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1
I N T R O D U C T I O N

I have not yet lost a feeling of wonder, and of delight, that this delicate motion should reside in
all the things around us, revealing itself only to him who looks for it. I remember, in the

winter of our first experiments, just seven years ago, looking on snow with new eyes. There
the snow lay around my doorstep - great heaps of protons quietly precessing in the earth’s
magnetic field. To see the world for a moment as something rich and strange is the private

reward of many a discovery.

— Edward Mills Purcell, Nobel Lecture

1.1 magnetic resonance imaging

Magnetic resonance imaging (MRI) is a very versatile imaging modality. Since the MRI
signal is dependent on various physical properties of the object being imaged, it pro-
vides a wide range of contrast mechanisms, and even the possibility to non-invasively
quantify the underlying parameters. The most common contrast mechanisms used
in clinical routine depend on MRI-related parameters, namely proton density, which
is directly proportional to the water content of the tissue being imaged, as well as
longitudinal (T1) and transversal (T2, T∗2 ) relaxation. Furthermore, it is possible to
encode various other physical phenomena in the MRI signal, that seem - at first
glance - to be unrelated to MRI: for instance, the velocity of blood flow (e.g. in cardiac
MRI) is frequently measured using flow-encoding gradient waveforms. The apparent
diffusion coefficient (ADC) can be similarly determined using diffusion-encoding
gradients, allowing the tracking of nerve fibers in the brain. In recent years, functional
MRI (fMRI) has become increasingly popular in Neuroscience. fMRI detects neural
activity by observing local magnetic field changes caused by a change in blood oxy-
genation (using the blood oxygenation level dependent (BOLD) effect). Additionally,
relative and absolute temperature values can be determined by observing changes
in the proton resonance frequency, relaxation times, diffusion constant, or other MR
related temperature-dependent parameter. In fact, ignoring the signal-to-noise ratio
and acquisition time as limiting factors, it is difficult to find any macroscopic physical
phenomena in aqueous objects that is not within reach of quantification with MRI.

This thesis is divided into two parts; part 1: Fast MRI Relaxometry and part 2:
Dynamic MRI Thermometry. A short motivation to these topics is provided in the
following.
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8 introduction

1.2 fast mri relaxometry

With the possible exception of cardiovascular blood flow velocity mapping, most of
the quantitative techniques mentioned in the previous section have not yet found wide
clinical application and are mostly restricted to research studies. Even the mapping
of MRI-specific parameters such as T1 and T2, which are the basis of most of the
contrast used in clinical settings, is not performed routinely. The main reason for
this is the long scan time required to accurately map the parameter in question with
sufficient resolution. Long scan times directly translate to high costs and reduced
patient comfort, and significantly increase the likelihood of severe artifacts due to
patient motion. Therefore, the acceleration of quantitative MRI methods is of major
interest and essential for wider clinical adoption.

MRI relaxometry involves pixel-wise mapping of proton density, longitudinal
relaxation time T1, and/or transverse relaxation time T2 (or other relevant parameters)
at each location in the tissue to be characterized. There has been significant recent
interest in this topic, as it allows one to evaluate pathology using absolute tissue
characteristics. In addition, it has long been recognized that, if these parameters can
be mapped in a time-efficient manner, theoretically images of any desired contrast
could be retrospectively generated.

The aim of this study was to improve a promising MRI relaxometry method that
was originally developed here at the Department for Experimental Physics 5 by Peter
Schmitt et al.. This technique, the IR TrueFISP method allows one to simultaneously
quantify proton density, T1 and T2 in a single scan. Improvements in speed and
accuracy are presented that may help to bring MRI relaxometry closer to clinical
adoption.

1.3 mri thermometry for implant safety investigations

With an increasing number of patients with metallic implants and a simultaneously
growing number of MRI examinations, development of MRI-safe implants has become
increasingly important. Today, MRI examinations of patients with medical implants
such as cardiac pacemakers, implantable cardioverter-defibrillators (ICD), or deep
brain stimulators are contraindictated in most cases due to associated risks. This
prevents a growing number of patients from benefitting from advances in MRI
diagnosis.

One of the major safety risks associated with MRI examinations of pacemaker
and ICD patients is RF induced heating of the pacing electrodes that lead to the
cardiac muscle. Severe heating of the tips of the electrodes can cause burns in cardiac
tissue that may result in a transient or permanent increase of the pacing thresholds.
Understanding these heating effects is crucial for the development of MRI-safe devices.
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Currently, these heating effects can only be observed in vitro or in an animal model
with the help of a temperature probe.

The aim of this study was to develop an MRI thermometry method that can be
used in safety testing environments for the noninvasive monitoring of the heating of
metallic implants during MRI examinations.





2
B A S I C P R I N C I P L E S O F M R I

In this house, we obey the laws of thermodynamics!

— Homer Simpson

This chapter will give a short overview of MRI, with the emphasis on topics relevant
to this work. For a more complete review see [1, 2].

2.1 nuclear magnetic resonance

Nuclear Magnetic Resonance (NMR) is the underlying phenomenon behind MRI. It
was first described in 1946 independently by Felix Bloch and Edward Purcell [3, 4].
NMR can be observed whenever a nucleus possessing non-zero angular momentum
is placed into a magnetic field. The magnetic moment ~µ of a nucleus can be described
as

~µ = γ~S (2.1)

where ~S stands for the spin of the nucleus and the parameter γ is known as the
gyromagnetic ratio, specific to the nucleus in question (γ = γ/2π ≈ 42.57 MHz/T
for protons). Spin 1/2 systems (such as 1H, 13C, 15N, 19F, or 31P) will seek to align
their spin either parallel (spin up) or anti-parallel (spin down) to the external field,
thereby creating two distinct energy levels:

E↑ = −1
2

γh̄B0 (2.2)

E↓ = +
1
2

γh̄B0 (2.3)

where E↑, E↓ denote the energy levels corresponding to the spin up and spin
down state, respectively, h̄ is Planck’s constant divided by 2π, and B0 is the absolute
strength of the main magnetic field. Here and below, by convention and without loss
of generality, the main magnetic field is always pointed in the z-direction.

