commercially to our knowledge. Pressure gradients are an
indicator of the hemodynamic significance of lesions and
provide unique value over anatomy and velocity alone.
Pressure gradients can be determined by using the modified versions of the Navier-Stokes equations that depend
on the time and spatial velocity distribution in the flow
field [29, 143–145]. Note that CMR determines the spatial
gradient of pressure, not the absolute value of pressure.
The relative pressure maps generated from CMR can be
visualized as color-coded static images, or time-resolved
animations [145–147]. Wall shear stress, which is based
on evaluating the spatial gradient of the velocity distribution at the vessel wall, has been linked to endothelial cell
dysfunction and vascular remodeling [148] and the

Fig. 3 The left and right carotid arteries are outlined at each time frame on the phase or magnitude images using ROI’s (left). The instantaneous
flow rate values, Q(t) are determined at each time frame. The flow rate from each time frame is plotted versus time in the cardiac cycle to yield
flow curves (right)
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localization of atherosclerotic lesions, and can be estimated reliably from 4D flow data [149–152] given sufficient spatio-temporal resolution. Potters et al. recommend
at least 8 pixels across the lumen for accurate WSS estimation, though this number may depend on the spatial
interpolation (fitting) method [153].
For the visualization of complex, three-directional
blood flow within a 3D volume, various visualization
tools including 2D vector-fields, 3D streamlines and
time-resolved 3D particle traces have been proposed
[154–156]. Since these visualization techniques have
been described in other reviews (e.g., [38]), here we
only briefly highlight their potential clinical importance.
Figure 5 illustrates whole-heart 3D flow visualization,
and shows that for a concentric aneurysm in the proximal descending aorta, a relative flow acceleration in
the aortic arch developed into a flow pattern adapted to
the shape of the aneurysm, i.e., highly circulating flow
with a vortex core near the lateral wall [114]. Such altered flow patterns may reveal impaired flow efficiency
or changes in hemodynamic parameters such as wall
shear stress.

II. Clinical applications
Valvular heart disease

Flow assessment in the patient with valvular heart disease (VHD) seeks to answer the following questions:
what is the severity of stenosis and/or regurgitation, and
what are the associated anatomic abnormalities? PCCMR may be called upon to answer these questions.
While transthoracic echocardiography is invariably the
first test chosen to assess flow in VHD, poor acoustic
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window (even with contrast administration) and limitations in acquisition plane may necessitate further testing.
The incremental utility of CMR for VHD must be demonstrated in the context of other techniques such as transesophageal echocardiography (TEE), a well-established
technique relied upon by surgeons to plan procedures such
as mitral valve repair. TEE, which may be done intraoperative as well, readily demonstrates morphology and function
of the mitral valve apparatus and other valve structures and
function, albeit with risks associated with sedation and
esophageal intubation. CMR may be preferable when there
are contraindications to TEE, when other aspects of cardiac
structure and function uniquely assessed by CMR are needed
(e.g. viability), or when results from other more commonly
used modalities have yielded discrepant or inconclusive results.

Presence and severity of stenosis

One of two approaches may be used to determine severity of valvular stenosis with PC-CMR. The first is to serially obtain in-plane two-dimensional velocity-encoded
cine acquisitions to identify the direction of the peak
velocity, and then prescribe through-plane acquisitions
perpendicular to the jet direction to obtain the peak velocity. This works well when there is one predominant
stenotic jet (Figs. 6 and 7, Additional file 1A-D), but
fares less well in the setting of multiple jets. The other
approach involves velocity encoding in multiple directions over a volume that encompasses one or more stenotic jets emanating from the valve. This may not be
feasible due long acquisition times and limited availability of post-processing tools to extract the peak velocity.
In practice, the former approach is most often used,

Fig. 5 Development of vortical flow patterns in the thoracic aorta in a patient with a tubular shaped aortic arch and an aneurysm of the proximal
descending aorta (yellow arrow, diameter = 4.2 cm). 3D streamlines within the 3D PC-MRA iso-surface illustrate accelerated flow along the outer
aneurysm wall (t = 180 ms) and subsequent formation of a flow vortex (t = 300 ms and t = 380 ms). Note that aneurysm formation affects blood
flow in the entire aorta resulting in marked helical flow in the ascending aorta (AAo, white arrows). From Ref. [107]
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Fig. 6 Aortic Stenosis. a Systolic frame from a balanced SSFP cine CMR acquisition in the left ventricular outflow tract plane shows a turbulent jet
emanating from a thickened aortic valve suggesting significant stenosis. b Short axis view at the level of the aortic valve demonstrates a bicuspid
valve en face with calcification of the anterior leaflet as well as at the commissural junctions. c Phase contrast image at mid-systole with VENC setting of 250 cm/s shows extensive aliasing, suggesting the peak velocity is considerably higher than 2.5 m/s.
d Repeat phase contrast acquisition at the same location and point in the cardiac cycle with VENC increased to 450 cm/s eliminates aliasing,
allowing for accurate quantification of peak velocity across this stenotic valve. See also Additional file 1

recognizing that without meticulous prescriptions to
identify the plane of highest velocity one may easily
underestimate stenosis severity. Also, most current clinical systems use segmented techniques that yield average
velocities over multiple cardiac cycles. Newer approaches to real-time velocity encoded cine imaging are
preferred when available to capture beat-to-beat variation [107, 142].
Stenosis severity by PC-CMR has shown good agreement with Doppler measurements in the case of aortic
stenosis (AS) [157], and smaller studies suggest agreement with catheter-derived pressure gradients [158]. Invasive pressure measurement across a severely stenotic
aortic valve confers considerable mortality risk, making
noninvasive estimation preferable. Further, imaging of
the aorta is essential given concomitant risk of ascending
aortic aneurysm that may also require repair at the time
of valve surgery. CMR is thus an ideal modality for

comprehensive assessment of aortic valve and associated
aortopathy.
Stenosis severity by PC-CMR in other valve lesions
has most commonly involved assessment of congenital
pulmonic stenosis and the right ventricular outflow tract
(RVOT), particularly in patients with repaired congenital
heart disease where distorted RVOT geometry benefits
from volumetric imaging. Mitral valve stenosis has also
been measured with PC-CMR, with both peak E velocity
and pressure half-time agreeing well with Doppler-echo
[159].
Presence and severity of regurgitation

Risk of sudden death and heart failure in regurgitant
valve lesions such as aortic valve insufficiency and mitral
regurgitation should prompt replacement or repair of
the valve when cardiac enlargement or dysfunction set
in – even in the absence of symptoms. The appeal of

Fig. 7 Aortic Stenosis (continued). a Quantification of phase-contrast data across the stenotic aortic valve shown in Fig. 6 indicates severe
stenosis, with peak velocity of 4 m/s. b Apical continuous-wave Doppler recording in the same patient underestimates stenosis severity (3 m/s)
due to misalignment relative to the direction of stenotic flow. c Invasive hemodynamics confirmed severe stenosis, with simultaneous aortic (Ao)
and left ventricular (LV) pressure measurement translating to an aortic valve area of 0.44 cm2/m2, with <0.5 cm2/m2 considered critical AS
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PC-CMR for measuring regurgitation severity lies in
the ability to directly measure flow across a valve, e.g.,
regurgitant volume, instead of secondary estimates of
severity such as vena contracta or proximal isovelocity
surface area that are used in echocardiography. As
such, PC-CMR holds particular utility when precise,
serial assessment of regurgitant volume as well as ventricular response to volume overload is needed to
guide timing of intervention. Regurgitation across
semilunar valves is relatively straightforward in acquisition, with care taken to avoid errors due to throughplane motion of the valve plane and background phase
shifts. Echocardiographers’ ratings of aortic regurgitation severity shows considerable overlap with CMR
quantification of regurgitant fraction [160], underscoring the utility of the PC-CMR approach when distinguishing among AR grades of severity affects decisionmaking. Li and colleagues showed reasonable agreement between echo-Doppler and PC-CMR estimates of
regurgitation severity in patients with repaired tetralogy of Fallot (TOF) [161]. As reviewed in the Congenital Heart Disease section below, PR quantification is an
integral part of the assessment of complex post-TOF
repair cardiovascular structure and function.
Measuring regurgitant volume across atrioventricular
valves may require alternate means of estimation given
the non-planar geometry of the regurgitant orifice and
the often-eccentric jet directions (Figs. 8 and 9,
Additional file 2). Hundley and colleagues showed that
subtraction of the forward aortic stroke volume by
PC-CMR from the LV stroke volume by cine CMR
yielded a mitral regurgitant fraction that agreed well
with angiographic estimates [162]. A recent review
provided the following classification of mitral regurgitation severity as: mild = RF ≤ 15 %, moderate = RF
16–24 %, moderate-severe = RF 25–42 %, severe = RF
>42 %, but also underscored the complementary utility
of visually assessing MR jets on multi-slice SSFP cine
imaging [80].
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Congenital heart disease

Thorough interrogation of structure and function in
congenital heart disease (CHD) with CMR invariably requires flow measurement. As with VHD, Dopplerechocardiography remains widely used to detect and
measure velocities and flow in CHD. Unlike VHD, however, PC-CMR may be the sole modality used in centers
where expertise in congenital CMR examination affords
consistent and reliable assessment of complex cardiac
and vascular anatomy and hemodynamics. As detailed
below, PC-CMR is an integral part of the CMR examination across a wide range of CHD lesions from simple
defects to complex cyanotic heart disease.
Presence and severity of shunts

A variety of congenital abnormalities may lead to inappropriate transfer of blood from one side of the circulation to
the other. This shunting typically occurs from the higher
pressure left-sided to the lower pressure right-sided circulation, though right-to-left or bidirectional shunting may
occur. The most common form of intracardiac shunt is
atrial septal defect (ASD), which may produce heart failure
and pulmonary hypertension due to volume overload of the
right heart, with or without concomitant anomalous pulmonary venous drainage or other anomalies. ASD evaluation requires defining the presence, location, and size of
the defect and surrounding rims of tissue. ASD evaluation
also requires computation of the pulmonary to systemic
flow ratio (Qp:Qs), for which PC-CMR is ideally suited.
This is typically done by computing ratio of through-plane
flow across the main pulmonary artery to through-plane
flow through the proximal aortic root. A similar acquisition
is used for both measurements. The time delay between
these two scans is minimized in order to avoid significant
changes in cardiac output between measurements. In a
group of adults with ASD and other shunts referred for invasive hemodynamic evaluation, Hundley et al. validated
Qp:Qs by PC-CMR against invasive oximetry and indicator
dilution, showing good agreement in shunt fraction [163].

Fig. 8 Mitral Regurgitation. a Late post-gadolinium enhancement imaging in a patient with dyspnea demonstrates extensive infarct scar of the
inferior and lateral walls (arrows). b Systolic frame from a three-chamber cine SSFP acquisition shows dephasing due to turbulent mitral
regurgitation flow back into the left atrium. c In-plane velocity-encoded cine frame in systole also demonstrates the mitral regurgitation jet
(arrow), but more clearly demonstrates its eccentric direction. The jet reaches back to the pulmonary vein ostia, consistent with
severe insufficiency
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Fig. 9 Mitral Regurgitation (continued). Quantification of mitral regurgitant volume in the case shown in Fig. 8 was done by subtracting the
forward stroke volume across the aortic valve by PC-CMR from the total LV stroke volume. LV stroke volume is computed by using any of a
number commercially-available software packaged (Argus, Siemens shown) to delineate endocardial borders at end-systole and end-diastole in
each of the contiguous short axis cine CMR planes covering the length of the LV. The difference in volumes computed using Simpson’s rule is
the LV stroke volume. In this patient, the mitral regurgitant volume was 100 (LV stroke volume by cine CMR) – 45 (aortic stroke volume by PC
-CMR) = 55 mL, or a regurgitant fraction of 55 % consistent with severe mitral regurgitation

A similar comparison was made more recently by Debl
et al. [164]. Beerbaum et al. extended this comparison
to a large group of pediatric patients, confirming accuracy of Qp:Qs in both patients with as well as those
without ASD [165]. This work did not find throughplane flow quantification directly across the defect as
reliable, though Thomson et al. were able to do this
successfully but only with meticulous, sequential acquisitions to obtain the ideal plane for en face ASD
flow measurement [166].
Ventricular septal defects (VSDs) often occur in conjunction with other congenital defects such as tetralogy of
Fallot or as part of atrioventricular septal defects. When
PC-CMR is called upon to evaluate a VSD, it is usually in
the context of complex anatomy beyond the simple muscular, restrictive VSD that produces no hemodynamic effect. As with ASDs, Qp:Qs measurement with PC-CMR
that can be compared to short axis cine-derived left and
right ventricular stroke volumes [167] provides a useful
parameter for clinical management.
Other causes of shunt flow include anomalous pulmonary venous drainage [168], patent ductus arteriosus
(Fig. 10, Additional file 3), aortopulmonary collaterals
(APCs) [169] and iatrogenic shunts, such as those used to
palliate cyanotic heart disease. Reliance on Qp:Qs to detect and quantify shunt flow should occur in the setting of
several caveats. First, advanced pulmonary hypertension
may blunt left-to-right shunting (Eisenmenger physiology), particularly in the presence of a large, longstanding intracardiac defect (Fig. 11, Additional file 4).
Small shunts such as those seen with intermittent flow
across a patent foramen ovale may not produce significant
changes from normal in Qp:Qs, and borderline abnormal
Qp:Qs results should prompt a search for other evidence
before inferring presence of a shunt.

