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1 Introduction

Magnetic Resonance Imaging (MRI) is a non-invasive imaging technique that has
evolved to a major pillar in medical diagnosis in the past decades. Along with con-
ventional radiography, computed tomography (CT) and medical ultrasound, MRI is
one of the most commonly used imaging modalities in clinics and hospitals worldwide.
In contrast to X-Ray-based imaging techniques, MRI does not expose the patient to
ionizing radiation and it offers a high soft tissue contrast. Since its initial implementa-
tion in medical diagnosis in the mid-1980s, MRI has experienced an ongoing technical
development[1, 2].
»Citius, Altius, Fortius« is the Latin motto of the Olympic Games, which can be
translated to »Faster, Higher, Stronger« [3, 4]. This slogan is not only an accurate
reflection of todays economy and society but can also be transferred to MR technol-
ogy. One example is the field strength of the main magnetic field B0, the core element
of any MR scanner. Up to the turn of the millennium, the market was dominated
by 1.5 Tesla (T) MR scanners. From 2000 on, 3 T MR scanners became available for
clinical diagnosis [5]. Most of the clinical MR scans performed nowadays operate at
these two field strengths. Nevertheless, there has always been a demand in increasing
the B0-field as it promises gains in signal-to-noise-ratio (SNR), contrast-to-noise-ratio
(CNR) as well as imaging speed and efficiency [6]. Up to now, more than 70 human
MR scanners operate at a field strength of 7 T, of which some has been licensed for
clinical usage [7]. Moreover, first human MR images were published in 2019 at 10.5 T
[8, 9]. The downside of this trend lies in considerable technical challenges. The inhomo-
geneity of the B0-field and the radiofrequency (RF)-field (B1), as well as the specific
absorption rate (SAR) and the sensitivity to motion artifacts increase at higher field
strengths [1, 7].

In general, some of the main drawbacks of MRI are the high costs involved, the acous-
tic noise produced by the scanner and long examination times [10]. That is to say,
an MRI scan is accompanied with reduced patient comfort and even needs to be re-
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1. Introduction

peated when the patient moves in the meantime [10]. Therefore, research in the field
of MRI often aims at accelerating the MRI process and thus reducing the scan time.
Amongst many different milestones in the history of MRI, key contributors to fast
imaging techniques were the invention of gradient echo pulse sequences [2, 11], the
technology of phased array coil receive elements [2, 12] and their application to par-
allel imaging (PI) techniques [13, 14]. Most recently, the field of compressed sensing
(CS) has proven to be a powerful tool for highly accelerated MRI by exploiting the
sparsity that is present in some given domain of the MRI data [15]. Furthermore, the
majority of clinical examinations still primary relies on conventional Cartesian data
acquisition. Non-Cartesian k-space sampling patterns, e.g. radial or spiral trajectories,
offer considerably more capabilities for rapid MRI. However, they also entail k-space
sampling errors due to imperfections of the dynamic gradient system, which ultimately
can lead to image artifacts.
When it comes to imaging moving tissue, i.e. in the cases of respiratory or cardiac
motion, rapid MRI is of particular interest. Cardiovascular MRI (CMR), CT and ul-
trasound echocardiography are the three most common imaging modalities in the di-
agnosis of cardiovascular diseases [16]. CMR delivers highly accurate and reproducible
information of cardiac morphology and function by covering the entire cardiac cycle
at high spatiotemporal resolution [17, 18]. Nevertheless, a typical clinical CMR scan
is performed in several breath holds, which is not trivial for dyspneic patients. Also,
inaccurate breathing states complicate the exact planning of the measurement, which
eventually results in displacements in the images. In addition, conventional gated car-
diac exams require a trigger signal and can be corrupted in patients suffering from
cardiac arrhythmia. In these cases accelerated imaging approaches that aim to resolve
the beating heart in real time are of particular interest.

Therefore, the purpose of this thesis was to develop strategies for accelerated CMR
readout techniques by optimizing efficient non-Cartesian k-space trajectories. One
main aspect was the correction of k-space trajectory errors in non-Cartesian imag-
ing, which can be seen as the missing step to facilitate real-time CMR with high
spatiotemporal resolution. On the one hand, this was achieved by efforts in pulse se-
quence development and on the other hand by image reconstruction techniques that
employ PI and CS. The aim was to enable high-quality gated as well as real-time CMR
at different main magnetic field strengths (3 T and 7 T). In addition, the developed
rapid imaging approaches were compared to current clinical gold standard protocols
by analyzing morphological and functional information of the myocardium tissue.
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2 Theory

2.1 The basic principles of Magnetic Resonance
Imaging (MRI)

This section briefly outlines the basic principles of the relevant physical concepts of
MRI. The respective purpose of the different magnetic fields of an MR scanner is
summarized in the first Subsection 2.1.1, followed by the concept of the gradient
echo pulse sequence and the spatial frequency domain in Subsections 2.1.2 and 2.1.3,
respectively.

2.1.1 The different magnetic fields of an MR scanner

MRI exploits the fact that over 75 % of the human body consists of water or lipids [2].
That is to say that hydrogen is the most abundant element in our body referred to the
number of atoms. Hydrogen has a single proton, which exhibits a magnetic moment due
to its nuclear spin angular momentum (referred to as spin in the following). Without
an external magnetic field B, the orientation of each hydrogen spin in the human body
is random, which means that in total they compensate each other and sum up to a
macroscopic net magnetization M = 0. When a magnetic field B is present, the spins
tend to align parallel or anti-parallel to the direction of B. A slight majority of spins
favor the lower-energetic state parallel to B, resulting in M 6= 0. However, the spins
are not aligned exactly with the direction of B. Instead, they experience a torque,
which results in a precession around B with a given resonance frequency wL, called
the Larmor frequency [2].
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2. Theory

wL exhibits a linear dependency of B, following

wL = γ ·B, (2.1)

with the nucleus-specific gyromagnetic ratio γ. In the case of hydrogen, the gyromag-
netic ratio reads γ/2π = 42.58 MHz/T [19]. Thus, the main magnetic field B0 of an
MR scanner (longitudinal axis) defines the resonance frequency of the individual spins.
In the case of B0 = 3 T the Larmor frequency is wL = 127.7 MHz and for B0 = 7 T
wL equals 298.1 MHz.
The net magnetizationM of the human body in a MR scanner is in the order of 10−6 T
and thus not measurable if aligned parallel to the strong B0-field. In order to receive
a MR signal, M needs to be rotated to the plane perpendicular to B0 (transversal
plane). This is realized by exciting the hydrogen nuclei with a short radiofrequency
(RF) pulse (B1-field, perpendicular to B0), whose frequency matches the Larmor fre-
quency of hydrogen. The transversal component of the precessing net magnetisation
M can be detected by a voltage induced in a receive element (known as free induction
decay, FID) [2]. After the RF pulse, the spins return to their equilibrium state, losing
the absorbed energy by interacting with the surrounding tissue. The duration that
characterizes this interaction is called spin-lattice relaxation time T1 and represents
the time necessary for the return of M along the longitudinal axis. Secondly, inter-
actions between the individual spins cause small fluctuations of the local magnetic
field. This results in a loss of the phase coherence and thus a decay of the measurable
transversal component of M . This relaxation process is characterized by the spin-spin
relaxation time T2. Moreover, inhomogeneities of the main magnetic field or suscep-
tibility effects enhance the phase dispersion in the transversal plane. This accelerates
the measurable decay and is characterized by the relaxation time T ∗2 (with T ∗2 < T2).
T1 and T2 are dependent on the atomic and molecular environment of the hydrogen
atoms and therefore, together with the hydrogen density ρ, enable a distinction of
human tissues [2, 19]. In general, increasing the B0-field strength results in higher T1

relaxation times, whereas T2 relaxation times remain rather unchanged or exhibit a
slight decrease. However, as B0-field inhomogeneity increases at higher field strengths,
T ∗2 relaxation times decrease [2, 20].
Up to this point, the different parts of the human body emit a MR signal, but it is not
possible to localize the source of the signal yet. For that, the concept of spatially vary-
ing magnetic fields is used: magnetic field gradients G = ∆B2/∆r. This means that at
two different locations r1 and r2 the magnitudes of the applied magnetic fields B2(r1)
and B2(r2) differ from each other. Following equation 2.1, this leads to a difference in
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2.1. The basic principles of Magnetic Resonance Imaging (MRI)

the resonance frequencies wL(r1) 6= wL(r2) and offers a possibility to distinguish the
origin of the acquired RF signal. When applying magnetic field gradients in all three
spatial directions x, y and z, it is feasible to locate the origin of any MR signal emitted
by a three-dimensional (3D) object. Note that all switched gradient fields superimpose
on the main magnetic B0-field: Btotal(r) = B0 +G(r) · r, with r = (x, y, z).
In total, the main components of a MR scanner are its main magnetic B0-field, the
RF B1-field for excitation, the gradient coil system for spatial encoding of the signal
and a receive element for acquiring the MR data. However, MRI does not generate its
images through an acquisition of the rapidly decaying FID. Instead, echoes are cre-
ated, which is why the basic concept of the gradient echo pulse sequence is explained
in the following, further clarifying the purpose of magnetic field gradients.

2.1.2 The gradient echo pulse sequence

Dependent on the application and aim of the study, different MR pulse sequences can
be utilized to perform the MRI examination with (e.g. spin echo or gradient echo
pulse sequences). In this thesis, two-dimensional (2D) MRI with spoiled gradient echo
(GRE) pulse sequences was performed. Figure 2.1 shows a diagram of an exemplary
Cartesian spoiled GRE sequence [21]. It demonstrates the various elements of the
sequence by means of amplitude as a function of time within one repetition of the
measurement. In order to excite a 2D slice and not the whole 3D volume, a slice
selection gradient is switched along the axis that is perpendicular to the planned
slice orientation. Simultaneously, a RF pulse is transmitted, matching the Larmor
frequency of the spins located in the chosen 2D slice. This way, only the spins of the
2D slice are flipped to the transversal plane and emit a MR signal. The duration and
amplitude of the RF pulse defines the flip angle (FA) and tunes the magnitude of
the transversal component of the flipped magnetization. The slice selection gradient
inherently causes a dephasing of the magnetic moments within the slice. This phase
dispersion is refocused by a gradient with opposite polarity, played out subsequent
to the slice selection gradient (slice selection rephaser) [21]. To encode the MR signal
along the two remaining dimensions, phase encoding (PE) and frequency encoding
(FE) gradients are used. The PE gradient is played out before data acquisition and
ensures that the spins along the PE direction acquire a unique phase. The FE gradient
is responsible for generating an echo of the MR signal. The FE dephasing gradient
causes a phase dispersion along the FE direction. When the gradient moment of the
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2. Theory

Figure 2.1: Pulse sequence diagram of an exemplary 2D Cartesian spoiled gradient
echo sequence [21]. Slice excitation is performed by a RF pulse and a
slice selection gradient. Phase encoding and frequency encoding gradients
encode the signal along the remaining two dimensions. Data is acquired
during the frequency encoding gradient, in which the signal echo is gen-
erated. A spoiling gradient and a rewinding gradient is played out on the
slice selection axis and the phase encoding axis, respectively. Echo time
(TE) is the time between the RF pulse and the signal echo, and repetition
time (TR) the time between two consecutive RF pulses.

FE gradient (opposite polarity) compensates that of the FE dephasing gradient, the
MR signal is again in phase and a signal echo is created. During the time of the
FE gradient the MR data is acquired, which is why the FE gradient is also often
named readout gradient. In order to dephase remaining transversal magnetization,
gradient spoiling and RF spoiling can be applied. In Figure 2.1, a spoiling gradient is
switched on the slice selection dimension at the end of the sequence block. RF spoiling
means that each RF pulse is applied with a random or pseudo-random phase angle.
In addition, RF spoiling usually requires a gradient rewinder that is switched on the
PE axis to compensate the area of the PE gradient of the current repetition (denoted
by the black arrows pointing in opposite directions) [2, 21]. After this sequence block
is over, the next RF pulse is transmitted and the cycle of the switched gradients is
repeated. To complete encoding along the PE dimension, the amplitude of the PE
gradient is changed in every repetition. This is represented by the horizontal lines
within the PE gradient. The time between the RF pulse and the signal echo is named
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2.1. The basic principles of Magnetic Resonance Imaging (MRI)

echo time (TE) and the time between two consecutive RF excitations repetition time
(TR). FA, TE and TR can be adjusted by the examiner, which allows for various
tissue contrast settings [2].
Another widely used GRE sequence in CMR is the balanced steady state free precession
sequence (bSSFP) [22]. In contrast to spoiled GRE pulse sequences, in which the
residual transversal magnetization is dephased, bSSFP sequences aim to preserve the
transversal magnetization in a steady state by balancing all gradient moments. bSSFP
imaging is often used in CMR, as it offers a high SNR and a very good contrast between
blood and myocardium. However, the additional time needed for gradient balancing is
disadvantageous for real-time applications. Furthermore, bSSFP sequences are prone
to magnetic field inhomogeneities, which can result in dark banding artifacts. Hence,
spoiled GRE sequences are more stable especially at high B0-field strengths, which is
why they were used for CMR at 3T and 7T in this study.

2.1.3 The spatial frequency domain (k-space)

Unlike other imaging modalities, MRI does not deliver the information directly in
image space. Instead, MR data is acquired in the spatial frequency domain, which
is referred to as k-space. The goal of the previously introduced pulse sequence is to
sample the 2D k-space, which later is transformed to image space. The sampled k-space
location kr(t) at a certain time point t can be calculated by integrating the gradient
field Gr(t) over time as follows [19]:

kr(t) = γ

2π ·
t∫

0

Gr(τ) dτ, (2.2)

with r ∈ {x, y, z} referring to the spatial dimension. If the amplitude of the switched
FE gradient is constant over time and the same for all repetitions (as in Figure 2.1),
the k-space is sampled in a Cartesian manner. This is the most common case in clinical
MRI, as Cartesian data acquisition allows direct application of the Fourier Transform
(FT) in order to obtain the image [23]:

Fourier Transform (FT): S(f) =
∞∫
−∞

s(r) · exp(−i2πfr) dr,

Inverse Fourier Transform (iFT): s(r) =
∞∫
−∞

S(f) · exp(i2πfr) df.
(2.3)
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2. Theory

The FT extracts the frequency components S(f) that are present in a spatial signal
s(r). Analogously, the inverse FT (iFT) transforms the MR signal S(f) acquired in the
spatial frequency domain to image space s(r) and thus yields the resulting image of
the measured object. The FT is not limited to a certain domain but can be transferred
to e.g. a time signal and its representation in the temporal frequency domain. Fast
Fourier Transform (FFT) algorithms reduce the number of operations needed for an
N -point signal from O(N2) for the discrete FT to O(N · logN) [24].
An example of an acquired 2D k-space is depicted in the upper parts of Figure 2.2.
The signal intensity in the k-space center is high and decreases towards the outer
parts of k-space. iFFT of the shown k-spaces resulted in different representations of
the measured object in the image domain. Figure 2.2 (A) shows the image quality when
the entire acquired k-space is used for reconstruction. In Figure 2.2 (B) only the k-space
center and in Figure 2.2 (C) only the k-space periphery was used for reconstruction.
Intuitively, coarse structures are represented by low spatial frequencies, whereas the
information of fine details at high resolution lies at high spatial frequencies. As in MRI

Figure 2.2: Spectral contributions of different k-space regions: The first row shows
certain k-space entries that were transformed to image space (second row)
via the iFFT. (A) represents the transformation of the whole k-space, (B)
only of the k-space center and (C) of the k-space periphery.
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2.2. Parallel Imaging

there is neither unlimited amount of time nor data storage, the k-space can not be
acquired in an infinite extent with an infinite amount of data points. Instead, the k-
space needs to be sampled with finite data points up to a finite position in the k-space
periphery. This naturally constrains the possible display of the examined object and
corresponds to two important measurement parameters: the field of view (FOV ) and
the spatial resolution (∆r). The FOV is limited by the distance between two adjacent
sampled k-space points ∆k = 1/FOV and the resolution by the maximum sampled
k-space location kmax ≈ 1/(2 ·∆r). If ∆k is set such that the sampled FOV is smaller
than the measured object, aliasing impairs the image quality. This is designated by the
Nyquist theorem, stating that at a given sampling rate fs only frequency contributions
of an acquired signal up to fs/2 can be digitized. If an undersized k-space extent is
sampled (determined by kmax), truncation artifacts that are also known as Gibb’s
ringing are present [2, 19]. This appeared in outlines in the truncated reconstructions
of Figure 2.2 (B) and (C).

