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Abstract
The role of MRI in the external radiation therapy treatment has increased in the
past few decades significantly due to its superior soft-tissue contrast and absence of
ionizing radiation. The two challenges concerning the lack of electron density values
and limited geometric accuracy to use MR images in RT have been overcome. MR
images can either be aligned with CT images or converted to pseudo-CT images for
radiation dose planning, and the required geometric accuracy can be achieved by
optimizing sequences and utilizing geometric correction algorithms.

The purpose of this thesis was to improve the geometric accuracy of MR images
by implementing 3D geometric correction to 2D multi-slice acquired images. Until
now, this feature has not been available in Philips MR scanners. The advantages of
2DMS acquired images over 3D images are the reduced sensitivity to motion artifacts
and the contrast that is preferred by radiologists. The geometric correction algorithm
itself was not modified, since the existing algorithm for 3D images could be reused.

The performance and the geometric accuracy achievable with the algorithm were
evaluated with phantom imaging and the effect of the algorithm on human anatomy
was evaluated with volunteer imaging. Altogether 21 subjects were imaged with
Ingenia 1.5 T, Ingenia 3 T and 1.5 T MR scanner of Elekta Unity.

The results reveal that the geometric distortion is significantly reduced when
through-plane correction is applied alongside in-plane correction. The greatest effects
are shown on the edges of the field-of-view where the effect of gradient non-linearities
are the largest. It was also proven that the algorithm performs the geometric
correction almost as well in 2DMS as in 3D images.
Keywords MRI, geometric correction, radiation therapy, through-plane correction,

gradient non-linearity
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Tiivistelmä
Magneettikuvausta hyödynnetään yhä enemmän säteilyhoidon suunnittelussa sen
ainutlaatuisen pehmytkudoskontrastin vuoksi. Magneettikuvantamista suositaan
myös siksi, että se ei tarvitse ionisoivaa säteilyä kuvan muodostukseen. Kuvaustavan
geometrisen tarkkuuden haasteet sekä röntgensäteilyn vaimennuskertoimien puute
ovat ratkaistu vähentämällä geometrisia vääristymiä erilaisilla geometriakorjausalgo-
ritmeilla sekä luomalla keinotekoisia tietokonetomografiakuvia magneettikuvista.

Tämän maisterityön tarkoituksena oli parantaa magneettikuvien geometrista tark-
kuutta mahdollistamalla kolmiulotteinen geometriakorjaus kaksiulotteisina leikkeinä
kerätyissä magneettikuvissa. Radiologit ovat tottuneet tulkitsemaan 2D-leikkeinä ke-
rättyjä magneettikuvia niille ominaisen kontrastin takia sekä siksi, että 2D-leikkeinä
kerätyt magneettikuvat eivät ole yhtä herkkiä liikkeistä johtuville häiriöille kuin 3D-
kuvat. Muutoksia varsinaiseen geometriakorjausalgoritmiin ei vaadittu, sillä algoritmi
suoritti korjauksen samaan tapaan 2D- ja 3D-kuville.

Geometriakorjausalgoritmin tarkkuutta ja toimintaa arvioitiin kuvaamalla fan-
tomia sekä vapaaehtoishenkilöitä. Yhteensä 21 vapaaehtoista kuvattiin kolmella
Philips:n magneettikuvauslaitteella. Käytettyjen laitteiden mallityypit olivat Ingenia
1.5 T, Ingenia 3 T sekä Elekta Unity.

Tulokset osoittavat, että 2D-kuvien geometriset vääristymät vähentyivät huomat-
tavasti, kun geometriset vääristymät korjattiin leiketason lisäksi myös kolmannessa
ulottuvuudessa. Suurimmat erot olivat havaittavissa kuvausalueen reunoilla, joissa
epälineaarisista gradienttikentistä johtuvat vääristymät ovat suurimmillaan. Algorit-
mi korjasi geometrista vääristymää lähes yhtä hyvin niin 2D- kuin 3D-kuvissa.
Avainsanat magneettikuvaus, geometriakorjaus, sädehoito, epälineaarinen

gradienttikenttä
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1 Introduction
Magnetic resonance imaging (MRI) is increasingly used in radiation therapy planning
(RTP). The advantages of MRI include its superior soft-tissue contrast and non-
ionizing application. The challenges in using MRI in RTP are the preservation of the
geometric accuracy of the MR images as well as the estimation of electron density
for the dose calculations. MRI is sensitive to the geometric distortions caused by
the design restrictions on the magnet and gradient fields as well as susceptibility
differences in the patient itself. In radiation therapy, high geometric accuracy of the
images is required to achieve accurate treatment.

Accurate spatial information is also required in real-time MR-guided radiation
therapy treatment. Systems called MR-Linacs combine a MR scanner and a linear
accelerator to achieve more accurate treatments with less fractions and side effects.
Radiation therapy treatment is delivered to the patient according to the real-time
MR images. For example, Elekta and Philips have developed a MR-Linac which has
1.5 T magnet integrated with a linear accelerator.

Geometric distortions are a result from inhomogeneities in the magnetic field.
Inhomogeneities are classified into two categories; machine-dependent and patient-
dependent inhomogeneity. Typically machine-dependent distortion results from
the main field B0, gradient non-linearity, or eddy currents. Patient-dependent
inhomogeneity results from the chemical shift and susceptibility variations as well as
from patient-induced motion and flow. Distortion caused by inhomogeneity can be
corrected by modifying the field and correcting the images retrospectively during the
image reconstruction.

The aim of this study was to improve the image quality and the geometric accuracy
in Philips MRI scanners by implementing a new geometric correction functionality
for customers using MR-guided RT planning (MR–RT) products. The functionality
enables 3D geometric correction in 2D multi-slice sequences. This functionality is
frequently asked by customers and highly valued by both Philips business unit and
radiologists.

3D geometric correction is currently available only for 3D sequences in Philips MRI
scanners. Previous research in Philips and feedback from the radiologists show that 2D
sequences provide better contrast and less motion artifacts compared to 3D sequences,
which makes them a relevant option in MR–RT imaging. Radiologists are more used
to interpret images reconstructed from 2D acquisition since 2D sequences are more
commonly used in diagnostic imaging. However, a through-plane slice distortion
could cause geometric inaccuracy of up to a few centimeters at 40 centimeters away
from the isocenter. 3D geometric correction on 2D multi-slice sequences will solve
the inaccuracy due to the gradient non-linearity in the through-plane dimension,
similar to what already is implemented for 3D sequences. This assures the user that
the geometry of the images is also accurate in the slice direction, and can lead to
less uncertainty and more accurate treatments.

To implement the feature, several challenges needed to be overcome. The chal-
lenges include curvature of 2D slices which complicates the offset correction of the
slices. True imaging volume might not cover the volume specified in exam parameters



if the offset correction is implemented incorrectly. The implementation included also
conflict logic creation to ensure the correct image acquisition. The implementation
required source code changes and verifying the image quality with phantoms and
volunteer imaging. Modifications to geometric correction algorithm itself were not
required.

The research is limited to high-field, closed-bore MRI scanners such as 1.5 T and
3.0 T scanners. In clinical use, these field strengths are the most common ones. In
this research, Philips Ingenia 1.5 T, Ingenia 3 T and 1.5 T MRI scanner of Elekta
Unity were used. In-vitro imaging was performed with phantoms and volunteer
imaging was performed with a total of 21 subjects.

This research was performed as a master’s thesis for Aalto University Life Science
Technologies program as a part of Master of Science in Technology degree. The
research employer is Philips Radiation Oncology Helsinki.

In the literature review at first, the basic background of MRI physics in the
needed level to understand the presentation of geometric distortion is introduced,
followed by basics of image acquisition and pulse sequences mentioned in this thesis.
Second, the role of MRI in radiation therapy planning is reviewed, and lastly the
geometric distortion and its correction methods are introduced.
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2 Background

2.1 Magnetic resonance imaging
Magnetic resonance imaging has been developed since 1970’s and it is one of the most
important medical applications invented. [3] MRI provides exceptional soft tissue
contrast with sensitivity to a wide range of tissue properties. Another important
advantage of MRI is that no ionizing radiation is needed. This makes MRI relatively
safe and allows to image patients of almost any age. The principle of MRI lies in a
phenomenon called nuclear magnetic resonance. [5]

The MRI experiment can be considered as a two-stage process, where in the
first stage the proton spin orientation is manipulated with applied magnetic fields.
In the second stage, the proton spin orientation is measured with coil detectors.
After collecting the MR signals, the image is reconstructed. In reconstruction, the
frequency and phase content of the signal is utilized to decode the spatial information
of the signals. [5]

There are two basic MRI pulse sequences called the spin echo and the gradient
echo. Tens of different sequences can be derived from these depending on the desired
information. [6, 5] Commonly used sequences are considered in Section 2.1.3.

2.1.1 Nuclear magnetic resonance

Nuclear magnetic resonance (NMR) is the physical phenomenon utilized in MRI.
Each proton has its unique nuclear spin, which can be manipulated by adding a
strong external magnetic field. When a specimen is placed in the static magnetic
field B0, its nuclear spins are polarized and precess along the external field. The
precessional frequency of the proton spin is proportional to the external magnetic
field according to the Larmor equation

ω0 = γB0, (1)

where ω0 is the angular frequency of the protons and γ is gyro-magnetic ratio which
is a property of the protons in question. The precession is shown in Figure 1, where
M stands for magnetization and B0 is parallel to z-axis.

Figure 1: Magnetization and its precession in the static magnetic field B0.



4

The NMR signal from a certain region is directly related to the density of mobile
protons at that location. The fundamental equation for NMR signal from the volume
of a sample of spin density ρ(x, y, z) is

δS(t) = ρ(x, y, z) exp(−iφ(x, y, z)), (2)

where φ(x, y, z) is the phase of the magnetization of the sample. Generally, in MRI
the spin density of interest is the density of water molecules since biological tissue
contains approximately 75–80% water. The history of the magnetic field at position
(x, y, z) defines the phase as

φ(x, y, z) = 2πγ
∫
Bz(x, y, z) dt, (3)

where Bz(x, y, z) is the static magnetic field at position (x, y, z) pointing towards
z-axis, and γ is the gyromagnetic ratio that relates the magnetic field strength to the
frequency of the NMR resonance. For hydrogen atom nuclei, γ is 42.575 MHz/T. [1]

The NMR signal is generated by tipping the magnetization towards the transverse
plane. The tipping is accomplished by using a resonant coil which generates a
radio-frequency (RF) magnetic field B1 transverse to the static magnetic field B0.
When the tipping angle is 90°, the magnetization is fully tipped to transverse plane
and will precess about the static magnetic field. Only the spins with their precession
frequency equal to that of the RF pulse are tipped. [1, 27]

2.1.2 Image creation

An MR image is created by making the magnetic field spatially varying in a controlled
manner

B(r) = G · r, (4)
where G is a vector containing the components of the magnetic field gradients and
r = (x, y, z) is the spatial position vector [29]. This variation is created by "gradient
coils" which can generate field gradients in all directions x, y, z when passing an
electric current through them. Under the effect of only B0, similar protons precess
at the same frequency, whereas the gradient coils create precession frequency that
depends upon the position. The total signal detected with a scanner having an ideal
magnet in two-dimensional (2D) plane at an arbitrary time t would be

S(t) =
∫ ∫

ρ(x, y) exp[−2πγi(
∫
Gx(x, y)x dt+

∫
Gy(x, y)y dt)] dx dy, (5)

and in a three-dimensional (3D) plane it would be

S(t) =
∫ ∫ ∫

ρ(x, y, z) exp[−2πγi(
∫
Gx(x, y, z)x dt+∫

Gy(x, y, z)y dt+
∫
Gz(z, y, z)z dt)] dx dy dz.