The energy difference between the two states is then given by

∆E = E↓ − E↑ = γh̄B0 (2.4)

11



12 basic principles of mri

In thermal equilibrium, the relative population of the two spin states is governed
by the Boltzmann distribution, according to

N↑
N↓

= exp
(

∆E
kT

)
= exp

(
γh̄B0

kT

)
(2.5)

with the population of the two spin states N↑ and N↓, the Boltzmann constant
k = 1.38× 10−23 J/K, and the temperature of the spin system T. The population
difference of these states is usually very small, on the order of 1 ppm at room
temperature and for common field strengths (B0 ≈ 1 T).

This phenomenon of energy splitting is called the Zeeman effect [5]. A transition
between the two states can be induced by application of a radio-frequency pulse of
the characteristic resonance frequency, known as the Larmor frequency:

ω0 = γB0 (2.6)

Electrons in the molecular orbitals effectively shield the magnetic field to varying
degrees, depending on the position of the nucleus in the molecule. As a result, the
Larmor frequency of the nucleus under investigation is slightly shifted

ω0 = γB0 (1− δ) (2.7)

where δ is a shielding constant, known as the chemical shift. Therefore, by observing
the NMR frequency spectrum of a sample, it is possible to gain knowledge of its
chemical composition and structure. This method, known as NMR spectroscopy was
the first major application of NMR.

2.2 bloch equations and signal decay

The bulk magnetization of an object can be described by the vector sum of all the
microscopic magnetic moments of its constituents:

~M =
Ns

∑
n=1

~µn (2.8)

where Ns is the total number of spins in the object, and ~µn represents the magnetic
moment of the nth nuclear spin. A classical description of the time evolution of ~M is
given by the Bloch equation [3] (here in its simplest form):



2.3 spatial encoding using magnetic field gradients 13

d ~M
dt

= γ ~M× ~B

This equation describes the effect of an applied RF field ~B on the spin-system. In
the case of RF excitation, the resulting measurable signal is called the free induction
decay (FID). Extending this equation to account for relaxation yields the more general
form of the Bloch equation

d ~M
dt

= γ ~M× ~B− Mx~i + My~j
T2

− (Mz −M0)~k
T1

(2.9)

where T1 and T2 stand for the time constants of longitudinal and transverse re-
laxation, respectively, and~i,~j,~k are unit vectors in x, y, and z direction, respectively.
Many additional extensions to the Bloch equation have been proposed, e.g. a term to
describe diffusion effects can be included, yielding the popular Bloch-Torrey equation
[6].

2.3 spatial encoding using magnetic field gradients

According to Equation 2.6, the Larmor frequency is linearly dependent on the strength
of the magnetic field. Thus, by applying a magnetic field gradient along a specific
direction, the precession frequencies of the nuclear spins can be directly related to
their positions along that direction. A typically used linear gradient has the form

Gx =
dBz

dx
(2.10)

where Gx refers to the gradient strength in x-direction. Together with the static
main magnetic field B0, this results in the following spatially-dependent Larmor
frequency

ω0(x) = γ (B0 + xGx) (2.11)

The dependencies in Equation 2.11 highlight the need for a high homogeneity of
the main magnetic field (compared to the strength of the magnetic field gradient).
Furthermore, the similarity to Equation 2.7 is striking. Therefore, for accurate spatial
encoding, the magnetic field gradient also has to be strong compared to chemical
shift as well as susceptibility differences that may be present in the object of interest.
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2.3.1 Slice Selection

Spectrally selective RF pulses can be used to selectively excite certain spin species
with a Larmor frequency that lies inside the bandwidth of the pulse. By applying
a magnetic field gradient of the form 2.10 (although it can point in an arbitrary
direction, the z-direction is assumed in the following) simultaneously with the RF
pulse, it is possible to use this spectral selectivity of the RF pulse for spatially selective
excitation: Assuming a single spin species (e.g. only proton spins of water), according
to Equation 2.11, the frequency of the RF pulse only matches the resonance frequency
of spins that lie inside a slice, with a thickness ∆z which depends on the strength of
the gradient Gz and the bandwidth of the pulse ∆ f :

∆z =
2π∆f
γGz

(2.12)

When there is more than one spin species (e.g. fat and water), their corresponding
slice positions may be slightly shifted due to the chemical shift. This effect can be
reduced by increasing the bandwidth of the pulse (requiring an increase of the
amplitude of the slice selection gradient when ∆z is held constant).

2.3.2 Frequency Encoding

By using a linear field gradient during the acquisition of the MR signal, the Larmor
frequency of the activated MR signal is, according to Eq. 2.11, linearly dependent on
its spatial origin. Assuming the gradient was applied along x-direction, the signal
received from the entire object is modulated by the gradient as follows:

S(t) =
∫

object
dS(x, t) =

∫ ∞

−∞
ρ(x) e−iγ(B0+xGx)tdx =

[∫ ∞

−∞
ρ(x) e−iγGxxtdx

]
e−iω0t

(2.13)

This equation is known as the one-dimensional imaging equation. The term e−iω0t

denotes the carrier frequency, and this equation can be simplified by moving to the
rotating frame (i.e. demodulation of the acquired signal by the frequency induced by
the main magnetic field):

dS(x, t) = ρ(x) e−iγGxxt (2.14)

The spatial origin of the signal is now encoded in the time-dependent phase term
e−iγGxxt.
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2.3.3 Phase Encoding

The principle of phase encoding is very similar to frequency encoding. When, after
RF excitation and before signal acquisition, a gradient Gy is turned on for a short
interval TPE, the local signal after application of this gradient, observed in the rotating
frame, is given by

dS(y) = ρ(y) e−iγGyyTPE (2.15)

As a result, spins from different positions in the object accumulate different phase
angles φ

φ(y) = −γGyyTPE (2.16)

This phase modulation can be considered independent of other gradients applied
in perpendicular direction during the imaging experiment, making it possible to
combine phase encoding with frequency encoding or with itself, applied in multiple
directions.