2.2 Parallel Imaging

After the basic principles of MRI, parallel imaging (PI) will be introduced. The appli-
cation of PI techniques is a key element in accelerating the MRI acquisition process.
They are based on the possibility to use multiple receive elements instead of only a
single coil. There exist numerous PI methods, but all of them have in common that less
k-space data is sampled as usually required by the Nyquist criterion (undersampling).
Furthermore, the undersampling (or acceleration) factor R is limited by the number
of coil elements. During image reconstruction, information about the individual coil
sensitivities is exploited to obtain an unaliased image [25, 26]. The most prominent PI
methods are called Sensitivity Encoding for Fast MRI (SENSE) [13] and Generalized
Autocalibrating Partially Parallel Acquisitions (GRAPPA) [14]. Both play an essential
role in todays clinical routine and thus are briefly summarized in this section.
Undersampling the k-space leads to aliasing in image space. This means that after the
iFFT a reduced FOV is reconstructed with foldover artifacts present in PE direction.
Dependent on R and the undersampling pattern, multiple pixels overlap and cannot
be distinguished from one another. In SENSE, the coil sensitivity maps are utilized to
unfold the reconstructed image in image space. This information is often received by
performing an additional scan prior to the measurement.
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2. Theory

In a simple example of two receive elements and R = 2 the unfolding process can be
understood by the following equations [25]:

F1 = PA · CA1 + PB · CB1

F2 = PA · CA2 + PB · CB2
(2.4)

F1 and F2 are the intensities of one folded pixel of the aliased reconstruction acquired
by coil 1 and coil 2, respectively. PA and PB are the values for the pixels of the unfolded
image at position A and B. CA1, CB1, CA2 and CB2 are the coil sensitivities of coil 1
and 2 at the postitions A and B. In this way the system of equations can be solved as
there are two equations and only two remaining unknowns (PA and PB).
In contrast to SENSE, GRAPPA fills the missing data points already in k-space. Also,
an exact knowledge of the coil sensitivity maps is not necessary. Instead, GRAPPA
exploits the principle that the weighting of acquired single-coil data by their respective
coil sensitivity profile represents a spreading of information to neighboring points in
k-space. This means that the sampled k-space locations additionally carry information
about the neighboring k-space locations. As a consequence, appropriate combination
of sampled k-space data can be used to fill the k-space voids that where left out in the
undersampled acquisition. However, these GRAPPA weighting factors first need to be
determined. This calculation can be based on a low-resolution reference dataset that
can be received through a separate scan or inclusive to the accelerated scan (auto-
calibration signal ACS). A GRAPPA kernel is defined by selecting an appropriate
k-space range and subsequently the GRAPPA weights of each coil element can be
calculated by sliding the GRAPPA kernel through the corresponding ACS data. This
GRAPPA weight set can then be transferred to the undersampled acquisition in order
to fill the missing voids in the k-space data. Unaliased single-coil images can now be
reconstructed from the complete k-spaces via the iFFT and ultimately combined to a
final image [25, 27].

10



2.3. Non-Cartesian data acquisition

2.3 Non-Cartesian data acquisition

As described in Section 2.1.3, a conventional MR scan is performed with Cartesian
data acquisition (see Figure 2.3 A). However, sampling the k-space line by line is
rather inefficient as it takes a long time to cover the 2D k-space, including the k-space
edges. In addition, the sampling density is uniform, whereas most of the information
is located in the k-space center. Therefore, research aims at different approaches of
k-space trajectories to increase the overall efficiency. In general, there exist many al-
ternatives of covering a 2D k-space in a non-Cartesian manner. Some of the most
common are summarized schematically in Figure 2.3: radial (B), spiral (C) as well as

Figure 2.3: Summary of common 2D k-space sampling schemes: Cartesian (A), radial
(B), spiral (C) and an exemplary hybrid trajectory dubbed TWIRL (twist-
ing radial lines) (D) [28].
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2. Theory

a combination of both, e.g. twisting radial lines (TWIRL) (D) [28]. A major disad-
vantage of radial sampling are large voids in the k-space periphery, which may violate
the Nyquist criterion and therefore limit not only the spatial resolution but also un-
dersampling strategies. Thus, the main focus of this project lied on optimizing spiral
sampling schemes and to test the efficiency of hybrid trajectories as e.g. the TWIRL
sampling pattern. The theory of both trajectory categories is explained in the following
Subsections 2.3.1 and 2.3.2.

2.3.1 Spiral k-space trajectories

Spiral k-space trajectories offer numerous advantages as compared to Cartesian imag-
ing [29]. Firstly, data acquisition starts in the k-space center, which not only increases
the SNR but also facilitates ultra-short echo time (UTE) applications [30]. Interleaved
sampling schemes offer self-navigating possibilities, e.g. to correct for motion-induced
phase variations in diffusion tensor imaging [31] or to track cardiac or respiratory mo-
tion in cine imaging [32]. In addition, spirals provide some inherent refocusing of flow-
and motion-induced phase errors [33–35]. Furthermore, the k-space is sampled more
efficiently as spirals allow to cover a larger pathway through k-space in each readout,
i.e. the readout gradients are able to exploit todays powerful gradient systems. More-
over, a spiral trajectory can be designed very flexibly. It can be implemented as a
single-shot sequence [36–38], meaning that the entire 2D k-space is sampled after only
one RF excitation. Therefore, it is considered as one of the fastest MRI techniques. On
the other hand, interleaved multi-shot sequences [32, 39] enable to tune the number of
spiral interleaves per 2D k-space as well as their duration. In addition, the trajectory
can be equipped with a constant density [40] (Archimedean) or with a variable density
[41, 42]. Generally, a spiral trajectory can be formulated as [29, 43]:

k(t) = λ · τ(t)α · exp [iωτ(t)] . (2.5)

k(t) is the complex k-space location, τ(t) = [0, 1] is a function of time t and α defines
the density (α = 1 for Archimedean and α 6= 1 for variable density). λ is defined as
λ = N/(2 ·FOV) with the matrix size N and ω is defined as ω = 2πn with the number
of spiral interleaves n.

12



2.3. Non-Cartesian data acquisition

2.3.2 Twisting radial lines (TWIRL) k-space trajectories

The fact that data acquisition in center-out spiral trajectories constantly starts in
the k-space origin has multiple advantages, e.g. a shortened minimum TE or reduced
sensitivity to motion. On the other hand, high oversampling of the central region
of k-space is inefficient as it results in longer acquisition times [44, 45]. Therefore,
it seems more efficient to move in a straight line away from k = 0, which is why
hybrid trajectories that arise out of the combination of radial and spiral sampling
were additionally studied. Exemplary implementations are the twisting radial lines
trajectory (TWIRL) [28], winding hybrid interleaved radial lines trajectory (WHIRL)
[44] or trajectories created by a multi-objective genetic algorithm [46]. In this work, the
TWIRL algorithm was tested and applied to CMR. The TWIRL k-space trajectory
consists of four different stages, constrained by the maximum gradient amplitude Gmax

and slew-rate Smax, as well as a minimum data sampling density and a maximum k-
space extent kmax (determined by FOV and spatial resolution). Furthermore, two
constants rm and p were introduced, which refer to the radius of kmax and the fraction
of radial interleaves needed to fully sample the 2D k-space with the TWIRL interleaves,
respectively. The latter ultimately controls the starting point of twisting. Note that
rm has the unit [Ts/m], it does not equal the radius of kmax.

1. Stage: the first part of the TWIRL readout, starting at k = 0, is a gradient ramp with
duration t1, limited by Gmax and Smax.

2. Stage: secondly, a region with constant gradient amplitude continues moving through
k-space in a straight line with duration t2 satisfying

t2 =

√
(Smax · p · rm)2 −G4

max

(Gmax · Smax) − Gmax

(2 · Smax) ,

with p · rm ≥ (
√

5 ·G2
max)/(2 · Smax)

(2.6)

to prevent complex values for t2.

3. Stage: a slew-rate-limited transition region connects the linear with the twisting part
of the trajectory by creating a circular arc that passes through an angle ϑ with
the two generating gradients Gx(t3) and Gy(t3):

ϑ = arcsin
[
G2

max/(p · rm · Smax)
]

(2.7)
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2. Theory

Gx(t3) = Gmax · cos (Smax · t3)
Gmax

and Gy(t3) = Gmax · sin
(Smax · t3)
Gmax

with 0 ≤ t3 ≤ (Gmax · ϑ)/Smax.

(2.8)

4. Stage: the last stage ensures twisting of the trajectory with uniform radial sampling
density, given by dr(t)/dt ∝ 1/r(t) with the spirals radial position r(t). Solv-
ing this differential equation by using polar coordinates leads to the following
generating gradients:

Gx(t4) = Gmax· cos
(√

2 ·Gmax · t4
p · rm

+ ϑ0

)

and Gy(t4) = Gmax · sin
(√

2 ·Gmax · t4
p · rm

+ ϑ0

)
,

with G3
max

2 · p · rm · S2
max
≤ t4 ≤

(1− p2) · rm
2 · p ·Gmax

.

(2.9)

The start and end conditions of t4 guarantee that the time derivative of Gx(t4)
and Gy(t4) does not exceed Smax for any ϑ0.

An illustration of the four stages together with trajectory modifications that were
made for the measurements will be presented in methods Section 3.2.2. Despite all
the advantages that are offered by spiral or TWIRL sampling patterns, they still lack
popularity in clinical routine as they are more complex than Cartesian imaging. Due
to the fact that the k-space is no longer sampled uniformly on a Cartesian grid, simple
reconstruction via the FFT is not possible. Moreover, non-Cartesian MRI is prone
to distortion and blurring artifacts that can arise due to gradient imperfections or
off-resonance effects caused by magnetic field inhomogeneities, concomitant fields or
chemical shift [29, 47, 48]. Also, the PI techniques presented in Section 2.2 must be
extended and adapted to non-Cartesian trajectories [49–51]. The following subsections
thus clarify how reconstruction of non-Cartesian data can be performed and which
approach was used to correct for typical non-Cartesian imaging artifacts.
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2.4. Image reconstruction in non-Cartesian MRI

2.4 Image reconstruction in non-Cartesian MRI

There exist different strategies to reconstruct data that were sampled with non-
Cartesian k-space trajectories. Many methods still use the FFT for image reconstruc-
tion by resampling the acquired data to a Cartesian grid beforehand, called nonuni-
form FFT (or short NUFFT) [24, 52, 53]. Resampling can be performed either by
grid-driven or data-driven interpolation. The most common reconstruction technique
is a data-driven interpolation called gridding, which is illustrated in Figure 2.4 [52, 54].
The sampled data points (blue dots) form a given non-Cartesian k-space trajectory
(dashed blue curve) and need to be resampled onto the points of the Cartesian grid.
This is done by a well-chosen convolution kernel (orange) which point-wise distributes
weights to adjacent Cartesian grid points dependent on their distance (black arrows).
A well established framework presented by Jeffrey A. Fessler uses min-max interpo-
lation with a Gaussian or Kaiser-Bessel function [24, 53]. A crucial step before data
interpolation is to correct the sampling nonuniformity that is present in spiral imaging
[55, 56]. In many applications the sampling density decreases from the k-space origin
towards the periphery. This needs to be compensated as an unintentional, unbalanced
weighting of the spatial frequency content can result in corrupted images. An efficient

Figure 2.4: Schematic illustration of the gridding procedure, following Ref. [52]. The
amplitude of the non-Cartesian k-space position (blue) is distributed to
the surrounding positions of the Cartesian grid (black) with weights (black
arrows) given by a certain convolution kernel (orange), e.g. a Kaiser-Bessel
interpolator.
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2. Theory

method is the determination of a Voronoi diagram, which means that the density is
estimated by the area of cells surrounding each data point [55]. A different approach
to reconstruct non-Cartesian data uses the concept of GRAPPA (see Section 2.2) as
a basis to shift the sampled k-space positions to a Cartesian grid, dubbed GRAPPA
operator gridding (GROG) [50]. Here, spiral k-space positions act as the source points
and Cartesian grid positions as the missing k-space voids that need to be filled. In
contrast to convolution gridding introduced above, no separate density compensation
must be calculated as resampled points that fall on the same Cartesian position simply
can be averaged. However, note that GROG can only be used if the data was acquired
with a multi-coil receive element and that a Cartesian calibration dataset either needs
to be acquired separately or calculated from the image data itself. Further details
about the applied image reconstruction will be presented in methods Section 3.6.

2.5 Compressed Sensing

Besides PI, the field of compressed sensing (CS) represents a recent milestone in accel-
erating the MRI process. CS is based on the mathematical concept of finding sparse
solutions for underdeterminded systems of linear equations [57, 58]. A vector is con-
sidered to be sparse if most of its entries equal zero and only some entries are unequal
to zero and thus hold the entire information [59]. In general, sparsity in some domain
forms the basis of data compressibility as e.g. exploited by the prominent image com-
pression method JPEG. CS was transferred to MRI by Lustig et al. [15] as sparsity is
also present in a given transform domain of an MR image, e.g. spatial finite-differences,
the discrete cosine transform, wavelet transform, the temporal frequency domain or
the image space itself. The question motivating the usage of CS in MRI is: if k-space
data is compressible posterior, shouldn’t it be possible to measure only a subset instead
of the entire k-space? The key prerequisites to do so are [15, 59]:

1. the data must be compressible, i.e. there must be a sparse representation in some
transform domain,

2. in which pseudo-random undersampling of the k-space results in incoherent alias-
ing,
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2.5. Compressed Sensing

3. and reconstruction is done by a non-linear recovery procedure that enforces spar-
sity and data consistency.

In the case of a pseudo-random undersampling pattern, energy will additionally spread
from non-zero signal values towards points with former zero signal intensity, similar to
noise. The non-linear recovery scheme can be formulated by the following minimization
problem [15]:

min ‖Ψx‖1 , such that ‖Fux− d‖2 < τ. (2.10)

The linear operator Ψ transforms the reconstructed image x from image domain to
the sparse domain. Fu stands for the undersampled FFT and d for the measured
k-space data. Data consistency is ensured by the error tolerance τ . Note that minimiz-
ing the `1-norm (‖r‖1 = ∑

i |ri|) produces sparser results than minimizing the `2-norm
(‖r‖2 = (∑i r

2
i )

1/2). However, for data consistency the `2-norm is preferred as large
errors are penalized stronger than small errors [59].

In this work, MRI of the heart is the main application. Dynamic processes are well
suited for CS as the temporal dimension offers an excellent basis for sparsifying trans-
forms. Otazo et al. [60] proposed a low-rank plus sparse (L+S) model for the recon-
struction of undersampled dynamic MRI, which decomposes the data matrix d in a
low-rank matrix L (background component) and a sparse matrix S (dynamic compo-
nent):

minL,S
1
2 ‖E(L+ S)− d‖2

2 + λL ‖L‖∗ + λS ‖TS‖1 , (2.11)

with the two regularization parameters λL and λS. A matrix exhibits a low rank,
if it can be expressed by only a few non-zero singular values. E is the multi-coil
encoding operator, which - additionally to the undersampled FFT Fu from equation
2.10 - includes coil sensitivity information. ‖L‖∗ is the nuclear norm of the matrix
L corresponding to the sum of singular values. In the case of cardiac cine imaging,
the matrix S already can have a sparse representation. However, it can be further
sparsified by an additional transform T , which e.g. performs a FFT along the temporal
dimension. In general, the minimization problem can be solved by different approaches.
An iterative soft thresholding algorithm was used in this thesis as proposed by Otazo
et al. [60].
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2. Theory

In soft thresholding, components n (complex valued) with an absolute value higher
than the threshold λ (real valued) are reduced by λ, whereas all other entries are set
to zero. This soft thresholding operator can be formulated as [60, 61]:

Tλ(n) = max(|n| − λ, 0) n
|n|
. (2.12)

Note that the complex phase remains unchanged. An alternative approach to soft
thresholding could be e.g. a non-linear conjugate gradients descent algorithm as applied
by Lustig et al. [15].