Other congenital heart disease applications

Interrogation of branch pulmonary arteries for stenosis is
an important part of the CMR examination in patients
with repaired TOF. In-plane PC-CMR prescribed along
the right and left pulmonary arteries can demonstrate turbulent flow and jet direction, through which perpendicular through-plane PC-CMR can be used to obtain peak
velocities beyond sites of vessel narrowing that may result
from prior palliative surgeries. Similarly, both in-plane
PC-CMR in an RVOT view followed by appropriately-

Fig. 10 Patent Ductus Arteriosus. a Contrast-enhanced magnetic
resonance angiogram in the sagittal plane demonstrates a patent
ductus arteriosus (PDA, arrow) communicating between the
proximal descending aorta (Ao) and pulmonary artery (PA). b
In-plane PC-CMR shows flow from the aorta into the PA via the PDA
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Fig. 11 Ventricular Septal Defect. End-diastolic (a) and end-systolic (b) frames of a horizontal long-axis cine CMR acquisition demonstrate a large
ventricular septal defect (VSD) of the basal half of the interventricular septum. In-plane PC-CMR showed no appreciable flow across this
long-standing, restrictive VSD (Additional file 4). Through-plane PC-CMR with regions of interest (dotted circles) encircling the aortic valve
(c,d) and pulmonic valve (e,f) allowed calculation of Qp:Qs that yielded a value close to 1:1, consistent with Eisenmenger physiology or advanced
pulmonary hypertension limiting flow across even a large defect

prescribed through-plane PC-CMR acquisitions yield useful qualitative and quantitative information. Distinguishing
valvar from subvalvar or supravalvar pulmonic stenosis
benefits from this approach, dictating distinct approaches
to management. Imaging of the aorta is a central application of CMR in congenital heart disease, and PC-CMR
provides complementary information on location and severity of, for instance, aortic coarctation [170].

Flow assessment in CMR examinations

While ‘routine CMR examination’ is something of a misnomer, it is worth asking when phase contrast acquisition
is required if a priori clinical information does not indicate
a specific valvular or congenital lesion requiring flow assessment. In patients referred for myocardial viability assessment, for instance, detection of presence and severity of
mitral regurgitation may be helpful in surgical planning
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given increased postoperative mortality in patients with significant MR whose valve disease is not addressed at the
time of bypass surgery [171]. Given the increased sensitivity
of PC-CMR to flow disturbances compared to cine imaging, especially short TR balanced SSFP techniques, it is
reasonable to include through-plane PC-CMR at the level
of mitral leaflet coaptation to screen for ischemic MR in patients referred for CMR to assess viability. In patients with
right heart dysfunction of unknown etiology, screening for
intracardiac shunt with first-pass perfusion imaging as well
as through-plane aortic and pulmonic flow quantifications
allows for estimation of Qp:Qs, with the limitations cited
above in shunt detection with this approach. Finally,
PC-CMR can be used to assess LV diastolic function,
using a combination of mitral through-plane flow quantification and low-VENC acquisition to measure tissue
velocities [172]; this combination forms a useful adjunct in comprehensive CMR examination of the patient with heart failure [172, 173].

III. Emerging applications
Coronary artery flow imaging

Assessment of coronary artery flow is challenging due
to the small size, tortuous path, and cardiac and respiratory motion of the vessels. PC-CMR coronary flow
measurements are either done with breath-holding
[120, 174–177] or during free breathing [175, 177–
179] with the navigator echo gating technique. Breathholding approaches have the advantage of being fast
and easy to implement, but typically provide lower
spatial (>1 × 1 mm) and/or temporal (~80-100 ms)
resolution than navigator gated techniques. Low temporal resolution can lead to motion blur [177], which
can be especially apparent in the right coronary artery
(RCA) [180] due to its extensive motion in end systole
and atrial contraction. In addition, breath-hold measurements suffer from reduced filling of the ventricles
leading to a reduction in coronary artery flow and
heart rate [67]. In contrast, free breathing approaches
do not affect patients’ hemodynamics and allow for sub
millimeter spatial resolution and increased temporal
resolution (~20-40 ms) [175, 177, 178] resulting in improved accuracy of flow quantification [175]. Irregular
breathing patterns and diaphragmatic drift can prolong
scan time and may lead to motion artifacts.
Various acquisition techniques have been employed for
phase contrast coronary flow imaging including segmented fast gradient echo (2DFT) [47, 174–178], echo
planar (EPI) [181], and spiral [120, 178, 182, 183]. Both
EPI and spiral acquisitions allow for increased temporal
resolution (~20-25 ms) while spiral data sampling also
provides increased SNR, which can be traded for increased spatial resolution (0.8 × 0.8 mm) [183]. EPI only
provides moderate spatial resolution (1.6 × 1.6 mm) [181].
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PC-CMR coronary flow imaging has been validated
against ultrasound [184, 185], Doppler flow wire [175,
179, 186] and positron emission tomography (PET)
[187] measurements in animals and humans both during rest and during hyperemic stress demonstrating reasonably good correlation (r = 0.7 – 0.9) between those
techniques. Coronary flow reserve measurements during
hyperemic stress have shown useful for the detection of the
functional significance of coronary artery stenoses and
demonstrated good sensitivity and specificity for the differentiation between normal coronary segments, and segments with <75 % and >75 % luminal stenoses [179, 188].
The combined measurement of coronary sinus flow and left
ventricular (LV) mass allows assessment of total myocardial
flow in mL/g/min as well as average coronary blood flow
[189]. Validation studies with an ultrasonic volumetric flow
meter in dogs showed good correlation between coronary
sinus blood flow by PC-CMR and total coronary blood flow
by flow meter (r = 0.98, p < 0.001) [190]. Schwitter et al.
demonstrated good agreement between total myocardial
blood flow measured by PC-CMR coronary sinus flow
(divided by LV mass) and [184] N ammonia PET in
healthy subjects (0.73+/-0.15 mL/g/min vs. 0.77
+/-0.19 mL/g/min, r = 0.95) [187]. The clinical usefulness
of this technique has been demonstrated in patients with
diffuse myocardial disease such as hypertrophic cardiomyopathy [191] and in cardiac transplantation [187]. Kawada
et al. investigated 29 patients with hypertrophic cardiomyopathy during rest and hyperemic stress [191]. Patients with
hypertrophic cardiomyopathy had significantly lower myocardial blood flow during dipyridamole stress compared to
healthy subjects (1.03+/-0.40 mL/g/min vs. 2.14
+/-0.51 mL/g/min, p < 0.01). Schwitter et al. found similar
results in transplant patients [187]. Coronary flow reserve
was reduced in patients with transplanted hearts compared
to healthy subjects (2.0+/-0.4 vs. 3.9+/-1.4, p < 0.005).
Coronary flow measurements used in concert with coronary magnetic resonance angiography, vessel wall imaging and assessment of coronary endothelial function
may allow for comprehensive non-invasive assessment of
coronary artery disease.
Pulse wave velocity and vessel compliance

By making measurements at different locations along
a blood vessel, PC-CMR can be used to quantify the
velocity of the pulse wave generated by the ejection
of blood from the left ventricle and, consequently,
blood vessel compliance. The relationship between
pulse wave velocity and compliance is given by
C¼

1
c2 ρ

ð7Þ

where C is compliance, c is pulse wave velocity, and ρ is
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blood mass density. With the assumption of constant
blood mass density, measurement of pulse wave velocity
completely determines vessel wall compliance.
Structurally, vessel compliance is determined by the tissue components that comprise the blood vessel wall, including the endothelium, elastin, and collagen, and on their
various amounts and interconnections. In vascular disease
the various components and interconnections undergo
changes and vessel compliance decreases. Decreased compliance of the aorta in particular is associated with increased risk of the progression of cardiovascular diseases
such as atherosclerosis and hypertension [192]. The measurement of aortic compliance may be important in these
patients and also in patients with aortic aneurysm and dissection [193].
At least three variations on velocity-encoded CMR have
been developed for imaging pulse wave velocity. For the
first method, imaging is performed in a plane that is perpendicular to the blood vessel, images are acquired at (at
least) two different spatial locations, and velocity encoding
is applied in the through-plane direction [194]. If the vessel
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being assessed is the aorta, then a single slice positioned superior to the aortic valve can simultaneously intersect both
the ascending and descending aorta. For each slice, blood
flow is plotted versus time and the time corresponding to
the end of the foot of the flow-time curve is identified (such
as for three locations as shown in Fig. 12c). If Δt is the difference in the time to the onset of flow for two slices and D
is the distance along the centerline of the vessel between
the two slices, then the pulse wave velocity (PWV) is
PW V ¼

D
Δt

ð8Þ

Since PWV is typically 4 – 10 m/sec in the aorta, phase
contrast images must be acquired with a temporal resolution of around 10 ms to resolve differences in the time to
the onset of flow at different slice locations. This approach
has been used in a number of clinical research studies to investigate aortic compliance in aging [194], type 2 diabetes
[195], cancer survivors exposed to anthracycline treatment
[196], and in juvenile idiopathic arthritis [197].

Fig. 12 Fourier-velocity-encoded M-mode pulse sequence and pulse wave velocity data. a Scout image with position of M-mode pencil denoted
as line. b ECG-gated M-mode pulse sequence, with pencil excitation (box) and Fourier velocity encoding is acquired typically over 64 heartbeats.
c Three out of 256 velocity-vs-time waveforms generated along the length of the pencil. Green lines denote best fits to the foot of each
waveform. The time of the foot (yellow arrow) is plotted against position in (d). The inverse slope of the best-fit line to the point yields the pulse
wave velocity (provided by Dr. Chris Hardy, GE Global Research Center, Niskayuna, NY)
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Another variation on this basic method that has been applied to the aorta is to use an oblique sagittal plane that includes the axis of the vessel [198, 199]. Using this method,
velocity-encoding is applied in the two orthogonal in-plane
directions, rather than in the single through-plane direction. Then, the time of the onset of axial velocity (velocity
down the length of the blood vessel) can be plotted versus
longitudinal position along the vessel, and the slope of this
line yields the pulse wave velocity. The advantage of this
technique is that more points are used to estimate the
slope, perhaps leading to better accuracy. The disadvantage
of this method is that it only applies to vessels where a single plane can intersect the vessel over a fairly long distance.
A third method for imaging pulse wave velocity in the
aorta is to use a cylindrical or “pencil-beam” radiofrequency excitation with Fourier velocity encoding [33].
This method, which is similar to M-mode echocardiography, is illustrated in Fig. 12. This technique employs a
gradient for Fourier-spatial encoding of the signal along
one spatial direction (the length of the aorta), and a range
of velocity-encoding bipolar gradients for Fourier velocityencoding of the signal. Two-dimensional Fourier transformation then provides velocity profiles as a function of
position along the blood vessel. Because the data are not
phase encoded, data acquisition is rapid compared to 2D
imaging, and high temporal resolution is feasible. Once velocity profiles are measured as a function of position, pulse
wave velocity is computed in a manner similar to the other
techniques.
Flow imaging to determine boundary conditions for CFD
simulation

Although PC-CMR can provide reasonable and satisfactory representations of the velocity field in regions with
relatively slow variations of the spatio-temporal distribution of velocities, conventional MR velocimetry is limited in regions where there are pronounced changes in
velocity within a voxel. This is generally the case close to
the vessel wall where there is a steep, and unknown, gradient of velocities – both in time and space [200]. It is
precisely this gradient of velocities that determines the
wall shear stress, the force that an individual endothelial
cell experiences, and that modulates the response of the
vessel wall to hemodynamic forces.
Computational fluid dynamics (CFD) has emerged as
an important tool for estimation of hemodynamic descriptors that could be key indicators of the evolution of
vascular disease beyond what is currently available with
any non-invasive imaging method [148, 201–203]. The
methodology for describing physiologically realistic
intravascular flow has made rapid advances, enabled by
the available computational platforms and dedicated
software packages. CFD can estimate velocity fields in
tortuous vessels carrying pulsatile flow with spatial and
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temporal resolution that is far beyond what is possible
with current MR imaging approaches [204].
The governing equations that describe the flow of fluid
through a prescribed geometry are the Navier-Stokes
equations. Numerically solving these equations using CFD
models yields the velocity field. In general, although more
general approaches have been pursued, analysis of flow in
vascular structures is performed with two simplifying assumptions, namely that blood can be considered to be
Newtonian and that the vessel walls are rigid. Although
CFD methods have been used in application to idealized
representations of vascular geometry, their greatest value
comes in the calculation of velocity fields on a patientspecific basis [202, 205, 206]. In order to achieve this
goal, the CFD model requires accurate boundary conditions [207]. For a vascular segment of interest, the
required boundary conditions are both geometric,
namely a full description of the luminal surface over
that segment, and physiologic, describing all timevarying flow contributions into and out of the segment
of interest. CMR is the radiologic imaging modality
that is best suited for defining the boundary conditions. There are a variety of MRA methods for delineating the vascular lumen, including time-of-flight
MRA, contrast-enhanced MRA, and phase contrast
MRA [208]. Although other modalities such as Rotational Catheter Angiography, or Multi-Detector CTA
have better spatial resolution than these MR angiographic methods [209], MR is the only modality that
can, in addition, provide the profile of flow velocities
across the flow lumen through the cardiac cycle. Although Doppler Ultrasound has unmatched spatial and
temporal resolution, it is not able to simultaneously
detect for example transverse velocity components at
the same time as axial velocity components, which
limits its ability to estimate the velocity profile across
the vessel lumen [210].
The importance of having an accurate estimate of
the inlet flow conditions is illustrated in Fig. 13. This
figure depicts the velocity fields calculated for a
patient-specific geometry of an individual with a giant
fusiform basilar artery aneurysm that receives flow
from the two proximal vertebral arteries. The velocity
field calculated for this specific geometry is shown for
different assumptions on the relative flow contributions from each vertebral artery with the center image
depicting equal inlet flow. It is clear that the calculated
velocity fields and any derived quantity, such as WSS,
vary substantially depending on the relative flow contributions from each inlet vessel.
The MR velocimetry method most often used for measuring the inlet flow velocities is two-dimensional PC-CMR
applied to a slice transverse to the inlet vessel of interest
[211]. If there are multiple inlet vessels, as is the case for