The similarity between equations 2.14 and 2.15 is striking. However, unlike in
frequency encoding, where the phase is continuously modulated by a gradient during
readout, only a single phase shift can be obtained in one acquisition period. Therefore,
in order to obtain enough information for image reconstruction, the experiment has
to be repeated with different phase modulations, by altering either the amplitude Gy

or the amount of time TPE the phase encoding gradient is applied. Usually, for an
image with Ny pixels in phase encoding direction, the experiment has to be repeated
the same number of times. This requirement is one of the main reasons for the long
scan times that are associated with MR imaging.

2.3.4 K-space formalism

The k-space concept, as first introduced by Twieg [7], greatly simplifies the description
of gradient encoding in MRI.

According to the one-dimensional imaging equation 2.13, the time-dependent signal
(ignoring relaxation effects) during frequency encoding, observed in the rotating
frame, can be expressed as

S(t) =
∫

x
ρ(x) e−iγGxxtdx
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Figure 1: A representation of the relationships between the image space and k-space domain.
The field of view (FoV) of the image is proportional to the inverse of the distance
between neighboring k-space points. If the chosen FoV becomes smaller than the
object being imaged, i.e. the distance between k-space points becomes too high,
aliasing occurs. The achievable resolution is proportional to the inverse of the
maximum k-space point sampled.

Substituting kx = γ
2π Gxt = γGxt results in

S(kx) =
∫

x
ρ(x) e−i2πkxxdx (2.17)

When frequency encoding is combined with phase encoding in y-direction (or more
generally with spatial gradient encoding in multiple dimensions), Equation 2.17 takes
vector form, resulting in the 2D (or 3D) imaging equation:

S(~k) =
∫

object
ρ(~r) e−i2π~k·~rd~r (2.18)

where~r is the position vector and~k is the k-space vector. This is the definition of
the Fourier transform, showing that the signal S(~k) is given by the Fourier transform
of the object’s spin density (modulated by relaxation and/or other effects). Thus, the
ρ(~r) can be obtained from the received signal by simply applying the inverse Fourier
transform:

ρ(~r) =
∫ ∞

−∞
S(~k) · e2πi~k·~rd~k (2.19)
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Therefore, in order to obtain an image (i.e. determine ρ(~r)) the inverse Fourier
transform is applied to the acquired signal. Because it is not possible to infinitely
sample S(~k), only discrete discrete points are sampled in this k-space.

Discrete sampling of k-space relies on several assumptions about the object being
imaged: First, the distance between each acquired k-space point is inversely related to
the size of the object (or the field-of-view (FoV)) that can be imaged without leading
to undersampling (or fold-over) artifacts. This is known as the Nyquist criterion and
is generally valid for signal sampling:

FoV ∝
1

∆k
(2.20)

In Cartesian imaging, it is straightforward to choose different FoV sizes for each
direction, by choosing corresponding values for ∆kx,y,z.

The second assumption is that the object does not contain smaller structures than
can be resolved by the maximum acquired k-space value kmax (again, kmax

x,y,z can be
chosen independently). Specifically, the maximum achievable resolution in x direction
∆x is inversely proportional to kx,max:

∆x ∝
1

2kx,max
(2.21)

This assumption can always only be approximately fulfilled and its inevitable
violation leads to a restriction on the achievable resolution, as well as possible Gibbs
ringing due to the sharp cut at the edge of k-space.

The mentioned relations between image space and k-space are illustrated in Figure
1.

2.4 pulse sequences

A multitude of pulse sequences have been proposed, which can generally be divided
into spin-echo and gradient-echo type sequences (and combinations thereof). This
work is exclusively focused on the gradient-echo-type described in the following
section. For an extensive overview of commonly used pulse sequences see [2].

2.4.1 Basic Gradient Echo

The family of gradient echo sequences (or gradient-recalled echo, GRE) is primarily
used for fast scanning [8], often in applications that require T1 weighting. When
rf-spoiling is employed [9, 10, 11], the GRE signal shows pure T1 and T∗2 weighting.
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Without (perfect) rf-spoiling, spin echoes contribute to the signal formation, causing
some additional T2 weighting.

The sequence timing of a basic 2D Cartesian GRE sequence is illustrated in Figure 2.
As mentioned in section 2.3.3, this basic sequence kernel has to be repeated multiple
times with different phase-encoding parameters in order to fully sample k-space
in phase-encoding direction. The time interval between subsequent excitations is
referred to as repetition time (TR). After spatially selective signal excitation, the slice
rewinder gradient nulls the gradient moment that accumulated during application of
the slice selection gradient. Simultaneously, the FID signal is spatially encoded in the
phase-encoding direction and prepared for readout by the application of a readout
prephasing gradient. During signal acquisition, the readout gradient rephases the
spins, causing a gradient-echo in the center of the acquisition window, at the echo
time TE. In order to avoid image artifacts due to remaining and improperly phase-
encoded signal from previous TRs, the phase-encoding gradient has to be rewound
prior to the next excitation. Often, in order to dephase any remaining transverse
magnetization prior to the next excitation, a spoiler gradient is applied in the read
encoding and/or slice selection direction. However, it is a common misconception
that spoiler gradients destroy transverse magnetization – spoiled magnetization can
and will eventually contribute to the signal at some later TR (assuming T2 � TR and
without strong diffusion weighting). The phase graph formalism and its extension
[12, 13] are useful tools for keeping track of possible signal (and relaxation) pathways
and for identifying individual contributions to the observed signal.