2.6 The Gradient System Transfer Function (GSTF)

The maximum gradient slew-rate Smax and gradient amplitude Gmax are two physical
quantities that characterize the limitations of spatially and temporally varying mag-
netic field strengths. The gradient systems used in this study (Smax = 200 T/m/s and
Gmax = 80 mT/m) enable rapidly oscillating magnetic field gradients in the range of
milliseconds and thus facilitate the implementation of non-linear pathways throughout
the k-space. However, non-linear k-space trajectories still play a minor role in clinical
routine. As a consequence, the scanner hardware is not entirely optimized for their
application. When e.g. a spiral readout gradient is played out by the scanner, the os-
cillating waveform is not transferred properly. Instead, imperfections of the dynamic
gradient system result in small but significant deviations of the gradient output. This
means that the sampled k-space does not match the calculated trajectory, which often
causes artifacts in spiral imaging [62–64]. These artifacts do not appear in conventional
Cartesian imaging, because the gradient errors mostly result in a shift of the Cartesian
k-space. This corresponds to an additional phase in image space, which does not affect
the magnitude representation [62]. The main source of gradient errors are magnetic
fields arising due to eddy currents, which are induced in conducting structures of the
magnet. In addition, amplifier inaccuracies, timing errors or the coupling of acoustic
and main magnetic field fluctuations lead to imperfect transfer behavior when per-
forming a MR scan [62, 65–68]. Under the assumption of a linear and time-invariant
MR gradient system, the transfer characteristics can be comprehensively described by
the Gradient System Transfer Function (GSTF) [69]. The GSTF is a complex func-
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tion that reveals the transfer behavior of magnitude and phase of a given gradient
input dependent on its frequency. This function is unique for each gradient system
and exhibits only little change over time [62, 70]. The equivalent of the GSTF in the
temporal domain is called Gradient Impulse Response Function (GIRF).
There exist different approaches to determine a GSTF, such as measurements per-
formed with a field camera [69, 71] or with a phantom [62, 70, 72–75]. The detailed
description of the approach used in this work is presented in methods Section 3.1. Af-
ter the GSTF was determined, convolution of a non-Cartesian gradient waveform with
the appropriate GSTF yielded a corrected gradient waveform, which can be utilized
for trajectory correction in post-processing. Convolution of a non-Cartesian gradient
waveform with the inverse GSTF led to the initially intended gradient output (pre-
emphasis).

2.7 Cardiovascular MRI (CMR)

The heart is responsible for sufficient oxygen supply by regularly pumping blood to
the different parts of the human body. An impairment of the cardiovascular system
can have severe health consequences, i.e. cardiovascular diseases are the main causes
of death worldwide. Coronary artery disease, cardiac arrhythmia, hypertension, car-
diomyopathy or congenital heart disease are examples of diseases that limit cardiac
function or alter heart structures [76]. It is of great importance to optimize clinical
cardiac imaging tools, because they play an essential role in the diagnosis of cardio-
vascular diseases. Ultrasound echocardiography and cardiovascular MRI (CMR) are
the two most common noninvasive imaging modalities for the evaluation of cardiac
function and morphology. Echocardiography is the method of choice for an immedi-
ate determination of cardiac chamber size and function, promoted by its availability
and portability [77, 78]. However, CMR enables a more comprehensive and profound
analysis including detailed information about the different tissues, chamber volumes
and morphology. Accurate and reproducible quantification of the different parameters
strengthen diagnosis and treatment of cardiovascular diseases, i.e. CMR represents the
gold standard for the quantification of left- and right-ventricular volumes and ejection
fraction [79–81].
Imaging moving tissue, e.g. due to respiratory or cardiac motion, constitutes a par-
ticular challenge in MRI. A typical cardiac MR examination is based on a Cartesian
GRE sequence, acquired during multiple breath holds of the patient using an electro-
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2. Theory

cardiogram (ECG)-signal for gating. This procedure is illustrated in Figure 2.5 (B)
using an ideal cardiac sinus rhythm. In healthy participants, the human heart con-
tracts approximately 70 times per minute. Conventional MR sequences are unable to
display the beating heart in real time as they need too much time for data acquisition.
In gated imaging the data is acquired along several consecutive heart beats in order
to determine one averaged cardiac cycle. In Figure 2.5 (B) this segmentation process
is explained for the simplified example of four frames that are used to depict the car-
diac cycle (represented by the four colours: blue, orange, green and red). In reality,
a frame rate of > 20 frames per second, which corresponds to a temporal resolution
of < 50 ms, is recommended to evaluate cardiac function [82, 83]. Here, the data is
acquired over a duration of four heartbeats. At unique positions within the cardiac
cycle, different portions of the k-space are sampled. After the measurement, one car-
diac frame is generated by summing up the four sub-k-spaces. In Figure 2.5 (B) this
is exemplarily shown for the blue segments. During the measurement, the recorded

Figure 2.5: The principles of cardiac real-time imaging and gated imaging are depicted
in (A) and (B), respectively. To simplify, an ideal sinus rhythm is divided
into four segments, represented by the colors blue, orange, green and red.
In (A), the data acquired in each segment needs to be sufficient to recon-
struct one frame. In (B), the acquired data of four consecutive heart beats
is summed up to receive one averaged cardiac cycle (exemplarily demon-
strated for the blue segments).
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ECG serves as a trigger signal to match the sampled data with the position of the
sinus rhythm. In addition, data always must be acquired in the same breathing state
(breath hold usually in expiration). Alternatives to using an ECG as trigger signal
are self-gating approaches [84, 85]. They use information of the k-space center (direct
current (DC) signal) measured by coils adjacent to the heart to assign the acquired
data to the cardiac motion. This can be achieved by integrating a separate ADC with-
out any encoding gradients or by taking advantage of center-out sampling schemes, in
which the k-space center is repeatedly measured at the beginning of each readout.
In contrast to gated imaging, real-time imaging aims to map each wave of the sinus
rhythm individually. This is illustrated in Figure 2.5 (A). Here, the k-space data must
be acquired sufficiently fast such that a unique image can be reconstructed for each
real-time frame. For consistency, this is again depicted for the case of Cartesian sam-
pling. To give an example, Beer et al. [86] applied spatiotemporal sensitivity encoding
to demonstrate that real-time CMR in free breathing and without ECG-triggering can
be realized with Cartesian trajectories. However, the results were limited by a compar-
atively low spatial resolution. To further increase the quality of real-time CMR, k-space
sampling schemes can be modified. Non-Cartesian trajectories represent a promising
basis to facilitate results with high spatiotemporal resolution, not only for real-time
imaging [87–92], but also for gated imaging [32, 41, 84, 85, 93–95].

Figure 2.6: Midventricular short-axis slice in end-diastole (A) and end-systole (B).
Determination of epicardial (green) and endocardial (red) borders in order
to calculate mass, volumes and ejection fraction of the left ventricle.
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To assess quantitative information of cardiac function in CMR, a stack of multiple
slices in short-axis (SAX) orientation can be acquired. Mass and volumes of the left
ventricle can be calculated by determining the epicardial and endocardial borders in
end-diastole and end-systole for all slices. This is demonstrated in Figure 2.6 (A) and
(B) for an exemplary midventricular SAX slice of a healthy volunteer. Epicardium and
endocardium are marked in green and red, respectively. End-diastolic volume (EDV )
and end-systolic volume (ESV ) are defined by the area within the endocardial border,
multiplied by the slice thickness, respectively. Subsequently, important parameters
such as stroke volume (SV ) and ejection fraction (EF) follow from [96]:

SV [ml] = EDV − ESV

EF [%] = SV

EDV
· 100.

(2.13)

Myocardial mass can be calculated by additionally evaluating the area within the
epicardial border.
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3 Methods

3.1 GSTF measurements

All measurements of this work were performed at two different MR scanners, a 3 T
and a 7 T system (MAGNETOM Prismafit and Terra, Siemens Healthcare, Erlangen,
Germany). Both scanner models are equipped with a gradient system allowing for
a maximum slew-rate of Smax = 200 T/m/s and a maximum gradient amplitude of
Gmax = 80 mT/m. Nevertheless, the scanner-specific GSTF needed to be determined
for both systems separately, but following the same procedure. A phantom-based ap-
proach was used in this project as presented e.g. in Refs. [62, 70, 73]:
A homogeneous, spherical phantom was placed in the isocenter of the MR scanner.
A series of N input gradients giin(t) (i ∈ {1, 2, ..., N}) that cover a large frequency
spectrum are played out in two slices with distance SD equidistantly from the isocen-
ter. Their phase evolutions φi1(t) and φi2(t) are measured together with reference scans
φi1,ref(t) and φi2,ref(t) that correspond to zero gradient amplitude. The true gradient out-
put giout(t) can be calculated by subtraction of the respective phases with subsequent
time derivation:

giout(t) = 1
SD · γ

· d
dt

{[
φi1(t)− φi1,ref(t)

]
−
[
φi2(t)− φi2,ref(t)

]}
, (3.1)

with the gyromagnetic ratio γ for hydrogen. With the FFT of the gradient input
Gi

in(f) = F [giin(t)] and outputGi
out(f) = F [giout(t)], the frequency dependent GSTF(f)

follows from:

GSTFk,l(f) =
∑
iG

i,k
in (f)∗ ·Gi,l

out(f)∑
i |Gi,k

in (f)|2
. (3.2)
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k and l are the input and output channels, respectively (k, l ∈ {x, y, z}). In this work,
only the GSTF self-terms (i.e. k = l) were determined and utilized for correcting
the non-Cartesian gradient waveforms. This means that the data was measured on
the same physical axis as the triangular input gradients were played out. N = 12
triangular input gradients were set up with a constant slew-rate of S = 180 T/m/s
but with varying amplitude specified by the gradient duration, which covered a range
of 100−320 µs. Further parameters of the GSTF measurements at both scanner models
are summarized in Table 3.1: dwell time (DT ), repetition time (TR), slice thickness
(ST ), slice distance (SD), flip angle (FA), signal averages (SA) and measurement time
(MT ). The longer TR and smaller ST at 7T were chosen as T1 relaxation times and
magnetic field inhomogeneity increase at higher field strengths, respectively [97]. Due
to the higher SNR at 7T, fewer SA were chosen, which additionally kept the MT
constant as compared to the 3T measurements.

GSTF measurement parameters
DT [µs] TR [s] ST [mm] SD [mm] FA [°] SA MT [h]

3T Prisma 8.7 1.0 3.0 33 90 100 4.0
7T Terra 8.7 2.0 2.0 33 90 50 4.0

Table 3.1: Parameters of the Gradient System Transfer Function (GSTF) measure-
ments, performed at the Prisma and the Terra scanner, respectively: dwell
time (DT ), repetition time (TR), slice thickness (ST ), slice distance (SD),
flip angle (FA), signal averages (SA) and measurement time (MT ).

3.2 Design of non-Cartesian k-space trajectories

3.2.1 Spiral k-space trajectories

Spiral imaging gradients were designed with a publicly available MATLAB (The-
MathWorks, Natick, MA) toolbox, which was released by Brian Hargreaves [98]. The
following input parameters can be adjusted to flexibly create any desired spiral k-
space trajectory: maximum slew-rate (Smax in [G/cm/s]), maximum gradient ampli-
tude (Gmax in [G/cm]), sampling increment (T in [s]), number of spiral interleaves
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necessary for Nyquist sampling N, FOV coefficients (Fcoeff = {F1, F2} in [cm]) and
spatial resolution (res in [mm]). For Fcoeff , two values can be set that correspond to
the FOV at the k-space center F1, which is reduced by F2 at the k-space maximum
with linearly decreasing density. In the case of F2 = 0, an Archimedean spiral with
constant density is created.

Figure 3.1: Spiral k-space trajectory design using the MATLAB toolbox of Brian
Hargreaves [98]. Trajectory as well as time courses of k-space, slew-rates
and gradients are depicted in (A), (B), (C) and (D), respectively. In (B),
(C) and (D), the contributions of the two readout dimensions (here x and
y) together with the absolute value are shown in green, red and black,
respectively. The inlay of (A) summarizes the exemplary chosen toolbox
input parameters of maximum slew-rate (Smax in [G/cm/s]), maximum
gradient amplitude (Gmax in [G/cm]), sampling increment (T in [s]), num-
ber of spiral interleaves (N ), FOV coefficients (Fcoeff in [cm]) and spatial
resolution (res in [mm]).
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In Figure 3.1 the framework is introduced for an exemplary set of input parame-
ters, which are summarized in the inlay of (A). They read: Smax = 18 000 G/cm/s ≡
180 T/m/s, Gmax = 6 G/cm ≡ 60 mT/m, T = 2 ·10−6 s, N = 32, Fcoeff = {30, -20} cm
and res = 1.2 mm. The first spiral interleave of the resulting k-space trajectory is
shown in Figure 3.1 (A) and the corresponding time courses of k-space, slew-rates and
gradients in Figure 3.1 (B), (C) and (D), respectively. The different contributions of
the two readout dimensions as well as their absolute value are presented in green, red
and black, respectively.
Due to different properties of the 3T Prisma and the 7T Terra scanner, such as
main magnetic field inhomogeneity, different spiral readout gradients are favorable for
the respective system. Therefore, two spiral k-space trajectories with variable density
were designed for phantom and in vivo studies, one for the Prisma and one for the
Terra scanner. The respective input parameters of the MATLAB toolbox introduced
above are summarized in Table 3.2. In order to mitigate off-resonance related arti-
facts, shorter readout durations are reasonable at 7T, which e.g. can be realized by
increasing the number of spiral interleaves N .

Spiral trajectory design parameters
Smax [T/m/s] Gmax [mT/m] T [µs] N Fcoeff [cm] res [mm]

3T 149.5 36.0 1.0 37 {48.2, -32.1} 1.34
7T 176.2 43.0 1.0 95 {40.9, -27.2} 1.14

Table 3.2: Input parameters of the MATLAB toolbox [98] to design spiral k-space
trajectories for the 3T Prisma and the 7T Terra system, respectively:
maximum slew-rate (Smax), maximum gradient amplitude (Gmax), sam-
pling increment (T ), number of spiral interleaves (N ), FOV coefficients
(Fcoeff = {F1, F2}) and spatial resolution (res).

The resulting undersampled k-space trajectories applied for real-time imaging at the
3T Prisma and the 7T Terra system are summarized in Figure 3.2 (A) and (B), re-
spectively. Each real-time frame was acquired withNRT equidistantly distributed spiral
interleaves, which ensured minimizing the largest gaps in the undersampled k-spaces.
Figure 3.2 (A1) and (B1) show the frame-wise k-space trajectories for the cases of
NRT = 10, and Figure 3.2 (A2) and (B2) show the readout gradient waveforms gx(t)
and gy(t) of the first spiral interleave in green and red, respectively. The golden angle
GA = (2 · π)/(

√
5 + 1) ≈ 111.25◦ was used to efficiently fill the k-space gaps between

consecutive frames. This is realized by rotation of the 2D k-space by ϕ = (2 ·GA)/NRT
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Figure 3.2: Spiral k-space trajectories used at the 3T Prisma (A) and the 7T Terra
scanner (B). (A1, B1) show the k-space coverage of one real-time frame
for the case of NRT = 10 equidistant spiral interleaves, and (A2, B2) show
the gradient waveforms of the first interleave, respectively. (A3) outlines
the total real-time sampling pattern applied at 3T (with NRT = 10). The
trajectory is rotated by ϕ ≈ 22.25◦ between the frames (orange). For clar-
ity, only the first five interleaves are shown in each of the three consecutive
frames (blue gradations).
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from frame to frame. This procedure is illustrated in Figure 3.2 (A3) for the case of
NRT = 10 (ϕ ≈ 22.25◦). For clarity, however, only the first five spiral interleaves of
each k-space are shown (1 → 5, 11 → 15 and 21 → 25). Note that this real-time
sampling pattern fixes the temporal resolution of the acquired dynamic process to
∆t = NRT · TR. Spiral real-time imaging at 7T was performed using NRT = 10 and
NRT = 20, following the same approach as presented in Figure 3.2 (A3).