(6)

The data are gathered in so called k-space which can be expressed by replacing in
Equation 5 γ

∫
Gxx dt and γ

∫
Gyy dt with kx and ky, respectively. They represent
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the k-space terms in phase and frequency encoding directions, respectively. [41]
Substitution to Equation 5 yields

S(kx, ky) =
∫ ∫

ρ(x, y) exp[−2πi(kxx+ kyy)] dx dy. (7)

After all of the k-space points are acquired, the image is reconstructed by per-
forming Fourier transformation to Equation 7. The Fourier transform converts the
time and place dependent function to spatial frequency dependent one, which gives
a map of spin densities. The Fourier transformed signal is directly proportional to
the proton density ρ(x, y). [27]

In 2D images, the plane of the image is defined by slice-selection gradient GSS.
Before the acquisition of the MR signal, slice-selection and phase-encoding gradients
are applied. When applying the phase-encoding gradient, GPE for example in the
direction y, the precession of the nuclei will speed up or slow down according to their
location in relation to the gradient field. After its application, the nuclei will precess
at the original frequency but will have different phases. Frequency-encoding gradient
GFE is applied in the second in-plane direction, here in the direction of x. GFE is
also called readout-gradient, since the MR signal is read out during the frequency-
encoding gradient application. When acquiring 3D images, a second phase-encoding
gradient is applied in the third dimension and the image is reconstructed with 3D
Fourier transform. [28]

2.1.2.1 Image contrast

The contrast in MR images is caused by two nuclear magnetic relaxation time
constants T1 and T2. T1 is the longitudinal relaxation also called spin-lattice relaxation
time that lies entirely along the z-axis and is time invariant. It is a measure of the
time that a proton takes to realign with the external magnetic field. The repetition
interval TR defines the duration of repeated pulse sequences and is related to T1 and
phase of the spins as

ρ′(x, y) = ρ(x, y)[1 − exp(−TR/T1)]/[1 + cos θ exp(−TR/T1)], (8)

where θ is the flip angle of the RF pulse. The MR image contrast can be modified
by varying the TR value. If TR ≤ T1, the contrast is significantly affected by the T1
value of the different tissue types and the image is said to be "T1-weighted". When
imaging human brain, a short TR value would lead to white matter appearing as
bright, gray matter as medium intensity and cerebrospinal fluid as very dark, since
T1 values at 1.5 T for each of them are 0.7 s, 1.0 s, and 4.0 s, respectively. [1]

The time constant T2 describes the time which the spin needs to decay back
after the tipping into the transverse plane. T2 is also called transverse relaxation
time or spin-spin relaxation. The T2 scales the signal in Equation 7 by a factor of
exp(−T2/TE), where TE is the time between the excitation and the echo signal. If
the image is acquired with a long TR and long TE, image is called "T2-weighted". [1]
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2.1.2.2 Image reconstruction

After the image acquisition, the actual image is reconstructed from the k-space data
with Fourier transform (FT). When k-space is sampled along rectilinear or Cartesian
lines, series of fast Fourier transforms (FFTs) can be done. If k-space is sampled
along non-rectilinear lines such as radial acquisition, the data is typically resampled
to a rectilinear grid. [3] A more advanced radial reconstruction method called
Periodically Rotated Overlapping ParallEL Lines with Enhanced Reconstruction
(PROPELLER) collects data in concentric rectangular strips rotated around the
k-space origin. [33] The method was introduced by Pipe [33] in 1999 and the research
shows that PROPELLER is capable of removing some of in-plane and through-plane
motion artifacts. Presentation of Cartesian, radial, and PROPELLER acquisition of
k-space is shown in Figure 2.

Figure 2: Reconstruction trajectories where a) presents the Cartesian, b) radial, and
c) PROPELLER acquisition methods.

The time to produce an MR image is dependent on the image acquisition and re-
construction. Increased scanning time may lead to motion artifacts and misalignment
between images acquired in different sequences which affects the geometric accuracy
of the images [9]. In addition, long scanning times reduce the patient comfort and
reduces the efficiency of MR scanners. Fast technology development has allowed
the use of faster computers which has increased the calculation capacity remarkably.
This has led to creation of new methods to decrease the MR examination time.

Pruessmann and colleagues [35] introduced a sensitivity encoding technique called
SENSE in 1999 to reduce the acquisition time of MR images. Technique utilizes
multiple receiver coils placed near the sample, which allows parallel signal acquisition.
This reduces the number of gradient-encoding steps without reducing the spatial
resolution or field of view (FOV). The time to acquire images reduced to one third
in Cartesian sampling of k-space. However, the time reduction decreases also the
signal-to-noise ratio (SNR) which is bound by the square root of acquisition time in
SENSE images. [35, 34]

A more advanced and faster method, compressed sensing (CS), was introduced
by Lustig and colleagues [25] in 2007. Research shows that sparsity of MR images
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utilized in CS reduces the scan time significantly and it can be also used to improve
the resolution of MR images.

2.1.3 Basic pulse sequences

Pulse sequences play a main role in producing the desired signals by manipulating the
magnetization of the imaged object. Distinct sequences create images with different
contrasts and the sequence is always chosen to fit the purpose of the image and the
tissue to be distinguished. There are numerous sequences but only the most common
and relevant sequences, the spin echo and the gradient echo, and their variants, are
introduced in this section.

2.1.3.1 Spin echo

The spin echo (SE) is one of the most basic sequences used in MRI. SE is created
with one excitation RF pulse followed by one or more refocusing RF pulses. Most
common angles used for excitation and refocusing pulses are 90 and 180 degrees,
respectively. Basic pulse diagram of SE is shown in Figure 3. The main advantages of
SE imaging are its robustness to artifacts caused by B0 inhomogeneity and magnetic
susceptibility variations and its capability to offer a certain contrast. Short TR
and TE cause T1-weighted images which highlight fat tissue while long TR and
TE produce T2-weighted images highlighting fat and water tissues. SE images are
weighted by the factor e−T E/T2 . However, basic SE sequences are slow and thus
sensitive to motion artifacts. [3]

Figure 3: Basic spin echo pulse diagram.

General SE sequences are relatively time consuming since during one repetition
time only one line of k-space is gathered. To speed up the acquisition, rapid acquisition
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with relaxation enhancement (RARE), also called turbo spin echo (TSE), techniques
have been developed. [3] Besides the increase of patient comfort and reduction of
motion artifacts, fast sampling of data also minimizes the effect of magnetic field
inhomogeneities [15]. In TSE sequence, 90° pulse is followed by a train of 180°
refocusing pulses. This allows sampling multiple k-space lines and reduce the total
acquisition time significantly, especially in T2-weighted images. Both SE and TSE
can be used in either 2D or 3D acquisition mode. [3]

2.1.3.2 Gradient echo

The gradient echo (GRE) sequence consists of multiple small flip angle RF pulses.
[6] One gradient echo element is presented in a pulse diagram in Figure 4, where α
is the flip angle typically less than 90° and T ∗2 is related to the T2 by

1
T ∗2

= 1
T2

+ 1
T ′2
, (9)

where T ′2 is inversely proportional to the magnetic field inhomogeneity in each imaging
voxel. Contrast weight factor of GRE images is eT E/T ∗

2 . GRE sequences provide high
speed, which makes them common in 3D scanning. [3] Due to high speed achieved
by short TR, images acquired with GRE sequence are typically T1-weighted. Short
scanning times reduce the sensitivity to motion artifacts. [7] However, GRE is more
prone to magnetic field inhomogeneities as well as to susceptibility and has lower
spatial resolution. [6]

Figure 4: Basic gradient echo pulse diagram.

2.1.4 Advanced pulse sequences

Several tissue signal suppressing imaging techniques have been developed in the past
few decades. Most of them use inversion recovery (IR) pulses that are modified SE
pulses with an extra 180° RF pulse separated by the inversion time TI before the 90°
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RF pulse. Inversion recovery pulses can be used to achieve better contrast for lesion
and metastasis detection than general SE or GE pulse. [8]

Short-TI Inversion Recovery (STIR) is used to achieve fat suppressed images
that have low signal from fat but still high signal from fluids. STIR has several
advantages such as relatively short TE and the possibility to have partially or
completely suppressed fat signals. [8]

Fluid Attenuated Inversion Recovery (FLAIR) has the same principle than STIR,
but instead of low signal from fat, the signal from cerebrospinal fluid (CSF) is
decreased. FLAIR is generally used for neurological imaging and lesion detection.
[28]

Spectral Presaturation with Inversion Recovery (SPIR) is fat suppression tech-
nique that is less sensitive to magnetic field inhomogeneities. It combines STIR and
spectral saturation pulse tuned to the frequency of fat only. SPectral Attenuated
Inversion Recovery (SPAIR) is fat suppression technique that uses a spectral selective
adiabatic inversion pulse to invert the fat spins. [38]

Another fat suppressing approach is called Dixon method, which acquires water-
only and fat-only images with modified SE or GRE pulse sequences. In the original
approach introduced by Dixon [12], first an image with water and fat signals in-phase
is acquired. Second, another image where water and fat signals are 180°out-of-phase
is acquired. Simply with summation and subtraction, water-only and fat-only images
can be gained. This simple approach is sensitive to magnetic field inhomogeneities
and requires relatively long scanning time. However, improvements to Dixon method
have been implemented to overcome these challenges and the method is successfully
used in a routine clinical setting. [26]
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2.2 MRI in radiation therapy planning
Radiation therapy (RT) is a form of cancer treatment where a high dose of radiation
is delivered to a tumor tissue to kill cancer cells and shrink the tumor. RT can be
either external beam RT or internal RT. In external RT, the radiation is delivered
externally and locally to the cancer site. In internal RT, a solid source of radiation
is put inside the body to radiate the tumor internally. [30] This thesis concentrates
only on the external beam radiation therapy.

Radiation therapy is used approximately in 60% of cancer patients during their
disease treatment time. Accurate treatments require exact definition of tumors and
organs at risk (OAR), which has increased considerably the usage of MRI in RT. [9]
The excellent soft tissue contrast and contrast resolution, the ability to acquire slices
in an arbitrary direction, non-ionizing application, and no need of contrast agents
are the greatest benefits of MRI in radiation therapy planning (RTP). MRI provides
both anatomical and functional information as well as information to evaluate the
tumor response [37, 29].

Still, the most used imaging modality in RTP is computer tomography (CT)
because it has good reproducibility, it provides information about the electronic
density of the tissue, and it is widely available. However, these two imaging modalities
can be combined and the advantages from both can be utilized. In some cancer
types, such as rectal, brain, and prostate tumors, MRI is already considered as better
option for RTP over CT. [11, 9]

The interest of MRI in RT has increased in the past few years significantly. The
number of scientific publications relating to this topic has almost doubled between
years 2013 and 2018. Figure 5 shows the increase of scientific publications in PubMed
database including both keywords "MRI" and "radiation therapy" either in the title
or abstract [42].

Figure 5: The number of scientific publications in PubMed database including words
MRI and radiation therapy in title or abstract.

Two main challenges in using MRI in radiation therapy planning are the geometric
distortion in MR images and conversion of the MR signal to tissue-specific electron
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density information. [13] In addition, relatively long imaging times are usually
required, which increases the probability of motion artifacts. Another challenge in
clinical environment is that MRI examinations require more expertise due to complex
imaging sequences compared to CT. [11] Also, the more restricted access to MRI
scanners and the cost of MRI examinations compared to CT is limiting the usage of
MRI in RT. [23, 37]

MRI provides a great opportunity to evaluate the treatment response. MR images
can show late measures of response such as the change in the size of a tumor, but also
provide information about the early treatment response. With functional imaging
such as diffusion weighted imaging (DWI), the pathological response of the tumor
can be achieved. [9]. With this information, the RT plans can be updated during
the treatment period.

2.2.1 Diagnostic and treatment-planning MRI

The purpose of diagnostic MRI and MRI in RTP differ from each other and thus their
requirements are not similar. In diagnostic imaging, high image quality is prioritized
over the exact geometric accuracy whereas in RTP purposes, the geometric accuracy
plays an important role. MRI in RTP is usually a trade-off between image quality and
geometric accuracy. The desired parameters in MRI simulation include thin slices,
high-order shimming, large FOV if registered with CT images, and high receiver
bandwidths to minimize the effect of chemical shift and spatial distortion due to
susceptibility. [37]

The coils and other MR equipment differ in diagnostic and RTP imaging. A flat
tabletop is required to have the patient in the exact same position during the MRI
and throughout the RT treatment. Immobilization equipment such as vacuum bags,
indexing bars and thermoplastic mask systems are used to maintain the consistency
of the patient positioning [37]. The immobilization equipment used in RT might
limit the application of MRI equipment. For example, when using an immobilization
mask utilized in brain cancer treatment, the general diagnostic head coil would not
fit around the head. With the mask, different kind of coil solutions should be used.
[6] Immobilization devices are disease-specific and they are either created on-site or
commercial devices are used [9].

The coils used in RTP should be designed and positioned such that they do not
deform the tissue. [6] This usually leads to coils being placed further away from the
patient which decreases the image quality. A large distance between the sample and
coil can lead to significant loss of SNR. [37]

Most vendors provide these RT-specific equipment, such as coil supports and
positioning aids compatible with MRI. The exact location of the sample is more
important in RT planning than in diagnostic imaging where usually the positioning
laser provided by the vendor is used to move the imaged tissue near the isocenter.
More accurate positioning can be ensured with external laser position devices. [23]

MRI in RTP requires radiographers to have better understanding of RT, and
radiation therapists need to understand the principles MRI. Traditionally, the
responsibility of radiographers has been the optimization of imaging for diagnosis.
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The MRI safety is one concern to be fully acknowledged. Rai and colleagues [37] found
that the dangers of MRI were not commonly identified by oncology departments.
Therefore, comprehensive MR safety education is essential for both RT and MRI
specialists. [37]

As mentioned, high geometric accuracy is required in MR images used in radiation
therapy and thus regular quality assurance is needed in MR scanners used in RTP.
Periodic geometric assurance is performed with geometric phantoms to ensure the
consistency and the accuracy of the images. [37] Xing and colleagues [49] have
proposed that a quality assurance procedure should verify external simulation lasers,
reproducibility of the setup and imaging system as well as the image transfer and
registration.