For an rf-spoiled GRE (or FLASH [8]) sequence, the steady-state signal at the
position of the echo is given by the Ernst formula [14] (including an additional term
that accounts for T∗2 decay):

Srf-spoil =
M0 sin α

(
1− e−TR/T1

)
1− cos α e−TR/T1

e−TE/T∗2 (2.22)

The flip angle that maximizes the signal level for a given T1 and TR is called the
Ernst angle αErnst:

αErnst = arccos(e−TR/T1) (2.23)

2.4.2 Balanced Steady-State Free Precession (bSSFP)

The properties of the balanced steady-state free precession (bSSFP) signal in NMR
were described in 1958 by Carr [15], but bSSFP imaging was not proposed until
1986 [16]. It took almost another 20 years until bSSFP became popular in the clinic.
Currently, the bSSFP sequence is extensively used in cardiac imaging, where it offers
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Figure 2: Top: Basic Cartesian 2D GRE sequence. Periods of phase-encoding and read de-
phasing are indicated by (1), the acquisition window by (2). Bottom: The spatial
encoding scheme can also be understood by looking at the k-space trajectory: The
phase-encoding and read dephasing gradients move the k-space vector to the begin-
ning of a k-space line (1). During signal acquisition, the readout gradient moves the
trajectory in kx direction to the end of the current k-space line (2).
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Figure 3: 2D Cartesian fully balanced steady-state free precession (bSSFP) sequence. Gradients
on all axes are fully balanced in every TR.

fast, high-SNR scanning with a strong contrast between blood and myocardium.
A good overview of bSSFP and its clinical applications is given by Scheffler and
Lehnhardt [17]. bSSFP is also known under the names TrueFISP, balanced FFE, and
FIESTA.

Like the basic gradient echo sequence, the bSSFP sequence consists of a series
of excitation pulses that are separated by a repetition time TR. However, unlike in
basic GRE, all imaging gradients are fully balanced in every TR and no spoiling is
used, i.e. the net gradient moment at the end of the TR is zero on all gradient axes.
Usually the excitation pulses are alternated between ±α, although other phase-cycling
schemes are also possible. This creates a high steady-signal level for on resonant spins,
which can reach up to 50% of M0 in some cases. A diagram of a 2D Cartesian bSSFP
sequence is shown in Fig. 3.

The steady-state signal of on resonant spins in an ideal bSSFP experiment can be
described by

SbSSFP =
√

E2
M0 sin α(1− E1)

1− (E1 − E2) cos α− E1E2
, with E1,2 = e−TR/T1,2 (2.24)
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For TR� T1,2, E1 and E2 can be approximated by the first two terms of the Taylor
expansion:

E1,2 ≈ 1− TR
T1,2

(2.25)

Eq. 2.24 becomes

SbSSFP =
M0 sin α

T1/T2 + 1− (T1/T2 − 1) cos α
(2.26)

For α = 90° this equation simplifies to

SbSSFP = M0
T2

T1 + T2
(2.27)

And assuming T1 � T2, we finally get

SbSSFP ≈ M0
T2

T1
(2.28)

This equation indicates that bSSFP images are T2/T1 weighted for high flip angles
(close to 90°), and that the signal level is independent of TR (and TE), as long as the
approximation TR � T1,2 is valid. This also means that bSSFP shows high signal
for tissues with long T2 and short T1 values, and explains the relative insensitivity
of the bSSFP signal on the concentration of gadolinium based contrast agents: The
relaxivity of gadolinium for T1 and T2 is very similar, causing an approximately
constant T2/T1 ratio independent of the contrast agent’s concentration. This effect is
nicely demonstrated in [17]. Equation 2.27 also shows that the maximum possible
signal level approaches 50% of M0 for T2 ≈ T1, which is extremely high for a short
TR pulse sequence and explains the recent popularity of bSSFP.

Frequency Response of the bSSFP sequence

Until now, all considerations assumed that the spins are on-resonant, meaning that
they have the same known frequency when no additional field gradients are applied.
However, in contrast to spoiled gradient-echo sequences, bSSFP is very susceptible
to off-resonances, which can occur due to main magnetic field inhomogeneity or
susceptibility. The typical frequency response of bSSFP for different excitation flip
angles is shown on the left side of Figure 4. The plot shows the transverse magnetiza-
tion (i.e. the signal level) as a function of the off resonance angle, which is defined
as the amount of dephasing a spin experiences during a TR. It can be seen that the
signal level for spins close to on resonance is relatively constant, but drops off rapidly
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Figure 4: Left: Frequency response of the bSSFP sequence (for three different flip angles). The
frequency response is periodic with a periodicity of 2π. Right: Banding artifacts in
cardiac bSSFP imaging (bandings indicated by white arrows).

when the spin dephasing approaches ±π. This phenomenon is responsible for the
well known banding artifacts that often plague bSSFP imaging (an example of typical
banding artifacts in cardiac imaging is shown in Fig. 4, right). Since the amount of spin
dephasing is proportional to TR, a short TR is crucial in order to avoid severe banding
artifacts in bSSFP images. Another possibility to reduce the impact of bandings, is to
shift the frequency response by changing the phase cycle of bSSFP, which can help to
shift banding artifacts away from areas of interest. For example, using a trivial α/α

phase cycle will shift the banding artifacts towards on resonance. Banding artifacts
can also be eliminated (with varying results) by combining multiple images that were
acquired using different phase cycles [18, 19]. Obviously, this multiple-acquisition
bSSFP requires a significant increase in scan time.