3.2.2 TWIRL k-space trajectories

The theory of the TWIRL k-space trajectory was explained in Section 2.3.2. An ex-
ample, dubbed TWIRLorig, is given in Figure 3.3 (A) and (B) to illustrate the four
different stages. It corresponds to the parameters summarized in the first row of Ta-
ble 3.3: maximum slew-rate (Smax), maximum gradient amplitude (Gmax) and spatial
resolution (res). rm, p and ϑ0 are the three parameters that additionally constrain the
shape of the trajectory as defined by Equations 2.6-2.9 in Section 2.3.2.

TWIRL trajectory design parameters
Smax [T/m/s] Gmax [mT/m] res [mm] rm [µTs/m] p ϑ0 [rad]

TWIRLorig 60.0 12.0 1.39 8.4 0.40 0.085
TWIRLdip 60.0 12.0 1.39 8.4 0.30 0.345

Table 3.3: Input parameters of an exemplarily designed original TWIRLorig and the
modified TWIRLdip k-space trajectory, respectively: maximum slew-rate
(Smax), maximum gradient amplitude (Gmax) and spatial resolution (res);
rm, p and ϑ0 additionally constrain the shape of the trajectory (see Equa-
tions 2.6-2.9 of Section 2.3.2).

Figure 3.3 (A) and (B) show the first three interleaves of a golden angle sampling
pattern as well as the gradient waveforms of the first interleave with the four stages
drawn in colors of green, orange, blue and red, respectively. Similarly, the trajectory
chosen for CMR, dubbed TWIRLdip, is presented in Figure 3.3 (C) and (D), which
refers to the parameters given in the second row of Table 3.3. There, two parts of
the trajectory were modified as compared to TWIRLorig. Firstly, the time of the slice
select rephaser was used to move faster through the k-space center. This was realized
by an initial triangular gradient waveform of gx(t) as shown in Figure 3.3 (D) (stage
0 with t0, drawn in black). After t0, data acquisition started with the regular stage 1,
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Figure 3.3: The first three interleaves in golden angle sampling of an original
TWIRLorig as well as the modified TWIRLdip k-space trajectory are shown
in (A) and (C), together with the corresponding gradient waveforms of the
first interleave in (B) and (D), respectively. The four different stages of the
TWIRL trajectory are drawn in green, orange, blue and red, respectively.
In the modified TWIRLdip gradients, stage 2 (orange) was removed and a
stage 0 (black) was implemented.

which is highlighted in Figure 3.3 (C) by the zoomed-in region of the k-space cen-
ter as an inlay. This means that t0 was chosen such that each interleave samples the
k-space center in both directions. Secondly, stage 2 was omitted for the purpose of
lengthening the k-space pathway up to kmax, which ultimately decreases the k-space
voids between the interleaves (see p-values in Table 3.3, which refer to the fraction
of TWIRL interleaves necessary for Nyquist sampling compared to radial sampling).
This TWIRLdip trajectory was applied to gated CMR at the 7T Terra system. There-
fore, the readout gradients were designed with a relatively short duration in order
to mitigate off-resonance related artifacts, similar to the spiral trajectory design for
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7T (compare to Figure 3.2 B2). For gated imaging a golden angle sampling pattern
with an angle increment of θ = 2 · GA ≈ 222.5◦ was utilized (with the golden angle
GA = (2 · π)/(

√
5 + 1) ≈ 111.25◦).

3.3 Trajectory correction using the GSTF

After the introduction of the GSTF measurements and the design of the desired non-
Cartesian readout gradient waveforms, the applied trajectory correction technique will
be explained. The GSTF characterizes the frequency dependent transfer behavior of
the MR scanner’s gradient system. This information can be utilized in two different
approaches, which both result in matching the sampled k-space locations with the
trajectory used for image reconstruction. The first option is to exploit the GSTF in
the reconstruction step, in which the k-space trajectory is calculated. In this case, the
GSTF correction is done after the data was acquired, which is why it is referred to
as post-correction in the following. In the second approach, called pre-emphasis, the
inverse of the GSTF is used to compensate gradient errors prior to playing out the
gradient waveforms. In the first part of this project, the goal was to implement a GSTF
pre-emphasis for a two-dimensional (2D) spoiled GRE sequence, which automatically
corrects arbitrary non-Cartesian input gradients for double-oblique MRI.
For this, the three inverted GSTF self-terms (GSTFk,k, with k ∈ {x, y, z}) and the two
previously created non-Cartesian readout gradients g1(t) and g2(t) were written into
the pulse sequence code. The orientation of an arbitrary slice was encoded within a
rotation matrix R1, which projected g1(t) and g2(t) on the physical x-, y- and z-axis. A
second rotation matrix R2 carried the spatial information of the current readout step,
which served the purpose of filling the 2D k-space. Ultimately, the respective spatial
contributions gk(t) resulted from:


gx(t)

gy(t)

gz(t)

 = R1 ·R2 ·


g1(t)

g2(t)

0

 (3.3)

Subsequently, the contributions gk(t) were Fourier-transformed to the temporal fre-
quency domain and multiplied with the inverse GSTF of the corresponding dimension.
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3.4. Phantom measurements

Inverse Fourier transform back to time domain yielded the pre-emphasized gradient
waveforms gpre

k (t). This way, the originally intended waveforms were played out by
the dynamic gradient system and image reconstruction could be performed with the
nominal k-space trajectory. In post-correction, the contributions gk(t) were played out
without further processing, and the correct k-space trajectory resulted from convolu-
tion with the original GSTFs during image reconstruction (gpost

k (t)). Both approaches
are summarized in Equation 3.4.

Pre-emphasis: gpre
k (t) = F−1{F [gk(t)] ·GSTF−1

k,k(f)}
Post-correction: gpost

k (t) = F−1{F [gk(t)] ·GSTFk,k(f)}.
(3.4)

Note that inversion of the GSTF magnitude was only performed for the frequency
range of interest, i.e. < 12.2 kHz. This cutoff frequency was chosen in accordance
with the frequency spectrum of the non-Cartesian readout gradients. Curve fitting
of the original GSTF magnitude served as decaying function for frequencies larger
than 12.2 kHz. Without this cutoff, inversion would lead to large gain factors at high
frequencies. In addition to trajectory correction using the GSTF, the artifact power
in the resulting images was evaluated using global delays only and the performances
of both were compared to each other.

3.4 Phantom measurements

In addition to the GSTF measurements presented in Section 3.1, further measure-
ments were performed using either a homogeneous, spherical phantom or a phantom
with structures of different sizes. The purpose of all phantom measurements sum-
marized in this section was the initial validation of the applied trajectory correction
methods before they were transferred to in vivo imaging. A 16-channel head coil ar-
ray was used for phantom measurements performed at the 3T Prisma system and a
single-channel tune-up coil for those at the 7T Terra system.
One way to demonstrate the success of the proposed trajectory correction method us-
ing the GSTF is to measure the actual output of a pre-emphasized gradient waveform
and compare it to the originally intended, theoretical waveform. For this measure-
ment, a 1D phase encoder followed by the particular gradient waveform of interest
was played out on one gradient axis in one slice in a spherical phantom. FFT along
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the phase encoding dimension yielded the spatially encoded signal evolution of each
readout, i.e. the phase encoder replaced the need of measuring multiple slices. Sub-
sequently, the signal’s phase of each readout was unwrapped. The phase values as a
function of phase encoding steps exhibited a linear dependency for each readout point.
Linear fits were created and their slopes yielded the respective k-space values. Differ-
entiation and normalization by including the dwell time and the voxel size resulted in
the correct gradient output. In order to increase SNR, the measurement was repeated
50 times.

Secondly, phantom measurements were done to investigate the performance of the au-
tomatic GSTF pre-emphasis. For this, data in transversal, coronal as well as in double-
oblique slice orientations were acquired with both, the nominal and the pre-emphasized
gradient waveforms. The corresponding imaging parameters of the measurements per-
formed with the spiral k-space trajectories presented in Section 3.2.1 are summarized
in Table 3.4: echo time (TE), repetition time (TR), dwell time (DT ), number of spi-
ral interleaves (Nint), number of sampling points per spiral interleave (NSP), readout
duration (RoD), flip angle (FA) and slice thickness (ST ). An exemplary spoiled GRE
pulse sequence diagram using the spiral readout gradients presented in Figure 3.2 (A2)
is depicted in Figure 3.4. Here, the example of a transversal slice orientation is shown,
which means that the slice selective gradient and the spoiler are played out on the
z-axis and the two spiral readout gradients on the x- and y-axis, respectively.

Spiral phantom and in vivo imaging parameters
TE [ms] TR [ms] DT [µs] Nint NSP RoD [ms] FA [°] ST [mm]

3T 0.84 4.96 2.20 704 1408 3.10 15 8.0
7T 0.84 3.20 2.50 256 512 1.30 25 6.0

Table 3.4: Imaging parameters of the phantom measurements performed with the spi-
ral k-space trajectories presented in Section 3.2.1: echo time (TE), rep-
etition time (TR), dwell time (DT ), number of spiral interleaves (Nint),
number of sampling points per spiral interleave (NSP), readout duration
(RoD), flip angle (FA) and slice thickness (ST ).
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3.5. In vivo measurements

Figure 3.4: Exemplary pulse sequence diagram applying the spiral readout gradients
presented in Figure 3.2 (A2) for a transversal slice orientation as used in
both, phantom and in vivo experiments.

3.5 In vivo measurements

3.5.1 3T Prisma scanner

All in vivo measurements performed at the 3T Prisma scanner were approved by the
local ethics committee and written informed consent was obtained from each partic-
ipant. Cardiac imaging was done with an 18-channel body coil array together with
a 16-channel spine coil array. A vendor-provided cardiac shim was applied for B0-
shimming of the examined volumes. The conducted study compared spiral real-time
CMR with the gold standard of conventional Cartesian CMR using an ECG-gated
GRE sequence. Throughout the thesis, the developed spiral imaging framework will
be referred to as CRISPI (Cardiac Real-time Imaging using a SPIral k-space trajec-
tory). The spiral measurements were performed with the sampling pattern described
in Figure 3.2 (A3) and the imaging parameters coincide with those of the phantom
measurements presented in the first row of Table 3.4. In general, the same spiral GRE
sequence was used for phantom and in vivo imaging, following the exemplary pulse
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sequence diagram shown in Figure 3.4. NRT = 10 equidistant interleaves formed one
real-time frame resulting in a temporal resolution of ∆t = 49.6ms. This k-space cover-
age led to a minimum sampling density at kmax that corresponded to a minimum field
of view of FOVmin = 44mm. In total, the following protocol was applied to 7 healthy
participants and 2 patients suffering from cardiac disease:

1) Spiral acquisitions of a midventricular short-axis (SAX) slice with and without
pre-emphasis. Both measurements were performed in breath hold with a duration
of 3.5 seconds, respectively, with the aim of evaluating the in vivo performance
of the GSTF trajectory correction.

2) Spiral acquisitions of the whole heart in SAX orientation covering a stack of
10 − 14 slices from base to apex, depending on the size of the heart. Here, the
spiral pre-emphasis was applied in all cases, and the whole stack was acquired
in breath hold (3.5 seconds each slice) as well as in free breathing (total imaging
time: 35 − 49 seconds). Therefore, irregularities that refer only to breathing
motion could be traced.

3) Cartesian acquisitions of the same SAX stack using an ECG-gated spoiled GRE
sequence in breath hold as a reference technique. The corresponding imaging
parameters that were adjusted individually dependent on the subject size are
summarized in Table 3.5: echo time (TE), repetition time (TR), field of view

In vivo imaging parameters of the Cartesian reference
TE [ms] 2.29− 2.41 IM 208× 163
TR [ms] 4.57− 4.80 RoD [ms] 1.41

FOV [mm2] (280− 360)× (229− 294) FA [°] 15
res [mm2] (1.35− 1.73)× (1.41− 1.80) ST [mm] 8.0
∆ t [ms] 27.42− 50.82 T-GRAPPA 2
DT [µs] 3.4

Table 3.5: In vivo imaging parameters of the ECG-gated Cartesian GRE sequence used
as a reference technique in the CRISPI study: echo time (TE), repetition
time (TR), field of view (FOV ), spatial resolution (res), temporal resolution
(∆ t), dwell time (DT ), image matrix (IM), readout duration (RoD), flip
angle (FA), slice thickness (ST ) and the T-GRAPPA acceleration factor.

34



3.5. In vivo measurements

(FOV ), spatial resolution (res), temporal resolution (∆ t), dwell time (DT ),
image matrix (IM), readout duration (RoD), flip angle (FA), slice thickness
(ST ) and the T-GRAPPA acceleration factor.

3.5.2 7T Terra scanner

Human in vivo measurements performed at the 7T Terra scanner were approved
by the local ethics committee and written informed consent was obtained from the
healthy participant. The acquisitions were done using a 16-channel body coil array
(MRI.TOOLS GmbH, Berlin, Germany). A vendor-provided brain shim was applied
for B0-shimming of the examined volumes.
One healthy participant was measured with the TWIRLdip k-space trajectory as pre-
sented in Figure 3.3 (C) and self-gated CMR was performed using the golden angle
sampling pattern. One midventricular SAX slice was acquired during a breath hold of
9.2 seconds. Similar to the 3T experiments, the measurement was done with and with-
out GSTF pre-emphasis. The following imaging parameters were used: TE = 0.9ms,
TR = 3.0ms, DT = 2.5 µs, number of TWIRL interleaves Nint = 3072, number of
sampling points per TWIRL interleave NSP = 512, RoD = 1.28ms, FA = 22 ° and
ST = 6.0mm.

In addition, in vivo experiments were done in a pig, which were covered by an an-
imal experiment application (reference number: 55.2.2-2532.2-1134-16). The pig was
anesthetized with isoflurane and fentanyl analgesia, and artificial ventilation was con-
trolled by a trained veterinarian using an MR-compatible ventilator (Draeger, Ger-
many). Additionally, the veterinarian supervised heart rate, ventilation parameters,
oxygen saturation as well as rectal temperature. Here, the acquisitions were done with
a 16-channel coil array built in-house by Ibrahim Elabyad [99–101]. Again, a vendor-
provided brain shim was adjusted to the whole cardiac volume.
Cardiac real-time imaging in free breathing was performed in a midventricular SAX
slice using the spiral gradients presented in Figure 3.2 (B2). The number of spiral
interleaves in each real-time frame was set to NRT = 10 and NRT = 20. This yielded
temporal resolutions of ∆t = 32ms and ∆t = 64ms, and the minimum sampling
densities at kmax corresponded to minimum field of views of FOVmin = 14mm and
FOVmin = 29mm, respectively. Spiral in vivo imaging parameters matched those of
the phantom measurements as summarized in the second row of Table 3.4. However,
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the number of spiral interleaves was multiplied by a factor of 4 to Nint = 1024 in order
to increase the measurement time. Again, the measurements were performed with and
without GSTF pre-emphasis.