2.2.2 MRI–CT registration

The lack of electron density information in MR–RT is not an issue when MR images
are combined with CT images. The data from MR and CT are first spatially aligned
and after that information from the aligned voxels are merged. [6] Majority of the
co-registering techniques of CT and MRI data treat the imaged volume as a rigid
body. The transformation of coordinates can be represented as a linear spatially
invariant function

r1 = A × r2 + b, (10)

where r presents the coordinates of corresponding points in CT (1) and MRI (2)
study. The matrix A includes operations of rotation, scaling, and plane reflection
whereas the vector b includes the operation of translation. [13]

The radiation doses are calculated based on CT data that contains a spatial map
of the attenuation values of the tissues in Hounsfield Units (HU). The HU values
are converted into electron density, which allows to calculate the tissue and organ
specific doses. [9]

The challenges to merge the data from two modalities are related to patient
positioning and scan protocols. Most MR and CT vendors already provide flat
tabletops which are identical in both MR and CT. The similar patient position
requires also similar patient positioning devices. MRI scanner environment limits
the material of the devices, since MR-compatible devices are required. [6]

The images from both modalities are registered either automatically or manually.
An automated algorithm can perform the registration in less than one minute. [6]
In manual registration, a common method of registration is to use fiducial points,
for example anatomical landmarks. At least three points are needed to define the
rigid body transformation but generally, at least eight points are used. Accurate
registration requires careful selection of landmarks that should be used to verify
also the automated registrations. Landmarks should be accurately localized in three
dimensions and they should be spaced widely around the imaged anatomy from inner
anatomies to extremities. The time interval between MRI and CT scan might affect
the accuracy of the registration due to morphological changes. [6]
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2.2.3 MR-only simulation

A number of solutions has been proposed to overcome the challenge that MR images
lack the electron density information. The proposed methods generate synthetic CT
images, also called pseudo-CT images, from MRI data. First, the tissues can be
segmented either based on the information of voxel intensities or by classifying image
data to organs with known reference images. After segmentation, the HU values per
tissue can be allocated. [9] For example, Korhonen and colleagues [20] have shown
a conversion from the intensity values to HU values in the male pelvis with T1/T ∗2 -
weighted MR images. They also showed that with these images, the MRI-based
prostate RTP could be reliably conducted within 1% dose calculation accuracy in the
target volume in healthy tissues. [20] An example of a pseudo-CT image acquired
with MR scanner and an illustration of pseudo-CT/CT outline matching procedure
is shown in Figure 6.

Usage of only MRI in RTP would decrease the amount of ionising radiation during
the whole RT process. [6] It also reduces the logistic challenges and errors due to
misregistration between CT and MR images.

Figure 6: An illustration of pseudo-CT/CT outline matching procedure. a) MR
source image, b) pseudo-CT from MR image, c) subtraction of CT plan image and
pseudo-CT, d) CT plan image, e) pseudo-CT matched with CT plan image and f)
subtraction of CT plan image and matched pseudo-CT image. Image from scientific
poster by Pavel and colleagues [31], reproduced with their permission.

2.2.4 Real-time MR-guided therapy

The challenge in RT that real-time MR-guided therapy overcomes is the uncertainty
of patient position and tumor location. Generally, the tumor volume in RTP is
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expanded to cover a larger planning target volume to ensure the tumor will be in the
radiation beam. With hybrid MR-Linacs, the patient can be positioned according to
the tumor location and the real-time tracking of the tumor position can be performed
during the radiation delivery. With MR-Linac, the radiation delivery can be also
gated or tracked according to tissue movement. MR-Linac workflow can provide
more accurate treatments in every fraction. The treatment plan can be updated
according to the MR images acquired before the treatment and the tumor response
can be tracked after every treatment. [9]

The design of the magnet in MR-Linac differs from the general diagnostic MRI
magnet. The MR-Linac Elekta Unity by Elekta and Philips has a 1.5 T magnet
surrounded by a circular linear accelerator gantry. The main magnet and the gradient
coils have been splitted in two to allow irradiation pass through a 15-cm gap. Active
magnetic shielding is used to cancel the magnetic field at the location of the electron
gun of the accelerator and to minimize the field at the accelerator tube. This ensures
that the MRI and accelerator are magnetically decoupled. These design modifications
affect the performance of the MR imaging and thus the diagnostic sequences are not
necessarily optimal for treatment guidance. [36, 21]
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2.3 Geometric distortion
In MRI, the magnetic field gradients create a linear relationship between the frequency
and position of the MR signals. These relationships are utilized to encode the spatial
location of the signals and therefore create an image. Any disturbance to the linear
relationship causes geometric distortion to the image, since the spatial information
is not encoded correctly. [40]

In radiation therapy treatment, the geometric fidelity is an essential property of
the images used in the planning. Misplacement of the organs can lead to misplacement
of the radiation dose, which reduces the effectiveness of the treatment and might
lead to unintended dose to a nearby OAR. [9]

The geometric distortions increase at increasing radial distances from the magnet
isocenter [23]. The distortion is usually described in diameter spherical volumes
(DSV) with the magnet isocenter being the center of the volume. MRI vendors
provide their own specifications to different DSVs but also broadly accepted limits
are formed. For example, for real-time MRI-guided radiation therapy, an accuracy of
better than 2 millimeters of distortion is required [9]. More strict specifications for
accuracy are specified for MRI used in RTP than for diagnostic imaging.

Image distortion can be classified into two different types: intensity distortion
and geometric distortion. Intensity distortion is caused by a signal intensity loss
in the voxels whereas geometric distortions result from the spatial misregistration
of the voxels. The intensity distortions are more easily corrected since they can be
mitigated by multiplying the voxel intensity by a correction factor, which is the
determinant of the Jacobian of the measured distortion values. [48]. This thesis
concentrates on geometric distortion and its correction methods.

2.3.1 Sources and prevention

Geometric distortions are either machine-dependent or patient-dependent [48, 13].
The common machine-dependent sources of distortion are variations in B0 field,
gradient non-linearity, and eddy currents [28, 45, 22]. In superconducting MRI
magnets, the effect of B0 inhomogeneity is relatively small compared to distortion
caused by gradient non-linearity, since B0 inhomogenities can be corrected with
active and passive shimming. [5, 45]

The patient-dependent geometric distortions are caused by magnetic susceptibility
variations, phenomenon called chemical shift, patient motion, and flow effects such
as blood flow. [40, 22, 29]. However, the amount of patient-dependent distortion
depends also on the magnetic field strength and parameters of the imaging protocol
[13]. Every position encoding step explained in Section 2.1.2 is susceptible to these
errors and thus can result in geometric distortion [29].

2.3.1.1 Machine-dependent sources

The adequate homogeneity of the static magnetic field B0 is an essential part of
the MRI system. Any inhomogeneity in B0 results in distortion depending on the
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field strength. [43] In 2D plane, the residual magnetic field inhomogeneities modify
Equation 5 to give

S(t) =
∫ ∫

ρ(x, y) exp[−2πγi(
∫
Gx(x, y)x dt+

∫
Gy(x, y)y dt+

∫
∆B(x, y)dt)] dx dy.

(11)
Both the magnet itself and its surroundings cause inhomogeneities in the main

field. Manufacturing of completely homogeneous magnet is not efficient due to
multiple variables in the manufacturing process. For example, wire distribution
during winding and the transportation to the site might cause inhomogeneities to the
magnetic field. In addition, effects of metal objects such as building structures, and
interference with electronic equipment have an effect on field homogeneity. Before the
magnet is ready for imaging, certain procedures are applied to achieve the required
homogeneity. These procedures include shimming and shielding. [5]

Shimming can be active or passive. In active shimming, an extra magnetic field
is created with coils and added to or subtracted from the main field to reduce the
inhomogeneities. Passive shimming procedure consists of capturing the field with a
device called shimming camera and correcting it by positioning small pieces of iron
around the magnet. The amount of iron is calculated with a computer program and
the process is repeated until the target homogeneity of the field is achieved. [5] In
modern MR scanners, the static magnetic field inhomogeneity is usually modest thus
the shimming enables 1-ppm homogeneity across the FOV [4].

Shielding is used to reduce the effect of main field to environment and vice versa.
Shielding can be divided in active and passive shielding. Active shielding uses a
coil pair around the magnet bore to produce a field to cancel the primary field
reaching the surroundings. In passive shielding, the examination room is shielded
with ferromagnetic material or ferromagnetic material is included in the magnet
design. [5]

Gradient coils play a main role in encoding the spatial information of the MR
image. The basic assumption behind the image reconstruction is that the gradient
coils generate linear magnetic field gradients, which allows to execute linear spatial
encoding. The ideal pure terms are

Gx = dBz/dx
Gy = dBz/dy
Gz = dBz/dz.

(12)

However, the current usage of short bore and high-speed gradients sacrifices the
linearity, even though any non-linearity in the gradient will lead to distortion [16].
Another design constraint for gradient systems is the stimulation of peripheral nerves,
that occurs when the maximum magnetic field at the rim of the FOV is too high
[18]. Non-linearities of the the gradient fields can be eliminated if the exact gradient
field profile is known [16, 18]. Still, a slight error in the spatial encoding might occur
due to the tolerances in gradient coil manufacturing and eddy currents induced in
the surrounding metallic structures by the field gradients. Eddy currents generate
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magnetic fields with a strength depending on the resistivity of the metal involved.
These fields can cause image artifacts and signal loss. [28, 16]

2.3.1.2 Patient-dependent sources

Susceptibility is a measure, which describes the capability of material to be magnetized
in the presence of external magnetic field. Local field changes can occur in the interface
between different tissues due to their distinct susceptibilities. This leads to distortion
in MR images because the magnetic field varies from the expected field caused by
the main field and the gradient fields. [13] In the human body, the susceptibility
differences cause distortion mainly in the tissue-air surfaces [23]. For example, Wang
and colleagues [47] reported that in the MRI examination of the brain, the maximum
distortions were identified near or around the sagittal sinus and the second largest
distortions were near the ear canals.

The chemical shift effect is caused by the variation of hydrogen resonance frequency
in different chemical environments due to the shielding effect of the surrounding
chemical structure [29]. In the human body, the chemical shift effect mainly occurs
between fat and water tissues. The resonance frequency of the hydrogen nucleus in
water and in adipose tissue differs approximately 3.5 parts per million (ppm) at 1.5 T
field. [32, 23]. The effects of chemical shift can be reduced by optimizing imaging
parameters such as readout bandwidth, FOV, image matrix, and slice selection
gradient. [13] The severity of the pixel shift depends mainly on the used receive
bandwidth and with lower bandwidth the pixel shift increases. However, the higher
the bandwidth, the lower the SNR. [28] The chemical shift, ∆fCS in the resonance
frequency is linearly proportional to the magnetic field strength B0 by

∆fCS = γ

2πB0 × δ[ppm] × 10−6, (13)

where γ is the gyromagnetic ratio and δ is the chemical shift in ppm. [4]

2.3.2 Effects

Geometric distortion results from incorrect spatial encoding. This means that in
the MR image, the position of a certain pixel does not correspond to the position of
the imaged object. Geometric distortion can appear as different kinds of artifacts in
the MR image. The most common artifacts are displacement of pixels such as slice
curvature and artifacts due to patient motion. Geometric distortion can also occur
in overall shift of the image. All of these can be either corrected retrospectively or
reduced with correct parameter setting.

2.3.2.1 Slice curvature

Due to non-linear gradient fields, the selection of slices does not occur over a rectilinear
shape but over a slightly curved slice, which is also called the "potato chip" effect.
[14, 1] The through-plane slice distortion caused by curving can lead to local distortion
of up to a few centimeters in 400-mm DSV [9]. Most gradient coils used in MRI
have specifications of better than 2% linearity over a 400-mm DSV of its nominal
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value which means that the distortion can be relatively large in the extremes of the
imaging volume [1].

As described in Section 2.1.2, the slice position is determined by the frequency of
the RF field. However, variations in the static magnetic field and in the gradient fields
cause an error in the volume that is selected. This results in a shift in the excited
slice and the selected slice location differs from the desired. Thus, the supposed
center of the slice does not represent the actual center of the slice of the image. This
is seen in Figure 7, where z0 is the desired center of curved slice, z′0 is the actual
selected slice and a is the slice offset.

Figure 7: Representation of shift in slice selection.

In Figure 8, the curvature effect is presented in multi-planar reformation (MPR)
images. MPR is used to create an image from certain plane to another, usually from
axial MR images to non-axial 2D images. If the image is acquired in axial plane, the
MPR images can be formed in coronal, sagittal or oblique plane. MPR can be used
in any imaging modality that creates cross-sectional images, such as CT or MRI.
[10] The images are acquired with 3D geometric phantom (shown in Figure 13b),
with a) in-plane geometric correction and b) in-plane and through-plane geometric
correction. The markers in the row located further from the isocenter are clearly
curved when only 2D geometric correction is performed whereas in the 3D-corrected
image the rows are straighter.
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Figure 8: Axially acquired a) 2D-corrected image and b) 3D-corrected image in
coronal MPR in Ingenia 1.5 T. The distance between furthest marker rows is 330
mm.

Figures 9 and 10 emphasize the shift in the excited slice in the body phantom
seen in Figure 13a. In Figure 9, only in-plane geometric correction is applied and
thus the markers are not horizontally aligned. Image a) presents the center slice and
shows that the center markers are the brightest whereas the markers on the side are
less visible. Images in Figure 10 are corrected in both in-plane and through-plane
directions and thus the markers are all equally visible. However, the markers are not
seen in the center slice but in slice 8 due to a shift in the excited slice.

a) b)
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Figure 9: 2D-corrected images emphasizing the curved slices. a) slice 5/10 and b)
slice 8/10.
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Figure 10: 3D-corrected images emphasizing the incorrect slice selection. a) slice
5/10 and b) slice 8/10.