2.5 projection reconstruction

Radial imaging or projection reconstruction is the oldest MRI sampling strategy, as
it was already used in Lauterbur’s original paper [20]. Outside of MRI, it is also the
foundation of computed tomography (CT) and several other imaging modalities (PET,
SPECT). However, with the introduction of Cartesian Fourier imaging [21, 22] and
until recently, the radial trajectory has found very limited application in MRI. This can
be mainly attributed to the more complicated reconstruction process (compared to the
relatively simple discrete Fourier transform), i.e. computers as well as reconstruction
algorithms needed time to mature. Also, the radial trajectory is very susceptible to
errors due to gradient imperfections, necessitating very reliable and precise gradient
hardware, that was not widely available in the past.



2.5 projection reconstruction 23

2.5.1 The Radial Trajectory

Non-Cartesian sampling of k-space is an alternative to the previously described
Cartesian sampling. A variety of Non-Cartesian trajectories have been proposed for
different purposes, that show different advantages and disadvantages. Arguably the
simplest Non-Cartesian trajectory is the radial trajectory, which, as the name implies,
consists of multiple radial spokes that vary in projection angle. Figure 5 shows a radial
version of the previously described bSSFP sequence, as well as an example of radial
k-space coverage, using a radial trajectory with 16 spokes and linear view-ordering
(i.e. the projection angle increases linearly from zero to π).

One of the main advantages of the radial trajectory is that the center of k-space is
sampled multiple times during the acquisition. This makes the acquisition relatively
robust against motion and flow. In addition, using an interleaved or quasi-random
view-order allows for a straightforward combination with view-sharing techniques,
which can be used to considerably increase the frame rate in dynamic MRI [23,
24]. Another advantage is that undersampling of the trajectory results in relatively
incoherent artifacts, i.e. artifacts that appear similar to noise or as streaks in the
reconstructed image. Thus, in many cases, slight undersampling of the trajectory
only leads to minor and tolerable artifacts, a fact that can be exploited in order to
reduce total acquisition time. However, it is important to note that the number of
projections that are required for full Nyquist k-space coverage, is slightly higher than
for a standard Cartesian trajectory (by a factor of π/2 for a 2D radial trajectory).
The uniform k-space coverage of the Cartesian trajectory is also somewhat more
SNR efficient than radial. Another advantage of the radial trajectory is that the
incoherent nature of radial undersampling artifacts is beneficial for sophisticated
image reconstruction techniques like HYPR [25] and compressed sensing [26].

2.5.2 Image reconstruction

This section will give a brief introduction into the topic of Non-Cartesian image
reconstruction. Gridding, in combination with the Fourier transform, is usually used
for reconstruction of radial and other non-Cartesian data. Although, radial MRI
data can be reconstructed similar to CT using filtered back-projection, direct Fourier
reconstruction methods are currently more popular. A good overview of commonly
and not-so-commonly used methods for the reconstruction of non-Cartesian data, as
well as an extensive explanation of the recently proposed GROG method, is given in
[27].

The common steps in a Fourier reconstruction of non-Cartesian data are:

1. Conversion of the acquired non-Cartesian data on a Cartesian grid (gridding
procedure)
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Figure 5: Top: 2D Radial version of the bSSFP sequence (compare to Fig. 3). Bottom: Illustration
of radial k-space sampling with 16 equiangular spaced projections and linear view-
ordering.
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2. Standard uniform Fourier reconstruction

The only difference to reconstruction of Cartesian data is the gridding procedure
prior to Fourier reconstruction, which will be elaborated on in the following.

Convolution Gridding

Convolution gridding is currently the gold-standard method in non-Cartesian MRI
reconstruction. This method works by convolving each acquired Non-Cartesian point
with an interpolation kernel and resampling the result at the locations of the Cartesian
grid. While the optimal convolution kernel is a sinc function of infinite extent [28], the
use of such a kernel leads to often prohibitively long computation times. Jackson et al.
[29] tested a variety of possible convolution kernels and showed that the Kaiser-Bessel
window produces the least amount of aliasing out of the tested group of functions.
Since then, the standard convolution kernel has been a Kaiser-Bessel window with a
width of 3 or 5.

In the next step, after convolving of the data on the Cartesian grid, a Fourier
transform yields the image multiplied by the Fourier transform of the convolution
kernel. In order to obtain the final image, this intermediate image has to be divided
by the Fourier transform of the kernel (roll-off correction).

However, due to the non-uniform sampling density that is usually associated with
Non-Cartesian trajectories, the reconstructed image will show blurring or other related
image artifacts; the reconstructed image is convolved with the sampling density of
the Non-Cartesian trajectory. In order to correct for this, the acquired data has to
be properly weighted. This is usually accomplished by multiplying the data by an
appropriate density compensation function (DCF) prior to gridding. For more exotic
trajectories, analytical calculation of the DCF can sometimes be difficult to impossible.
In these cases, the DCF is determined iteratively or numerically. The necessity for
density compensation is equivalent to the need for proper averaging in Cartesian
imaging when some k-space lines are acquired more often than others.

A drawback of convolution gridding is that the outcome depends on a number of
parameters that must be determined beforehand (i.e. kernel function, kernel width,
grid oversampling factor, DCF). Finally, convolution gridding requires that the region
of support is at least one ∆k, which makes it impossible to accurately grid Nyquist
undersampled data. However, in practice and when the undersampling factor is not
too high, convolution gridding works sufficiently well.