3.6 Image reconstruction of non-Cartesian data

In this work, all non-Cartesian measurements were reconstructed offline using MAT-
LAB. In a first step, the k-space data were transferred to a Cartesian grid (see Section
2.4). For measurements performed with a single channel coil, convolution gridding was
used. In contrast, data acquired with a multi-coil receive element were gridded using
the GROG formalism. The non-Cartesian k-space source points were determined us-
ing the nominal readout gradients as implemented in the pulse sequence code. Here,
no additional low-resolution Cartesian ACS calibration scan was performed. Instead,
a fully sampled Cartesian k-space was obtained by applying convolution gridding to
a temporally averaged dataset. With this, the GRAPPA operators were calibrated.
Subsequently, these operators were used to shift the non-Cartesian sampling points
towards their nearest Cartesian grid position. Depending on static phantom or dy-
namic in vivo data, the non-Cartesian source points belong to a fully sampled or an
undersampled k-space.
The low rank plus sparse CS model of Otazo et al. [60] (see Equation 2.11 in Section
2.5) was employed to fill missing voids in undersampled k-spaces. In all cases, FFT
to the temporal frequency domain was applied as the additional sparsifying transform
T. The number of iterations Nit as well as the two regularization parameters λL and
λS were chosen empirically and read: Nit = 70, λL = 0.01 with λS set to 5% of the
maximum value in the sparse domain. These parameters were kept constant for all re-
constructions of undersampled cardiac data at 3T and 7T. A maximum acceleration
factor Rmax of the applied undersampled acquisitions can be calculated by the ratio of
the maximum void in the undersampled k-space to the distance between two neigh-
boring k-space positions of the underlying Cartesian grid chosen for the reconstruction
framework. For the spiral real-time acquisitions with NRT = 10 at 3T, Rmax yielded a
value of Rmax = 15.6. In the cases of spiral real-time imaging at 7T using NRT = 10
and NRT = 20, Rmax was calculated to Rmax = 30.4 and Rmax = 15.2, respectively.
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3.7 Quantification of cardiac functional parameters

The study introduced in Subsection 3.5.1 compared spiral real-time CMR (CRISPI)
in breath hold and free breathing with the gold standard of conventional Cartesian
cine imaging using ECG-gating in breath hold at 3T. To comprehensively charac-
terize the different techniques, quantitative cardiac functional parameters must be
evaluated. Therefore, end-diastolic volume (EDV), end-systolic volume (ESV), stroke
volume (SV) and ejection fraction (EF) of the left ventricle were determined for the
three SAX stacks for all participants and patients. The data was evaluated by a trained
operator (4 years of experience in CMR) following the approach presented in Section
2.7 (see e.g. Equation 2.13). The assessment of the endocardial border was done using
a dedicated cardiovascular imaging software (Circle Cardiovascular Imaging Inc., Cal-
gary, Canada). To test for significant differences between the quantitative parameters
of the different methods, a Wilcoxon signed-rank test was additionally conducted.
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4 Results

4.1 Phantom and in vivo results at 3T

Many results presented in this section were published as a journal article in Magnetic
Resonance in Medicine by the author of this dissertation and colleagues (see Ref.
[102]). Following the signed "Attribution-NonCommercial 4.0 International" license
agreement CC BY-NC 4.0, the author is allowed to include the published figures from
that article into this dissertation. In these cases, the article will be cited at the end of
each corresponding figure caption, respectively, together with an indication if changes
were made.

4.1.1 The GSTF

The magnitude and phase of the determined GSTF of the 3T Prisma scanner are
depicted in Figure 4.1 (A) and (B), and the self-terms of the x-, y- and z-axis are
drawn in colors of red, blue and green, respectively. The course of the magnitude
represents typical low-pass behavior as the transmission decreases with increasing
frequency. In general, the transfer characteristics of the x- and y-axis appear to be
quite similar. In contrast, the GSTF self-term of the z-axis deviates from those of the
two other axes. Furthermore, it is remarkable that the GSTF magnitude of the z-axis
is greater than that of the x- and y-axis for all frequencies, respectively. It even exceeds
the transmission value of 1 in the low frequency range. At certain input frequencies,
the hardware components of the MR scanner resonate, which presents itself as small
fluctuations in the shape of the GSTF self-terms. Exemplarily, resonance frequencies
at around 1.7 kHz and 4.0 kHz are emphasized in the inlay of Figure 4.1 (A). The shape
of the GSTF phase is approximately linear in the case of the x- and y-axis, however,
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Figure 4.1: Magnitude (A) and phase (B) of the measured Gradient System Transfer
Function (GSTF) at 3T. The self-terms of the three physical dimensions
x, y and z are depicted in red, blue and green, respectively, together with
scanner-specific resonances (inlay of A). (C) and (D) show the magnitude
of one of the spiral readout gradients in the frequency domain and the
inverted GSTF magnitude applied to the automatic pre-emphasis, respec-
tively. (from Eirich et al. [102], modified)

it is rather undulating in the case of the z-axis. The frequency spectrum of one of
the applied spiral readout gradients (for comparison see Figure 3.2 A2) is shown in
Figure 4.1 (C). In this example, the main contributions of the spiral waveform lie in the
frequency range of less than 5 kHz. Knowing the shape of the spiral frequency spectrum
is a key prerequisite for a successful pre-emphasis as a cutoff frequency should be
implemented when inverting the GSTF magnitude. Here, the cutoff frequency was set
to 12.2 kHz, which ensures to invert also the small contributions in the frequency range
higher than 5 kHz. The resulting inverse GSTF magnitude, following the description
of Section 3.3, is presented in Figure 4.1 (D).
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4.1.2 Phantom results

The comparison of measured gradient output waveforms with the input waveforms
is depicted for both spiral readout gradients in Figure 4.2 (A1) and (B1), respec-
tively. To highlight the differences of the gradient waveforms, a zoomed-in image of
the area with maximum amplitude is presented in both cases (see Figure 4.2 A2
and B2). The pre-emphasized, nominal as well as the measured waveforms with and
without pre-emphasis are shown in colors of blue, black, green and orange, respec-
tively. The intended gradient waveforms were transferred by the scanner (green curves
match dashed black curves) when playing out the waveforms that were generated by
the automatic GSTF pre-emphasis (blue curves). However, if the scanner applied the
waveforms without trajectory correction (dashed black curves), the true output devi-
ated from the actually intended waveforms (orange curves).

Figure 4.2: (A1) and (B1) compare the pre-emphasized, nominal and measured gra-
dient waveforms (with and without pre-emphasis) for both spiral readout
gradients in blue, black, green and orange, respectively. (A2) and (B2) show
zoomed-in views of the regions with maximum amplitude. (from Eirich et
al. [102], modified)

40



4.1. Phantom and in vivo results at 3T

Figure 4.3 demonstrates the performance of the GSTF pre-emphasis on a structural
phantom for transversal (A) as well as a double-oblique slice orientation (B). In favor
of a better comparison, a similar slice of the phantom was chosen for both orientations.
Hence the phantom was rotated in the setup of the double-oblique experiment, and the
perpendicular slice orientation yielded the images shown in Figure 4.3 (B). Further-
more, the nominal k-space trajectory was used for image reconstruction in all cases.
The resulting image quality when playing out the uncorrected gradient waveforms is
shown in Figure 4.3 (A1) and (B1), respectively. Typical artifacts that correspond to
k-space sampling errors, such as ghosting artifacts or signal pile-ups and voids, are
present in both images. They could be mitigated by applying the pre-emphasized gra-
dient waveforms as can be seen in Figure 4.3 (A2) and (B2), respectively. Line profiles
that correspond to the orange line were added in Figure 4.3 to support the analysis.
As a result, corrupted signal intensities inside phantom structures together with signal
dropouts at phantom edges are present in Figure 4.3 (A1) and (B1), which could be
reduced in Figure 4.3 (A2) and (B2).

Figure 4.3: Transversal (A) and double-oblique (B) slice orientation of a structural
phantom, measured without (A1, B1) and with (A2, B2) GSTF pre-
emphasis, respectively. The line profiles correspond to the orange line in
the phantom images. (from Eirich et al. [102])
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In addition, the structural phantom was used to compare the artifact power of k-
space trajectory correction using the comprehensive GSTF pre-emphasis with using
global delays only. This comparison is summarized in Figure 4.4, for the case of the
double-oblique slice measurement. The acquisitions without and with pre-emphasis,
reconstructed with the nominal k-space trajectory, are shown in Figure 4.4 (A) and (D),
respectively. To include efficient time delays into image reconstruction, the nominal
trajectory was shifted in time by values that minimize the delay effect at a certain
gradient axis, i.e. time delays of 7.70 µs and 11.3 µs for the x- and z-axis, respectively.
In both cases, the delays were chosen to be identical for all three dimensions. The
corresponding phantom images are presented in Figure 4.4 (B) and (C), respectively.
They show that time delays also improve the overall image quality. However, the high
image quality obtained by the GSTF pre-emphasis could not be achieved, because
image artifacts were still present (emphasized by orange arrows).

Figure 4.4: Comparison of the different trajectory correction techniques applied to a
structural phantom in double-oblique slice orientation. (A) and (D) show
the measurements without and with GSTF pre-emphasis, reconstructed
with the nominal trajectory. The images in (B) and (C) correspond to
the measurement without pre-emphasis, but were reconstructed using op-
timized time delays of 7.70 µs and 11.3 µs, respectively. The orange arrows
emphasize remaining artifacts when using the delay compensation. (from
Eirich et al. [102])
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4.1.3 CMR in healthy participants

In this subsection, the spiral in vivo results are summarized that were gathered by
performing the CMR measurements in healthy volunteers using the CRISPI sequence.
Firstly, the impact of the GSTF pre-emphasis on in vivo imaging is demonstrated
(Figure 4.5 A). As an example, a midventricular SAX slice of one healthy volunteer
without and with pre-emphasis is shown in Figure 4.5 (A1) and (A2), respectively.
To draw the attention to trajectory errors, a fully sampled and temporally averaged
dataset was used (704 spiral interleaves), which was acquired in breath hold. Image
reconstruction was performed using the nominal k-space trajectory. When comparing
to the phantom results of Figure 4.3, similar shading artifacts appear in the CMR re-
constructions when using no trajectory correction (Figure 4.5 A1). Again, the applied
pre-emphasis mitigates those artifacts and greatly improves the image quality (Figure
4.5 A2). In addition, the same dataset was chosen to evaluate the influence of the
compressed sensing (CS) reconstruction pipeline. For this, an exemplary end-diastolic
real-time frame reconstructed without and with CS is depicted in Figure 4.5 (B1) and
(B2), respectively. Due to the undersampled 2D k-spaces that were chosen for the
real-time frames, incoherent aliasing compromises the image quality (Figure 4.5 B1).

Figure 4.5: Midventricular SAX slice of a healthy volunteer, measured in breath hold
without (A1) and with (A2) GSTF pre-emphasis, and reconstructed with
704 temporally averaged spiral interleaves. (B1) and (B2) show a real-time
frame in end-diastole, which was reconstructed without (B1) and with (B2)
compressed sensing (CS), respectively. (from Eirich et al. [102])
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However, applying the low-rank plus sparse CS model successfully filled the missing
k-space voids, which ultimately removes the aliasing (Figure 4.5 B2).
To verify that the automatic pre-emphasis works for arbitrary slice orientations, end-
diastolic real-time frames acquired in 4-Chamber and SAX view are shown in Figure
4.6 (A) and (B), respectively. Again, measurements without and with GSTF pre-
emphasis were performed and reconstructed with the nominal k-space trajectory. This
yielded the images shown in Figure 4.6 (A1, B1) and (A2, B2), respectively. Addi-

Figure 4.6: End-diastolic real-time frames in 4-Chamber (A) and SAX view (B) of
a healthy volunteer, acquired in free breathing. (A1, B1) and (A2, B2)
correspond to the measurements without and with GSTF pre-emphasis,
both reconstructed with the nominal trajectory. (A3) and (B3) are the
reconstructed images that refer to using the GSTF in post-processing.
(from Eirich et al. [102])
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tionally, applying the GSTF in post-processing during image reconstruction resulted
in the images presented in Figure 4.6 (A3) and (B3). Image artifacts due to k-space
misregistrations are visible using no trajectory correction, which could be improved
by using both the pre-emphasis as well as the post-correction. Both trajectory cor-
rection methods resulted in high-quality 4-Chamber images as well as SAX images.
However, note that the images of Figure 4.6 (A2, B2) and (A3, B3) not necessarily
show the identical slice, because they belong to two different measurements performed
in free breathing. To present the time dynamics of the CRISPI results, 20 real-time
frames that correspond to one R-R interval are depicted in Figure 4.7. They refer to
a measurement in midventicular SAX orientation of a healthy volunteer, which was
performed in free breathing. The image order from top left towards bottom right shows
the frames between end-diastole 1 and end-diastole 2. The end-systolic cardiac phase
is emphasized by a dashed blue box in frame 10. The green and orange line marks the
diaphragm-lung interface from end-diastole 1 and end-diastole 2, respectively, which
indicates the present breathing motion.

Figure 4.7: Real-time CRISPI image series of a midventricular SAX slice, acquired in
a healthy volunteer in free breathing. One R-R interval is represented by
20 time frames, from end-diastole 1 (top left) to end-diastole 2 (bottom
right). The end-systolic frame is highlighted with a dashed blue box and the
green and orange lines mark the diaphragm-lung interface due to breathing
motion. (from Eirich et al. [102])

45



4. Results

Figure 4.8 finally compares the developed spiral real-time CRISPI sequence with the
reference technique of conventional ECG-gated cine imaging using Cartesian readouts.
The gated reference is summarized in the left column, and the CRISPI results in breath
hold (BH) as well as in free breathing (FB) in the middle and right column, respec-
tively. End-systole and end-diastole of three exemplary SAX slices are presented for
all three cases. Similar image quality could be observed using the different sequences.
The CRISPI images reveal some blurring artifacts caused by off-resonance effects,
especially in parts that contain fat tissue. However, they do not impair the image
quality in the region of the heart, to which the shim was adjusted. In addition, x-t
diagrams were included in Figure 4.8 to support the analysis. They correspond to the
orange line drawn in the respective diastole frame of the second slice. A time interval
is shown, in which twice the R-R interval of the gated reference matches the time of 45
real-time frames of the CRISPI sequence. Figure 4.7 and particularly the x-t diagrams

Figure 4.8: Three exemplary SAX slices of a healthy volunteer, acquired with the gated
reference (left column) and the CRISPI sequence in breath hold (BH, mid-
dle column) and free breathing (FB, right column). End-systolic and end-
diastolic frames are shown, respectively, with a x-t diagram refering to the
orange line of slice 2. (from Eirich et al. [102])
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shown in Figure 4.8 reveal that the temporal resolution of < 50ms of the prepared
CRSPI sequence is sufficient to successfully preserve the cardiac dynamics. At most,
the blood-myocardium contrast is a little higher in the case of the gated reference.

4.1.4 CMR in patients

In this subsection, the resulting images of two patients examined by the different tech-
niques are presented. Following the structure of Figure 4.8, the gated reference and
the CRISPI images in breath hold (BH) as well as free breathing (FB) are summarized
in the left, middle and right column of Figure 4.9. Both patients (Figure 4.9 A and B)
suffered from heart failure with reduced ejection fraction, but one of them also exhib-

Figure 4.9: Comparison of the gated reference (left column) with the CRISPI images
in breath hold (BH, middle column) and free breathing (FB, right column),
acquired in two patients with cardiac disease (A and B), respectively. End-
systolic and end-diastolic images are shown in all cases, together with x-t
diagrams that refer to the orange line in the respective diastolic frame.
(from Eirich et al. [102])
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ited ventricular arrhythmia with complex premature contractions (A). X-t diagrams
were included for both patients at the orange line drawn into the diastolic frame, re-
spectively. The depicted time interval in Figure 4.9 (A) equals 2.2 seconds, whereas in
the case of Figure 4.9 (B) three times the R-R interval of the gated reference matches
43 real-time frames of the CRISPI sequence.
The ECG-gated reference technique depends on a regular heartbeat for proper assign-
ment of the acquired data to the correct cardiac phase. Irregularities in the heartbeat
can impair this method and eventually lead to a falsified data sorting. This happened
in the case of the arrhythmic patient shown in Figure 4.9 (A) and resulted in a spa-
tiotemporally blurred image series. This can be seen in the x-t diagram of the gated
reference in Figure 4.9 (A). Thus, the determination of end-systole and end-diastole
was hampered, which finally can complicate clinical diagnostics. In contrast, the real-
time CRISPI imaging technique was able to resolve the arrhythmic cardiac dynamics.
The differences between the two CRISPI x-t diagrams in Figure 4.9 (A) are related
to large breathing motion. It should be also mentioned that this patient experienced
problems holding the breath, which can additionally complicate gated imaging. In the
case of the patient presented in Figure 4.9 (B) (no arrhythmia), the different tech-
niques in turn produced comparable results. Besides, the images already indicate a
comparatively large left ventricle, which will be quantified in the next subsection.