2.3.2.2 Motion artifacts

Patient motion produces artifacts to MR images. The patient movement might be
either voluntary or involuntary caused by physiological processes. The motion can be
caused for example by swallowing, cardiac or respiratory cycle, or vascular flow. [1]
Motion impairs the image quality causing aliasing and displacement artifacts. The
aliasing artifacts are also called as ghosting in Cartesian sampling and streaking in
radial and spiral sampling of k-space. [41] The aliasing artifact can be seen in Figure
11, where breathing causes motion artifact in the abdomen area in T2-weighted TSE
image with Cartesian sampling.

a) b) c)
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Figure 11: Motion artifact in 2D images in a) transversal, b) coronal, and c) sagittal
orientation.

Motion artifacts can be reduced by post-processing techniques or with usage of
gating, navigators, and pulse sequences that are less sensitive to motion. Gating
technique allows MRI scanner to choose applicable data for example from certain
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phase of breathing cycle. It utilizes either a belt, camera, or a navigator that is a
small 1D acquisition window, usually placed to produce signal of the air-diaphragm
interface and track the breathing cycle. This ensures that the image is created with
data including less motion but on the other hand it increases the image acquisition
time. Navigator data can also be used in post-processing of motion compensation.
[41, 33]

Non-Cartesian sampling techniques of k-space have been shown to reduce motion
artifacts. Center-out imaging methods such as spiral technique oversamples the
central k-space, which not only reduces the motion but also results in increased SNR.
[33] For example, PROPELLER technique is a commonly used method to reduce
motion artifacts (see Section 2.1.2.2).

2.4 Geometric correction
Usually there is no single way to correct a certain geometric distortion since the
amount of distortion can be partly dependent on the sequence used. Some of the
sequences are more prone to the magnetic field inhomogeneities. The correction can
be either prospective or retrospective. When utilizing the prospective correction,
first a prior knowledge of the imaged object is gathered. This information is used
to adjust the parameters for the actual imaging and the possible distortion effect is
minimized. Retrospective methods correct the data after the acquisition. [2] Several
geometric correction methods have been introduced but only the method considered
in the experimental part of this thesis is introduced more closely here.

The machine-dependent distortions are measurable, stable in time, and thus
predictable which makes them feasible to correct [23]. The geometric distortion
results mainly from gradient non-linearity, and a number of different correction
methods have been presented to deal with it. Several of these apply phantom imaging,
where known point locations of the phantom are compared to the image locations
to create a distortion map of FOV in demand. The advantage of phantom-mapped
distortion correction method is that it takes into account both B0 inhomogeneity
and gradient non-linearity. However, the method suffers from limited accuracy due to
discrete aspect of the correction. [22] A more theoretical and generally used approach
in commercial scanners is to correct the distortion by utilizing spherical harmonic
deconvolution methods. [19, 13] This correction method is introduced in Section
2.4.2 in detail.

The patient-induced distortions are not predictable and thus need to be corrected
individually. [23] For example, the susceptibility differences at tissue boundaries
result in distortions especially in echo-planar imaging (EPI), that is a rapid imaging
method used commonly in functional MRI and in DWI. Several methods to correct
these distortions have been introduced and most of them utilize a local magnetic
field map. A local B0 field map can be estimated by measuring the change in the
phase of the MR signal for two different echo times. A local field map is used to
create a voxel shift map that can be used to correct the distortions. [24]
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2.4.1 Representation of geometric distortion

Geometric distortion can be expressed by the positional deviations with the following
equations

dx(x, y, z) = x′(x, y, z) − x (14)

dy(x, y, z) = y′(x, y, z) − y (15)

dz(x, y, z) = z′(x, y, z) − z (16)

dr(x, y, z) =
√
dx2 + dy2 + dz2, (17)

where x, y and z are coordinates in the undistorted space and x′(x, y, z), y′(x, y, z)
and z′(x, y, z) are the corresponding coordinates in the distorted imaging space.

The spatial misregistration ∆r = (∆x,∆y,∆z) due to the main magnetic field
inhomogeneities is derived elsewhere [29] and is given by

∆x = ∆B(r)
Gx

∆y = 0
∆z = 0,

(18)

where it can be seen that the effects of the main magnetic field is present only in
the frequency encoding direction when the field inhomogeneity is present during the
whole measurement process.

In Cartesian spin echo and gradient echo sequences, the distortion is limited
to certain encoding directions. Both magnetic field inhomogeneity and gradient
non-linearity lead to distortion in frequency encoding direction but only gradient
non-linearity causes distortion in phase-encoding direction. Michiels and colleagues
[29] have calculated the spatial misregistrations in all three directions and they are
shown in Equation 19 

∆x = ∆B0(r)+∆GxX
Gx

∆y = ∆gyy
gy

∆z = ∆gzz
gz
,

(19)

where ∆Gx is the strength the non-linear read-out gradient, ∆gy and ∆gz are the
elemental steps of the non-linear magnetic fields in the phase-encoding and slice-
encoding direction, respectively.

Assumption is that the non-linearities are the largest for large r and thus the
distortion is at maximum at the borders of the imaged object. From this model, it can
be expected that the distortion will be the largest in the frequency-encoding direction
due to the presence of both main magnetic field inhomogeneity and non-linear
magnetic field gradients.
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Magnetic fields can be written as a sum of spherical harmonics in the form [39]

B(r, θ,Φ) =
∞∑

n=0

n∑
m=0

Pm
n cos(θ)[Am

n cos(mΦ) +Bm
n sin(mΦ)], (20)

where r,Φ, θ are the polar coordinates of the field point, n and m are the integer
indices, and Pm

n cos(θ) are the associated Legendre polynomials. A and B are the
spherical harmonic coefficients. When only a limited number of terms of the series are
known, Eq. 20 is only an approximation of the actual field B. Spherical harmonics
can be used to model the main magnetic field or the gradient fields and utilized in
distortion correction algorithms. [16]

2.4.2 Correction based on known magnetic fields

The correction problem in 3D geometric correction is to find the functions that
relate the coordinates in the distorted image space (x′, y′, z′) to the undistorted space
(x, y, z). When the functions have been obtained, the image volume is re-sampled
which is usually performed by an interpolation method. [44] The problem can be
solved if the static magnetic field B0 and the exact gradient field profile are known.
[16]

Spherical harmonics expansion is the most general method for the representation of
magnetic fields generated by the main magnet and the gradient coils. [46] Usually, the
MRI vendors provide the series of the spherical harmonic coefficients in the software
and the geometric correction algorithms utilize these to correct the distortion. [17]
The spherical harmonic coefficients of the static magnetic field can be calculated and
stored when the magnet is being shimmed and the field is mapped. Many of the MRI
vendors provide this correction method in 2D plane, but rarely the through-plane
correction method is provided. [1] For example, research by Karger and colleagues
[18] shows that in-plane and through-plane correction algorithms reduce the image
distortions larger than 2.0 mm significantly in the head area. The experimental
part of this research is concentrating to implement through-plane correction for 2D
multi-slice acquired images in Philips MRI scanners.

The disadvantage of using spherical harmonics is the limitation of accuracy due
to truncation effect caused by exclusion of high-order terms. In addition, the mapped
fields that are used to derive the spherical harmonics can be limited due to limitation
of used mapping tools.

In Philips MRI scanners, the geometric correction is performed retrospectively
during the reconstruction of images. The information of the static magnetic field and
non-linearity of the gradient fields are used in the calculations in form of spherical
harmonics. The information is simulation of the respective hardware components
stored at the scanner host system. In Figure 12, the effect of no correction, 2D
correction and 3D correction are shown, respectively. The images are acquired with
transverse slices from a body phantom.
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Figure 12: T2-weighted TSE images of body phantom a) without geometric correction,
b) with 2D geometric correction, and c) with 3D correction.
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3 Research material and methods

3.1 Data collection
The imaging was performed with Philips MRI scanners located in Philips Vantaa
Research & Development (R&D) site. Available scanners were Ingenia 1.5 T, Ingenia
3 T and 1.5 T MR scanner of the Elekta Unity MR-Linac.

Phantom imaging for verifying and volunteer imaging for validating were per-
formed with every scanner. In phantom imaging, two different phantoms were used
for two different purposes. First, a large cylindrical body phantom with a diameter
of 400 mm (see Fig 13a) was scanned and four different T2-weighted image sets were
created: 2D multi-slice acquired (2DMS) images without geometric correction, 2DMS
images with 2D geometric correction, 2DMS images with 3D geometric correction,
and 3D-corrected 3D images. The purpose of body phantom imaging was to verify
the correct functioning of 3D geometric correction in 2D slices. Body phantom was
imaged only with Ingenia 3 T for which the body phantom contains rods filled with
mineral oil.

Since the center of the magnet is the most homogeneous part of the main magnetic
field, images acquired in the center have less distortion. To emphasize the effect
of distortion and thus the performance of the geometric correction algorithm, the
body phantom images were acquired slightly further away from the magnet isocenter.
Images were acquired with both Cartesian and PROPELLER technique. Coronal
and sagittal MPR images were created from the axial images.

Body phantom was imaged with Cartesian acquisition with FOV 300 x 475 x
240 mm3, voxel size 1 x 1 x 3 mm3 in transversal orientation, and with 2DMS
T2-weighted TSE sequence. Compressed sensing was used and the different geometric
corrections were performed to the same raw data with delayed reconstruction to have
comparable images. In addition, 2DMS T2-weighted TSE images with PROPELLER
acquisition were acquired with FOV 400 x 400 x 249 mm3 and voxel size 1 x 1 x
3 mm3 in transversal orientation. SENSE was used to reduce the imaging time and
different geometric correction methods were performed with delayed reconstruction.
PROPELLER images were acquired only with 2DMS since PROPELLER acquisition
is not available for 3D images.

In addition, the shift of an excited slice due to magnetic field inhomogeneities was
investigated with body phantom at Ingenia 3 T. The T2-weighted TSE scans were
acquired with FOV 320 x 480 x 350 mm3 and voxel size 1.5 x 1.5 x 3.0 mm3. Three
different protocols were acquired: 3D image with 3D geometric correction, 2DMS
image with 2D geometric correction, and 2DMS image with 3D geometric correction.
In addition, 3D geometric correction was applied with delayed reconstruction to
2DMS image acquired with 2D geometric correction. Images were acquired in the
isocenter and at 160-mm distance from isocenter. Images were acquired in transversal
orientation and coronal MPR images were created from the axial images. The marker
positions and distance between markers were measured with manual measuring tool
provided by Philips MR application.
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(a) Philips Body phantom. (b) Philips 3D geometry phantom.

Figure 13: Geometric phantoms. a) Philips 400-mm diameter body phantom consists
of 45 parallel liquid-filled rods. b) 3D geometry phantom consists of 7 plates, each
containing 276 liquid-containing markers.

3D geometry phantom (see Fig 13b) was imaged to calculate the geometric
accuracy of the correction algorithm. Four different T2-weighted TSE protocols
were acquired with all three scanners. These protocols were 2DMS, 2DMS with
compressed sensing, 2DMS with PROPELLER, and 3D images, referred as 1), 2),
3), and 4), respectively. All image acquisitions had FOV 560 x 560 x 400 mm3

and voxel size 1.5 x 1.5 x 2.0 mm3. The geometric accuracy of the 3D geometric
correction in 2D multi-slice sequences was analyzed with the 3D geometry phantom
and Philips 3D Geometric QA Analysis tool. More about the calculation of the
geometric accuracy is presented in Section 3.2. The imaging parameters for each
scanner are presented in Table 1. The imaging parameters were optimized so that
the acquisition bandwidth would be as comparable as possible between different
protocols. Due to long scanning time, all protocols were not acquired in the same
session for each scanner. Compressed sensing was not used with Elekta Unity, since
small enough SENSE capable coils that fit in the bore with 3D geometry phantom
were not available.
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Table 1: Parameters for acquiring images of 3D geometry phantom.

Ingenia 1.5 T Ingenia 3 T Elekta Unity
FOV (mm3) 560×560 × 400 560×560 × 400 560×560 × 400
Voxel (mm3) 1.5×1.5 × 2.01,2,4 1.5×1.5 × 2.0 1.5×1.5 × 2.0

2.5×2.5 × 2.03

Fold-over direction RL RL AP
Fat-shift direction P P L
TR (ms) 45091 41581,2 45151

45842 47333 42973

45033 1904 1904

1624

TE (ms) 331 191,2 331

452,3 643 433

404 504 404

Bandwidth/pixel 4871,4 4541,4 4871,4

(Hz/pixel) 2182 4362,3 2773

3963

Scanning time (min:s) 21:111 26:031 21:131

14:402 26:032 ∼ 35 : 003

13:483 49:513 ∼ 50 : 004

44:504 34:52 4

1 Protocol 1) 2DMS image
2 Protocol 2) 2DMS image with CS
3 Protocol 3) 2DMS image with PROPELLER
4 Protocol 4) 3D image

The setup for protocols 1), 3), and 4) are distinct from the protocol 2) because
different receiver coils were used. The first setup is shown in Figure 14a where only
body coil of the scanner was used. The second setup (shown in Figure 14b) used
posterior coil and Flex coils since the body coil is not suitable for SENSE scanning.
Flex coils were added because only posterior coil would not have been enough to
visualize sufficient amount of markers.
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(a) Setup 1 for 3D geometry phantom. (b) Setup 2 for 3D geometry phantom.