Nayak et al. Journal of Cardiovascular Magnetic Resonance (2015) 17:71

Page 17 of 26

Fig. 13 Giant fusiform basilar aneurysm: geometric and flow boundary conditions, and CFD predicted velocity fields for three different flow
conditions. a Geometric boundaries as defined by Contrast-Enhanced MRA, b Flow boundary conditions from a slice transverse to a vertebral
artery. c Velocity field with a high ratio of flow in the right vertebral artery relative to that in the left; d Velocity field with equal flow in each
vertebral artery; and e Velocity field with a low ratio of flow in the right vertebral artery relative to that in the left

evaluation of the velocity field in the basilar artery where
both vertebral arteries serve as inlet vessels, it is then necessary to measure the flow in each vessel. Alternatively, 4D
flow CMR provides a powerful approach to defining the
velocities in all relevant inlet vessels that does not require
the separate acquisition of velocity waveforms in each of
the inlet vessels [212]. The 4D velocity data can be postprocessed to determine the velocity distributions across
cross-sections transverse to each of the inlet vessels and
those values will then serve as boundary conditions to the
CFD calculation.
In CFD, prescribing the velocity profiles across both
the inlet and the outlet vessels may over-determine the
system and, to the extent that the flow waveforms might
be different, would present a problem that is insoluble
due to violation of continuity in the domain. Rather than
prescribing velocity values at the outlets, pressure values
in each outlet can be set. The pressure values prescribed
at the outlets define how the flow will split among the
distal vessels. Another option is to specify zero streamwise velocity gradients at the outlets. In some recent
studies, outlet boundary conditions were obtained by
linking a relatively simple, general model of the downstream circulation to a three-dimensional, patientspecific model [213].

In principle, the complete prescription of the inlet velocity boundary conditions needed for CFD requires a detailed determination of all three components of the
velocity vector in each pixel across the vascular lumen. Although this is possible, that determination comes at the
cost of temporal resolution, as echoes that would otherwise provide unique points through the cardiac cycle are
used to determine each additional velocity vector component. Another approach uses PC-CMR to determine the
total flow through the vessel whereby only the component
of the velocity vector that is perpendicular to the imaging
slice is encoded. A CFD model is then constructed of the
vascular geometry including inlet vessel segments proximal to the slice where the velocity was measured. The
measured flow waveform is used as the inlet value at this
more proximal location and a parabolic profile of velocities is assumed across the lumen. With this approach, the
correct volume flow waveform is retained and the distribution of velocity vectors across the flow lumen reflects
the simulated impact of the tortuosity of the proximal vessel segment.
Although CFD methods have the advantages that have
been described above, namely that they are able to provide
data sets with very fine resolution, important refinements
are needed to correctly describe more advanced situations.
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These include: intermittent or turbulent flow which can
occur in cases such as atherosclerotic stenoses or valvular
dysfunction [214]; compliant vessel walls which pulsate
through the cardiac cycle [215]; and inclusion of nonNewtonian viscosity descriptions for cases of slow recirculating flow [216]. Modifications of the standard CFD
approach have been proposed for each of these cases: direct numerical simulations (DNS) requiring numerically intensive computations can account for turbulence [217];
fluid-structure interaction (FSI) approaches are being increasingly used to describe compliant vessels [218]; and
there are a variety of non-Newtonian viscosity models that
have been proposed [219]. These situations provide an
intriguing opportunity for high resolution, multidimensional PC-CMR methods, offering the potential that
these in vivo measurements could serve as a reference
standard for validation of CFD approaches. The interplay
of direct PC-CMR methods and numerical CFD approaches promises to be an interesting area of continued
investigation.
Tissue velocity mapping

Assessment of myocardial motion is central to the clinical
evaluation of ischemia and myocardial viability. Tissue
Doppler echocardiography has became an important modality for disorders involving cardiac wall motion [220],
but is limited in its ability to provide reproducible and
complete 3D motion estimates. CMR-based tissue tagging
[221, 222] allows direct visualization of wall motion but
has limited spatial resolution and requires relatively complex post-processing. PC-CMR is a potential alternative to
these techniques, and offers 3D motion imaging with high
spatial resolution and high reproducibility.
The application of PC-CMR to tissue velocity mapping
(TVM) is in principle straightforward, however a relatively
low VENC (< 5 cm/sec) is required for adequate velocity
SNR. Large bipolar gradients are therefore required, which
may make the need for accurate velocity offset correction
particularly important in PC-based wall motion imaging.
Another complication is image artifacts from flowing blood,
which are also exacerbated by the low VENC. These artifacts can be suppressed using spatial presaturation (blackblood) techniques [223, 224].
Conventional 2D acquisitions [225] for myocardial
phase contrast to represent the 3D structure of the heart
suffer from variable (non-isotropic) spatial resolution and
potential misregistration due to different long axis and
short axis acquisitions typically used to obtain a full set of
data. To overcome this, 4D velocity mapping can be applied in the same manner as in conventional PC-CMR
[35, 226, 227]. Alternatively, a hybrid approach that combines phase contrast imaging for through-plane motion
with in-plane tagging can be used to derive 3D myocardial
motion [228]. To improve temporal and/or spatial
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resolution, the same speed-up techniques discussed previously can in principle be applied to tissue velocity mapping, including, e.g., view-sharing [25], spatio-temporal
parallel imaging [125], and rapid acquisition strategies
such as spiral [229].
While the acquisition technology for phase-contrast
TVM can be considered mature, at least in the sense that
it tracks the development of conventional PC-CMR
methods, the task of estimating regional strain and motion
from PC-CMR data remains an active area of research. A
variety of analysis methods have been proposed, and rather than offering specific guidelines for PC-CMR TVM
analysis we only provide a brief summary of suggested approaches, and of several validation studies. Among the
proposed analysis methods are motion tracking and ‘glyph’
visualization methods with reduced sensitivity to errors
due to noise and other sources [230, 231], and limited
temporal resolution [232]. The 2008 paper by Haraldsson
followed work from the same group defining a method for
calculation of a time resolved strain rate tensor [233]. The
Pelc group developed a number of methods for data analysis, validation, and pulse sequence design [234–237], including introduction of a closed form integration method
for calculating motion trajectories from phase contrast data
[238], 3D motion tracking [239], and analysis of the effects
of artifacts on myocardial velocities due to flowing blood
[223]. Related methods include an iterative optimization
method to compute time resolved velocity maps in the
myocardium [240], and an approach for Fourier tracking
on time-resolved 3D phase contrast data to track ‘virtual’
markers in the myocardium [241]. The task of estimating
regional strain and motion from PC-CMR data remains an
active area of research.
A number of studies have been performed in healthy volunteers comparing strain measurements derived from PCCMR to other methods previously published [172, 242]
[243, 244], and to determine normative data from
which to compare patients with cardiac abnormalities
[245–247]. PC-based measures have been validated
against tissue-Doppler ultrasound [172, 242] and invasive measurements [172], showing good agreement.
Motion derived by phase contrast CMR has also been validated against visual inspection of signal voids caused by
implanted markers [243]. Normal values of myocardial
velocity were obtained by Petersen et al. in 96 healthy
volunteers [245], using the black-blood approach of
Hennig et al. Figure 14 shows typical myocardial velocity values. Age differences have also been observed.
Foell et al. [246, 247] studied high temporal resolution
myocardial velocities in different age groups in healthy
volunteers and found differences in peak velocity and also
in the temporal evolution of velocities across age groups.
The potential clinical usefulness of PC-CMR tissue velocity mapping has been demonstrated in several animal
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Fig. 14 Myocardial velocity from 96 volunteers in radial, circumferential, and longitudinal directions at 3 short axis locations in the heart,
normalized to the cardiac cycle length. (Reprinted with permission from Ref. [227])

and human studies. Comparisons between healthy volunteers and patients include a study of long axis motion of
the heart showing reduced velocities and delayed relaxation
in patients [225, 248], and the work by Markl et al. [249]
showing localized wall motion deficits in patients with
myocardial infarction. Ischemia has been shown to cause
alterations in velocity gradients in dogs [250]. Nahrendorf
applied PC-CMR in addition to perfusion imaging in
knockout mice, demonstrating that abnormalities in creatine kinase-deficient mice can be detected [251]. They also
demonstrated in a separate study [252] that 3D myocardial
motion could be obtained using phase contrast imaging at
a field strength of 17.6 T in mice, following up earlier work
published in 2003 [253]. Dicks et al. [254] showed the effect
of coronary microembolism in a pig model on myocardial
strain and compared to delayed enhancement imaging. The
strain in the area at risk as determined by perfusion imaging did not differ from strain in the remote myocardium.
Strain in the area of patchy microinfarction declined over a
week post-infarction, providing a method of assessing longitudinal changes in myocardial function.
There have been a number of other applications of
phase contrast imaging of the myocardium as well. Phase
contrast sequences have been used as input to biomechanical models of the heart as shown for example by Liu
[255]. Lee et al. also used phase contrast myocardial data

to validate myocardial contractility modeling [256]. There
have also been a number of studies using myocardial velocity as an aid to segmentation of the left ventricle [257].
Displacement ENcoding with Stimulated Echoes
(DENSE) CMR is another technique to quantify myocardial motion, where phase contrast images are reconstructed and in which the signal phase is encoded for
tissue displacement, as opposed to tissue velocity [258].
This is accomplished with the use of stimulated echoes,
in which a component of the transverse magnetization is
stored as longitudinal magnetization during an adjustable “mixing” period [259], and then refocused with a
gradient lobe. While spins in both stationary and displaced tissue are fully refocused to form a stimulated
echo, the phase of the echo (i.e., the acquired signal) will
be different for stationary and displaced tissue. Therefore, the phase contrast between images acquired before
and after the mixing period is directly proportional to
the net tissue displacement that occurred during the
mixing period. Although the use of stimulated echoes
increases scan time compared to a velocity-encoded acquisition, DENSE greatly simplifies the strain calculation
task. In addition, background velocity offsets are generally reduced in DENSE since identical displacementencoding gradients are used for both images (for a given
displacement-encoding direction). Compared to CMR
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tagging, DENSE offers higher sensitivity and spatial resolution and is becoming a popular technique for myocardial motion imaging.
Summary

In summary, PC-CMR techniques for the measurement
of velocity continue to improve through advances in
equipment, pulse sequences, post-processing techniques,
and visualization software. There are a number of clinical applications that use PC-CMR, most notably the
evaluation of valvular diseases and flow in patients with
congenital heart defects. Newer applications such as coronary artery flow measurement, tissue velocity mapping,
and pulse wave velocity determination, and new methodologies such as CFD and 3D visualization, will ensure
that PC-CMR techniques will expand their role in clinical and research applications.