Non-Uniform Fourier Transform

Non-Uniform Fourier Transform is another option for the reconstruction of Non-
Cartesian data. Since a conventional Non-Uniform Fourier Transform is computa-
tionally intensive and can require hours of computation time, a lot of research has
been focused on the acceleration of this algorithm towards a Non-Uniform Fast Fourier
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Transform (NUFFT). Sarty et al. [30] published a 2D implementation of a NUFFT
algorithm, which they named Generalized Fast Fourier Transform (GFFT). The authors
noted that their algorithm is equivalent to conventional convolution kernel using
a Gaussian kernel (instead of the more commonly used Kaiser-Bessel kernel). This
equivalence explains the fact that NUFFT and Convolution gridding share similar
strengths and weaknesses; both require additional gridding parameters as well as
density compensation, and both methods do not allow accurate gridding of Nyquist
undersampled data. NUFFT, specifically a Matlab toolbox that is freely available from
Fessler et al. [31], was extensively used for the reconstruction of radial data in the
first part of this work.
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Fast MRI Relaxometry
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3
I R T R U E F I S P W I T H A G O L D E N - R AT I O B A S E D R A D I A L
R E A D O U T

3.1 introduction

Quantitative MRI involves pixel-wise mapping of proton density, longitudinal re-
laxation time T1, or transverse relaxation time T2 (or other relevant parameters) at
each location in the tissue to be characterized. There has been significant recent
interest in a quantitative approach to MRI, as it provides a means of evaluating
pathology using absolute tissue characteristics rather than a contrast-based approach
[32, 33, 34, 35, 36, 37, 38]. In addition, it has long been recognized that, if these param-
eters can be mapped in a time-efficient manner, theoretically images of any desired
contrast could be retrospectively generated, and several groups have contributed
to the literature on this long-standing goal in MRI [39, 40, 41, 42]. Standard clinical
neurologic MRI examinations include T1- and T2-weighted images, fluid-attenuated
inversion recovery (FLAIR) images, and occasionally spin-density contrast. Currently,
a separate scan is required for each of these different contrasts, leading to long scan
times. Besides possible consequent patient discomfort and higher costs due to longer
scan times, there is also the potential of misregistration of clinically relevant anatomic
information between different kinds of images due to inter-scan motion.

Many different quantification techniques have been proposed in previous literature.
In most cases, T1 and T2 values are determined using two separate experiments (proton
density is often provided by both). The most common methods for T1 mapping are
either based on the inversion-recovery spin-echo (IR-SE) or gradient-echo (IR-GRE)
sequences [43, 44], or rely on multiple scans with variable flip-angle [45, 46] or
repetition times (TR). For T2 mapping, the gold-standard method is to exponentially
fit the T2 decay to the signal from multiple spin-echo experiments with variable echo
times (TE). Often, in order to reduce scan time, a multi spin-echo sequence is used
instead [47, 48]. Recently, another very fast method for T1 and T2 determination that
uses the steady state signal level from multiple spoiled and balanced steady state
free precession (SSFP) sequences for T1 and T2 quantification has been proposed
[49]. However, it is not trivial to accelerate this method further using view-sharing
techniques, since it does not rely on fine sampling of a transient signal along the
temporal dimension, but on several image acquisitions in the steady-state.

Another promising approach for the simultaneous quantification of proton density,
T1 and T2, that captures a smooth transition after signal preparation, is the inversion-
recovery (IR) TrueFISP sequence [50]. This sequence consists of an inversion pulse

29
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followed by the acquisition of several balanced steady state free precession (bSSFP)
images as the signal time course approaches the steady state. The parameters can
then be obtained from a mono-exponential three parameter fit to the series of images.
However, for accurate quantification it has been necessary to acquire this time series in
a segmented fashion, due to the rapid signal evolution towards the steady state. The
need for such a segmented approach considerably increases the required acquisition
time. If one were to use this segmented approach for generating synthetic images
corresponding to a standard clinical exam, this approach would still be slightly slower
than the conventional exam. To facilitate clinical application of this approach, it is
therefore desirable to generate the quantitative maps, and by extension all the images
needed for a conventional exam, with an outlay of time that is equal to or less than
that required presently for the conventional approach of separately acquired image
sequences. Our goal was therefore to obtain proton density, T1 and T2 maps with
a clinically acceptable spatial resolution and in an acceptable time frame. To this
end, IR TrueFISP-based parameter mapping was combined with a radial trajectory
with golden-ratio based profile order [24]. The advantage of this radial approach is
that the center of k-space, and therefore the information about the image contrast, is
frequently updated during scanning. Using a suitable view-sharing k-space filter, it is
shown that it is possible to characterize the evolution of the signal towards the steady
state with high-temporal resolution. As in a conventional IR TrueFISP, proton density,
T1 and T2 can then be obtained from a fit to the image series.

The aim of this study is to develop an accurate and fast T1 and T2 relaxometry
method that has the potential for clinical adoption. In this chapter, the generation of
proton density, T1, and T2 maps from IR TrueFISP data acquired along a golden angle
radial trajectory is described. These data can be acquired in approximately 6 seconds
per imaging slice, meeting the requirements of short scan time discussed above.

A Full Paper on parts of this work together with results from Chapter 4 is currently
under review in the journal Magnetic Resonance in Medicine.

In addition to the application of the proposed method to brain parameter mapping,
first results of an application to cardiac relaxometry are presented. Another advantage
of the golden-ratio based radial trajectory is that it is well suited for retrospective
gating applications, e.g. in cardiac imaging: Due to the quasi-random nature of this
trajectory, removal of some projections for cardiac or respiratory gating will still lead
to a near uniform profile distribution. In this work, results from a retrospectively
gated cardiac IR TrueFISP experiment are presented as a proof of principle for the
application of this concept to cardiac relaxometry. Furthermore, it is shown that the
signal from the center of k-space (the DC signal) that is acquired in every projection
can be used for cardiac self-gating of the IR TrueFISP experiment.
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Figure 6: Signal time course of an IR TrueFISP experiment. Following signal inversion, the
signal approaches the bSSFP steady state exponentially during a continuous run of
bSSFP acquisitions.

3.2 theory

3.2.1 IR TrueFISP-based Parameter Estimation

The IR TrueFISP experiment consists of an inversion pulse followed by the acquisition
of multiple bSSFP images as the signal time course approaches the steady state. For
on-resonant spins, the IR TrueFISP signal after n repetition times TR can be described
by a 3-parameter exponential, according to [50]:

S(n TR) = SStSt − (S0 + SStSt) · exp((−n TR)/T∗1 ) (3.1)

Where SStSt is the steady state signal; S0 is the transient state signal extrapolated to
t = 0; and T∗1 is the apparent relaxation time. The IR TrueFISP signal time course is
illustrated in Figure 6.