Figure 14: Setups for imaging 3D geometry phantom. a) Setup 1 was used with
protocols 1), 3) and 4). b) Setup 2 was used with protocol 2).

The geometric correction is performed during the reconstruction phase which
allows to acquire only one data set but create a delayed reconstruction steps with
different geometric correction methods. This allowed to optimize the scanning time
with volunteers, since the maximum volunteer imaging time for R&D purposes is
limited to one hour. The acquired volunteer images were compared to each other
visually.

Volunteer imaging was performed with 21 subjects to achieve images of head, head
and neck, pelvis, abdomen, and thorax. The same comparison with four different
protocols as in phantom imaging was performed. T2-weighted TSE sequences were
used with both Cartesian sampling and PROPELLER and with and without CS.
T2-weighted TSE sequences were chosen since they are preferred in RT planning [11],
but also T1-weighted images were acquired in the head anatomy. Most of the images
were acquired in axial plane for compatibility with the treatment planning systems
[23]. However, non-axial images were also acquired for comparison and evaluation.
In addition, compressed sensing was used to reduce the scanning time and thus the
amount of volunteers. PROPELLER acquisition technique was used to reduce the
motion artifacts in thorax, abdomen, and pelvis.

The setups for volunteer imaging varied depending on the used scanner and the
imaged anatomy. In Elekta Unity, currently available receiver coils are posterior
and anterior coils that were used in all volunteer imaging. In Ingenia scanners, the
different coil sets were used according to anatomy. The setup for head imaging
included two L Flex coils and posterior coil. This setup is used in MR–RT imaging
due to molds and masks used in the radiation therapy which restrict the use of
general head coils. Head and neck area was imaged with posterior coil, two Flex L
coils and anterior coil placed on an anterior coil rack. Abdomen, thorax and pelvis
were imaged with posterior and anterior coils.

Volunteer imaging was performed according to the research protocol approved
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by the ethic committee of University of Helsinki. Philips has a permission to image
volunteers to its R&D purposes and all volunteer images are screened by radiologists
in case of findings. Philips quality management system has its own procedures for
the volunteer imaging and these were conformed in this thesis.

The 3D geometric correction feature was already available in the Philips MR
software but only for 3D images. The patch created in this study required modifica-
tions to MR software to enable the 3D geometric correction also for 2DMS images.
Modifications included also conflict logic creation to control that the 3D correction
is properly used with 2DMS. In addition, the offset correction described in Section
2.3.2.1 was implemented to achieve geometrically accurate images. The hypothesis
for offset correction was that the whole imaging stack should be shifted by the offset
due to transition of the excited center slice.

3.2 Data analysis
The quantitative performance of the algorithm was investigated with a specific
geometric phantom shown in Figure 13a. More accurate geometric differences were
investigated with a 3D geometry phantom shown in Figure 13b. With the phantom,
the geometric accuracy could be verified by comparing the known marker grid of the
phantom to the markers in the images. Philips 3D geometric QA Analysis tool was
used for calculating the geometric accuracy.

The analysis tool calculates the geometric distortion at each marker location as
the difference between the observed and reference marker position. The observed
position is the intensity-weighted center-of-mass of the marker visible in the MR
images. The reference position is the expected marker position assuming the marker
spacing is constant in the phantom. The reference positions are further corrected with
the estimated offset and rotation of the phantom before calculating the distortions.
The tool provides a text file containing the reference and observed locations in x, y, z
directions for each marker of the phantom. The text file was imported to Excel and
the distortions for each marker and each direction were calculated with Equations
14–16 by subtracting the observed marker location from the reference marker location.
The total distortion was calculated then with Equation 17.

The maximum discarded total distortions of 3D-corrected images are reported in
three different DSVs which are 200, 300, and 400 mm. The discard proportion of
2% was chosen to ignore the outliers and the random effect of noise. In practice this
means that the distortion values are sorted ascending way and 2% of the maximum
distortion values are excluded. The total distortion of each marker in 400-mm DSV
is reported in histogram for four different protocols: 1) 2DMS image, 2) 2DMS image
with CS, 3) 2DMS image with PROPELLER, and 4) 3D image. In addition, basic
statistics such as average and standard deviation are reported.

The effectiveness of the geometric correction algorithm was evaluated by compar-
ing the distortions after 2D and 3D geometric correction. Since the distortion in the
images with different protocols can be dependent on the parameters, comparing only
the maximum and average distortion is not enough. The different corrections were
performed to the same raw data, which means that the effectiveness of correction
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algorithm can be compared over the different protocols. The differences of the total
distortion between 2D and 3D-corrected markers were calculated and the average and
maximum of these differences were compared. The improvement of both measures are
reported as percentages calculated by dividing the average and maximum difference
by average and maximum distortion of 2D geometry corrected image, respectively.

The acquired anatomical images were compared to each other visually. Purpose of
the volunteer imaging was to find clear differences of the shapes and size of anatomies,
since the exact geometric accuracy is impossible to detect visually. In volunteer
imaging, focus was especially in the effect of breathing motion. This was expected
to occur especially in the images of thorax and abdomen.

MPR process was used to create volume images from 2DMS images. In this study,
the coronal and sagittal MPR images were created from both phantom and volunteer
images to evaluate the performance of through-plane correction.

Image coordinates in this thesis are presented in Philips MRI scanner coordinate
system. In the scanner coordinate system, the x-axis presents the Left-Right (LR)
axis, y-axis is Anterior-Posterior (AP) axis and z-axis is Feet-Head (FH) axis. The
presentation of coordinate system is shown in Figure 15. Coordinates of image slices
are presented in (L,P,H) were Left, Posterior and Head describe the direction of
increasing coordinate in millimeters.
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Figure 15: Philips MRI scanner coordinate system.
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4 Results

4.1 Implementation
First, the 3D correction for 2DMS was enabled by a modification to the source
code. This was made with a simple conditional since the 3D geometric correction
feature already existed in the software. Any modifications to the geometric correction
algorithm itself were not needed. 3D correction in 2DMS required also constraints to
ensure that the sequence is correctly used. The use of 3D correction in 2DMS was
limited with following constrains;

1. Images should not have positive slice gap. If image has a slice gap over 0
millimeter, the volume of the image is not complete. If there is loss of data
between the slices, through-plane correction might not be possible due to
incomplete data.

2. At least 3 slices should be acquired. Through-plane correction is not worthwhile
if there is not enough data to perform the correction.

3. Images should not be acquired over several breath holds. Misplacement between
slices might arise if the images are acquired over several breath holds. This
results in incorrect geometric correction.

The implementation required also changes to the existing feature that corrects
the RF pulse carrier frequency based on the known gradient non-linearity. This
ensures that the slices are selected from the location where the user was intended to.
Currently, such correction is made separately for all of the slices in a 2D multi-slice
stack. When through-plane correction is added, this correction is implicitly included
and using it as it is would lead to double correction. However, not applying it at all
could hypothetically result in a global offset of the image stack. Therefore, the RF
pulse carrier frequency was corrected for the central slice of the stack, and an equal
correction was copied for all the other slices. In addition, the offset correction of the
central slice was applied for all different stacks separately.

4.2 In-vitro experiments
4.2.1 Body phantom

The images were acquired with Ingenia 3 T, Cartesian acquisition, and the center
slice was acquired at z = 88 mm from the magnet isocenter. Figures 16, 17, and 18
show the performance of the algorithm in 2DMS T2-weighted TSE images without
geometric correction, with 2D geometric correction, and with 3D geometric correction
as well as in 3D T2-weighted TSE image with 3D geometric correction in transversal,
coronal, and sagittal orientation, respectively. In transversal images (Figure 16), the
position of compared slice was at z = 98 mm, in coronal images (Figure 17) and in
sagittal images (Figure 18) the slice was at z = 88 mm.



32

Transversal images in Figure 16 show well the effect of in-plane correction. Only
in non-corrected image there is distortion in the transversal plane and the rectangular
shape is distorted underneath the phantom. This is indicated with the yellow arrow
under the phantom in image a). The arrows above the phantom in a) non-corrected
and in b) 2D-corrected images shows the slice curvature effect explained in Section
2.3.2.1. The markers actually locating in a straight row in the body phantom are
located in different slices. In 3D-corrected images c) and d), the slice curvature effect
is corrected and all the markers are equally visible in the same slice. The 2DMS and
3D images with 3D geometric correction look very similar.

a) b) c) d)

 AP 

 RL  RL 

 AP  AP 

 RL 

 AP 

 RL 

Figure 16: T2-weighted TSE transversal images of body phantom at coordinates L
= 7 mm, P = 7 mm, H = 98 mm. a) 2DMS image without geometric correction,
b) 2DMS image with 2D geometric correction, c) 2DMS image with 3D geometric
correction, and d) 3D image with 3D geometric correction.

In coronal MPR images in Figure 17, the acquired through-plane dimension is in
vertical direction. Since the effect of magnet inhomogeneities and the non-linearity of
the gradient fields increase with the distance from the magnet isocenter, the distortion
increases as well. This is seen in the coronal images in the top row of markers which
is clearly more curved than the ones closer to the magnet isocenter. The yellow
horizontal line across the top row markers is plotted in the exact same location over
all images and it indicates the curving. Yellow arrows in the non-corrected 2DMS
image in a) point that the outermost markers are above the horizontal line. The
same effect is also in 2D-corrected image b) since it does not include through-plane
correction. In images c) and d), the horizontal line is along the center of each marker.
The 2DMS and 3D images with 3D geometric correction seem to be similar.
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Figure 17: T2-weighted TSE coronal MPR images of body phantom at coordinates L
= 7 mm, P = 7 mm, H = 88 mm. a) 2DMS image without geometric correction,
b) 2DMS image with 2D geometric correction, c) 2DMS image with 3D geometric
correction, and d) 3D image with 3D geometric correction.

Also in the sagittal images in Figure 18, the acquired through-plane dimension
is in vertical direction. The yellow arrows in all images indicates the effect of
correction in through-plane direction. In 2D-corrected 2DMS image b), there is some
improvement of the geometry even though through-plane correction is not performed.
The effect results from the transversal correction and is also visible in the sagittal
plane. The shape of the phantom in images c) and d) corresponds more to the actual
and are similar to each other.

a) b) c) d)
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Figure 18: T2-weighted TSE sagittal MPR images of body phantom at coordinates L
= –36 mm, P = 7 mm, H = 88 mm. a) 2DMS image without geometric correction,
b) 2DMS image with 2D geometric correction, c) 2DMS image with 3D geometric
correction, and d) 3D image with 3D geometric correction.

In Figure 19a, the yellow arrows on the sides and below the phantom indicate
the in-plane distortion. The yellow arrows above the phantom in images a) and b)
indicate the slice curvature which is not seen in the 3D-corrected image c). The
sliced corners of the phantom result from the circular FOV used in PROPELLER
acquisition.
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Figure 19: T2-weighted TSE transversal images with PROPELLER acquisition of
body phantom at coordinates L = 8 mm, P = 7 mm, H = –107 mm. a) 2DMS image
without geometric correction, b) 2DMS image with 2D geometric correction, and c)
2DMS image with 3D geometric correction.

Figure 20 shows both the effect of in-plane and through-plane correction. Yellow
horizontal lines reveal that through-plane distortion is present in a) non-corrected
and b) 2D-corrected image. Yellow arrows above the horizontal line indicate that the
markers are not exactly in-line with the other markers. Yellow vertical line shows
that in-plane distortion is present only in the non-corrected image.

a) b) c)a) b) c)a) b) c)
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Figure 20: T2-weighted TSE coronal MPR images with PROPELLER acquisition of
body phantom at coordinates L = 8 mm, P = 7 mm, H = –11 mm. a) 2DMS image
without geometric correction, b) 2DMS image with 2D geometric correction, and c)
2DMS image with 3D geometric correction.

In Figure 21, the yellow arrows on the left and right side of the images a) and
b) indicate the effect of in-plane correction in left-right direction. The outermost
markers are not visible in the image without geometric correction but are visible
in images b) and c). In addition, the bottom of the phantom is curved when no
correction is applied.
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Figure 21: T2-weighted TSE sagittal MPR images with PROPELLER acquisition
of body phantom at coordinates L = –95 mm, P = 7 mm, H = –11 mm. a) 2DMS
image without geometric correction, b) 2DMS image with 2D geometric correction,
and c) 2DMS TSE image with 3D geometric correction.

Figure in 22 presents the effect of 3D geometric correction to 3D acquired and
2DMS images at location H = 0. The global stack offset was 0 mm since the center
slice was located in the isocenter, where the magnetic field is the most homogeneous.
Images show the coordinates of the furthest markers and the distance between them.
3D image and 2DMS image with 3D geometric correction in images a) and c) look
similar to each other. However, there are differences in the results of 3D geometric
correction when it is applied to an image acquired with 3D correction (c) and an
image acquired with 2D geometric correction (d). The outmost markers have been
stretched and the distance between these markers is more than in a) 3D image or in
b) 2DMS image.