Additional files
Additional file 1: Aortic Stenosis. A. SSFP cine in the LVOT plane
demonstrates the turbulent jet of aortic stenosis. B. Small field of view
cine shows a bicuspid aortic valve en face with calcification. C.
PC-CMR acquisition at VENC setting of 250 cm/s shows aliasing that is
eliminated by increasing the VENC setting to 450 cm/s, D. (ZIP 1337 kb)
Additional file 2: Mitral Regurgitation. In-plane PC-CMR acquisition in
a three-chamber plane shows severe, eccentric mitral regurgitation.
(ZIP 828 kb)
Additional file 3: Patent Ductus Arteriosus. In-plane PC-CMR
acquisition in an oblique sagittal plane shows continuous flow from the
aorta to the pulmonary artery via a persistent PDA. (ZIP 721 kb)
Additional file 4: Ventricular Septal Defect. In-plane PC-CMR
acquisition in a horizontal long-axis plan with velocity encoding in the
anterior-posterior direction indicates little flow across the large anatomic
defect shown in Fig. 6, consistent with Eisenmenger physiology.
(ZIP 82 kb)
Abbreviations
2D: 2-Dimensional; 3D: 3-Dimensional; 4D: 4-Dimensional;
APC: Aortopulmonary collaterals; AS: Aortic Stenosis; ASD: Atrial Septal
Defect; CFD: Computational Fluid Dynamics; CFR: Coronary Flow Reserve;
CHD: Congenital Heart Disease; CMR: Cardiovascular Magnetic Resonance;
CTA: Computed Tomography Angiography; DENSE: Displacement Encoding
with Stimulated Echoes; DNS: Direct Numerical Simulation;
ECG: Electrocardiogram; EPI: Echo Planar Imaging; FLASH: Fast Low Angle
Shot; FFE: Fast Field Echo; FSI: Fluid Structure Interaction; FVE: Fourier
Velocity Encoding; GRAPPA: Generalized Autocalibrating Partially Parallel
Acquisition; LV: Left Ventricle; MR: Mitral Regurgitation; MRA: Magnetic
Resonance Angiography; MRI: Magnetic Resonance Imaging; NMR: Nuclear
Magnetic Resonance; PC: Phase Contrast; PC-CMR: Phase Contrast
Cardiovascular Magnetic Resonance; PET: Positron Emission Tomography;
PWV: Pulse Wave Velocity; RCA: Right Coronary Artery; ROI: Region of Interest;
RVOT: Right Ventricular Outflow Tract; SENSE: Sensitivity Encoding;
SPGR: Spoiled Gradient Echo; SNR: Signal to Noise Ratio; SSFP: Steady State
Free Precession; TE: Echo Time; TEE: Trans-esophageal Echocardiography;
TR: Repetition Time; VENC: Velocity Encoding; VHD: Valvular Heart Disease;
VSD: Ventricular Septal Defect; WSS: Wall Shear Stress.
Competing interests
KSN and BSH receive research support from GE. SVR, PDG, and FHE receive
research support from Siemens. CL is an employee of Siemens. BSH has
equity interest in HeartVista Inc. The authors declare that they have no
competing interests.

Page 20 of 26

Authors’ contributions
KSN: manuscript design, literature review, coordination among co-authors, final
revisions. JFN: literature review, manuscript revision. MAB: literature
review, manuscript drafting and revision. MM: literature review, manuscript
drafting and revision. PDG: literature review, manuscript drafting and revision.
RB: literature review, manuscript drafting. DS: literature review, manuscript drafting. CL: literature review, manuscript drafting. HW: literature review, manuscript
drafting. BSH: literature review, manuscript drafting. FHE: lit review manuscript
drafting. JNO: literature review, manuscript drafting. SVR: manuscript design, literature review, manuscript drafting. All authors read and
approved the final manuscript.
Acknowledgements
The authors thank Gowtham Velu, Melanie Mullen, and Rachel Grice from
the University of Southern California for assistance with formatting and
manuscript preparation.
Author details
1
Ming Hsieh Department of Electrical Engineering, University of Southern
California, 3740 McClintock Ave, EEB 406, Los Angeles, California 90089-2564,
USA. 2Department of Biomedical Engineering, University of Michigan, Ann
Arbor, MI, USA. 3Mayo Clinic, Rochester, MN, USA. 4Department of Radiology,
Northwestern University, Chicago, IL, USA. 5Cardiovascular Biomedical
Research Unit, Royal Brompton Hospital, London, UK. 6Cardiovascular
Imaging, Imaging Sciences Division, Kings’s College London, London, UK.
7
Department of Radiology and Biomedical Imaging, University of California
San Francisco, San Francisco, CA, USA. 8Center for Applied Medical Imaging,
Siemens Corporation, Baltimore, MD, USA. 9Imaging Physics Laboratory,
National Heart Lung and Blood Institute, Bethesda, MD, USA. 10Palo Alto
Medical Foundation, Palo Alto, CA, USA. 11Departments of Radiology and
Biomedical Engineering, University of Virginia, Charlottesville, VA, USA.
12
Departments of Radiology and Biomedical Engineering, Emory University
School of Medicine, Atlanta, GA, USA. 13Division of Cardiovascular Medicine,
The Ohio State University, Columbus, OH, USA.
Received: 26 March 2015 Accepted: 16 July 2015

References
1. Hahn EL. Detection of Sea-Water Motion by Nuclear precession. J Geophys
Res. 1965;65:776–7.
2. Singer JR. NMR diffusion and flow measurements and an introduction to
spin phase graphing. J Phys E. 1978;11:281–91.
3. Moran PR. A flow velocity zeugmatographic interlace for NMR imaging in
humans. Magn Reson Imaging. 1982;1:197–203.
4. Bryant DJ, Payne JA, Firmin DN, Longmore DB. Measurement of flow with
NMR imaging using a gradient pulse and phase difference technique.
J Comput Assist Tomogr. 1984;8:588–93.
5. Van Dijk P. Direct cardiac NMR imaging of heart wall and blood flow
velocity. J Comput Assist Tomogr. 1984;8:429–36.
6. Nayler GL, Firmin DN, Longmore DB. Blood flow imaging by cine magnetic
resonance. J Comput Assist Tomogr. 1986;10:715–22.
7. Firmin DN, Nayler GL, Klipstein RH, Underwood SR, Rees RS, Longmore DB.
In vivo validation of MR velocity imaging. J Comput Assist Tomogr.
1987;11:751–6.
8. Nishimura DG, Macovski A, Pauly JM. Magnetic resonance angiography. IEEE
Trans Med Imaging. 1986;5:140–51.
9. Dumoulin CL, Souza SP, Walker MF, Wagle W. Three-dimensional phase
contrast angiography. Magn Reson Med. 1989;9:139–49.
10. Pelc NJ, Herfkens RJ, Shimakawa A, Enzmann DR. Phase contrast cine
magnetic resonance imaging. Magn Reson Q. 1991;7:229–54.
11. Pelc NJ, Sommer FG, Li KC, Brosnan TJ, Herfkens RJ, Enzmann DR.
Quantitative magnetic resonance flow imaging. Magn Reson Q.
1994;10:125–47.
12. Turski PA, Korosec FR. Phase contrast angiography. In: Anderson CM,
Edelman RR, Turski PA, editors. Clinical Magnetic Resonance Angiography.
New York: Raven; 1993. p. 43–72.
13. Firmin DN, Klipstein RH, Hounsfield GL, Paley MP, Longmore DB.
Echo-planar high-resolution flow velocity mapping. Magn Reson Med.
1989;12:316–27.

Nayak et al. Journal of Cardiovascular Magnetic Resonance (2015) 17:71

14. Debatin JF, Leung DA, Wildermuth S, Botnar R, Felblinger J, McKinnon
GC. Flow quantitation with echo-planar phase-contrast velocity
mapping: in vitro and in vivo evaluation. J Magn Reson Imaging.
1995;5:656–62.
15. Pike GB, Meyer CH, Brosnan TJ, Pelc NJ. Magnetic resonance velocity
imaging using a fast spiral phase contrast sequence. Magn Reson Med.
1994;32:476–83.
16. Gatehouse PD, Firmin DN, Collins S, Longmore DB. Real time blood flow
imaging by spiral scan phase velocity mapping. Magn Reson Med.
1994;31:504–12.
17. Gu T, Korosec FR, Block WF, Fain SB, Turk Q, Lum D, et al. PC VIPR: a
high-speed 3D phase-contrast method for flow quantification and
high-resolution angiography. AJNR Am J Neuroradiol. 2005;26:743–9.
18. O’Donnell M. NMR blood flow imaging using multiecho, phase contrast
sequences. Med Phys. 1985;12:59–64.
19. Bernstein MA, Grgic M, Brosnan TJ, Pelc NJ. Reconstructions of phase
contrast, phased array multicoil data. Magn Reson Med. 1994;32:330–4.
20. Wolf RL, Ehman RL, Riederer SJ, Rossman PJ. Analysis of systematic and
random error in MR volumetric flow measurements. Magn Reson Med.
1993;30:82–91.
21. Tang C, Blatter DD, Parker DL. Accuracy of phase-contrast flow
measurements in the presence of partial-volume effects. J Magn Reson
Imaging. 1993;3:377–85.
22. Atkinson DJ, Edelman RR. Cineangiography of the heart in a single breath
hold with a segmented turboFLASH sequence. Radiology.
1991;178:357–60.
23. Foo TK, Bernstein MA, Aisen AM, Hernandez RJ, Collick BD, Bernstein T.
Improved ejection fraction and flow velocity estimates with use of view
sharing and uniform repetition time excitation with fast cardiac techniques.
Radiology. 1995;195:471–8.
24. Polzin JA, Frayne R, Grist TM, Mistretta CA. Frequency response of
multi-phase segmented k-space phase-contrast. Magn Reson Med.
1996;35:755–62.
25. Markl M, Hennig J. Phase contrast MRI with improved temporal resolution
by view sharing: k-space related velocity mapping properties. Magn Reson
Imaging. 2001;19:669–76.
26. Bernstein MA, King KF, Zhou XJ. Handbook of MRI Pulse Sequences.
Burlington, MA: Elsevier; 2004.
27. Nett EJ, Johnson KM, Frydrychowicz A, Del Rio AM, Schrauben E, Francois
CJ, et al. Four-dimensional phase contrast MRI with accelerated dual
velocity encoding. J Magn Reson Imaging. 2012;35:1462–71.
28. Ghiglia DC, Pritt MD. Two-Dimensional Phase Unwrapping: Theory,
Algorithms, and Software. New York: Wiley; 1998.
29. Yang GZ, Kilner PJ, Wood NB, Underwood SR, Firmin DN. Computation of
flow pressure fields from magnetic resonance velocity mapping. Magn
Reson Med. 1996;36:520–6.
30. Xiang QS. Temporal phase unwrapping for CINE velocity imaging. J Magn
Reson Imaging. 1995;5:529–34.
31. Hansen M, Baltes C, Tsao J, Kozerke S, Pruessmann K, Boesiger P, et al.
Accelerated dynamic Fourier velocity encoding by exploiting
velocity-spatio-temporal correlations. Magma
(New York, NY). 2004;17:86–94.
32. Carvalho JL, Nayak K. Rapid quantitation of cardiovascular flow using
slice-selective fourier velocity encoding with spiral readouts. Magn Reson
Med. 2007;57:639–46.
33. Hardy CJ, Bolster BD, McVeigh ER, Iben IE, Zerhouni EA. Pencil excitation
with interleaved fourier velocity encoding: NMR measurement of aortic
distensibility. Magn Reson Med. 1996;35:814–9.
34. Pelc NJ, Bernstein MA, Shimakawa A, Glover GH. Encoding strategies for
three-direction phase-contrast MR imaging of flow. J Magn Reson Imaging.
1991;1:405–13.
35. Wigström L, Sjöqvist L, Wranne B. Temporally resolved 3D phase-contrast
imaging. Magn Reson Med. 1996;36:800–3.
36. Bogren HG, Buonocore MH. 4D magnetic resonance velocity mapping of
blood flow patterns in the aorta in young vs. elderly normal subjects.
J Magn Reson Imaging. 1999;10:861–9.
37. Ebbers T. Flow Imaging: Cardiac Applications of 3D Cine Phase-Contrast
MRI. Curr Cardiovasc Imaging Rep. 2011;4:127–33.
38. Markl M, Kilner PJ, Ebbers T. Comprehensive 4D velocity mapping of the
heart and great vessels by cardiovascular magnetic resonance. J Cardiovasc
Magn Reson. 2011;13:7.