The signal at the beginning of the IR TrueFISP experiment can be described in good
approximation by

S0 = M0 sin α/2 (3.2)
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Using this equation, M0 can be obtained directly from the fitting parameter S0. In
order to obtain T1 and T2 it is necessary to identify their relationships with the other
two fitting parameters SStSt and T∗1 . For TR� T1,2, the bSSFP signal equation for the
steady-state (Eq. 2.24) can be written as

SStSt =
M0 sin α/2(

T1
T2
+ 1
)
− cos α

(
T1
T2
− 1
) (3.3)

In a standard bSSFP acquisition at zero off-resonance and prepared with an initial
α/2 pulse, the approach of the bSSFP signal towards the steady state takes the form of
an exponential decay with the time constant T∗1 . This exponential decay is a weighted
average of T1 and T2 relaxation, with the flip angle α determining the weighting [51]:

E∗1 = E1 cos2 α/2 + E2 sin2 α/2 (3.4)

Where E∗1 = exp(−TR/T∗1 ) and E1,2 = exp(−TR/T1,2). Schmitt et al. [50] showed
that this equation can be simplified for TR� T1,2 to

T∗1 =

(
1
T1

cos2 α/2 +
1
T2

sin2 α/2
)−1

(3.5)

Using equations 3.2, 3.3 and 3.5, it is now possible to derive expressions for the
calculation of T1, T2 and M0 from the three fit-parameters SStSt, S0 and T∗1 , and the
excitation flip angle α, according to [50, 52]:

T1 = T∗1
S0

SStSt
cos α/2 (3.6)

T2 = T∗1 sin2 α/2
(

1− SStSt

S0
cos α/2

)−1

(3.7)

M0 =
S0

sin α/2
(3.8)

3.3 methods

3.3.1 Development of a Radial bSSFP Sequence

All sequence development was performed using the standard pulse sequence devel-
opment environment for Siemens MRI systems (i.e. Integrated Development Envi-
ronment for Applications (IDEA), Siemens Medical Solutions, Erlangen, Germany).
A standard Cartesian FLASH sequence template was converted into a bSSFP se-
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Figure 7: Simulation of the radial bSSFP sequence implemented in IDEA. In this example,
signal inversion and a linear increasing flip angle preparation module are followed
by a radial bSSFP acquisition with conventional linear ordering of projection angles.

quence by fully balancing the gradient moments on all axes. In a first step towards
implementing a radial trajectory, the phase-encoding gradient was removed from this
sequence. Acquisition of different projection angles was then achieved by accordingly
modifying the rotation matrix that defines the current slice orientation. Multiple
radial trajectories were implemented in the sequence, including a golden-ratio profile
order, as well as simple linear ordering of projection angles. For non-selective signal
inversion, a standard adiabatic inversion pulse followed by a spoiler gradient was
included at the beginning of the sequence. This was followed by a linearly increasing
flip angle preparation [53] with a configurable number of pulses in order to suppress
off-resonance oscillations. A simulation of the finished radial IR TrueFISP sequence
(from the IDEA development environment) is shown in Fig. 7.

3.3.2 Centering the Radial Trajectory

The magnetic field gradients of an MRI system are created by three separate gradient
coils, one for each direction in the Cartesian coordinate system. In order to allow for
fast image acquisition, strong gradient fields have to be ramped up and down very
quickly, with typical amplitudes and slew rates of about 30 mT/m and 150 mT/(m
ms), respectively. Due to electromagnetic induction and other effects, correct timing
of gradient switching is very difficult. Although vendors account for these effects,
there is usually a remaining delay between the time the gradient is intended to be
switched on and the time this actually happens. These gradient delays are relatively
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Figure 8: Effect of gradient delays (denoted by τx, τy) on the timing of a radial bSSFP sequence
(for better visualization, gradient delays are highly exaggerated compared to the
duration of the acquisition window). The shaded areas correspond to the extra
gradient moments in x- and y-direction that have accumulated at the intended echo
position, which is equivalent to a shift in k-space. Resulting trajectory errors are
illustrated in Figure 9.
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Figure 9: Effect of gradient delays on a 2D radial trajectory with 16 projections (only the
center part of k-space is shown). Left: Equal gradient delays in x and y direction lead
to a shift between the time of the gradient-echo for each projection (indicated by
circles) and the intended echo time in the center of k-space (indicated by a square).
Right: Anisotropic gradient delays additionally shift the projections with respect to
each other. As a result, the projections do not share a common intersection point
anymore. This is the more realistic situation.

unproblematic for most Cartesian imaging methods as they only lead to a slight shift
in the echo position. However, for radial and other non-Cartesian trajectories, gradient
delays lead to trajectory errors that cause image artifacts if left uncorrected. Figure 8

shows the effect of gradient delays on the timing of a radial bSSFP sequence. Radial
trajectory errors due to isotropic (i.e. same delay for all axes) and anisotropic gradient
delays are illustrated in Figure 9.