4.1.5 Quantitative analysis of cardiac functional parameters

To comprehensively compare the gated reference with the CRISPI technique, the eval-
uation of quantitative cardiac functional parameters is necessary. For this reason, end-
diastolic volume (EDV ), end-systolic volume (ESV ), stroke volume (SV ) and ejection
fraction (EF ) were determined for the different methods, and are summarized in Fig-
ure 4.10 (A), (B), (C) and (D), respectively. The results of the gated reference and
that of the CRISPI sequence in breath hold (BH) as well as free breathing (FB) are
presented for all healthy participants (V1-V7) and patients (P1 and P2) in colors of
blue, red and yellow, respectively. Moreover, all reference parameters were subtracted
from the respective CRISPI parameters in breath hold and free breathing, and the
mean differences with standard deviation (SD) were calculated (see Table 4.1). Fig-
ure 4.10 and Table 4.1 reveal that the values for all parameters are in good agreement
with each other.
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4.1. Phantom and in vivo results at 3T

Figure 4.10: Cardiac functional parameters of end-diastolic volume (EDV ), end-
systolic volume (ESV ), stroke volume (SV ) and ejection fraction (EF ) of
the healthy volunteers (V1-V7) and the patients (P1 and P2). The values
for the gated reference and the CRISPI acquisitions in breath hold (BH)
and free breathing (FB) are shown in blue, red and yellow, respectively.
(from Eirich et al. [102], modified)

CRISPI vs. reference: mean differences with SD
EDV [ml] ESV [ml] SV [ml] EF [%]

Breath hold −9.71± 9.03 −1.94± 6.21 −7.61± 8.68 −1.81± 3.02
Free breathing −8.29± 9.51 0.43± 4.13 −9.29± 11.38 −2.05± 2.58

Table 4.1: Mean differences with standard deviation (SD) after subtracting EDV ,
ESV , SV and EF of the gated reference from those of the CRISPI tech-
nique, for both breath hold (first row) and free breathing (second row).

Only in the case of P2 the values for the SV differ between the gated reference and the
two CRISPI acquisitions. This could be related to the large left ventricle as already
observed in Figure 4.9 (B), which furthermore causes the comparatively high values of
EDV and ESV . The determined absolute values of EDV , ESV , SV and EF of the
healthy participants match those of typical left-ventricular parameters presented in
the literature [103]. Furthermore, the values of EF of the healthy volunteers represent
normal cardiac pump function, while those of the patients represent moderately up to
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severely abnormal cardiac pump function [77]. Lastly, a Wilcoxon signed-rank test was
performed to test for statistical differences at the 5% significance level between the
reference and the CRISPI method. For this, the arrhythmic patient was excluded. The
test failed at rejecting the null hypothesis for ESV and EF , however, the null hypoth-
esis was rejected for EDV and SV . The statistical test did not yield any significant
differences for the separate CRISPI acquisitions in breath hold and free breathing.

4.2 Phantom and in vivo results at 7T

4.2.1 The GSTF

The results gathered from the measurements at the 7T Terra system are presented
in the following, beginning with the Gradient System Transfer Function (GSTF). The
determined GSTF at 7T is shown in Figure 4.11 and follows the presentation format
of Figure 4.1 (GSTF at 3T). The magnitude and phase of the GSTF self-terms can
be seen in Figure 4.11 (A) and (B), respectively. One of the applied spiral readout
gradients in frequency domain is displayed in Figure 4.11 (C) (see Figure 3.2 (B2) for
temporal domain) and the inverted GSTF magnitude as used for the pre-emphasis in
Figure 4.11 (D). The contributions of the x-, y- and z-axis are shown in colors of red,
blue and green, respectively. Similar to the GSTF magnitude at 3T, the 7T scanner
exhibits low-pass behavior as the transmission decreases with increasing frequency.
Also, the magnitude of the z-axis exceeds that of the x- and y- axis for all frequencies.
However, the detailed shape is scanner-specific as can be seen e.g. at the resonances
that are highlighted as an inlay in Figure 4.11 (A). Comparatively large fluctuations
were observed between 1 − 2 kHz. The GSTF phase demonstrated approximately a
linear shape in all spatial dimensions (note the undulating phase of the z-axis at 3T).
The dominant contributions of the spiral readout gradient presented in Figure 4.11 (C)
again lie in the low-frequency spectrum, which was covered by the frequency range of
the inverted GSTF magnitude determined by the cutoff frequency of 12.2 kHz (Figure
4.11 D).
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4.2. Phantom and in vivo results at 7T

Figure 4.11: Magnitude (A) and phase (B) of the measured Gradient System Transfer
Function (GSTF) at 7T. The self-terms of the three physical dimensions
x, y and z are depicted in red, blue and green, respectively, together with
scanner-specific resonances (inlay of A). (C) and (D) show the magnitude
of one of the spiral readout gradients in the frequency domain and the
inverted GSTF magnitude applied to the automatic pre-emphasis, respec-
tively.

4.2.2 Phantom results

In this subsection, the results of the phantom measurements performed at 7T are
summarized. To validate the applied pre-emphasis, the gradient output was measured
and compared with the input. This is shown in Figure 4.12 (A1) and (B1) for both
readout gradients that were used for the spiral 7T acquisitions. Additionally, a de-
tailed view of a local minimum is included for both gradients (Figure 4.12 A2 and
B2). The pre-emphasized, nominal and measured waveforms (with and without pre-
emphasis) are drawn in blue, black, green and orange, respectively. By playing out
the pre-emphasized waveforms (blue curves), the scanner transmitted the originally
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Figure 4.12: (A1) and (B1) compare the pre-emphasized, nominal and measured gra-
dient waveforms (with and without pre-emphasis) for both spiral readout
gradients in blue, black, green and orange, respectively. (A2) and (B2)
show zoomed-in views of a local minimum.

intended waveforms (green curves match dashed black curves). However, a falsified
output was transmitted (orange curves) in the case of playing out the gradients with-
out GSTF pre-emphasis (dashed black curves).
Secondly, the GSTF pre-emphasis was applied to static measurements of a homo-
geneous, spherical phantom. For this, spiral imaging was performed with the pre-
emphasized and nominal gradient waveforms as shown in Figure 4.12. The nominal
k-space trajectory was used for image reconstruction. The resulting fully sampled im-
ages in transversal and coronal slice orientation are shown in Figure 4.13 (A) and (B),
respectively. Figure 4.13 (A1, B1) correspond to the acquisitions without pre-emphasis
and Figure 4.13 (A2, B2) to those with applied pre-emphasis. Line profiles shown in
the second row of Figure 4.13 refer to the orange line drawn into the phantom im-
ages. When no trajectory correction is used, ghosting artifacts and signal pile-ups and
voids are visible especially at the phantom border. However, when playing out the
pre-emphasized gradient waveforms, the image quality increases as k-space sampling
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4.2. Phantom and in vivo results at 7T

Figure 4.13: Transversal (A) and coronal (B) slice orientation of a spherical phantom,
measured without (A1, B1) and with (A2, B2) GSTF pre-emphasis, re-
spectively. The line profiles correspond to the orange line in the phantom
images. B1-inhomogeneity artifacts are exemplarily highlighted by orange
arrows.

errors are mitigated. The line profiles support this observation. Without pre-emphasis,
the pile-ups and voids present themselves as signal peaks at the phantom borders, and
signal intensities appear to be impaired within the phantom. Both could be improved
when applying the GSTF pre-emphasis. Lastly, image artifacts corresponding to B1-
inhomogeneities are exemplarily emphasized in Figure 4.13 (A1) by orange arrows. In
these regions, destructive interference led to impaired signal intensity, which appears
as darker areas in the images.

4.2.3 Gated CMR in human using a TWIRL k-space trajectory

In this subsection, the results of gated CMR are presented, which were acquired in a
healthy participant with the golden angle TWIRLdip trajectory presented in Figure 3.3
(C). Sorting of data into the different cardiac segments was conducted using self-gating
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by means of the k-space center signal of one coil element located close to the heart. The
signal intensity over time is plotted in Figure 4.14 (A) and resulted from singular value
decomposition with subsequent Savitzky-Golay filtering of the raw data. The duration

Figure 4.14: (A): K-space center signal of a coil adjacent to the heart that was used for
self-gating. The duration of one R-R interval is emphasized by dashed red
lines. The two dotted blue lines (t1 and t2) mark the start and end point of
the data included into the segmentation process. (B): Performance of the
applied GSTF pre-emphasis for a temporally averaged dataset (B1) and
the gated frame in end-diastole reconstructed with compressed sensing
(B2). Artifacts that are present when using no pre-emphasis are high-
lighted by orange arrows.
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4.2. Phantom and in vivo results at 7T

of one exemplary R-R interval is marked by two dashed lines in red, which corresponds
to a heart rate of 46 min−1. Additionally, the number of TWIRL interleaves used for
segmentation (N = 2501) are enclosed by the two dotted lines in blue (marked by time
point of start t1 and end t2). Figure 4.14 (B) demonstrates the in vivo performance
of the applied GSTF pre-emphasis at 7T. Images of the measurements without and
with pre-emphasis of a fully sampled, temporally averaged dataset are depicted in
Figure 4.14 (B1). To additionally analyze the interplay of trajectory artifacts and the
compressend sensing (CS) algorithm, a gated frame reconstructed using CS is included
in Figure 4.14 (B2). These images refer to the end-diastolic cardiac segment, one of
in total 20 cardiac segments defined in the self-gating reconstruction step. In both
cases (Figure 4.14 B1 and B2), artifacts due to k-space misregistrations are present
in the images with GSTF pre-emphasis switched off (highlighted by orange arrows).
However, they could be reduced by applying the pre-emphasized gradient waveforms
instead of the nominal gradient waveforms (GSTF pre-emphasis switched on), which
improved the overall image quality. Furthermore, the end-diastolic gated frame reveals
a better contrast between myocardium and blood pool compared to the temporally
averaged image.

Secondly, the performance of the CS reconstruction pipeline was tested by increasing
the number of cardiac segments (#Seg.) in the self-gating procedure. This experiment
is outlined in Figure 4.15 for the cases of the end-systolic gated frame with #Seg. =
20− 80, which consequently affected the temporal resolution (∆t = 65− 16ms). The
corresponding images using zero filling only and the CS reconstruction are presented
in Figure 4.15 (A) and (B), respectively. To outline cardiac dynamics, twice the R-R
interval is included in (B) in terms of x-t diagrams refering to the position of the
orange dotted line. Changing #Seg. means that less TWIRL interleaves of the total
number of N = 2501 are available for each cardiac segment. To demonstrate the degree
of undersampling, the k-space trajectory that belongs to the respective end-systolic
frame is depicted in Figure 4.15 (C).
These images show that the degree of undersampling increases for higher values of
#Seg. Secondly, the golden angle sampling pattern successfully results in reasonably
uniform 2D k-space coverage. However, in all cases comparatively large k-space voids
remain and their sizes also increase for higher values of #Seg. A higher degree of un-
dersampling consequently results in more pronounced image artifacts due to aliasing,
as can be traced by the image series of Figure 4.15 (A). On the other hand, the CS
framework managed to yield similar image quality in all four cases of #Seg. (see the
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Figure 4.15: Performance of the compressend sensing (CS) reconstruction of a mid-
ventricular SAX slice for a different number of cardiac segments applied
during self-gating (#Seg. in a range of 20 − 80). They correspond to a
temporal resolution of ∆t = 65− 16ms. The end-systolic gated segment
of the zero filled and the CS reconstructions are shown in (A) and (B),
respectively, and refer to the undersampled k-space trajectories given in
(C). B1-inhomogeneity artifacts are exemplarily highlighted by orange ar-
rows. X-t diagrams of twice the R-R interval correspond to the position
of the dotted orange line.
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4.2. Phantom and in vivo results at 7T

image series of Figure 4.15 B). However, the overall artifact power seems to gradually
increase to a low extent from #Seg. = 20 to #Seg. = 80. The x-t diagrams demon-
strate comparable quality in resolving cardiac dynamics. The temporal resolution of
∆t = 32ms already seems to be sufficient to precisely resolve the R-R interval. More-
over, image artifacts corresponding to B1-inhomogeneities are exemplarily marked in
Figure 4.15 (B) by orange arrows. Lastly, note that only the signal of the coil ele-
ments located above the participant were used for image reconstruction. The second
coil element located underneath the participant led to strong amplifications of signal
intensity in fat and therefore was excluded. This additionally degraded signal intensity
especially in the posterior region of the participant, which e.g. caused poor visibility
of the posterior wall of the myocardium (see x-t diagrams of Figure 4.15 B).

4.2.4 Real-time CMR in pig using spiral k-space trajectories

The results chapter is completed by this subsection, in which the spiral real-time CMR
images of the pig measurements in free breathing at 7T will be presented. The in vivo
performance of the trajectory correction using the GSTF pre-emphasis is demonstrated
in Figure 4.16. To separate image artifacts due to trajectory misregistrations from po-
tential residual aliasing, a midventricular slice in SAX orientation is shown both as
a fully sampled temporal average (Figure 4.16 A) and in the form of end-diastolic
real-time frames using the compressed sensing (CS) reconstruction (Figure 4.16 B).
All images were reconstructed with the nominal k-space trajectory. Here, the under-
sampled k-spaces of each real-time frame were covered with NRT = 20 equidistantly
distributed spiral interleaves, which resulted in a temporal resolution of ∆t = 64ms.
Images that refer to measurements without and with pre-emphasis are presented in
both cases (first and second column of Figure 4.16). To investigate the impact of off-
resonance related artifacts, the rawdata of the measurement with applied pre-emphasis
was additionally reconstructed using a frequency offset of 615Hz (third column of Fig-
ure 4.16). K-space trajectory artifacts using no pre-emphasis correction are marked by
orange arrows, which could be mitigated by switching on the GSTF pre-emphasis.
However, the reconstructed images exhibited blurring, which is not only present in
the temporally averaged images but also in the end-diastolic real-time frames (empha-
sized by blue arrows). This could be improved by applying the empirically determined
frequency offset and resulted in high resolution SAX images. Note the high contrast
between myocardium and blood pool in the CS images compared to the temporally
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Figure 4.16: Midventricular SAX slice of a pig acquired in free breathing and recon-
structed as a fully sampled temporal average (A) and with the compressed
sensing (CS) algorithm for the case of an end-diastolic real-time frame (B).
Images of measurements without as well as with GSTF pre-emphasis are
shown. In the last column, an additional frequency offset of 615Hz was
used in image reconstruction. Image artifacts due to trajectory errors and
off-resonance are highlighted by orange and blue errors, respectively.

averaged images. Solely regions with fat tissue exhibited some residual blurring or
locally bright signal intensity. In general, the images of Figure 4.16 reveal a uniform
distribution of signal intensity of the examined tissue, which can be associated with
the in-house built coil array that was optimized to the size of the animal [99–101].
Secondly, the degree of aliasing was investigated by repeating the measurement with
the spiral sampling pattern of NRT = 10 (∆t = 32ms). This comparison is demon-
strated in Figure 4.17 by showing end-systolic real-time frames of a midventricular
slice in SAX orientation. Both acquisitions were performed with applied GSTF pre-
emphasis in free breathing, and the rawdata was reconstructed using the nominal
k-space trajectories and the same off-resonance frequency offset of 615Hz. The recon-
structed images using zero filling and the CS algorithm are presented in Figure 4.17
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4.2. Phantom and in vivo results at 7T

Figure 4.17: End-systolic real-time frames in midventricular SAX orientation of a pig
acquired in free breathing. Images using zero filling and the CS recon-
struction are depicted in (A) and (B), respectively, for two different tem-
poral resolutions of ∆t = 64ms and ∆t = 32ms. They correspond to
NRT = 20 and NRT = 10 equidistantly distributed spiral interleaves in
each real-time frame. The frequency offset of 615Hz was also applied in
these images. The x-t diagrams refer to the dotted orange line and show
40 and 80 consecutive real-time frames, respectively. Residual aliasing is
emphasized by orange arrows.