Page 21 of 26

39. Frydrychowicz A, François CJ, Turski PA. Four-dimensional phase contrast
magnetic resonance angiography: potential clinical applications. Eur J
Radiol. 2011;80:24–35.
40. Markl M, Frydrychowicz A, Kozerke S, Hope M, Wieben O. 4D flow MRI. J
Magn Reson Imaging. 2012;36:1015–36.
41. Hope MD, Sedlic T, Dyverfeldt P. Cardiothoracic magnetic resonance flow
imaging. J Thorac Imaging. 2013;28:217–30.
42. Stankovic Z, Allen BD, Garcia J, Jarvis KB, Markl M. 4D flow imaging with
MRI. Cardiovasc Diagn Ther. 2014;4:173–92.
43. Vasanawala SS, Hanneman K, Alley MT, Hsiao A. Congenital heart disease
assessment with 4D flow MRI. J Magn Reson Imaging 2015. doi:10.1002/
jmri.24856. [Epub ahead of print]
44. Zur Y, Wood ML, Neuringer LJ. Spoiling of transverse magnetization in
steady-state sequences. Magn Reson
Med. 1991;21:251–63.
45. Zou Y, Middione MJ, Srinivasan S, Ennis DB. Analysis of gradient spoiling in
phase contrast MRI. In Proc. 21st Annual Meeting of ISMRM. Salt Lake City,
UT; 2013:4436.
46. Rebergen SA, van der Wall EE, Doornbos J, de Roos A. Magnetic
resonance measurement of velocity and flow: technique, validation, and
cardiovascular applications. Am Heart J. 1993;126:1439–56.
47. Sakuma H, Blake LM, Amidon TM, O’Sullivan M, Szolar DH, Furber AP, et al.
Coronary flow reserve: noninvasive measurement in humans with
breath-hold velocity-encoded cine MR imaging. Radiology. 1996;198:745–
50.
48. Firmin DN, Nayler GL, Kilner PJ, Longmore DB. The application of phase
shifts in NMR for flow measurement. Magn Reson Med. 1990;14:230–41.
49. Lotz J, Meier C, Leppert A, Galanski M. Cardiovascular flow measurement
with phase-contrast MR imaging: basic facts and implementation.
Radiographics. 2002;22:651–71.
50. Axel L. Blood flow effects in magnetic resonance imaging. AJR Am J
Roentgenol. 1984;143:1157–66.
51. Bock J, Frydrychowicz A, Stalder AF, Bley TA, Burkhardt H, Hennig J, et al. 4D
phase contrast MRI at 3 T: effect of standard and blood-pool contrast
agents on SNR, PC-MRA, and blood flow visualization. Magn Reson Med.
2010;63:330–8.
52. Kilner PJ, Firmin DN, Rees RS, Martinez J, Pennell DJ, Mohiaddin RH, et al.
Valve and great vessel stenosis: assessment with MR jet velocity mapping.
Radiology. 1991;178:229–35.
53. O’Brien KR, Cowan BR, Jain M, Stewart RAH, Kerr AJ, Young AA. MRI phase
contrast velocity and flow errors in turbulent stenotic jets. J Magn Reson
Imaging. 2008;28:210–8.
54. Bernstein MA, Shimakawa A, Pelc NJ. Minimizing TE in moment-nulled or
flow-encoded two- and three-dimensional gradient-echo imaging. J Magn
Reson Imaging. 1992;2:583–8.
55. Middione MJ, Wu HH, Ennis DB. Convex gradient optimization for increased
spatiotemporal resolution and improved accuracy in phase contrast MRI.
Magn Reson Med. 2014;72:1552–64.
56. O’Brien KR, Myerson SG, Cowan BR, Young AA, Robson MD.
Phase contrast ultrashort TE: A more reliable technique for
measurement of high-velocity turbulent stenotic jets. Magn Reson Med.
2009;62:626–36.
57. Walker PG, Cranney GB, Scheidegger MB, Waseleski G, Pohost GM,
Yoganathan AP. Semiautomated method for noise reduction and
background phase error correction in MR phase velocity data. J Magn
Reson Imaging. 1993;3:521–30.
58. Busch J, Giese D, Wissmann L, Kozerke S. Reconstruction of divergence-free
velocity fields from cine 3D phase-contrast flow measurements. Magn
Reson Med. 2013;69:200–10.
59. Song SM, Napel S, Glover GH, Pelc NJ. Noise reduction in three-dimensional
phase-contrast MR velocity measurements. J Magn Reson Imaging.
1993;3:587–96.
60. Ong F, Uecker M, Tariq U, Hsiao A, Alley MT, Vasanawala SS, et al. Robust 4D
flow denoising using divergence-free wavelet transform. Magn Reson Med.
2014;73(2):828–42.
61. Greil G, Geva T, Maier SE, Powell AJ. Effect of acquisition parameters on the
accuracy of velocity encoded cine magnetic resonance imaging blood flow
measurements. J Magn Reson Imaging. 2002;15:47–54.
62. Polzin JA, Alley MT, Korosec FR, Grist TM, Wang Y, Mistretta CA. A
complex-difference phase-contrast technique for measurement of
volume flow rates. J Magn Reson Imaging. 1995;5:129–37.

Nayak et al. Journal of Cardiovascular Magnetic Resonance (2015) 17:71

63. Oyre S, Ringgaard S, Kozerke S, Paaske WP, Erlandsen M, Boesiger P, et
al. Accurate noninvasive quantitation of blood flow, cross-sectional
lumen vessel area and wall shear stress by three-dimensional
paraboloid modeling of magnetic resonance imaging velocity data.
J Am Coll Cardiol. 1998;32:128–34.
64. Middione MJ, Ennis DB. Chemical shift-induced phase errors in
phase-contrast MRI. Magn Reson Med. 2013;69:391–401.
65. Perman WH, Moran PR, Moran RA, Bernstein MA. Artifacts from pulsatile
flow in MR imaging. J Comput Assist Tomogr. 1986;10:473–83.
66. Wolf RL, Richardson DB, LaPlante CC, Huston J, Riederer SJ, Ehman RL. Blood
flow imaging through detection of temporal variations in magnetization.
Radiology. 1992;185:559–67.
67. Sakuma H, Kawada N, Kubo H, Nishide Y, Takano K, Kato N, et al.
Effect of breath holding on blood flow measurement using fast
velocity encoded cine MRI. Magn Reson Med. 2001;45:346–8.
68. Ley S, Ley-Zaporozhan J, Kreitner K-F, Iliyushenko S, Puderbach M, Hosch W,
et al. MR flow measurements for assessment of the pulmonary, systemic
and bronchosystemic circulation: impact of different ECG gating
methods and breathing schema. Eur J Radiol. 2007;61:124–9.
69. Johansson B, Babu-Narayan SV, Kilner PJ. The effects of breath-holding on
pulmonary regurgitation measured by cardiovascular magnetic resonance
velocity mapping. J Cardiovasc Magn Reson. 2009;11:1.
70. Thompson R, Mcveigh E. Cardiorespiratory-resolved magnetic resonance
imaging: measuring respiratory modulation of cardiac function. Magn
Reson Med. 2006;56:1301–10.
71. Fredrickson JO, Wegmüller H, Herfkens RJ, Pelc NJ. Simultaneous temporal
resolution of cardiac and respiratory motion in MR imaging. Radiology.
1995;195:169–75.
72. Haacke EM, Patrick JL. Reducing motion artifacts in two-dimensional
Fourier transform imaging. Magn Reson Imaging. 1986;4:359–76.
73. Wolf RL, Hangiandreou NJ, Felmlee JP, Rossman PJ, Julsrud PR, Riederer SJ,
et al. Error in MR volumetric flow measurements due to ordered phase
encoding in the presence of flow varying with respiration. Magn Reson
Med. 1995;34:470–5.
74. Nishimura DG, Jackson JI, Pauly JM. On the nature and reduction of the
displacement artifact in flow images. Magn Reson Med. 1991;22:481–92.
75. Nayak KS, Hu BS, Nishimura DG. Rapid quantitation of high-speed flow jets.
Magn Reson Med. 2003;50:366–72.
76. Moran PR. Experiments for two MR imaging theories of motion phase
sensitivity. Radiology. 1991;180:115–9.
77. Frank LR, Crawley AP, Buxton RB. Elimination of oblique flow artifacts in
magnetic resonance imaging. Magn
Reson Med. 1992;25:299–307.
78. Frank LR, Buxton RB. Distortions from curved flow in magnetic resonance
imaging. Magn Reson Med. 1993;29:84–93.
79. Chatzimavroudis GP, Walker PG, Oshinski JN, Franch RH, Pettigrew RI, Yoganathan
AP. Slice location dependence of aortic regurgitation measurements with MR
phase velocity mapping. Magn Reson Med. 1997;37:545–51.
80. Chan KMJ, Wage R, Symmonds K, Rahman-Haley S, Mohiaddin RH,
Firmin DN, et al. Towards comprehensive assessment of mitral
regurgitation using cardiovascular magnetic resonance. J Cardiovasc
Magn Reson. 2008;10:61.
81. Chatzimavroudis GP, Oshinski JN, Franch RH, Walker PG, Yoganathan AP,
Pettigrew RI. Evaluation of the precision of magnetic resonance phase velocity
mapping for blood flow measurements. J Cardiovasc Magn Reson. 2001;3:11–9.
82. Kozerke S, Schwitter J, Pedersen EM, Boesiger P. Aortic and mitral
regurgitation: quantification using moving slice velocity mapping. J Magn
Reson Imaging. 2001;14:106–12.
83. Westenberg JJM, Roes SD, Ajmone Marsan N, Binnendijk NMJ, Doornbos J,
Bax JJ, et al. Mitral valve and tricuspid valve blood flow: accurate
quantification with 3D velocity-encoded MR imaging with retrospective
valve tracking. Radiology. 2008;249:792–800.
84. Kilner PJ, Gatehouse PD, Firmin DN. Flow measurement by magnetic resonance:
a unique asset worth optimising. J Cardiovasc Magn Reson. 2007;9:723–8.
85. Lagerstrand KM, Vikhoff-Baaz B, Starck G, Forssell-Aronsson E.
Quantitative phase-contrast flow MRI measurements in the presence
of a second vessel closely positioned to the examined vessel. J Magn
Reson Imaging. 2006;23:156–62.
86. Bernstein MA, Zhou XJ, Polzin JA, King KF, Ganin A, Pelc NJ, et al.
Concomitant gradient terms in phase contrast MR: analysis and
correction. Magn Reson Med. 1998;39:300–8.

Page 22 of 26

87. Markl M, Bammer R, Alley MT, Elkins CJ, Draney MT, Barnett A, et al.
Generalized reconstruction of phase contrast MRI: analysis and correction
of the effect of gradient field distortions. Magn Reson
Med. 2003;50:791–801.
88. Chernobelsky A, Shubayev O, Comeau CR, Wolff SD. Baseline
correction of phase contrast images improves quantification of blood
flow in the great vessels. J Cardiovasc Magn Reson. 2007;9:681–5.
89. Gatehouse PD, Rolf MP, Graves MJ, Hofman MB, Totman J, Werner B, et al.
Flow measurement by cardiovascular magnetic resonance: a multi-centre
multi-vendor study of background phase offset errors that can compromise
the accuracy of derived regurgitant or shunt flow measurements. J
Cardiovasc Magn Reson. 2010;12:5.
90. Holland BJ, Printz BF, Lai WW. Baseline correction of phase-contrast images
in congenital cardiovascular magnetic resonance. J Cardiovasc Magn Reson.
2010;12:11.
91. Uretsky S, Gillam L, Lang R, Chaudhry FA, Argulian E, Supariwala A, et al.
Discordance Between Echocardiography and MRI in the Assessment of
Mitral Regurgitation Severity. J Am Coll Cardiol.
2015;65:1078–88.
92. Lankhaar J-W, Hofman MBM, Marcus JT, Zwanenburg JJM, Faes TJC,
Vonk-Noordegraaf A. Correction of phase offset errors in main pulmonary
artery flow quantification. J Magn Reson Imaging. 2005;22:73–9.
93. Giese D, Haeberlin M, Barmet C, Pruessmann KP, Schaeffter T, Kozerke S.
Analysis and correction of background velocity offsets in phase-contrast
flow measurements using magnetic field monitoring. Magn Reson Med.
2012;67:1294–302.
94. Busch J, Vannesjo SJ, Barmet C, Pruessmann KP, Kozerke S. Analysis of
temperature dependence of background phase errors in phase-contrast
cardiovascular magnetic resonance. J Cardiovasc Magn Reson. 2014;16:97.
95. Buonocore MH. Blood flow measurement using variable velocity encoding
in the RR interval. Magn Reson
Med. 1993;29:790–5.
96. Søndergaard L, Ståhlberg F, Thomsen C, Spraggins TA, Gymoese E,
Malmgren L, et al. Comparison between retrospective gating and ECG
triggering in magnetic resonance velocity mapping. Magn Reson Imaging.
1993;11:533–7.
97. Pruessmann KP, Weiger M, Scheidegger MB, Boesiger P. SENSE: sensitivity
encoding for fast MRI. Magn Reson Med. 1999;42:952–62.
98. Griswold MA, Jakob P, Heidemann RM, Nittka M, Jellus V, Wang J, et al.
Generalized autocalibrating partially parallel acquisitions (GRAPPA). Magn
Reson Med. 2002;47:1202–10.
99. Thunberg P, Karlsson M, Wigström L. Accuracy and reproducibility in phase
contrast imaging using SENSE. Magn Reson Med. 2003;50:1061–8.
100. Beerbaum P, Körperich H, Gieseke J, Barth P, Peuster M, Meyer H.
Rapid
left-to-right shunt quantification in children by phase-contrast
magnetic resonance imaging combined with sensitivity encoding
(SENSE). Circulation. 2003;108:1355–61.
101. Beerbaum P, Körperich H, Gieseke J, Barth P, Peuster M, Meyer H. Blood
flow quantification in adults by phase-contrast MRI combined with SENSE–a
validation study. J Cardiovasc Magn Reson. 2005;7:361–9.
102. Prakash A, Garg R, Marcus EN, Reynolds G, Geva T, Powell AJ. Faster flow
quantification using sensitivity encoding for velocity-encoded cine
magnetic resonance imaging: in vitro and in vivo validation. J Magn Reson
Imaging. 2006;24:676–82.
103. Lew CD, Alley MT, Bammer R, Spielman DM, Chan FP. Peak velocity and
flow quantification validation for sensitivity-encoded phase-contrast MR
imaging. Acad Radiol. 2007;14:258–69.
104. Stadlbauer A, van der Riet W, Globits S, Crelier G, Salomonowitz E.
Accelerated phase-contrast MR imaging: comparison of k-t BLAST with
SENSE and Doppler ultrasound for velocity and flow measurements in the
aorta. J Magn Reson Imaging. 2009;29:817–24.
105. Uribe S, Beerbaum P, Sørensen TS, Rasmusson A, Razavi R, Schaeffter T.
Four-dimensional (4D) flow of the whole heart and great vessels using
real-time respiratory self-gating. Magn Reson Med. 2009;62:984–92.
106. Hope MD, Purcell DD, Hope TA, von Morze C, Vigneron DB, Alley MT, et al.
Complete intracranial arterial and venous blood flow evaluation with 4D
flow MR imaging. AJNR Am J Neuroradiol. 2009;30:362–6.
107. Nezafat R, Kellman P, Derbyshire JA, McVeigh ER. Real-time blood flow
imaging using autocalibrated spiral sensitivity encoding. Magn Reson
Med. 2005;54:1557–61.

