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ABSTRACT

Rapid dynamic MR-imaging can provide both functional and posi-
tional informations in real-time, which can be used to retroactively
control an interventional procedure. Although rapid echo-planar
imaging (EPI) is frequently used in this role, EPI often suffers from
geometric distortions. These signal localization errors are caused by
spatial magnetic field inhomogeneities induced by magnetic sucepti-
bility variations within the human body and instrumental limitations
of the acquisition system. This type of artifact can be addressed by
mapping and converting the spatial magnetic field inhomogeneities
a priori into a pixel shift and to subsequently correct the EPI-images.
Furthermore, for real time guidance of interventions in organs sub-
ject to periodical physiological motion, the correction needs to ac-
count for time variant changes of the magnetic field during the mo-
tion cycle.

The correction described in this paper consists of two steps: A
parameterized model of the motion induced magnetic field perturba-
tion is computed in a preparative step; subsequently, during the inter-
vention, this model is used to reconstruct the magnetic field pertur-
bation corresponding to the actual organ position in real-time, which
in turns allows computation of distortion corrected MR-images.

Index Terms— Magnetic Resonance Imaging, Real time sys-
tems, Motion analysis.

1. INTRODUCTION

In interventional procedures, such as catheter tracking, biopsies or
thermal ablations [1], Magnetic Resonance Imaging (MRI) is widely
used to provide functional and/or positional informations. The recent
developments in rapid MR-sequences, associated with fast data pro-
cessing strategies, now allow to obtain those informations with both
high frame-rates and low image latencies [2]. This facilitates the use
of MRI to retroactively control the interventional procedure in real-
time [3]. MRI can provide continuous mapping of the target anatomy
in the human body as well as the local magnetic field by exploiting
the complex nature of the MR-signal: whereas the signal magnitude
of gradient recalled sequences [4] provides anatomical information
such as the position and the composition of the tissue, the phase
ϕ is directly proportional to the local magnetic field. A variety of
MR-sequences are commonly used for rapid MR-imaging and many
rely on a gradient recalled echo-planar readout train for the rapid
data acquisition [5] [6]. However, echo-planar images are prone to
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geometric distortions due to the large acquisition bandwidth, which
amplifies the effect of static magnetic field inhomogeneities, suscep-
tibility changes, eddy-current effects and gradient non-linearities [7].
These distortions are highly undesirable if the MR-images are used
for remoting interventional devices, which requires a precise rela-
tion between the target position in the image and its true position in
3D space [8]. Several geometric distortion correction techniques for
echo-planar images have been proposed in the past such as [9] [10].
One approach consists of converting the magnetic field map (ΔB0)
into a pixel shift in the phase-encoding direction (Δy) according to
the following equation [11] [12]:

Δy =
γ.ΔB0

BWpe
(1)

where γ is the gyromagnetic ratio (≈ 42.58 MHz/Tesla) and BWpe

the bandwidth per pixel in the phase encode direction. The field map
ΔB0 can be determined by collecting gradient echo images with
two different echo time (TE) values (noted TE1 and TE2). After
calculation of the phase maps from each image (noted ϕTE1 and
ϕTE2 ), ΔB0 can be obtained as follows:

ΔB0 = k.(ϕTE2 − ϕTE1), k =
1

2π.γ.(TE2 − TE1)
(2)

This method has recently been extended for the dynamic real-
time correction of geometric distortions for either static or mobile or-
gans in [13]: The challenge in this approach is the requirement to dy-
namically update ΔB0 in order to compensate for dynamic changes
induced by physiological motion or the displacement of interven-
tional devices. This can be achieved by continuously alternating the
echo-time of a gradient-recalled echo-planar sequence between the
two values TE1 and TE2. ΔB0 at instant n was calculated using a
temporal window of 3 dynamics, as follows:

ΔB0 = k.