(A) and (B), respectively. The two columns refer to the two different spiral k-space
trajectories using NRT = 20 and NRT = 10. The x-t diagrams shown in Figure 4.17
(B) correspond to the orange dotted line drawn into the CS images and show 40 and
80 consecutive real-time frames, respectively. Figure 4.17 (A) presents the impairment
of image quality due to k-space undersampling, which is considerably increased in the
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case of NRT = 10. No image artifacts due to aliasing were observed using the CS
framework for NRT = 20. Aliasing could be also reduced in the CS image of NRT = 10.
However, residual artifacts are traceable, which are highlighted by orange arrows. The
x-t diagrams reveal similar quality. Nevertheless, the temporal resolution of ∆t = 32ms
is visually superior to ∆t = 64ms, as the latter seems to be at the limit to resolve the
details of cardiac dynamics.
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5 Discussion

The aim of this work was the development of accelerated MRI strategies with the
application to imaging and analyzing cardiovascular tissue with high spatiotemporal
resolution. To achieve this, two key components were combined. Firstly, efficient and
accurate non-Cartesian k-space sampling and secondly, image reconstruction of un-
dersampled k-space data using compressed sensing (CS). Different k-space trajectories
were created to enable rapid data acquisition of the beating heart in free breathing,
optimized to the respective MR scanner at 3T and 7T.

A main limitation of non-Cartesian acquisitions were image artifacts due to k-space
misregistrations, which impaired the image quality. Here, Gradient System Transfer
Functions (GSTFs) were determined by measuring the impulse response of a MR
scanner’s gradient system, which served as a robust setup to correct trajectory errors.
One advantage of this method is that the scanner-specific GSTF can be calculated
from a unique acquisition, as its shape exhibits only little change over time [62, 70].
Furthermore, the phantom-based approach that was applied in this work does not
depend on additional expensive hardware, which enables a rapid and straightforward
implementation on any MR scanner [62, 70, 72–75, 102]. Here, this framework was
established on two different MR scanner models, a 3T Prisma and a 7T Terra system.
The multiplication with the GSTF in the frequency domain can be performed with
any readout gradient, which means that the correction step is independent of the k-
space trajectory. In this work, this was exemplarily demonstrated by applying spiral
as well as TWIRL k-space trajectories at the 7T Terra system. The cutoff frequency
for the inverted GSTF magnitude may need to be increased for the pre-emphasis of
readout gradients with considerably higher frequency contributions, as e.g. could be
the case in echo-planar diffusion imaging [104]. The chosen cutoff frequency of 12.2 kHz
provided sufficient frequency coverage of the different applied non-Cartesian gradient
waveforms. A possible improvement of the inversion of the GSTF magnitude could be
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achieved by implementing a decaying function such as a Fermi-Dirac function rather
than a cutoff. Additionally, the performance of the pre-emphasis could be increased
by including the GSTF cross-terms.

One of the novelties of this work was the implementation of the GSTF pre-emphasis
as a fully automatic procedure, enabling not only the correction of arbitrary k-space
trajectories but also randomly orientated, double-oblique slice positions. This is of
special interest in cardiovascular applications (CMR) as the different views rely on
double-oblique slice orientations, which need to be manually adjusted by the user and
are different for each patient or participant. When using the pre-emphasis, images can
be reconstructed using the nominal k-space trajectory in all cases. This simplifies the
entire imaging process as solely the gradient waveforms of interest must be embedded
in the sequence code. No further efforts in terms of gradient preparation in advance
or trajectory correction in post-processing are necessary. In literature, many studies
that conducted spiral CMR did not include a correction of k-space misregistrations
[88, 89, 95, 105]. Some studies exploited the GSTF to determine true k-space trajecto-
ries, which they subsequently employed in image reconstruction [62, 70–72]. Tan and
Meyer proposed an estimation model for gradient delays with additional eddy current
compensation for brain imaging [64], which was applied by Feng et al. [92] to spiral
real-time CMR.
In this thesis, besides the GSTF pre-emphasis, k-space trajectory errors at 3T were
additionally compensated using optimized global delays only. The comparison revealed
that image artifacts could already be reduced by applying global time delays. However,
the comprehensive GSTF correction that uses the axis- and frequency-specific impulse
response of the gradient system further enhanced the final image quality.

A key aspect of the present work was the design of optimized k-space trajectories
with the focus on spiral sampling patterns. The MATLAB toolbox of Brian Harg-
reaves [98] served as simple and effective instrument to flexibly create spiral gradient
waveforms. At 3T, a specific spiral sampling pattern was established to enable high
resolution real-time CMR (CRISPI technique [102]). The spatial resolution was set to
(1.34 × 1.34) mm2 and the temporal resolution to 49.6ms. Spiral real-time images at
7T were gathered with resolutions of (1.14× 1.14) mm2 and 32− 64ms, respectively.
The spatial resolution can be easily adjusted by changing the amplitude of the readout
gradients, constrained by hardware limitations of maximum slew-rate and amplitude,
or by physiological limitations due to nerve stimulation. The temporal resolution can
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be set by tuning the number of spiral interleaves that cover the undersampled k-space
of each real-time frame, which was tested for values of NRT = 10 − 20 at 7T. Note
that a temporal resolution of < 50ms (> 20 frames per second) is recommended to
evaluate cardiac function [82, 83]. In general, there exists a trade-off between image
quality and spatiotemporal resolution. If the applied CS model is overfitted, temporal
blurring can impair the diagnostic evaluation of the cardiac dynamics. This is why the
focus always lied on preserving cardiac dynamics, which on the downside resulted in
residual aliasing for small values of NRT.

In addition to spiral k-space sampling, a hybrid TWIRL trajectory was tested and
applied to gated CMR at 7T. The main purpose was to test further improvements of
spiral sampling patterns as it would be reasonable to move as fast as possible out of the
anyway oversampled k-space center. At the same time, sampling efficieny was intended
to be maximized by exploiting the powerful gradient system to its maximum extent. In
the case of moving linearly through k-space with maximum slew-rate and amplitude,
the sampled kmax would be too high, even for short readout durations. In order to
keep the slew-rate high, curved lines need to be embedded in the k-space trajectory.
As a result, the radial beginning of the applied TWIRLdip trajectory was kept short
compared to the subsequent curved part of the trajectory. Secondly, some time can be
saved by additionally using the time of the slice selection rephaser to move through
k-space. The chosen trajectory resulted in a spatial resolution of (1.39×1.39) mm2 and
the temporal resolution yielded values between 16− 65ms, depending on the number
of cardiac segments in which the data was sorted. The x-t diagrams revealed that
cardiac dynamics could be sufficiently resolved by a temporal resolution of 32ms and
that no visible improvement could be linked to higher temporal resolutions. Naturally,
this also depends on the heart rate of the participant or patient. In accordance with
the real-time results, aliasing impaired the image quality for high numbers of cardiac
segments. Again, spatial resolution could be further improved by increasing the am-
plitude of the readout gradients.
In all cases, the applied low rank plus sparse CS model [60] mitigated image artifacts
due to incoherent aliasing. The results endorse the concept of CS as an important
and powerful tool for accelerated data acquisitions, which is crucial for high resolution
CMR applications [95, 105–107]. Moreover, the growing field of machine learning pro-
vides a novel and promising basis to further improve the reconstruction performance
of undersampled k-spaces, not only in terms of image quality but also reconstruction
speed [108].
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In comparison with other cardiac real-time publications that utilized spiral data ac-
quisition at 1.5T or 3T [88, 89, 92, 105], the spatial resolution of the CRISPI sequence
applied in the present work is higher [102]. Also, complete images required measure-
ment times of > 100ms [92] and a temporal resolution of > 50ms was realized by slid-
ing window reconstructions [88, 89]. Steeden et al. [105] realized a spatial resolution
of 1.7mm and a temporal resolution of 30ms by performing 8-fold accelerated spiral
imaging with a tiny golden angle increment and CS-based reconstruction at 1.5T. An-
other important aspect is that many CMR studies [89, 92, 105] apply balanced steady
state free precession (bSSFP) instead of gradient echo (GRE) pulse sequences, because
bSSFP sequences generally exhibit a higher contrast between myocardium and blood
pool. In bSSFP imaging, however, all gradient moments must be balanced, which ei-
ther lengthens the TR or shortens the time available for data acquisition, both to the
disadvantage of real-time imaging. An improvement of spatiotemporal resolution so
far could only be achieved by Zhou et al. [32] by performing gated imaging at 3T
with a GRE sequence that applied undersampled spiral k-space sampling. Here, this
was also demonstrated in the study of gated CMR at 7T with the TWIRL k-space
trajectory (Section 4.2.3), which resulted in temporal resolutions of up to 16ms.
In general, real-time studies often provide image reconstruction directly online at the
MR scanner, e.g. by incorporating no or only little k-space undersampling. All ac-
quired spiral data presented in this thesis were reconstructed offline, such that the
images were not immediately available after scanning but only after reconstruction in
Matlab. In order to enable rapid evaluation of cardiac function as part of an exami-
nation in clinical routine, image reconstruction needs to be translated to the software
environment at the scanner.

A part of this work compared the developed spiral real-time CRISPI sequence with
ECG-gated Cartesian GRE imaging at 3T, as it represents a reference technique for
a standard clinical MR examination to evaluate cardiac function. As a result, both
methods yielded similar image quality. However, the CRISPI framework entails several
advantages. Firstly, the measurement can be performed in free breathing. In combina-
tion with the rapid and efficient spiral sampling pattern, whole heart coverage in SAX
orientation could be achieved in less than 50 seconds. The Cartesian reference needs
to be performed in several breath holds, which usually takes between 5-10 minutes
as the duration of pauses for breathing depend on the health of the patient or par-
ticipant. Consequently, the CRISPI sequence enables increased patient comfort and
significantly simplifies CMR examinations. In severe cases, patients are not capable
to hold the breath for several seconds. This could lead to the necessity to repeat the
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measurement or even excludes the patient from the MR examination. From an eco-
nomical point of view, shortened imaging times involve a cost reduction, which could
have an impact on the general accessibility of CMR examinations [102].
To be a robust alternative to the Cartesian reference, the results of the CRISPI frame-
work must also coincide quantitatively. Therefore, cardiovascular volumetric and func-
tional parameters were determined. They showed good agreement for all three applied
methods, Cartesian reference and CRISPI in both breath hold and free breathing. The
high value of the SV in patient 2 in the case of the reference could be linked to the
large size of the left ventricle (EDV > 400ml). As a consequence, fluctuations in the
determination of the EDV could affect the SV to this extent.
The Wilcoxon signed-rank test yielded systematic deviations in the cases of EDV and
SV, which means that the CRISPI method led to a small but significant underestima-
tion of the two parameters. However, the small sample size (N = 8) reduces the power
of the statistical test. Exemplarily, a second test was performed, in which patient 2
was excluded (additionally to patient 1 due to the arrhythmia) and no systematic de-
viation was present for the EDV determined by the CRISPI method in free breathing.
To increase the reliability of the test, a larger clinical study should be conducted.
If CMR measurements are performed in free breathing, through-plane motion could
have an impact on the investigation of quantitative cardiovascular parameters. How-
ever, the differences of the CRISPI technique in free breathing compared to the two
breath-held acquisitions are small, which underlines both the technical as well as the
clinical robustness of the established CRISPI method.

So far, spiral imaging in humans at 7T is a highly novel field of research as compar-
atively few publications can be found in literature [36, 109–112]. In recent years, the
first ultra-high-field (UHF) MR scanners received a license for clinical use [7, 113].
Moreover, their accessibility and benefits are hampered not only by high acquisition
costs but also by hardware limitations, such as magnetic field inhomogeneities or SAR
restrictions due to an increased energy deposition. In addition, RF coil design is more
complex, which is why the number of available coil arrays is still low [113]. As the
wavelength of the transmitted RF pulse is shorter, destructive interference can lead
to signal dropouts. This was observed in the results of the homogeneous phantom as
well as in the results of the gated CMR study using the TWIRL k-space trajectory,
and presented itself as dark regions, respectively (see Figure 4.13 and Figure 4.15).
Many spiral 7T studies were conducted in the field of brain imaging [36, 109–112],
which has the advantage that there is no moving tissue. In terms of artifact compen-
sation, most studies focused on the reduction of blurring due to off-resonance rather
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than trajectory correction due to gradient imperfections. As B0-inhomogeneity at 7T
increases, so does the spatially varying mismatch between the frequency of the applied
RF pulse and that of the spins’ Larmor precession. This phase accumulation broad-
ens the point spread function, which results in blurring in the case of spiral imaging
[114]. Also, this effect scales with the readout duration, which is why the non-Cartesian
imaging protocols in this work were implemented with comparatively short readout du-
rations of approximately 1.3ms. In the human in vivo images of self-gated CMR using
the TWIRL k-space trajectory in breath hold, high quality results could be achieved
without implementing an off-resonance correction method. However, the results gath-
ered from the spiral real-time acquisitions in the pig in free breathing demonstrated
that an off-resonance correction could significantly reduce the present blurring. A rea-
son for this could be differences in the applied shim, e.g. vendor-provided field map
estimations could suffer a frequency offset in some cases [115]. Anatomical differences
between humans and pigs could also influence the B0-homogeneity of the shimmed
cardiac volume. However, as the readout durations of the TWIRL and the spiral mea-
surements were similar, a mismatch of the resonance frequency in the pig study seems
to be more likely.
Here, a spatially invariant frequency offset was applied in image reconstruction as
one of the easiest approaches to compensate for off-resonance artifacts. The degree
of blurring in combination with the applied readout duration and frequency offset vi-
sually coincides with the results presented in the study of Lim et al. [116]. However,
the shimmed volume of the human heart at 7T usually exhibits a non-isotropic B0-
inhomogeneity distribution [115]. More sophisticated approaches are often based on
retrieving the spatially varying off-resonance information from field maps, which are
either separately acquired or inherently available from the data [117–122]. The study
of Engel et al. [36] demonstrated the extreme scenario of a single-shot acquisition with
readout durations up to 53ms. In these cases, an off-resonance correction method is
inevitable.
The presented results at 3T revealed that high resolution images are feasible without
implementing an off-resonance correction. At most, slight blurring was observed in
regions with fat tissue, which did not affect diagnostic capabilities of the heart. This
is supported by the study of Zhou et al. [32], which determined that no off-resonance
correction is requisite to achieve acceptable results in CMR imaging at 3T in the case
of readout durations shorter than 5ms. In the work of Nayak et al. [88], spiral real-time
imaging at 3T was performed using readout durations longer than 8ms, and a field
map-based off-resonance correction technique was applied.

66



Independent of the field strength, CMR studies are more complex than e.g. static brain
imaging, as there is moving tissue. But especially at 7T, even the gold standard of
ECG-gated Cartesian GRE imaging becomes challenging, not only because of B0- or
B1-inhomogeneities but also because of a possibly corrupted ECG-signal due to the
magnetohydrodynamic effect [123, 124]. This underlines the additional impact real-
time imaging can have for UHF CMR, besides the problem of long imaging times
in gated CMR. Furthermore, bSSFP sequences are particularly challenging at UHF
due to SAR limitations and enhanced banding artifacts [113, 123]. The application of
spoiled GRE sequences in combination with low flip angles prevented SAR problems in
the present studies at both 3T and 7T. In general, recent human CMR studies at 7T
are mostly based on standard Cartesian sampling patterns [124–128]. However, spiral
CMR applications at 7T were already performed in animals, as e.g. in the study of
Castets et al. [129], in which a stack-of-spiral sequence was applied to 3D T1 mapping
of the heart in mice.