Nayak et al. Journal of Cardiovascular Magnetic Resonance (2015) 17:71

108. Lotz J, Döker R, Noeske R, Schüttert M, Felix R, Galanski M, et al. In vitro
validation of phase-contrast flow measurements at 3 T in comparison to
1.5 T: precision, accuracy, and signal-to-noise ratios. J Magn Reson Imaging.
2005;21:604–10.
109. Gutberlet M, Noeske R, Schwinge K, Freyhardt P, Felix R, Niendorf T.
Comprehensive cardiac magnetic resonance imaging at 3.0 Tesla: feasibility
and implications for clinical applications. Invest Radiol. 2006;41:154–67.
110. Bammer R, Hope TA, Aksoy M, Alley MT. Time-resolved 3D quantitative
flow MRI of the major intracranial vessels: initial experience and
comparative evaluation at 1.5 T and 3.0 T in combination with
parallel imaging. Magn Reson Med. 2007;57:127–40.
111. Frydrychowicz A, Harloff A, Jung B, Zaitsev M, Weigang E, Bley TA, et al.
Time-resolved, 3-dimensional magnetic resonance flow analysis at 3 T:
visualization of normal and pathological aortic vascular hemodynamics.
J Comput Assist Tomogr. 2007;31:9–15.
112. Markl M, Harloff A, Bley TA, Zaitsev M, Jung B, Weigang E, et al. Time-resolved
3D MR velocity mapping at 3 T: improved navigator-gated assessment of
vascular anatomy and blood flow. J Magn Reson Imaging. 2007;25:824–31.
113. Frydrychowicz A, Winterer JT, Zaitsev M, Jung B, Hennig J, Langer M, et al.
Visualization of iliac and proximal femoral artery hemodynamics using
time-resolved 3D phase contrast MRI at 3 T. J Magn Reson Imaging.
2007;25:1085–92.
114. Frydrychowicz A, Arnold R, Hirtler D, Schlensak C, Stalder AF, Hennig
J, et al. Multidirectional flow analysis by cardiovascular magnetic
resonance in aneurysm development following repair of aortic
coarctation. J Cardiovasc Magn Reson. 2008;10:30.
115. Harloff A, Albrecht F, Spreer J, Stalder AF, Bock J, Frydrychowicz A, et
al. 3D blood flow characteristics in the carotid artery bifurcation
assessed by flow-sensitive 4D MRI at 3 T. Magn Reson Med.
2009;61:65–74.
116. Harloff A, Strecker C, Dudler P, Nussbaumer A, Frydrychowicz A, Olschewski
M, et al. Retrograde embolism from the descending aorta: visualization by
multidirectional 3D velocity mapping in cryptogenic stroke. Stroke.
2009;40:1505–8.
117. Meckel S, Stalder AF, Santini F, Radü E-W, Rüfenacht DA, Markl M, et al.
In vivo visualization and analysis of 3-D hemodynamics in cerebral
aneurysms with flow-sensitized 4-D MR imaging at 3 T. Neuroradiology.
2008;50:473–84.
118. Nagaraj HM, Pednekar A, Corros C, Gupta H, Lloyd SG. Determining
exercise-induced blood flow reserve in lower extremities using phase
contrast MRI. J Magn Reson Imaging. 2008;27:1096–102.
119. Hou P, De EJB, Kramer LA, Westney OL. Dynamic contrast-enhanced MRI
study of male pelvic perfusion at 3 T: preliminary clinical report. J Magn
Reson Imaging. 2007;25:160–9.
120. Keegan J, Gatehouse PD, Yang G-Z, Firmin DN. Spiral phase velocity
mapping of left and right coronary artery blood flow: correction for
through-plane motion using selective fat-only excitation. J Magn Reson
Imaging. 2004;20:953–60.
121. Johnson K, Sharma P, Oshinski J. Coronary artery flow measurement using
navigator echo gated phase contrast magnetic resonance velocity mapping
at 3.0 T. J Biomech. 2008;41:595–602.
122. Van Ooij P, Zwanenburg JJM, Visser F, Majoie CB, van Bavel E, Hendrikse J,
et al. Quantification and visualization of flow in the Circle of Willis:
time-resolved three-dimensional phase contrast MRI at 7 T compared with
3 T. Magn Reson Med. 2013;69:868–76.
123. Baltes C, Kozerke S, Hansen MS, Pruessmann KP, Tsao J, Boesiger P.
Accelerating cine phase-contrast flow measurements using k-t BLAST and
k-t SENSE. Magn Reson Med. 2005;54:1430–8.
124. Tsao J, Boesiger P, Pruessmann K. k-t BLAST and k-t SENSE: dynamic MRI
with high frame rate exploiting spatiotemporal correlations. Magn Reson
Med. 2003;50:1031–42.
125. Jung B, Honal M, Ullmann P, Hennig J, Markl M. Highly
k-t-space-accelerated phase-contrast MRI. Magn Reson Med.
2008;60:1169–77.
126. Schnell S, Markl M, Entezari P, Mahadewia RJ, Semaan E, Stankovic Z,
et al. k-t GRAPPA accelerated four-dimensional flow MRI in the aorta:
effect on scan time, image quality, and quantification of flow and
wall shear stress. Magn Reson Med. 2014;72:522–33.
127. Knobloch V, Boesiger P, Kozerke S. Sparsity transform k-t principal
component analysis for accelerating cine three-dimensional flow
measurements. Magn Reson Med. 2013;70:53–63.

Page 23 of 26

128. Giese D, Schaeffter T, Kozerke S. Highly undersampled phase-contrast
flow measurements using compartment-based k-t principal component
analysis. Magn Reson Med. 2013;69:434–43.
129. Hsiao A, Lustig M, Alley MT, Murphy MJ, Vasanawala SS. Evaluation of
valvular insufficiency and shunts with parallel-imaging compressedsensing 4D phase-contrast MR imaging with stereoscopic 3D velocityfusion volume-rendered visualization. Radiology. 2012;265:87–95.
130. Tariq U, Hsiao A, Alley M, Zhang T, Lustig M, Vasanawala SS. Venous and
arterial flow quantification are equally accurate and precise with parallel
imaging compressed sensing 4D phase contrast MRI. J Magn Reson
Imaging. 2013;37:1419–26.
131. Kim D, Dyvorne HA, Otazo R, Feng L, Sodickson DK, Lee VS. Accelerated
phase-contrast cine MRI using k-t SPARSE-SENSE. Magn Reson Med.
2012;67:1054–64.
132. Hsiao A, Tariq U, Alley MT, Lustig M, Vasanawala SS. Inlet and outlet valve
flow and regurgitant volume may be directly and reliably quantified with
accelerated, volumetric phase-contrast MRI. J Magn Reson Imaging.
2015;41:376–85.
133. Hsiao A, Lustig M, Alley MT, Murphy M, Chan FP, Herfkens RJ, et al. Rapid
pediatric cardiac assessment of flow and ventricular volume with
compressed sensing parallel imaging volumetric cine phase-contrast MRI.
AJR Am J Roentgenol. 2012;198:W250–9.
134. Santelli C, Loecher M, Busch J, Wieben O, Schaeffter T, Kozerke S.
Accelerating 4D flow MRI by exploiting vector field divergence
regularization. Magn Reson Med 2015. doi:10.1002/mrm.25563.
[Epub ahead of print]
135. Joseph AA, Merboldt K-D, Voit D, Zhang S, Uecker M, Lotz J, et al. Real-time
phase-contrast MRI of cardiovascular blood flow using undersampled radial
fast low-angle shot and nonlinear inverse reconstruction. NMR Biomed.
2012;25:917–24.
136. Hulet JP, Greiser A, Mendes JK, McGann C, Treiman G, Parker DL. Highly
accelerated cardiac cine phase-contrast MRI using an undersampled radial
acquisition and temporally constrained reconstruction. J Magn Reson
Imaging. 2014;39:455–62.
137. Johnson KM, Lum DP, Turski PA, Block WF, Mistretta CA, Wieben O.
Improved 3D phase contrast MRI with off-resonance corrected dual echo
VIPR. Magn Reson Med. 2008;60:1329–36.
138. Kecskemeti S, Johnson K, Wu Y, Mistretta C, Turski P, Wieben O. High
resolution three-dimensional cine phase contrast MRI of small intracranial
aneurysms using a stack of stars k-space trajectory. J Magn Reson Imaging.
2012;35:518–27.
139. Hansen MS, Olivieri LJ, O’Brien K, Cross RR, Inati SJ, Kellman P. Method for
calculating confidence intervals for phase contrast flow measurements. J
Cardiovasc Magn Reson. 2014;16:46.
140. Van der Geest RJ, de Roos A, van der Wall EE, Reiber JH. Quantitative
analysis of cardiovascular MR images. Int J Card Imaging. 1997;13:247–58.
141. Gatehouse PD, Keegan J, Crowe LA, Masood S, Mohiaddin RH, Kreitner K-F,
et al. Applications of phase-contrast flow and velocity imaging in
cardiovascular MRI. Eur Radiol. 2005;15:2172–84.
142. Nayak KS, Pauly JM, Kerr AB, Hu BS, Nishimura DG. Real-time color flow MRI.
Magn Reson Med. 2000;43:251–8.
143. Plewes DB, Betty I, Urchuk SN, Soutar I. Visualizing tissue compliance with
MR imaging. J Magn Reson Imaging. 1995;5:733–8.
144. Wigström L, Ebbers T, Fyrenius A, Karlsson M, Engvall J, Wranne B, et al.
Particle trace visualization of intracardiac flow using time-resolved 3D phase
contrast MRI. Magn Reson Med. 1999;41:793–9.
145. Oshinski JN, Parks WJ, Markou CP, Bergman HL, Larson BE, Ku DN, et al.
Improved measurement of pressure gradients in aortic coarctation by
magnetic resonance imaging. J Am Coll Cardiol. 1996;28:1818–26.
146. Ebbers T, Wigström L, Bolger AF, Wranne B, Karlsson M. Noninvasive
measurement of time-varying three-dimensional relative pressure fields
within the human heart. J Biomech Eng. 2002;124:288–93.
147. Moftakhar R, Aagaard-Kienitz B, Johnson K, Turski PA, Turk AS, Niemann DB,
et al. Noninvasive measurement of intra-aneurysmal pressure and flow
pattern using phase contrast with vastly undersampled isotropic projection
imaging. AJNR Am J Neuroradiol. 2007;28:1710–4.
148. Malek AM, Alper SL, Izumo S. Hemodynamic shear stress and its role in
atherosclerosis. JAMA. 1999;282:2035–42.
149. Stalder AF, Russe MF, Frydrychowicz A, Bock J, Hennig J, Markl M.
Quantitative 2D and 3D phase contrast MRI: optimized analysis of blood
flow and vessel wall parameters. Magn Reson Med. 2008;60:1218–31.