The effect of a global stack offset was investigated by acquiring the center slice of
the stack at a distance of 160 mm from the isocenter. The effect is shown in Figure
23. The whole imaging stack has been shifted approximately 5 mm in 2DMS image
with 3D geometric correction. As in Figure 22, 3D geometric correction with delayed
reconstruction to 2DMS image seems to stretch the markers.
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Figure 22: T2-weighted TSE coronal MPR images of body phantom at coordinates L
= 1 mm, P = 9 mm, H = 0 mm. a) 3D image with 3D geometric correction, b) 2DMS
image with 2D geometric correction, c) 2DMS image with 3D geometric correction,
and d) 2DMS image with 3D geometric correction with delayed reconstruction.
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Figure 23: T2-weighted TSE coronal MPR images of body phantom at coordinates L =
1 mm, P = 9 mm, H = –160 mm. a) 3D image with 3D geometric correction, b) 2DMS
image with 2D geometric correction, c) 2DMS image with 3D geometric correction,
and d) 2DMS image with 3D geometric correction with delayed reconstruction.

3D geometric correction without the global stack offset correction was also in-
vestigated and it seems that without it, there is no shift in the stack. This is seen
in Figure 24, which presents the transversal images with and without global stack
offset correction in 2DMS images with 3D geometric correction at –160 mm away
from the isocenter. Figure 25 presents the 3D geometric correction without global
stack offset correction in a coronal MPR image.
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Figure 24: T2-weighted TSE transversal images of body phantom at coordinates L
= 1 mm, P = 9 mm, H = –160 mm. a) 3D image with 3D geometric correction,
b) 2DMS image with 2D geometric correction, c) 2DMS image with 3D geometric
correction and global stack offset correction, and d) 2DMS image with 3D geometric
correction and without global stack offset correction.
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Figure 25: T2-weighted TSE coronal MPR image of body phantom at coordinates
L = 1 mm, P = 9 mm, H = –160 mm. Image presents the 2DMS image with 3D
geometric correction and without global stack offset correction, compare to Figure
23c and observe the different coordinates of the markers.

4.2.2 3D geometry phantom

The maximum discarded total distortion with discard proportion of 2%, mean, and
standard deviation were calculated for each scanner and each protocol in three
different DSV: 200 mm, 300 mm, and 400 mm. The results for protocols 1), 2), 3)
and 4) in Ingenia 1.5 T, Ingenia 3 T, and Elekta Unity are presented in Tables 2, 3,
and 4, respectively.

The performance of 3D geometric correction was evaluated by comparing the
amount of correction between 2D and 3D-corrected markers. The average and the
maximum total distortion of 2D and 3D geometric correction and their differences
for each protocol in 400-mm DSV and for each scanner is presented in Table 5.

In Ingenia 1.5 T, the maximum discarded total distortion in 2DMS images without
CS and 3D protocols were very similar compared to 3D protocols. There was only a
0.09-mm maximum difference between maximum discarded total distortion within
the 400-mm DSV. The histogram in Figure 26 supports this result. The maximum
discarded total distortion was less than 1 mm within 300-mm DSV and less than
1.5 mm within 400-mm DSV in each protocol. Within each DSV, the maximum
discarded total distortion differed less than a half of the standard deviation between
2DMS and 3D protocols.



40

3D geometric correction decreased the average distortion in all protocols by
52–53% in 2DMS images compared to 2D geometric correction. This was 2–3% less
correction than in 3D acquired images. The maximum distortion was decreased by
83–87% which was slightly less than improvement in 3D images. The comparison
is shown in Table 5. The 2D geometric correction was applied to images that
were acquired with the 3D geometric correction option on. Therefore 2D geometric
correction was acquired to slices without the RF pulse carrier frequency correction.

To emphasize the geometric accuracy of 2D-corrected and 3D-corrected images,
a histogram of the total distortion in 400-mm DSV for both geometric correction
algorithms and each protocol in Ingenia 1.5 T is presented in Figure 27. As expected,
the distortion is reduced significantly when through-plane correction is performed
along with in-plane correction.

Table 2: Summary of the statistical data (max, µ, σ) of the maximum discarded total
distortion with discard proportion of 2% measured after 3D geometric correction
with protocols 1), 2), 3) and 4) within a 200-, 300-, and 400-mm DSV in Ingenia
1.5 T.

DSV Protocol max (mm) µ (mm) σ (mm)
200 1) 0.57 0.35 0.11

2) 0.59 0.33 0.12
3) 0.77 0.36 0.13
4) 0.54 0.32 0.11

300 1) 0.85 0.49 0.16
2) 0.91 0.48 0.18
3) 0.89 0.50 0.17
4) 0.86 0.46 0.17

400 1) 1.22 0.65 0.24
2) 1.39 0.67 0.28
3) 1.48 0.67 0.28
4) 1.13 0.62 0.24

In Ingenia 3 T, the differences between 2DMS and 3D protocols were larger than
in 1.5 T scanners. The maximum discarded total distortion was larger than a half
of the standard deviation between 2DMS and 3D protocols within each DSV. The
maximum discarded total distortion was over 1 mm within 300-mm DSV in 2DMS
protocols whereas in 3D protocol it was less than 1 mm. In addition, within 400-mm
DSV, the maximum discarded total distortion was over 1.5 mm in 2DMS protocols
and less in 3D protocol. The average distortion decreased 6–8% and maximum
distortion decreased 4% less in 2DMS than in 3D images. Histogram in Figure 26
shows that the distribution of distortion in 2DMS protocols is more widely spread.
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Table 3: Summary of the statistical data (max, µ, σ) of the maximum discarded total
distortion with discard proportion of 2% measured after 3D geometric correction
with protocols 1), 2), 3) and 4) within a 200-, 300-, and 400-mm DSV in Ingenia 3 T.

DSV Protocol max (mm) µ (mm) σ (mm)
200 1) 0.67 0.38 0.13

2) 0.78 0.41 0.16
3) 0.96 0.44 0.14
4) 0.54 0.30 0.11

300 1) 1.07 0.57 0.21
2) 1.13 0.60 0.23
3) 1.09 0.62 0.20
4) 0.93 0.46 0.19

400 1) 1.80 0.78 0.32
2) 1.88 0.82 0.34
3) 1.78 0.81 0.32
4) 1.44 0.65 0.28

In Elekta Unity, the distortions were somewhat higher in 2DMS than in 3D-
acquired images but the effectiveness of 3D geometric correction was a couple of
percentage lower. The maximum discarded total distortion was less than 1 mm
within 300-mm DSV with each protocol and 1.5 mm or less within 400-mm DSV.

Table 4: Summary of the statistical data (max, µ, σ) of the maximum discarded total
distortion with discard proportion of 2% measured after 3D geometric correction
with protocols 1), 3) and 4) within a 200-, 300-, and 400-mm DSV in Elekta Unity.

DSV Protocol max (mm) µ (mm) σ (mm)
200 1) 0.52 0.30 0.10

3) 0.54 0.32 0.11
4) 0.45 0.28 0.09

300 1) 0.78 0.43 0.14
3) 0.57 0.49 0.21
4) 0.76 0.41 0.15

400 1) 1.28 0.60 0.26
3) 1.50 0.68 0.30
4) 1.17 0.56 0.23

Histograms of individual distortion values for each marker within 400-mm DSV
in four different protocols for Ingenia 1.5 T, Ingenia 3 T, and Elekta Unity are shown
in Figure 26.



42

0 0.2 0.4 0.6 0.8 1 1.2 1.4 1.6 1.8 2
0

50

100

150

mm

Ingenia 1.5 T

 

 

1)

2)

3)

4)

0 0.2 0.4 0.6 0.8 1 1.2 1.4 1.6 1.8 2
0

50

100

150

mm

Ingenia 3 T

 

 

1)

2)

3)

4)

0 0.2 0.4 0.6 0.8 1 1.2 1.4 1.6 1.8 2
0

50

100

150

mm

Elekta Unity 1.5 T

 

 

1)

2)

3)

4)

0 0.2 0.4 0.6 0.8 1 1.2 1.4 1.6 1.8 2
0

50

100

150

mm

Ingenia 1.5 T

 

 

1)

2)

3)

4)

0 0.2 0.4 0.6 0.8 1 1.2 1.4 1.6 1.8 2
0

50

100

150

mm

Ingenia 3 T

 

 

1)

2)

3)

4)

0 0.2 0.4 0.6 0.8 1 1.2 1.4 1.6 1.8 2
0

50

100

150

mm

 

 

1)

2)

3)

4)

0 0.2 0.4 0.6 0.8 1 1.2 1.4 1.6 1.8 2
0

50

100

150

mm

Ingenia 1.5 T

 

 

1)

2)

3)

4)

0 0.2 0.4 0.6 0.8 1 1.2 1.4 1.6 1.8 2
0

50

100

150

mm

Ingenia 3 T

 

 

1)

2)

3)

4)

0 0.2 0.4 0.6 0.8 1 1.2 1.4 1.6 1.8 2
0

50

100

150

mm

 

 

1)

2)

3)

4)

Figure 26: Histogram of total discarded distortions for 3D-corrected images in 400-
mm DSV for protocols 1), 2), 3), and 4) in Ingenia 1.5 T, Ingenia 3 T, and Elekta
Unity, respectively.
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Table 5: Average and maximum total distortion in millimeters after 2D and 3D
geometric correction and their difference for each protocol and each scanner.

MRI system Protocol 2D correction 3D correction Difference Improvement
µ max µ max µ max µ max

Ingenia 1.5 T 1) 1.43 7.05 0.67 1.50 0.77 6.12 53% 87%
2) 1.45 7.04 0.69 1.84 0.77 6.06 53% 86%
3) 1.46 7.04 0.70 2.27 0.76 5.84 52% 83%
4) 1.40 6.84 0.63 1.49 0.77 6.08 55% 89%

Ingenia 3 T 1) 1.51 7.22 0.81 2.76 0.70 6.20 47% 86%
2) 1.55 7.33 0.85 2.93 0.70 6.30 45% 86%
3) 1.53 7.16 0.84 2.72 0.69 6.17 45% 86%
4) 1.44 6.94 0.67 2.10 0.77 6.22 53% 90%

Elekta Unity 1) 2.42 11.6 0.61 1.74 1.81 10.5 75% 91%
3) 2.44 11.7 0.70 1.82 1.74 10.7 71% 91%
4) 2.44 11.5 0.57 1.59 1.86 10.7 77% 93%
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Figure 27: Histogram of total distortion when 2D or 3D geometric correction is
applied for protocols 1)–4) in Ingenia 1.5 T.

4.3 In-vivo experiments
Nine subjects were imaged with Ingenia 1.5 T, seven with Ingenia 3 T, and five with
Elekta Unity. Head, head and neck, thorax, abdomen, and pelvis areas were imaged
with each scanner. This chapter summarizes the findings of the volunteer imaging.
Not all of the acquired images are presented here. The shown images are chosen
because they emphasize the difference between 2D and 3D geometric correction the
best.
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4.3.1 Head

2D and 3D-corrected sagittal and coronal MPR images acquired with Ingenia 1.5 T
are shown in Figures 28 and 29, respectively. In these images, the difference between
2D and 3D geometric correction is shown on the lower jaw and on the scalp. The
FOV and the voxel size in Figure 28 was 260 x 199 x 232 mm3 and 0.65 x 0.85 x
4.00 mm3, respectively. In Figure 29, the FOV was 230 x 183 x 170 mm3 and the
voxel 1.00 x 1.15 x 5.00 mm3.
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Figure 28: T2-weighted TSE 2DMS sagittal MPR images with Ingenia 1.5 T, where
a) with 2D geometric correction, b) with 3D geometric correction, and c) subtraction
of images a) and b). The center of the slice shown is at L = –8 mm, P = –47 mm, H
= –19 mm.
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Figure 29: T2-weighted TSE 2DMS coronal MPR images with Ingenia 1.5 T, where
a) with 2D geometric correction, b) with 3D geometric correction, and c) subtraction
of images a) and b). The center of the slice shown is at L = 0 mm, P = –2 mm, H
= 8 mm.

The differences of 2D and 3D geometric correction in the transversal images
acquired with Ingenia 3 T are shown in Figure 30 as the slight intensity variation of
tissue between maxillary sinuses. The image was acquired with FOV 230 x 182 x
200 mm3 and voxel size 1.1 x 1.2 x 4.0 mm3.
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Figure 30: T2-weighted TSE 2DMS transversal images with CS and SPIR with
Ingenia 3 T, where a) with 2D geometric correction, b) with 3D geometric correction,
and c) subtraction of images a) and b). The center of the slice shown is at L = 0
mm, P = –53 mm, H = –82 mm.