(
ϕTE2(n)−

ϕTE1(n− 1) + ϕTE1(n+ 1)

2

)
(3)

Note the linear interpolation between the phases (ϕTE1(n−1)

and ϕTE1(n+1)) of two consecutive images with the same TE. Al-
though this linearly interpolated value introduces a latency of one
image in the correction, it also gives a more accurate representation
of the pixel shift at instant n. This method can be classified as a “di-
rect” approach since does not require additional acquisitions, and all
the acquired images are directly used to correct for geometric distor-
tions on the fly. However, this approach imposes severe restrictions
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on the imaging protocol since a rapid acquisition sequences is re-
quired compared to the observed motion. To address the later, an
alternative method is here proposed, which can be classified as an
“indirect” approach since it is based the two following steps: First,
in a preparative step a magnetic field perturbation model is estab-
lished, which relates field changes with motion. Subsequently, dur-
ing the intervention, this model is used in real time to reconstruct the
magnetic field perturbation ΔB0 corresponding to the current organ
position. This allows to compute in the final step with Eq. (1) dis-
tortion free EPI-images. The method is evaluated in-vivo on a free
breathing human volunteer. Intrinsic advantages and drawbacks of
“direct” and “indirect” approaches are then compared and discussed.

2. METHOD DESCRIPTION

2.1. Preparative learning step

During the preparative learning step prior to the intervention, dy-
namic field mapping was performed during the motion cycle of the
organ. This was achieved by acquiring continously a rapid gradient-
recalled echo-planar images with two alternating echo-times TE1

and TE2 over several motion cycles. During the acquisition, the
images are split in two image collections of N = 100 images for
each echo time. For abdominal organs with a typical respiration fre-
quency of 3-5 seconds, the use of imaging frame rates of 10 images
per second allows to complete the acquisition of the collection in 20
seconds.

The magnitude images in each collection are subsequently com-
pared to a pre-selected reference image of the target area by selecting
the image acquired at the apex of the exhalation phase as the refer-
ence image MRef

TE1
and MRef

TE2
for each collection. Subsequently, for

both image collections a linear relation between the variation of the
phase signal and the target displacement was established similar to
the approach proposed by [14]:

1. A training set of N motion vector fields relating the cur-
rent target position in each image with the reference posi-
tion MRef

TE1
and MRef

TE2
was obtained for both collections,

using an optical-flow based image registration algorithm
[15]. The implemented approach was originally proposed
by Horn&Schunck [16] for optical image stabilization and
computs a displacement field on a pixel-by-pixel basis. A
multi-resolution scheme was used [17] in order to optimize
the computation time and to stabilize the convergence of the
algorithm.

2. Due to the oversampling of the physiological motion-cycle,
both sets of motion vector fields are sparse and a reduced pa-
rameterized motion flow model Di, 0 ≤ i < K � N was
constructed using Principal Components Analysis. The spa-
tial transformation Tt at instant t between the actual anatomi-
cal image (noted M t

TEj
, j = {1, 2}) and the reference could

be expressed as a linear combination of the computed basis
vector fields Bi as follows:

Tt(x, y) =

K−1∑
i=0

Di
tB

i(x, y) (4)

Whereby the eigenvectors Bi were ordered according to
their corresponding eigenvalues. The threshold value for
K, which separates eigenvectors representing physiological
motion (i ≤ K) and from eigenvectors coding for noise con-
tribution (i > K) was determined using the method proposed

in [14]: Since the respiratory and the cardiac activities are
periodic, Di

t (∀t, 0 ≤ t < N ) was analyzed in the Fourier
domain. Typical periods of the respiratory and cardiac ac-
tivities are, in the general case, in the range of 0.15-0.3Hz
and 0.5-2Hz, respectively. A threshold of 4 Hz was used to
separate contributions from physiological motion from noise.

The reduced set of parameters Di
t, which gives a representa-

tion of the organ deformation only due to physiological mo-
tion, can then be computed by minimizing Eq. (5) using a
Marquardt-Levenberg least square solver.