Nayak et al. Journal of Cardiovascular Magnetic Resonance (2015) 17:71

150. Markl M, Wegent F, Zech T, Bauer S, Strecker C, Schumacher M, et al. In vivo
wall shear stress distribution in the carotid artery: effect of bifurcation
geometry, internal carotid artery stenosis, and recanalization therapy. Circ
Cardiovasc Imaging. 2010;3:647–55.
151. Van Ooij P, Potters WV, Guédon A, Schneiders JJ, Marquering HA, Majoie CB,
et al. Wall shear stress estimated with phase contrast MRI in an in vitro and
in vivo intracranial aneurysm. J Magn Reson Imaging. 2013;38:876–84.
152. Potters W V, van Ooij P, Marquering H, Vanbavel E, Nederveen AJ.
Volumetric arterial wall shear stress calculation based on cine phase
contrast MRI. J Magn Reson Imaging 2015;41(2):505-16. doi:10.1002/
jmri.24560
153. Petersson S, Dyverfeldt P, Ebbers T. Assessment of the accuracy of MRI wall
shear stress estimation using numerical simulations. J Magn Reson Imaging.
2012;36:128–38.
154. Napel S, Lee DH, Frayne R, Rutt BK. Visualizing three-dimensional flow with
simulated streamlines and three-dimensional phase-contrast MR imaging.
J Magn Reson Imaging. 1992;2:143–53.
155. Buonocore MH. Visualizing blood flow patterns using streamlines, arrows,
and particle paths. Magn Reson Med. 1998;40:210–26.
156. Frakes D, Smith M, de Zélicourt D, Pekkan K, Yoganathan A.
Three-dimensional velocity field reconstruction. J Biomech Eng.
2004;126:727–35.
157. Caruthers SD, Lin SJ, Brown P, Watkins MP, Williams TA, Lehr KA, et al.
Practical value of cardiac magnetic resonance imaging for clinical
quantification of aortic valve stenosis: comparison with echocardiography.
Circulation. 2003;108:2236–43.
158. Søndergaard L, Hildebrandt P, Lindvig K, Thomsen C, Ståhlberg F, Kassis E,
et al. Valve area and cardiac output in aortic stenosis: quantification by
magnetic resonance velocity mapping. Am Heart J. 1993;126:1156–64.
159. Lin SJ, Brown PA, Watkins MP, Williams TA, Lehr KA, Liu W, et al.
Quantification of stenotic mitral valve area with magnetic resonance
imaging and comparison with Doppler ultrasound. J Am Coll Cardiol.
2004;44:133–7.
160. Kutty S, Whitehead KK, Natarajan S, Harris MA, Wernovsky G, Fogel MA.
Qualitative echocardiographic assessment of aortic valve regurgitation with
quantitative cardiac magnetic resonance: a comparative study. Pediatr
Cardiol. 2009;30:971–7.
161. Li W, Davlouros PA, Kilner PJ, Pennell DJ, Gibson D, Henein MY, et al.
Doppler-echocardiographic assessment of pulmonary regurgitation in adults
with repaired tetralogy of Fallot: comparison with cardiovascular magnetic
resonance imaging. Am Heart J. 2004;147:165–72.
162. Hundley WG, Li HF, Willard JE, Landau C, Lange RA, Meshack BM, et al.
Magnetic resonance imaging assessment of the severity of mitral
regurgitation. Comparison with invasive techniques. Circulation.
1995;92:1151–8.
163. Hundley WG, Li HF, Lange RA, Pfeifer DP, Meshack BM, Willard JE, et al.
Assessment of left-to-right intracardiac shunting by velocity-encoded,
phase-difference magnetic resonance imaging. A comparison with
oximetric and indicator dilution techniques. Circulation. 1995;91:2955–60.
164. Debl K, Djavidani B, Buchner S, Heinicke N, Poschenrieder F, Feuerbach S,
et al. Quantification of left-to-right shunting in adult congenital heart
disease: phase-contrast cine MRI compared with invasive oximetry. Br J
Radiol. 2009;82:386–91.
165. Beerbaum P, Körperich H, Barth P, Esdorn H, Gieseke J, Meyer H.
Noninvasive quantification of left-to-right shunt in pediatric patients:
phase-contrast cine magnetic resonance imaging compared with invasive
oximetry. Circulation. 2001;103:2476–82.
166. Thomson LEJ, Crowley AL, Heitner JF, Cawley PJ, Weinsaft JW, Kim HW,
et al. Direct en face imaging of secundum atrial septal defects by
velocity-encoded cardiovascular magnetic resonance in patients
evaluated for possible transcatheter closure. Circ Cardiovasc Imaging.
2008;1:31–40.
167. Wald RM, Powell AJ. Simple congenital heart lesions. J Cardiovasc Magn
Reson. 2006;8:619–31.
168. Festa P, Ait-Ali L, Cerillo AG, De Marchi D, Murzi B. Magnetic resonance
imaging is the diagnostic tool of choice in the preoperative evaluation of
patients with partial anomalous pulmonary venous return. Int J Cardiovasc
Imaging. 2006;22:685–93.
169. Grosse-Wortmann L, Al-Otay A, Yoo S-J. Aortopulmonary collaterals after
bidirectional cavopulmonary connection or Fontan completion:
quantification with MRI. Circ Cardiovasc Imaging. 2009;2:219–25.

Page 24 of 26

170. Nielsen JC, Powell AJ, Gauvreau K, Marcus EN, Prakash A, Geva T. Magnetic
resonance imaging predictors of coarctation severity. Circulation.
2005;111:622–8.
171. Grigioni F, Detaint D, Avierinos J-F, Scott C, Tajik J, Enriquez-Sarano M.
Contribution of ischemic mitral regurgitation to congestive heart failure
after myocardial infarction. J Am Coll Cardiol. 2005;45:260–7.
172. Paelinck BP, de Roos A, Bax JJ, Bosmans JM, van Der Geest RJ, Dhondt D, et
al. Feasibility of tissue magnetic resonance imaging: a pilot study in
comparison with tissue Doppler imaging and invasive measurement. J Am
Coll Cardiol. 2005;45:1109–16.
173. Bollache E, Redheuil A, Clément-Guinaudeau S, Defrance C, Perdrix L,
Ladouceur M, et al. Automated left ventricular diastolic function evaluation
from phase-contrast cardiovascular magnetic resonance and comparison
with Doppler echocardiography. J Cardiovasc Magn Reson. 2010;12:63.
174. Edelman RR, Manning WJ, Gervino E, Li W. Flow velocity quantification in
human coronary arteries with fast, breath-hold MR angiography. J Magn
Reson Imaging. 1993;3:699–703.
175. Nagel E, Bornstedt A, Hug J, Schnackenburg B, Wellnhofer E, Fleck E.
Noninvasive determination of coronary blood flow velocity with magnetic
resonance imaging: comparison of breath-hold and navigator techniques
with intravascular ultrasound. Magn Reson Med. 1999;41:544–9.
176. Keegan J, Firmin D, Gatehouse P, Longmore D. The application of breath
hold phase velocity mapping techniques to the measurement of coronary
artery blood flow velocity: phantom data and initial in vivo results. Magn
Reson Med. 1994;31:526–36.
177. Hofman MB, van Rossum AC, Sprenger M, Westerhof N. Assessment of flow
in the right human coronary artery by magnetic resonance phase contrast
velocity measurement: effects of cardiac and respiratory motion. Magn
Reson Med. 1996;35:521–31.
178. Keegan J, Gatehouse PD, Mohiaddin RH, Yang G-Z, Firmin DN. Comparison
of spiral and FLASH phase velocity mapping, with and without
breath-holding, for the assessment of left and right coronary artery
blood flow velocity. J Magn Reson Imaging. 2004;19:40–9.
179. Nagel E, Thouet T, Klein C, Schalla S, Bornstedt A, Schnackenburg B, et al.
Noninvasive determination of coronary blood flow velocity with
cardiovascular magnetic resonance in patients after stent deployment.
Circulation. 2003;107:1738–43.
180. Hofman MB, Wickline SA, Lorenz CH. Quantification of in-plane motion of
the coronary arteries during the cardiac cycle: implications for acquisition
window duration for MR flow quantification. J Magn Reson Imaging.
1998;8:568–76.
181. Langerak SE, Kunz P, Vliegen HW, Lamb HJ, Jukema JW, van Der Wall EE, et
al. Improved MR flow mapping in coronary artery bypass grafts during
adenosine-induced stress. Radiology. 2001;218:540–7.
182. Keegan J, Gatehouse P, Yang GZ, Firmin D. Interleaved spiral cine coronary
artery velocity mapping. Magn Reson Med. 2000;43:787–92.
183. Brandts A, Roes SD, Doornbos J, Weiss RG, de Roos A, Stuber M, et al. Right
coronary artery flow velocity and volume assessment with spiral K-space
sampled breathhold velocity-encoded MRI at 3 tesla: accuracy and
reproducibility. J Magn Reson Imaging. 2010;31:1215–23.
184. Sakuma H, Saeed M, Takeda K, Wendland MF, Schwitter J, Szolar DH, et al.
Quantification of coronary artery volume flow rate using fast
velocity-encoded cine MR imaging. AJR Am J Roentgenol. 1997;168:1363–7.
185. Hundley WG, Lange RA, Clarke GD, Meshack BM, Payne J, Landau C, et al.
Assessment of coronary arterial flow and flow reserve in humans with
magnetic resonance imaging. Circulation. 1996;93:1502–8.
186. Shibata M, Sakuma H, Isaka N, Takeda K, Higgins CB, Nakano T. Assessment
of coronary flow reserve with fast cine phase contrast magnetic resonance
imaging: comparison with measurement by Doppler guide wire. J Magn
Reson Imaging. 1999;10:563–8.
187. Schwitter J, DeMarco T, Kneifel S, von Schulthess GK, Jörg MC, Arheden
H, et al. Magnetic resonance-based assessment of global coronary
flow and flow reserve and its relation to left ventricular functional
parameters: a comparison with positron emission tomography.
Circulation. 2000;101:2696–702.
188. Hundley WG, Hamilton CA, Clarke GD, Hillis LD, Herrington DM, Lange RA,
et al. Visualization and functional assessment of proximal and middle left
anterior descending coronary stenoses in humans with magnetic resonance
imaging. Circulation. 1999;99:3248–54.
189. Van Rossum AC, Visser FC, Hofman MB, Galjee MA, Westerhof N, Valk J.
Global left ventricular perfusion: noninvasive measurement with cine MR

Nayak et al. Journal of Cardiovascular Magnetic Resonance (2015) 17:71

190.

191.

192.

193.

194.

195.

196.

197.

198.

199.

200.
201.

202.

203.
204.

205.

206.

207.

208.

209.

imaging and phase velocity mapping of coronary venous outflow.
Radiology. 1992;182:685–91.
Lund GK, Wendland MF, Shimakawa A, Arheden H, Ståhlberg F, Higgins CB,
et al. Coronary sinus flow measurement by means of velocity-encoded cine
MR imaging: validation by using flow probes in dogs. Radiology.
2000;217:487–93.
Kawada N, Sakuma H, Yamakado T, Takeda K, Isaka N, Nakano T, et al.
Hypertrophic cardiomyopathy: MR measurement of coronary blood flow
and vasodilator flow reserve in patients and healthy subjects. Radiology.
1999;211:129–35.
Metafratzi ZM, Efremidis SC, Skopelitou AS, De Roos A. The clinical
significance of aortic compliance and its assessment with magnetic
resonance imaging. J Cardiovasc Magn Reson. 2002;4:481–91.
Hardy CJ, Bolster BD, McVeigh ER, Adams WJ, Zerhouni EA. A
one-dimensional velocity technique for NMR measurement of aortic
distensibility. Magn Reson Med. 1994;31:513–20.
Mohiaddin RH, Firmin DN, Longmore DB. Age-related changes of human
aortic flow wave velocity measured noninvasively by magnetic resonance
imaging. J Appl Physiol. 1993;74:492–7.
Suzuki E, Yoshimura T, Omura Y, Sakaguchi M, Nishio Y, Maegawa H, et al.
Higher arterial stiffness, greater peripheral vascular resistance and lower
blood flow in lower-leg arteries are associated with long-term
hyperglycaemia in type 2 diabetic patients with normal ankle-brachial
index. Diabetes Metab Res Rev. 2009;25:363–9.
Chaosuwannakit N, D’Agostino R, Hamilton CA, Lane KS, Ntim WO,
Lawrence J, et al. Aortic stiffness increases upon receipt of anthracycline
chemotherapy. J Clin Oncol. 2010;28:166–72.
Argyropoulou MI, Kiortsis DN, Daskas N, Xydis V, Mavridis A, Efremidis SC, et
al. Distensibility and pulse wave velocity of the thoracic aorta in patients
with juvenile idiopathic arthritis: an MRI study. Clin Exp Rheumatol.
2003;21:794–7.
Rogers WJ, Hu YL, Coast D, Vido DA, Kramer CM, Pyeritz RE, et al. Ageassociated changes in regional aortic pulse wave velocity. J Am Coll Cardiol.
2001;38:1123–9.
Yu H-Y, Peng H-H, Wang J-L, Wen C-Y, Tseng W-YI. Quantification of the
pulse wave velocity of the descending aorta using axial velocity profiles
from phase-contrast magnetic resonance imaging. Magn Reson Med.
2006;56:876–83.
Nichols W, O’Rourke M. McDonald’s Blood Flow in Arteries. Fifth Edition:
Taylor and Francis; 2005.
Boussel L, Rayz V, McCulloch C, Martin A, Acevedo-Bolton G, Lawton M, et
al. Aneurysm growth occurs at region of low wall shear stress: patientspecific correlation of hemodynamics and growth in a longitudinal study.
Stroke. 2008;39:2997–3002.
Cebral JR, Castro MA, Burgess JE, Pergolizzi RS, Sheridan MJ, Putman CM.
Characterization of cerebral aneurysms for assessing risk of rupture by using
patient-specific computational hemodynamics models. AJNR Am J
Neuroradiol. 2005;26:2550–9.
Taylor CA, Figueroa CA. Patient-specific modeling of cardiovascular
mechanics. Annu Rev Biomed Eng. 2009;11:109–34.
Valen-Sendstad K, Piccinelli M, Steinman DA. High-resolution computational
fluid dynamics detects flow instabilities in the carotid siphon: implications
for aneurysm initiation and rupture? J Biomech. 2014;47:3210–6.
Milner JS, Moore JA, Rutt BK, Steinman DA. Hemodynamics of human
carotid artery bifurcations: computational studies with models
reconstructed from magnetic resonance imaging of normal subjects.
J Vasc Surg. 1998;28:143–56.
Jansen IGH, Schneiders JJ, Potters WV, van Ooij P, van den Berg R, van Bavel
E, et al. Generalized versus patient-specific inflow boundary conditions in
computational fluid dynamics simulations of cerebral aneurysmal
hemodynamics. AJNR Am J Neuroradiol. 2014;35:1543–8.
Khan MO, Valen-Sendstad K, Steinman DA. Narrowing the Expertise Gap for
Predicting Intracranial Aneurysm Hemodynamics: Impact of Solver Numerics
versus Mesh and Time-Step Resolution. AJNR Am J Neuroradiol.
2015;36(7):1310–6.
Schneider G, Prince M, Meaney J, Ho V. Magnetic Resonance Angiography:
Techniques, Indications And Practical Applications. Springer-Verlag Mailand:
Springer. 2005.
Hoffmann KR, Nazareth DP, Miskolczi L, Gopal A, Wang Z, Rudin S, et al.
Vessel size measurements in angiograms: a comparison of techniques. Med
Phys. 2002;29:1622–33.