Lastly, it should be mentioned that there is an ongoing discussion related to the usage
of the phrase "real-time MRI" [130–132]. Dietz et al. [130] explained that "real-time
MRI" does not only refer to an image series, in which each frame corresponds to a
unique time-point of a dynamic process. It would also suggest that the reconstructed
images should be accessible immediately after data acquisition with low latency. Nayak
[132] disagreed because of the significant benefit that is offered even without low-
latency reconstruction, e.g. that major efforts in engineering are required to omit
gating in CMR.
The author of this dissertation agrees with Nayak, which is why the phrase "real-time
MRI" was used throughout this work. Here, the focus lied on accelerating the data
acquisition process together with the optimization of offline reconstruction techniques
in terms of high-quality real-time CMR. This means that no special effort was made to
minimize reconstruction time. Several hours were needed to reconstruct all slices of a
dataset that included whole heart coverage in SAX orientation. An efficient implemen-
tation on a graphics processing unit (GPU) or machine learning techniques such as the
variational network approach presented by Hammernik et al. [108] could substantially
accelerate the reconstruction process. This potentially represents the missing step in
embedding the CRISPI framework into clinical routine.
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6 Conclusion

In conclusion, this work presented various measures to promote the field of rapid MRI.
In particular, the combination of accelerated data acquisition and enhanced spatiotem-
poral resolution requires substantial efforts in different areas of MRI research. Firstly,
todays powerful gradient systems facilitate highly efficient non-Cartesian k-space tra-
jectories. This means that a significantly larger k-space path can be covered in each
readout by e.g. spiral sampling compared to conventional Cartesian sampling. In ad-
dition to that, a high sampling precision can be achieved by including the simple and
robust approach of determining the MR scanner’s Gradient System Transfer Function
(GSTF). Importantly, a trajectory correction was introduced by implementing a fully
automatic GSTF pre-emphasis into the pulse sequence code, which resulted in higher
image quality compared to a global delay compensation.
Furthermore, model-based reconstruction methods such as CS allow for high under-
sampling of k-space, because missing k-space positions can be reproduced during image
reconstruction to suppress incoherent aliasing. Especially dynamic processes benefit
from this setup, which was demonstrated by resolving the beating heart in real time
with high spatiotemporal resolution. An entire CMR measurement could be realized in
less than 1 minute in free breathing. The increase in both time efficiency and patient
comfort can improve accessibility and acceptance of MRI as a major imaging modality
to examine cardiovascular diseases.
One of the most important measures of image quality in MRI or other imaging modal-
ities is the SNR. First and foremost, UHF strengths offer an increased SNR, which
facilitates to reduce the voxel size or the acquisition time, both of substantial im-
portance in MRI. On the opposite side, UHF imaging struggles with limitations such
as magnetic field inhomogeneities or SAR issues due to RF pulses of higher energy.
Images of high quality were produced at both field strengths, 3T and 7T. However,
there is still work ahead in MRI research and engineering to overcome the present
difficulties of UHF imaging in order to use 7T scanners in todays clinical routine more
often.
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7 Outlook

To improve the developed setup of rapid non-Cartesian CMR, the following steps
could be performed in future works. Firstly, the GSTF correction could be optimized
by implementing a decaying function instead of the current pseudo-cutoff in the in-
version of the GSTF magnitude. Also, an increased frequency resolution in the GSTF
measurement and an incorporation of the GSTF cross-terms could improve the per-
formance. In addition to that, the GSTF pre-emphasis could be transferred to other
gradients applied in a pulse sequence, apart from the non-Cartesian readout gradients.
Furthermore, a more comprehensive off-resonance correction could be implemented for
cases of increased readout durations, especially at 7T. Moreover, long reconstruction
times are an obstacle for an application of the current framework in clinical routine.
The upcoming field of machine learning, e.g. convolutional neural networks, forms a
promising basis to accelerate image reconstruction of undersampled k-space data. And
lastly, the GSTF correction could be implemented into bSSFP sequences, which po-
tentially improves the quality of CMR, e.g. in terms of image contrast.

Apart from this, the real-time imaging pipeline could also be transferred to other
dynamic in vivo applications, e.g. the process of human swallowing or speaking. This
was tested within a proof of concept study at 3T by applying the CRISPI framework to
a healthy volunteer that was asked to swallow a small amount of water on command.
A selection of the reconstructed image series is presented in Figure 7.1 (A-H). In
the bottom right part of each real-time frame the corresponding time point is given.
They enclose a time duration of 1.84 seconds. Additionally, the position of the water
is highlighted by an orange arrow in each frame, respectively. The high temporal
resolution (∆t = 49.6ms) allows the detailed visualization of the water entering the
oral cavity, passing the pharynx and ending into the esophagus. To give a further
example of the high spatiotemporal resolution, Figure 7.1 (I) was included, in which
a detailed view of the palatine uvula is shown (dotted orange box).
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7. Outlook

Figure 7.1: Spiral real-time imaging of a swallowing process in a healthy participant of
1.84 seconds duration using water (A - H), highlighted by orange arrows.
The marked area in (I) shows a detailed view of the palatine uvula.

Figure 7.2: Spiral real-time imaging of a speaking healthy participant. Four time
frames are shown in (A - D) and differences in the position of tongue
and mouth are emphasized in yellow and orange, respectively.
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In a second measurement, the volunteer was asked to speak during an acquisition of
five adjacent slices. Four real-time frames of one exemplary slice are depicted in Figure
7.2 (A - D). To emphasize different positions of the tongue, the corresponding area
is marked in yellow in Figure 7.2 (A) and (B), respectively. Furthermore, apparent
differences in the shape of mouth and lips are highlighted in orange in Figure 7.2 (B
- D). They could refer to letters such as ’m’, ’o’ and ’a’, respectively.

The results show high-quality images of the upper respiratory tract with the ability
to resolve the path of a swallowed fluid as well as the various positions of tongue,
mouth and lips during speech. In accordance with the cardiac real-time results at 3T,
no artifacts due to off-resonance or k-space trajectory errors are visible. As the vocal
tract involves many air-tissue boundaries, blurring due to off-resonance is generally
of particular concern in spiral real-time MRI of swallowing or speech [82, 116, 133].
Here, the short readout duration of 3.1ms and sufficient B0-homogeneity were the key
factors that prevented off-resonance related blurring at 3T.

The importance of spiral sampling patterns in real-time MRI of speech was e.g. demon-
strated in the study of Freitas et al. [134], which found that spiral GRE imaging is
superior to Cartesian bSSFP imaging in terms of contrast-to-noise ratio and image
quality for the example of velopharyngeal insufficiency. Similarly, Sutton et al. [133] in-
vestigated articulators in the oral cavity by applying a spiral GRE sequence at 3T with
similar temporal but inferior spatial resolution compared to the CRISPI acquisition.
However, they included a field map-based correction of magnetic field inhomogeneities.
Lingala et al. [135] avoided off-resonance artifacts by applying a short spiral readout
of 2.5ms to spiral GRAPPA speech imaging at 1.5T. They achieved a high tempo-
ral resolution of 18ms but a comparatively low spatial resolution of (2.4 × 2.4) mm2.
Recently, Lim et al. [116] applied a convolutional neural network to compensate for
off-resonance artifacts in spiral real-time MRI of speech without a separate field map
acquisition. They conducted a comprehensive study at 1.5T to investigate not only
the influence of the readout duration but also that of spatially varying and spatially
uniform blur.

Altogether, this proof of concept study demonstrated that the developed spiral real-
time framework could additionally be employed in other fields of dynamic MRI, which
further strengthens the benefit of rapid non-Cartesian sampling patterns.
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8 Summary

In this work, accelerated non-Cartesian Magnetic Resonance Imaging (MRI) methods
were established and applied to cardiovascular imaging (CMR) at different magnetic
field strengths (3T and 7T). To enable rapid data acquisition, highly efficient spiral
k-space trajectories were created. In addition, hybrid sampling patterns such as the
twisting radial lines (TWIRL) k-space trajectory were studied. Imperfections of the
dynamic gradient system of a MR scanner result in k-space sampling errors. Ulti-
mately, these errors can lead to image artifacts in non-Cartesian acquisitions. Among
other reasons such as an increased reconstruction complexity, they cause the lack of
spiral sequences in clinical routine compared to standard Cartesian imaging.
Therefore, the Gradient System Transfer Functions (GSTFs) of both scanners were
determined and used for k-space trajectory correction in post-correction as well as in
terms of a pre-emphasis. The GSTF pre-emphasis was implemented as a fully auto-
matic procedure, which enabled a precise correction of arbitrary gradient waveforms for
double-oblique slice orientations. Consequently, artifacts due to trajectory errors could
be mitigated, which resulted in high image quality in non-Cartesian MRI. Addition-
ally, the GSTF correction was validated by measuring pre-emphasized spiral gradient
outputs, which showed high agreement with the theoretical gradient waveforms. Fur-
thermore, it could be demonstrated that the performance of the GSTF correction is
superior to a simple delay compensation approach.

The developed pulse sequences were applied to gated as well as real-time CMR. Special
focus lied on the implementation of a spiral imaging protocol to resolve the beating
heart of animals and humans in real time and free breathing. In order to achieve real-
time CMR with high spatiotemporal resolution, k-space undersampling was performed.
For this reason, efficient sampling strategies were developed with the aim to facilitate
compressed sensing (CS) during image reconstruction. The applied CS approach suc-
cessfully removed aliasing artifacts and yielded high-resolution cardiac image series.
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Image reconstruction was performed offline in all cases such that the images were not
available immediately after acquisition at the scanner. Spiral real-time CMR could be
performed in free breathing, which led to an acquisition time of less than 1 minute for
a whole short-axis stack. At 3T, the results were compared to the gold standard of
electrocardiogram-gated Cartesian CMR in breath hold, which revealed similar values
for important cardiovascular functional and volumetric parameters. This paves the
way to an application of the developed framework in clinical routine of CMR. In ad-
dition, the spiral real-time protocol was transferred to swallowing and speech imaging
at 3T, and first images were presented. The results were of high quality and confirm
the straightforward utilization of the spiral sequence in other fields of MRI. In gen-
eral, the GSTF correction yielded high-quality images at both field strengths, 3T and
7T. Off-resonance related blurring was mitigated by applying non-Cartesian readout
gradients of short duration. At 7T, however, B1-inhomogeneity led to image artifacts
in some cases.

All in all, this work demonstrated great advances in accelerating the MRI process
by combining efficient, undersampled non-Cartesian k-space coverage with CS recon-
struction. Trajectory correction using the GSTF can be implemented at any scanner
model and enables non-Cartesian imaging with high image quality. Especially MRI of
dynamic processes greatly benefits from the presented rapid imaging approaches.
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9 Zusammenfassung

In der vorliegenden Arbeit wurden Methoden der beschleunigten Magnetresonanz-
tomographie (MRT) etabliert, welche auf nicht-kartesischer Datenaufnahme beruhen.
Diese wurden insbesondere in der Herzbildgebung bei verschiedenen Magnetfeldstärken
(3T und 7T) angewendet. Der Fokus lag auf der Entwicklung von hocheffizienten
spiralförmigen k-Raum Trajektorien, mit dem Zweck sehr kurze Aufnahmezeiten zu
ermöglichen. Zusätzlich wurde eine hybride k-Raum Trajektorie untersucht, die so-
genannte "twisting radial lines (TWIRL)" k-Raum Trajektorie. Ungenauigkeiten des
dynamischen Gradientensystems eines MRT Scanners resultieren in fehlerbehafteter k-
Raum Abtastung während der Datenaufnahme. In der nicht-kartesischen Bildgebung
kann dies letztendlich zu Artefakten im rekonstruierten Bild führen. Zusammen mit
anderen Hemmnissen, wie beispielsweise einer komplexeren Bildrekonstruktion, sind
sie verantwortlich dafür, dass noch immer mehrheitlich kartesische Bildgebungssequen-
zen in der klinischen Routine durchgeführt werden.
Aus diesem Grund wurden die Übertragungsfunktionen der Gradientensysteme der
verwendeten MRT Scanner (eng. "Gradient System Transfer Function (GSTF)") bes-
timmt und für k-Raum Trajektorienkorrekturen verwendet. Diese Korrektur wurde
sowohl in der Bildrekonstruktion nach bereits erfolgter Datenaufnahme angewendet als
auch im Rahmen einer Vorverstärkung bevor die Gradienten ausgespielt werden. Diese
Vorverstärkung wurde als vollständig automatisierter Prozess implementiert und er-
möglichte eine präzise Korrektur beliebig gewählter Gradientenfunktionen aller Schich-
torientierungen. Auf diesem Wege konnten die durch Trajektorienfehler verursachten
Bildartefakte kompensiert werden, was zu hoher Bildqualität in der nicht-kartesischen
MRT Bildgebung führte. Des Weiteren wurde die Gradientenkorrektur durch Messun-
gen der tatsächlich ausgespielten Gradientenformen validiert. Diese wiesen eine hohe
Übereinstimmung mit den theoretisch zu erwarteten Gradientenformen auf. Darüber
hinaus wurde gezeigt, dass die auf der Impulsantwort basierende, umfassende Gradi-
entenkorrektur eine höhere Bildqualität ermöglicht als eine einfache Korrektur mittels
globaler Zeitverschiebungen.
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Die entwickelten MRT Sequenzen wurden sowohl in der segmentierten als auch in
der Echtzeit-Herzbildgebung angewendet. Im Speziellen lag der Fokus auf der Im-
plementierung eines Protokolls für die spirale MRT Bildgebung, welche das schla-
gende Herz von Tieren und Menschen in Echtzeit und freier Atmung auflösen kann.
Um Echtzeit-Herzbildgebung mit hoher räumlicher und zeitlicher Auflösung zu ver-
einen, wurde der k-Raum unterabgetastet. In diesem Zusammenhang wurden Strate-
gien zur effizienten und komprimierten Datenaufnahme entwickelt, unter Anwendung
der Modell-basierten "Compressed Sensing" (CS)-Technik. Diese Methode reduziert
Aliasing-Artefakte in der Bildrekonstruktion von unterabgetasteten Daten und er-
möglicht deshalb hochaufgelöste, dynamische Echtzeit-Bilderserien des schlagenden
Herzens. Allerdings wurden die gemessenen Daten stets extern rekonstruiert, sodass
die Bilder nicht unmittelbar nach der Aufnahme am MRT Scanner verfügbar waren.
Die spirale Echtzeit-Herzbildgebung konnte in freier Atmung durchgeführt werden,
was eine Messzeit aller Schichten in der kurzen Herzachse in unter 1 Minute er-
möglichte. Bei 3T wurden die Ergebnisse mit dem Goldstandard der mittels eines
Elektrokardiogramms segmentierten kartesischen Herzbildgebung im Atemstopp ver-
glichen und es konnte gezeigt werden, dass wichtige funktionelle und volumetrische
Herzparameter übereinstimmen. Dies ebnet den Weg zur Anwendung des entwickelten
Protokolls in der klinischen Routine der Herzbildgebung am MRT. Darüber hinaus
wurde das Protokoll in der Echtzeit-Bildgebung von Schlucken und Sprechen bei 3T
getestet. Die Ergebnisse waren ebenfalls von hoher Qualität und bestätigen den un-
komplizierten Transfer der spiralen Sequenz in andere Bereiche der MRT Bildgebung.
Insgesamt lieferte die GSTF-Korrektur Bilder von hoher Qualität bei beiden Feld-
stärken, 3T und 7T. Eine durch off-Resonanz verursachte Bildunschärfe wurde durch
kurze Auslesezeiten der nicht-kartesischen Gradienten abgeschwächt. Allerdings führte
B1-Inhomogenität in manchen Fällen zu Bildartefakten bei 7T.

Die vorliegende Arbeit stellt einen wesentlichen Beitrag zur Beschleunigung des MRT
Bildgebungsprozesses dar, indem effiziente, unterabgetastete nicht-kartesische k-Raum
Trajektorien mit der CS-Rekonstruktionstechnik kombiniert wurden. Trajektorien-
Korrektur basierend auf der GSTF kann prinzipiell an jedem MRT Scanner imple-
mentiert werden und legt den Grundstein für nicht-kartesische Bildgebung mit hoher
Bildqualität. Insbesondere die Bildgebung von dynamischen Prozessen profitiert von
den hier vorgestellten beschleunigten Methoden zur Datenaufnahme.
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