LS =
(
Mref

TEj
− T−1

t (M t
TEj

)
)2

, j = {1, 2} (5)

3. The overall phase variation could be approximated by a sum
of linear phase changes of each principal motion component
on a pixel-by-pixel basis, as shown in Eq. (6). For that pur-
pose, the obtained motion field was used to remap all pixels of
the phase images to their reference position. P i, 0 ≤ i < K,
which denotes the parameterized phase model, is computed
at the end of the preparative step, using a Singular Value De-
composition (SVD) applied on the overdetermined set of N
equations and K + 1 unknowns:

T−1 (ϕt(x, y)) =

K−1∑
i=0

Di
tP

i(x, y)+PK(x, y), 0 ≤ t < N,

(6)

whereby PK(x, y) represents the static phase offset.

Using P i
TE1

and P i
TE2

(0 ≤ i ≤ K) as the corresponding pa-
rameterized phase model for each collection the overall parameter-
ized magnetic field model can be derived as follows:

ΔBi
0(x, y) = k.

(
P i
TE2

(x, y)− P i
TE1

(x, y)
)
, 0 ≤ i ≤ K (7)

2.2. Dynamic distortion correction during the interventional
procedure

The parameterized magnetic field model ΔBi
0 and the set of param-

eters Di
t representing the actual organ displacement allow the re-

construction of the magnetic field distribution corresponding to the
current organ position (see Eq. (8)), which can be converted into
pixel shifts in phase encoding direction with Eq. (1).

ΔB0(x, y) =

K−1∑
i=0

Di
tΔBi

0(x, y) + ΔBK
0 (x, y), 0 ≤ t < N (8)

2.3. Experimental setup

The proposed distortion correction method was evaluated on a data
set presented in [13] for comparison, with the permision of the cor-
responding journal and authors.

In order to evaluate the possibility to obtain distortion-corrected
EPI images in real time, dynamic MR-imaging was performed un-
der free-breathing conditions on the abdomen of a healthy volun-
teer (sagitally positioned single-shot EPI-sequence, four-channels
receive coil, echo-train length = 81, repetition time= 78 ms, TE1 =
39 ms, TE2 = 46 ms, 121 water selective binomial excitation, flip
angle= 25◦, BWpe= 14.1 Hz, voxel size=2.7 × 2.7 × 7 mm3). The
volunteer was instructed to breathe using the maximal pulmunary
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volume during 20 seconds and normally during another period of 20
seconds. An undistorted steady-state free precession (SSFP) image
[18] acquired at the apex of the exhalation phase with the same im-
age geometry and a two-fold increased image resolution was used
as a gold standard for the evaluation of the correction. Our test plat-
form was a dual processor (3.1 Ghz Penryn, four cores, INTEL Santa
Clara, USA) workstation with 8 GB of RAM.

3. RESULTS

Fig. 1a displays the high-resolution SSFP image of the abdominal
organs used as a reference image. Fig. 1b shows the local distortion
field in phase-encoding direction (anterior-posterior) calculated us-
ing the proposed method. The overlaid anatomical reference points
of the uncorrected image and the corrected image in Fig. 1c and 1d
demonstrate the effectiveness of the correction. In all images, the
boundary of the liver (see arrow I in Fig. 1c and the major vessels
in the centre of the liver, which are shifted in the uncorrected data,
are remapped to their correct position by the proposed method. Note
that the distortion can exceed a magnitude of 1 cm, especially in the
interface lung/liver and in vessels in the centre of the liver.

Fig. 2a shows the time evolution of the displacement estimated
in the head-foot direction using the PCA-based registration in a sin-
gle pixel located in the upper part of the liver (red arrow in Fig. 1d).
The shift correction is shown to vary by up to 1 mm between two suc-
cessive acquisitions with the traditional “direct” approach, as shown
in Fig. 2b. It can be observed that the noise on the shift correction
is strongly reduced using the proposed approach. It is interesting
to note that the distortion varies by 2 mm during respiratory cycle,
demonstrating that it has to be corrected by an adaptive strategy.