Figures 31 and 32 present the transversal and sagittal MPR images acquired with
Elekta Unity. 2DMS images were acquired with FOV 280 x 203 x 230 mm3 and
voxel size 1.1 x 1.2 x 5.0 mm3 and 3D image with FOV 280 x 203 x 200 mm3 and
voxel size 1.2 x 1.2 x 2.4 mm3. Figure 31 shows slight difference on the outline of
the head between 2D and 3D-corrected images and no significant difference between
3D-corrected b) 2DMS and d) 3D image. In Figure 32, differences between 2D and
3D-corrected images are seen on the scalp and cervical vertebrae.
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Figure 31: T2-weighted TSE transversal images with CS with Elekta Unity, where
a) 2DMS with 2D geometric correction, b) 2DMS with 3D geometric correction, c)
subtraction of images a) and b) and d) 3D image with 3D geometric correction. The
center of the slice shown for 2DMS images is at L = –9 mm, P = –34 mm, H = –61
mm and for 3D image L = 0 mm, P = –15, H = –61 mm.
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Figure 32: T2-weighted TSE 2DMS sagittal MPR images with CS with Elekta Unity,
where a) with 2D geometric correction, b) with 3D geometric correction, and c)
subtraction of images a) and b). The center of the slice shown is at L = –9 mm, P
= –33 mm, H = 1 mm.

4.3.2 Head & neck

In head and neck anatomy, the differences between 2D and 3D-corrected images were
minor. Figures 33 and 34 show slight differences on the edges of the FOV in the
coronal and sagittal MPR images, respectively. The image in Figure 33 was acquired
with Ingenia 1.5 T with FOV 250 x 300 x 249 mm3 and voxel size 0.95 x 1.01 x 3.00
mm3. Image in Figure 34 was acquired with Ingenia 3 T with FOV 250 x 549 x 200
mm3 and voxel size 0.9 x 1.0 x 4.0 mm3.

Figure 35 shows a transversal slice acquired with Ingenia 3 T with FOV 552 x
248 x 234 mm3 and voxel size 0.8 x 1.0 x 3.5 mm3. In the image, the outline of the
pelvis is slightly different in 2D and 3D-corrected image.
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Figure 33: T2-weighted TSE 2DMS coronal MPR images with Ingenia 1.5 T, where
a) with 2D geometric correction, b) with 3D geometric correction, and c) subtraction
of images a) and b). The center of the slice shown is at L = 0 mm, P = –14 mm, H
= –12 mm.
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Figure 34: T2-weighted TSE 2DMS sagittal MPR in-phase images with Dixon method
with Ingenia 3 T, where a) with 2D geometric correction, b) with 3D geometric
correction, and c) subtraction of images a) and b). The center of the slice shown is
at L = –13 mm, P = –31 mm, H = –22 mm.
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Figure 35: T2-weighted TSE 2DMS transversal in-phase images with Dixon method
with Ingenia 3 T, where a) with 2D geometric correction, b) with 3D geometric
correction, and c) subtraction of images a) and b). The center of the slice shown is
at L = –1 mm, P = –19 mm, H = –40 mm.

Figures 36 and 37 were acquired with Elekta Unity with FOV 350 x 551 x 300 mm3

and voxel size 1.1 x 1.2 x 3.0 mm3. In both Figures, differences between 2D and
3D-corrected images are shown on the edges of the FOV.
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Figure 36: T2-weighted TSE 2DMS coronal MPR images with Elekta Unity, where a)
with 2D geometric correction, b) with 3D geometric correction, and c) subtraction of
images a) and b). The center of the slice shown is at L = 0 mm, P = 25 mm, H =
22 mm.
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Figure 37: T2-weighted TSE 2DMS sagittal MPR images with Elekta Unity, where
a) with 2D geometric correction, b) with 3D geometric correction, and c) subtraction
of images a) and b). The center of the slice shown is at L = –8 mm, P = –11 mm, H
= 22 mm.

4.3.3 Thorax

Figure 38 shows 3D-corrected images where a) is T2-weighted 2DMS with PRO-
PELLER and c) is T1-weighted 3D image with radial acquisition of k-space. 3D
images can not be both T2-weighted and acquired with TSE sequence, since the TSE
does not support radial acquisition in Philips scanners. The outline of the thorax is
graduated in images a) and b) due to the multi-slice acquisition.
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Figure 38: TSE coronal MPR images of thorax with Ingenia 1.5 T with a) T2-weighted
2DMS with PROPELLER and 2D geometric correction, b) T2-weighted 2DMS with
PROPELLER and 3D geometric correction, and c) T1-weighted 3D image with radial
acquisition of k-space.

The most visible effect of 3D geometric correction compared to 2D correction is
seen on the edges of the FOV in MPR images. Figure 39 shows the coronal MPR
images with 2D and 3D geometric correction and their subtraction image acquired
with Elekta Unity. The imaging FOV was 350 x 551 x 300 mm3 and voxel size 1.1 x
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1.2 x 3.0 mm3. Sagittal MPR image from the same raw data and on the same z-axis
location is presented in Figure 40. Figure shows some difference in cervical vertebra
between 2D and 3D-corrected images.

The same difference is also shown in Figure 41, where the largest geometric
differences are on the edges of the FOV. In addition, Figure 41 presents the
corresponding T2-weighted 3D image which shows that with corresponding image
parameters but with Cartesian acquisition, the contrast is not as clear as in 2DMS
images. Figure 42 shows the geometric difference on the outline of the thorax. The
body outline and the inner edges of the adipose tissue have slight differences in
transversal image of thorax with PROPELLER. The 2DMS images in Figure 41 and
42 were acquired with Ingenia 3 T with FOV 450 x 450 x 320 mm3 and voxel size
1.3 x 1.3 x 4.0 mm3. 3D image in Figure 41 was acquired with FOV 450 x 304 x
320 mm3 and voxel size 1.1 x 1.1 x 3.0 mm3.

a) b) c)

 FH  FH 

 RL  RL 

 FH 

 RL 

Figure 39: T2-weighted TSE 2DMS coronal MPR images of thorax with CS with
Elekta Unity, where a) with 2D geometric correction, b) with 3D geometric correction,
and c) subtraction of images a) and b). The center of the slices shown is at L = 1
mm, P = 81 mm, H = 34 mm.
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Figure 40: T2-weighted TSE 2DMS sagittal MPR images of thorax with Elekta Unity,
where a) with 2D geometric correction, b) with 3D geometric correction, and c)
subtraction of images a) and b). The center of the slice shown was at L = –22 mm,
P = 6 mm, H = 34 mm.
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Figure 41: T2-weighted TSE coronal MPR images of thorax with Ingenia 3 T, where a)
2DMS with 2D geometric correction and PROPELLER, b) 2DMS with 3D geometric
correction and PROPELLER, c) subtraction of images a) and b), and d) 3D acquired
3D-corrected image. The center of the slice shown is at L = 12 mm, P = –37 mm, H
= 112 mm.
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Figure 42: T2-weighted TSE 2DMS transversal images of thorax with PROPELLER
and Ingenia 3 T, where a) with 2D geometric correction, b) with 3D geometric
correction, and c) subtraction of images a) and b). The center of the slice shown is
at L = 12 mm, P = –37 mm, H = 215 mm.

The first imaged slice in 3D-corrected 2DMS image set is usually only partly
visible due to the incomplete amount of data around the desired rectilinear slice
location, as shown in Figure 43. 2D-corrected image in a) looks complete since the
image is reconstructed over the curved slice. Image was acquired with Ingenia 3 T,
FOV 450 x 330 x 270 mm3, and voxel size 1.2 x 1.4 x 5.0 mm3. The same effect in
coronal MPR image is shown as curving edges of the anatomy as seen in Figure 39.

The effect of curving and its correction is also seen in Figure 44. Images were
acquired with Elekta Unity with FOV 350 x 551 x 300 mm3 and voxel size 1.1 x
1.2 x 3.0 mm3. Images a) and c) present the slice number 79 with 2D and 3D
geometric correction, whereas b) and d) represent the slice number 83 with 2D and
3D geometric correction, respectively. The slice thickness was 3 mm which means
that the anatomy indicated with yellow arrow has shifted 12 mm between 2D and
3D geometric correction.
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Figure 43: T2-weighted TSE 2DMS transversal images of thorax with PROPELLER
and Ingenia 3 T, where a) 2D geometric correction, b) 3D geometric correction, and
c) subtraction of images a) and b). The center of the slice shown was at L = 12 mm,
P = –37 mm, H = –20 mm.
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Figure 44: T2-weighted TSE 2DMS transversal images of thorax with CS and Elekta
Unity, where a) and b) present the slices 79 and 83 with 2D geometric correction,
respectively and c) and d) present the slices 79 and 83 with 3D geometric correction,
respectively. The center of the slice number 79 was at L = 1 mm, P = 6 mm, H =
120 mm and slice number 83 was at L = 1, P = 6 mm, H = 132 mm.

4.3.4 Abdomen

The difference between 2D and 3D geometric correction on the edges of the FOV are
shown in abdomen in Figure 45, similar to what was shown in thorax in Figure 39.
The images in Figure 45 were acquired with Ingenia 1.5 T with FOV 450 x 450 x
240 mm3 and voxel size 1.2 x 1.2 x 3.0 mm3.
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Figure 45: T2-weighted TSE coronal MPR images of abdomen with PROPELLER
and Ingenia 1.5 T, where a) with 2D geometric correction, b) with 3D geometric
correction, and c) subtraction of images a) and b). The center of the slice shown is
at L = –9 mm, P = 80 mm and H = 190 mm.

In Figure 46, it is seen that the blurring artifact due to motion is located in
different transversal slices between 2D and 3D geometric correction. The image was
acquired with Ingenia 3 T with FOV 450 x 450 x 320 mm3 and voxel size 1.3 x 1.3 x
4.0 mm3.
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Figure 46: T2-weighted TSE 2DMS transversal images of abdomen with PROPELLER
and Ingenia 3 T, where a) slice 13 with 2D geometric correction, b) slice 14 with 2D
geometric correction, c) slice 13 with 3D geometric correction, and d) slice 14 with
3D geometric correction. The center of the slice 13 is at L = –5 mm, P = –49 mm,
H = –50 mm and slice 14 at L = –5 mm, P = –49 mm, H = –46 mm.

The artifacts due to motion are most visible in the sagittal MPR images, where
the anterior side of the abdomen is clearly graduated. The effect is shown in Figures
47 and 48. The image in Figure 47 was acquired with Elekta Unity with FOV 450 x
450 x 300 mm3 and voxel size 1.4 x 1.4 x 3.0 mm3.

Images were also acquired with a navigator which gates the acquisition of slices
to be acquired at a certain phase of breathing cycle. The sagittal MPR image of
abdomen with the navigator is shown in Figure 48. Even with the navigator, there
are shifts between slices and the outline of the abdomen is graduated. The image
was acquired with Ingenia 3 T with FOV 450 x 330 x 270 mm3 and voxel size 1.2 x
1.4 x 5.0 mm3.
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Figure 47: T2-weighted TSE 2DMS sagittal MPR images of abdomen with PRO-
PELLER and Elekta Unity, where a) 2D geometric correction, b) 2DMS with 3D
geometric correction, and c) subtraction of images a) and b). The center of the slice
shown is at L = –22 mm, P = 6 mm, H = 34 mm.
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Figure 48: T2-weighted TSE 2DMS sagittal MPR images of abdomen with PRO-
PELLER and Ingenia 3 T, where a) with 2D geometric correction, b) with 3D
geometric correction, and c) subtraction of images a) and b). The center of the slice
shown is at L = 100 mm, P = –49 mm, H = 87 mm.

The effect of motion in images with 2DMS is also visible in Figure 49, where the
slice edges are clearly shown as stripes. The curving effect is shown in b) 3D-corrected
image, where the stripes are more curved due to through-plane correction.
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Figure 49: T2-weighted TSE 2DMS coronal MPR images of abdomen with Elekta
Unity, where a) with 2D geometric correction, b) with 3D geometric correction, and
c) subtraction of images a) and b). The center of the slice shown is at L = 1 mm, P
= 43 mm, H = 34 mm.

4.3.5 Pelvis

Images of pelvis in Figures 50 and 51 were acquired with Ingenia 1.5 T, images in
Figures 53 and 52 were acquired with Ingenia 3 T, and images in Figures 54, 55, and
56 were acquired with Elekta Unity.

In Figure 50, the gallbladder is clearly shown in different transversal slices in 2D
and 3D-corrected image. The FOV of the image was 250 x 476 x 400 mm3 and voxel
1.5 x 1.5 x 4.0 mm3.
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Figure 50: T2-weighted TSE 2DMS transversal images of pelvis with CS and STIR
and with Ingenia 1.5 T, where a) with 2D geometric correction, b) with 3D geometric
correction, and c) subtraction of images a) and b). The center of the slice shown is
at L = 0 mm, P = –20 mm, H = 63 mm.