Page 25 of 26

210. Plasencia Martínez JM, Garcia Santos JM, Paredes Martinez ML, Pastor AM.
Carotid intima-media thickness and hemodynamic parameters:
reproducibility of manual measurements with Doppler ultrasound. Med
Ultrason. 2015;17:167–74.
211. Enzmann DR, Ross MR, Marks MP, Pelc NJ. Blood flow in major cerebral
arteries measured by phase-contrast cine MR. AJNR Am J Neuroradiol.
1994;15:123–9.
212. Hope TA, Markl M, Wigström L, Alley MT, Miller DC, Herfkens RJ. Comparison
of flow patterns in ascending aortic aneurysms and volunteers using
four-dimensional magnetic resonance velocity mapping. J Magn Reson
Imaging. 2007;26:1471–9.
213. Vignon-Clementel IE, Figueroa CA, Jansen KE, Taylor CA. Outflow boundary
conditions for 3D simulations of non-periodic blood flow and pressure
fields in deformable arteries. Comput Methods Biomech Biomed Engin.
2010;13:625–40.
214. Prado CM, Ramos SG, Elias J, Rossi MA. Turbulent blood flow plays an
essential localizing role in the development of atherosclerotic lesions in
experimentally induced hypercholesterolaemia in rats. Int J Exp Pathol.
2008;89:72–80.
215. Dempere-Marco L, Oubel E, Castro M, Putman C, Frangi A, Cebral J. CFD
analysis incorporating the influence of wall motion: application to
intracranial aneurysms. Med Image Comput Comput Assist Interv.
2006;9(Pt 2):438–45.
216. Hippelheuser JE, Lauric A, Cohen AD, Malek AM. Realistic non-Newtonian
viscosity modelling highlights hemodynamic differences between
intracranial aneurysms with and without surface blebs. J Biomech.
2014;47:3695–703.
217. Varghese SS, Frankel SH, Fischer PF. Modeling transition to turbulence in
eccentric stenotic flows. J Biomech Eng. 2008;130:014503.
218. Reymond P, Crosetto P, Deparis S, Quarteroni A, Stergiopulos N.
Physiological simulation of blood flow in the aorta: comparison of
hemodynamic indices as predicted by 3-D FSI, 3-D rigid wall and 1-D
models. Med Eng Phys. 2013;35:784–91.
219. Marrero VL, Tichy JA, Sahni O, Jansen KE. Numerical study of purely viscous
non-newtonian flow in an abdominal aortic aneurysm. J Biomech Eng.
2014;136:101001.
220. Cottrell C, Kirkpatrick JN. Echocardiographic strain imaging and its use in
the clinical setting. Expert Rev Cardiovasc Ther. 2010;8:93–102.
221. Zerhouni EA, Parish DM, Rogers WJ, Yang A, Shapiro EP. Human heart:
tagging with MR imaging–a method for noninvasive assessment of
myocardial motion. Radiology. 1988;169:59–63.
222. Axel L, Dougherty L. MR imaging of motion with spatial modulation of
magnetization. Radiology. 1989;171:841–5.
223. Drangova M, Zhu Y, Pelc NJ. Effect of artifacts due to flowing blood on the
reproducibility of phase-contrast measurements of myocardial motion.
J Magn Reson Imaging. 1997;7:664–8.
224. Hennig J, Schneider B, Peschl S, Markl M, Krause T, Laubenberger J. Analysis
of myocardial motion based on velocity measurements with a black blood
prepared segmented gradient-echo sequence: methodology and
applications to normal volunteers and patients. J Magn Reson Imaging.
1998;8:868–77.
225. Karwatowski SP, Mohiaddin RH, Yang GZ, Firmin DN, St John Sutton M,
Underwood SR. Regional myocardial velocity imaged by magnetic
resonance in patients with ischaemic heart disease. Br Heart J. 1994;72:332–8.
226. Kvitting J-PE, Ebbers T, Engvall J, Sutherland GR, Wranne B, Wigström L.
Three-directional myocardial motion assessed using 3D phase contrast MRI.
J Cardiovasc Magn Reson. 2004;6:627–36.
227. Delfino JG, Johnson KR, Eisner RL, Eder S, Leon AR, Oshinski JN. Three-directional
myocardial phase-contrast tissue velocity MR imaging with navigator-echo
gating: in vivo and in vitro study. Radiology. 2008;246:917–25.
228. Perman WH, Creswell LL, Wyers SG, Moulton MJ, Pasque MK. Hybrid DANTE
and phase-contrast imaging technique for measurement of threedimensional myocardial wall motion. J Magn Reson Imaging. 1995;5:101–6.
229. Simpson R, Keegan J, Firmin D. Efficient and reproducible high resolution
spiral myocardial phase velocity mapping of the entire cardiac cycle.
J Cardiovasc Magn Reson. 2013;15:34.
230. Constable RT, Rath KM, Sinusas AJ, Gore JC. Development and evaluation
of tracking algorithms for cardiac wall motion analysis using phase velocity
MR imaging. Magn Reson Med. 1994;32:33–42.
231. Haraldsson H, Wigström L, Lundberg M, Bolger AF, Engvall J, Ebbers T, et al.
Improved estimation and visualization of two-dimensional myocardial strain

Nayak et al. Journal of Cardiovascular Magnetic Resonance (2015) 17:71

232.

233.

234.

235.
236.
237.

238.
239.
240.

241.

242.

243.

244.

245.

246.

247.

248.

249.

250.

251.

252.

253.

254.

rate using MR velocity mapping. J Magn Reson Imaging.
2008;28:604–11.
Drangova M, Zhu Y, Bowman B, Pelc NJ. In vitro verification of myocardial
motion tracking from phase-contrast velocity data. Magn Reson Imaging.
1998;16:863–70.
Selskog P, Heiberg E, Ebbers T, Wigström L, Karlsson M. Kinematics of the
heart: strain-rate imaging from time-resolved three-dimensional phase
contrast MRI. IEEE Trans Med Imaging. 2002;21:1105–9.
Pelc NJ, Drangova M, Pelc LR, Zhu Y, Noll DC, Bowman BS, et al. Tracking of
cyclic motion with phase-contrast cine MR velocity data. J Magn Reson
Imaging. 1995;5:339–45.
Drangova M, Bowman B, Pelc N. Physiologic motion phantom for MRI
applications. J Magn Reson Imaging. 1996;6:513–8.
Zhu Y, Drangova M, Pelc NJ. Estimation of deformation gradient and strain
from cine-PC velocity data. IEEE Trans Med Imaging. 1997;16:840–51.
Zhu Y, Pelc NJ. A spatiotemporal model of cyclic kinematics and its
application to analyzing nonrigid motion with MR velocity images. IEEE
Trans Med Imaging. 1999;18:557–69.
Zhu Y, Drangova M, Pelc NJ. Fourier tracking of myocardial motion using
cine-PC data. Magn Reson Med. 1996;35:471–80.
Zhu Y, Pelc NJ. Three-dimensional motion tracking with volumetric phase
contrast MR velocity imaging. J Magn Reson Imaging. 1999;9:111–8.
Bergvall E, Cain P, Arheden H, Sparr G. A fast and highly automated
approach to myocardial motion analysis using phase contrast magnetic
resonance imaging. J Magn Reson Imaging. 2006;23:652–61.
Kvitting J-PE, Sigfridsson A, Wigström L, Bolger AF, Karlsson M. Analysis of
human myocardial dynamics using virtual markers based on magnetic
resonance imaging. Clin Physiol Funct Imaging. 2010;30:23–9.
Jung B, Schneider B, Markl M, Saurbier B, Geibel A, Hennig J. Measurement
of left ventricular velocities: phase contrast MRI velocity mapping versus
tissue-doppler-ultrasound in healthy volunteers. J Cardiovasc Magn Reson.
2004;6:777–83.
Pelc LR, Sayre J, Yun K, Castro LJ, Herfkens RJ, Miller DC, et al. Evaluation of
myocardial motion tracking with cine-phase contrast magnetic resonance
imaging. Invest Radiol. 1994;29:1038–42.
Delfino JG, Fornwalt BK, Eisner RL, Leon AR, Oshinski JN. Determination of
transmural, endocardial, and epicardial radial strain and strain rate from
phase contrast MR velocity data. J Magn Reson Imaging. 2008;27:522–8.
Petersen SE, Jung BA, Wiesmann F, Selvanayagam JB, Francis JM, Hennig J,
et al. Myocardial tissue phase mapping with cine phase-contrast mr
imaging: regional wall motion analysis in healthy volunteers. Radiology.
2006;238:816–26.
Föll D, Jung B, Staehle F, Schilli E, Bode C, Hennig J, et al. Visualization of
multidirectional regional left ventricular dynamics by high-temporalresolution tissue phase mapping. J Magn Reson Imaging. 2009;29:1043–52.
Föll D, Jung B, Schilli E, Staehle F, Geibel A, Hennig J, et al. Magnetic
resonance tissue phase mapping of myocardial motion: new insight in age
and gender. Circ Cardiovasc Imaging. 2010;3:54–64.
Karwatowski SP, Mohiaddin R, Yang GZ, Firmin DN, Sutton MS, Underwood
SR, et al. Assessment of regional left ventricular long-axis motion with MR
velocity mapping in healthy subjects. J Magn Reson Imaging. 1994;4:151–5.
Markl M, Schneider B, Hennig J, Peschl S, Winterer J, Krause T, et al. Cardiac
phase contrast gradient echo MRI: measurement of myocardial wall motion
in healthy volunteers and patients. Int J Card Imaging. 1999;15:441–52.
Arai AE, Gaither CC, Epstein FH, Balaban RS, Wolff SD. Myocardial velocity
gradient imaging by phase contrast MRI with application to regional
function in myocardial ischemia. Magn Reson Med. 1999;42:98–109.
Nahrendorf M, Streif JU, Hiller K-H, Hu K, Nordbeck P, Ritter O, et al.
Multimodal functional cardiac MRI in creatine kinase-deficient mice reveals
subtle abnormalities in myocardial perfusion and mechanics. Am J Physiol
Heart Circ Physiol. 2006;290:H2516–21.
Herold V, Mörchel P, Faber C, Rommel E, Haase A, Jakob PM. In vivo
quantitative three-dimensional motion mapping of the murine myocardium
with PC-MRI at 17.6 T. Magn Reson Med. 2006;55:1058–64.
Streif JUG, Herold V, Szimtenings M, Lanz TE, Nahrendorf M, Wiesmann F, et
al. In vivo time-resolved quantitative motion mapping of the murine
myocardium with phase contrast MRI. Magn Reson Med. 2003;49:315–21.
Dicks DL, Carlsson M, Heiberg E, Martin A, Saloner D, Arheden H, et al.
Persistent decline in longitudinal and radial strain after coronary
microembolization detected on velocity encoded phase contrast magnetic
resonance imaging. J Magn Reson Imaging. 2009;30:69–76.

Page 26 of 26

255. Liu H, Shi Ast P. Maximum a posteriori strategy for the simultaneous motion
and material property estimation of the heart. IEEE Trans Biomed Eng.
2009;56:378–89.
256. Lee S-L, Wu Q, Huntbatch A, Yang G-Z. Predictive K-PLSR myocardial
contractility modeling with phase contrast MR velocity mapping. Med
Image Comput Comput Assist Interv. 2007;10(Pt 2):866–73.
257. Cho J, Benkeser PJ. Cardiac segmentation by a velocity-aided active contour
model. Comput Med Imaging Graph. 2006;30:31–41.
258. Aletras AH, Ding S, Balaban RS, Wen H. DENSE: displacement encoding with
stimulated echoes in cardiac functional MRI. J Magn Reson.
1999;137:247–52.
259. Chenevert TL, Skovoroda AR, O’Donnell M, Emelianov SY. Elasticity
reconstructive imaging by means of stimulated echo MRI. Magn Reson
Med. 1998;39:482–90.

Submit your next manuscript to BioMed Central
and take full advantage of:
• Convenient online submission
• Thorough peer review
• No space constraints or color ﬁgure charges
• Immediate publication on acceptance
• Inclusion in PubMed, CAS, Scopus and Google Scholar
• Research which is freely available for redistribution
Submit your manuscript at
www.biomedcentral.com/submit