4. DISCUSSION

Compared to existing “direct” approaches described in [13], the in-
troduction of the preparative learning step allows the following im-
provements: First, during the intervention only the most recently
acquired image is a necessary to derive the current magnetic field
estimate, which allows:

• To remove the imprecision in the magnetic susceptibility field
estimates, which are introduced by the sliding window tech-
nique (i.e. ϕTE1(n−1), ϕTE2(n) and ϕTE1(n+1)) used in Eq.
(3) during periods of rapid acceleration during the motion cy-
cle, as shown in Fig. 2.

• To reduce the latency of the correction compared to direct
approaches, which intrinsically rely on a temporal window
of past measurements (the original method proposed in [13],
based on Eq. (3), has a latency of one image). This is ad-
vantageous if the MR-images are used to retroactively con-
trol of the interventional procedure in real-time [3]. This also
renders the proposed method compatible with 3D multi-slice
protocol, since the precision of the correction is not affected
by the reduced frame-rate per slice, which is associated with
a larger spatial coverage.

Second, the preparative learning step permits the use of mag-
netic susceptibility field model for the calculation of the EPI-
corrections, which is in turn based on a parametric motion model.
The parametric motion model allows to maintain only the principal
physiological components of the estimated motion, and thus reduces
the noise on the estimated displacements (see [14] for more details)
and thus in the derived computed magnetic field maps.

(a) (b)

(c) (d)

Fig. 1. Example of result extracted from the temporal series. (a):
SSFP image of the abdominal organs used as a reference image,
(b): local distortion field in phase-encoding direction calculated us-
ing the proposed method (1 ppm corresponds to 4.5 mm for the em-
ployed sequence, using Eq. (1)), (c): distorted image, (d): distortion-
corrected image obtained using the proposed approach. This figure
was generated using the data set employed in [13]. This material is
reproduced with permision of John Wiley&Sons, Inc.

The resulting improvement of the precision of the shift correc-
tion shown in Fig. 2b.

On the other hand, although the model based “indirect” ap-
proach improves the precision of the previously suggested “direct”
approach for real-time distortion correction, it introduces several
new limitations: First, since magnetic field variations are “learned”
and subsequently applied to correct geometric distortions during the
intervention, the method can intrinsically not correct for distortion
artifacts associated with susceptibility perturbation which were ab-
sent during the learning step (as for example perturbation induced
by the passage of digestive gases due to the peristaltic transport in
the digestive tubes).

In addition, in the proposed method the magnetic field perturba-
tion was estimated assuming a simple linear magnetic field variation
with organ displacement. Although this assumption has been found
valid for small displacements [14], the precision of this simplifica-
tion must be carefully evaluated in regions displaying large motion
amplitudes or large susceptibility variations. In such regions, the
correction method will not only fail, but can also lead to increased
distortions (see arrows (1), (2) and (3) in Fig. 1d). These points need
to be investigated in future studies.

5. CONCLUSION

Interventional real time MR-guidance of non-invasive procedures
generally requires a precise representation of the true target object
position in the continously acquired images. This is complicated
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(a)

(b)

Fig. 2. (a): Time evolution of the displacement estimated in the
head-foot direction using the PCA-based registration in a single pixel
located in the upper part of the liver (red arrow in Fig. 1d), (b):
corresponding shift correction obtained with the traditional “direct”
approach (dashed line) and with the proposed method (solid line).
This figure was generated using the data set employed in [13]. This
material is reproduced with permision of John Wiley&Sons, Inc.

by the frequent presence of dynamic geometric image distortions, in
particular when gradient recalled MRI is employed. The proposed
geometric distortion correction technique allows a robust real-time
correction of this effect for each new acquired image. The low com-
putation time (less than 20ms for the correction of a single slice on
our test platform) renders the method compatible with sub-second
MRI and does not increase the image processing latency, which are
for real-time interventional imaging of great importance. Existing
approaches require a high temporal sampling density of the observed
motion during the intervention [13] for a precise distortion correc-
tion, which generally leads to a compromized spatial coverage of
the targeted area. In comparison, the proposed correction approach
is independant of the imaging frame-rate and thus fully compatible
with multi-slice imaging protols for increased spatial coverage in
slice direction.
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