Figures 51 and 52 show difference in the shape of the body in the edges of the
sagittal MPR images. The images in Figure 51 were acquired in coronal plane with
FOV 400 x 381 x 280 mm3 and voxel size 1.25 x 1.46 x 5.00 mm3. The FOV in 2DMS
images in Figure 52 was 300 x 475 x 249 mm3 and voxel size 1 x 1 x 3 mm3 whereas
the FOV in 3D image was 320 x 482 x 249 mm3 and voxel size 1.2 x 1.2 x 1.5 mm3.
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Figure 51: T2-weighted TSE 2DMS sagittal MPR images of pelvis with SPAIR
and Ingenia 1.5 T, where a) with 2D geometric correction, b) with 3D geometric
correction, and c) subtraction of images a) and b). The center of the slice shown is
at L = 2 mm, P = –25 mm, H = –158 mm.
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Figure 52: T2-weighted TSE 2DMS sagittal MPR images of pelvis with CS and
Ingenia 3 T, where a) with 2D geometric correction, b) with 3D geometric correction,
c) subtraction of images a) and b), and d) 3D acquired image with 3D geometric
correction. The center of the slice shown is at L = –112 mm, P = –7 mm, H = –19
mm.

Compressed sensing reduces the contrast in images as seen in Figure 53, where
a) is 2DMS image without CS, b) is 2DMS image with CS, and c) is 3D acquired
image with CS. Visually the geometry in all three images is similar.
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Figure 53: T2-weighted TSE coronal MPR images of pelvis with 3D geometric
correction and with Ingenia 3 T, where a) 2DMS without CS, b) 2DMS with CS,
and c) 3D acquired image with CS. The center of the slice shown for 2DMS images
is at L = 6 mm, P = 44 mm, H = 6 mm and for 3D image at L = 10 mm, P = 44
mm, H = –19 mm.

Figure 54 shows images of pelvis without any geometric correction, with 2D
geometric correction and with 3D geometric correction. The shape of the pelvis is
significantly different on the edges of the FOV in every protocol. The image was
acquired with FOV 350 x 551 x 300 mm3 and with voxel size 1.1 x 1.2 x 3.0 mm3.
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Figure 54: T2-weighted TSE 2DMS coronal MPR images of pelvis with PROPELLER
and Elekta Unity, where a) without geometric correction, b) with 2D geometric
correction, and c) with 3D geometric correction. The center of the slice shown is at
L = 0 mm, P = 56 mm, H = 0 mm.

In Figure 55, there are minor differences shown on the surface of the pelvis
between 2D and 3D-corrected transversal slices. In addition, difference is shown in
urinary bladder and in femur, which are slightly shifted from a slice to another. The
image was acquired with FOV 350 x 551 x 300 mm3 and with voxel size 1.1 x 1.2 x
3.0 mm3.
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Figure 55: T2-weighted TSE 2DMS transversal images of pelvis with CS and Elekta
Unity, where a) with 2D geometric correction, b) with 3D geometric correction, and
c) subtraction of images b) and a). The center of the slice shown is at L = 0 mm, P
= 0 mm, H = –89 mm.

Figure 56 shows the difference between a) 2D and b) 3D-corrected coronal MPR
images acquired with PROPELLER. The edge of the circular FOV is more gradual
in a) than in b) since the 3D geometric correction seems to smooth the body outline.
Image was acquired with FOV 450 x 450 x 400 mm3 and voxel size 1.3 x 1.3 x
4.0 mm3.
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Figure 56: T2-weighted TSE 2DMS coronal MPR images of pelvis with PROPELLER
and Elekta Unity, where a) with 2D geometric correction, b) with 3D geometric
correction, and c) subtraction of images a) and b). The center of the slice shown is
at L = 0 mm, P = 76 mm, H = 0 mm.
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5 Discussion
Based on the evidence presented in Section 4.2.1, the 3D geometric correction
algorithm performs correctly with 2D multi-slice sequences when it is performed
to data acquired without the shift correction of the excited slice. Comparisons in
Figures 16–18 prove that through-plane geometric correction is applied and the
2DMS images correspond to 3D acquired images. In addition, the algorithm performs
correctly with PROPELLER acquisition as seen in Figures 19–21. However, the
correction of slice shift due to RF pulse did not perform as expected. Apparently,
the 3D geometric correction algorithm takes account the stack shift in z-direction
and global stack offset correction will lead to additional offset as seen in Figure 23.
This effect is seen when the center slice is acquired further from the magnet isocenter
where the magnetic inhomogeneities increase. This is why the shift is not seen in
Figure 22. The correction was attempted without any stack offset correction and
this led to correct performance of the algorithm as seen in Figures 24 and 25.

Unexpectedly, 3D geometric correction will lead to stretching of markers if it is
performed to data that has been acquired with 2D geometric correction option on.
The original changes to the source code included modifications to acquisition method
to prevent the different offset correction for each slice separately when 3D geometric
correction is performed to 2DMS images. Otherwise through-plane correction would
lead to double correction. This is the case in d) images in Figures 23 and 22. The same
effect was not seen as clearly in the first phantom images in Figures 16–21 or in the
volunteer images even though 3D geometric correction was performed with delayed
reconstruction to non-corrected or 2D-corrected data. The shift should have been
seen clearly on the edges of the image through-out the whole slice. The correction of
stack offset was implemented step-by-step during the research, which might result in
different performance of the correction in distinct images. The performance of the
delayed reconstruction should be investigated more and restricted in the source code
if it leads to inaccurate correction.

The quantitative geometric accuracy was investigated with the 3D geometry
phantom and Geometric QA analysis tool. The maximum discarded total distortion
after 3D geometric correction to 2DMS images was slightly higher than in 3D images
after 3D geometric correction. 3D geometric correction compared to 2D geometric
correction decreased the average distortion by 52–55%, 45–53% and 71–77% in
Ingenia 1.5 T, Ingenia 3 T and Elekta Unity, respectively. Clearly, the decrease of the
distortion between 2D and 3D geometric correction in 2DMS images was not as high
as in 3D images. Even though the protocols 1) and 4) had the same bandwidth per
pixel, the improvement differed 2–5%. It was assumed that the residual error could
be due to different sequence timing and thus effect of eddy currents. In 3D images,
TR was significantly lower than in 2DMS images due to optimizing of scanning
time. Field variations caused by eddy currents are not corrected by the geometric
correction algorithm. The purpose of comparing 3D correction between 2DMS and 3D
acquisition was not performed to show if one method is statistically better than the
other, but to show that their performance is in the same range. Confidence intervals
for statistical analysis were not made because multiple phantom measurements would
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have taken excessive amount of time.
The maximum discarded total distortion was slightly higher in 2DMS images

with CS and PROPELLER than without them in every scanner as seen in Tables
2–4. The distortion is highly effected by the bandwidth and the field strength since
the distortion is proportional to both. It was not feasible to optimize the bandwidth
to be similar in each protocol due to increased scanning time and reduced SNR.
As seen in Table 1, in all scanners, the bandwidth was lower in protocols 2) and
3) compared to protocols 1) and 4). The skewness of the distortion histogram for
protocol 3) in Elekta Unity (Figure 26) is also explained with low bandwidth.

The calculation of geometric accuracy in Section 4.2.2 has its own accuracy
limitations. The method is based on the assumption that the 3D geometry phantom is
accurate and the known marker locations correspond exactly to actual ones. However,
this might not be the case since there might be inaccuracy due to manufacturing
method and imperfections due to use of the phantom, for example bending of the
phantom plates. Nevertheless, the results are comparable since the same phantom is
used in all scans. It was not possible to acquire all protocols at one scanner during
the same session due to limited access to the scanner. The equal phantom position
between different sessions was verified with a survey scan so that the phantom was
located in the isocenter with 0.5-mm accuracy. This margin of error could result in
some difference of distortion values between distinct protocols, since the magnetic
field is dependent on the position. However, the used Geometric QA analysis tool
calculates and corrects the offset of the phantom prior to the analysis and thus the
difference in position is not included in the distortion values.

Due to gradient non-linearity, the slices acquired further away from the magnet
isocenter are slightly curved which causes distortion to MR image. The 3D geometric
correction algorithm utilizes the data from the whole imaging volume, which allows
to correct the images to the exact rectilinear slices. This causes a shift of the data
from adjacent slices when comparing 2D and 3D-corrected images. In axial images,
this effect is seen in multiple anatomies with varying distances between –200 mm to
130 mm from the isocenter. The difference between 2D and 3D geometric correction
is the most visible on the outline of the FOV where the non-linearities of the gradient
fields are the greatest. This is shown for example in Figures 28, 29, 33, and 34. The
geometric differences between 2D and 3D-corrected images in head and neck area
were minor as seen in Figures 33 and 34. Usually, head areas are scanned with limited
FOV and as mentioned before, the distortions increase when the FOV increases.

In addition, due to acquisition of curved slices, the data to be used by correction
algorithm on the edges of the imaging stacks might not be acquired at all. In
through-plane correction, this results in signal voids in the slices on the edges of
the stack. This can be seen for example in Figures 39, 43, 45, 49, 51, and 56. The
signal void effect on the edges of the imaging stack reduces the applicability of the
outer most slices in radiation therapy use. The effect can be avoided by placing the
imaging target as near the isocenter as possible and selecting the slice stack near
the isocenter. This should not be a limitation for use of 3D geometric correction in
2DMS since the convention to positioning the target tissue in the isocenter is already
recommended.
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Besides a large FOV increases the distortion in the image, it also prolongs the
scanning time significantly. A large FOV is usually required in RT planning for better
alignment with CT images. However, long scanning times increase the discomfort of
the patient and thus the probability of motion artifacts.

The effect of motion is present especially in the thorax and abdomen area and
on the anterior side of the body. If the anatomy moves between the acquisitions
of 2D slices, 3D geometric correction will combine spatial information from slices
that in reality are not aligned and result in blurring. Stripes shown for example in
Figure 49 occurs not only due to motion but also because the slice profiles are not
completely rectilinear. This why the slices might slightly overlap. 2DMS images are
more sensitive to motion artifacts between different slices than 3D images as seen in
Figure 38. However, 2D images contain artifacts within a slice than in a 3D image,
since one slice is acquired faster than the whole volume in 3D image. Navigators and
gating can be used to reduce the blurring. Figures 47 and 48 show that in sagittal
MPR image, the motion causes uneven surface on the anterior side of the abdomen
with and without navigator.

Even though 3D geometric correction was performed with delayed reconstruction
in volunteer images, it is not clearly shown that they suffer from the slice shift as
it should according to the evidence mentioned above. The shift is clearly seen in
the whole slice on the edge of the FOV but it does not seem to be the case in
all of the volunteer images. It is hard to say if the difference between 2D and 3D
geometric correction is due to the shift or due to gradient non-linearity. The shift
might have occurred for example in Figures 36 and 37. Reason for this could be
different parameters in sequences or different implementation of the global stack
offset correction.

The MPR images have a bit lower resolution due to relatively thick acquired slices
and might not look as interpretable as the axial images. The purpose of showing
the MPR images was to emphasize the effect of through-plane correction since the
differences in shapes of anatomies are well seen in them. The MPR images are rarely
used for target lineation.

The images with the same acquisition but different geometric correction are very
comparable since the correction was made based on the same raw data. However,
the comparison between images from different acquisitions is more challenging, for
example between non-CS and CS images. The patient motion due to breathing and
discomfort create differences to data sets. The geometric comparison should be done
bearing this in mind. Taking this into account, it seems that compressed sensing
does not have a significant visual impact on the geometric correction algorithm as
seen in Figure 53.

The comparison of 3D-corrected 2D and 3D images is not straight-forward. Due
to the different acquisition method, with the exact same parameters the image quality
varies. This why the imaging parameters may vary and the images are not exactly
comparable. For example in Figures 41, 52, and 53, the resolution of 3D images is
different due to optimization of other parameters, such as TR and TE, to align with
2DMS images.
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6 Conclusion
The implementation of 3D geometric correction to 2D multi-slice acquired images
was accomplished successfully. The in-plane and through-plane geometric correction
for 2D multi-slice acquired images was performed correctly when there is no slice
gap, at least three slices are acquired, no stack offset is applied, and the correction is
performed to data that have 3D geometric correction option applied in the acquisition.

The geometric accuracy in a volume acquired with 2D multi-slice sequence was
improved significantly when through-plane geometric correction alongside in-plane
correction was applied. The maximum distortion in 400-mm DSV was decreased by
83–91% in all scanners. In 1.5 T scanners, the maximum discarded total distortion
was less than 1 mm and in 3 T scanner less than 1.2 mm, with each protocol and
within 300-mm DSV. 3D geometric correction was performed almost as precisely to
2D multi-slice images as to 3D images.

The maximum discarded distortion within 400-mm DSV was less than 2 mm in
every scanner and with every protocol in 2DMS images after 3D geometric correction.
Therefore, all the scanners fulfill the general distortion guideline for images that are
used in radiation therapy planning.

The validation of 3D geometric correction with twenty-one subjects and from five
different anatomies reveals that the effect of the correction is significant especially
further away from the magnet isocenter where the gradient non-linearities increase.
The effect of the correction was shown in all axial, coronal, and sagittal directions.
Still, the effect of the delayed reconstruction with 3D geometric correction to data
that has 2D geometric correction option applied during acquisition and vice versa
needs to be investigated.

This work has been limited to general MR–RT sequences using only TSE pulse
sequence. In future work, other imaging techniques such as GRASE and EPI could
be investigated with 3D geometric correction in 2D multi-slice acquired images. In
addition, the effect of negative slice gap to geometric accuracy should be investigated.
However, imaging with negative slice gap increases the scanning time which is not a
desired feature to already long imaging times in 2DMS scanning.
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