According to the Fourier shift theorem, a shift in the echo position during readout
leads to a linear phase in image space:

F (S(k− ∆k)) = F (S(k)) · exp
(−2πi∆k · r

N

)
(3.9)

where F stands for the discrete Fourier transform, N is equal to the number of
acquired data points, r is the position in image space, and k and ∆k denote k-space
position and shift, respectively. Thus, observing the image space phase presents a
convenient way to measure timing errors (e.g. caused by gradient delays) between
intended and actual echo position. However, shim inhomogeneities, chemical shift,
susceptibility effects and other local Larmor frequency shifts lead to additional static
phases that are superimposed on this linear phase. These static phases can be removed
by acquiring projections in opposing pairs (e.g. +x- and −x-direction) and subtracting
the image phase for each pair of projections. The timing error / gradient delay can
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System and
Location

τx
[µs]

τy
[µs]

τz
[µs]

dwell time
of acq. [µs]

Siemens Avanto 1.5 T,
Würzburg

2.98 3.84 3.25 9.8

Siemens Espree 1.5 T,
Cleveland

3.42 4.49 2.70 9.8

Siemens Skyra 3 T,
Würzburg

-0.45 -0.39 -1.02 7

Table 1: Examples of measured gradient delays for three MRI systems at two locations. Note
that these delays are only valid for a specific dwell time and for imaging sequences
with similar timing.

then be obtained from a linear fit to the remaining image phase. Specifically, the
timing error (from now on referred to as delay τ) is proportional to the fitted slope
(mphase in units of radians per pixel):

τ =
mphase

2π
· N · tdwell (3.10)

Where tdwell denotes the dwell time (i.e. the sampling interval of the analog-to-
digital converter). Delays for all three gradient coils can be obtained by acquiring
opposing projections in the three directions of the scanner’s coordinate system.

Table 1 gives an overview of measured gradient delays for three different MRI
systems. Note that gradient delays are not guaranteed to be completely stable over
time. Furthermore, measurement of gradient delays also depends on sequence timing
and may be slightly different depending on the sequence and sequence parameters
used. The values cited here should therefore be taken with a grain of salt and gradient
delay measurements should be repeated for each individual sequence (and ideally
before every single scan, e.g. as part of a pre-scan).

Peters et al. [54] proposed a simple method to correct radial trajectories for gradi-
ent delays. After determination of the gradient delays on all three axes, the radial
trajectory can be corrected for these delays by adjusting the gradient moment (i.e. the
time integral of a gradient pulse) of the read dephasing gradient for each projection
according to the current projection angle. To correct for anisotropic gradient delays,
an additional correction gradient is required that is oriented orthogonal to the current
projection angle. For further explanation/discussion refer to [54] and [55]. This gradi-
ent delay correction method was implemented into the radial IR TrueFISP sequence
and used throughout all radial imaging experiments presented in this work.



3.3 methods 37

3.3.3 Golden-ratio based profile order

In conventional radial MRI, k-space is sampled with equidistantly spaced radial lines
in the order of increasing azimuthal angles from zero to π (or 2π). For dynamic ap-
plications this profile order is often interleaved so that view-sharing can be employed
[23]. Recently, a quasi-random radial profile order was proposed, with a constant
azimuthal angle spacing of approx. 111.246°, or π divided by the golden ratio [24].
This profile order has the advantage of a near-optimal uniform k-space sampling
for any number of projections, whereas an interleaved acquisition is only optimal
for a predetermined number (specifically the total number of projections divided
by the number of interleaves). This flexibility makes it possible to choose the frame
rate of a dynamic acquisition retrospectively and/or dependent on the position in
k-space. Due to the close relationship between the golden ratio and the Fibonacci
series, k-space sampling becomes most uniform whenever the number of projections
approaches a Fibonacci number.

3.3.4 Image reconstruction using a modified k-space weighted image contrast (KWIC) filter

Using view-sharing, the golden-ratio based profile order makes it possible to generate
a large number of images with different contrasts from a single-shot inversion-recovery
experiment. To reconstruct a single time-frame, the center of k-space is taken from
only a few acquired projections close to the chosen reconstruction time point, whereas
the high spatial frequencies are provided by including data from time points further
away, as illustrated in Figure 10. Such a k-space filter, as initially proposed by Song et
al. [56] by the name of k-space weighted image contrast (KWIC), ideally leads to a
uniformly sampled k-space for every time-frame, thereby avoiding undersampling
artifacts.

As illustrated in Figure 11, the reconstruction window starts with a given number
of projections for the center of k-space (e.g. 8), and increases to the next Fibonacci
number when the Nyquist sampling criterion would be violated otherwise. The next
time frame is then reconstructed by moving this k-space filter by a chosen number of
projections. In this work, the filter was moved in time by the temporal width of the
reconstruction window in the center of k-space, so that all acquired data were used at
least once in the reconstruction of the time series.

For density compensation, a standard Ram-Lak DCF was used. As illustrated in
Figure 11, it was necessary to correct this DCF for angular anisotropy due to the
golden-ratio based profile order. To this end, the angular distance to the two next
neighboring projections was determined for each projection in each ring of the radial
k-space filter and the Ram-Lak DCF was weighted by this distance. After applying
this DCF, the image time series was reconstructed using the nonuniform fast Fourier
transform (NUFFT) from the image reconstruction toolbox by Fessler et al. [31].
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reconstruction window for first three frames
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time/projection number

Figure 10: Illustration of data selection by temporal k-space filtering. Top: Following inversion,
signal evolution towards the bSSFP steady state is observed using a radial readout
with golden-ratio based profile order. In a first step towards reconstruction of
a single time-frame, a number of projections is selected that sufficiently covers
the entire k-space. Bottom: From these projections and depending on the k-space
position in read direction (kx), the filter selects only as many projections close to
the chosen reconstruction time point as necessary according to Nyquist (selected
projections are indicated in black). Thus, only a few projections need to be selected
close to the center of k-space while more and more projections need to be included
further out in k-space. This leads to the characteristic hourglass/tornado shape of
the filter. Initially, following the inversion pulse, this filter is highly asymmetric,
since there is no data from prior time points. Later, the filter becomes more and
more symmetric.
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Figure 11: Illustration of golden-ratio based radial profile order and filtering in k-space.
Subsequent projections are spaced by an angle increment of π divided by the
golden mean (five successive projections are color-coded from red to yellow). For
k-space filtering, projections are grouped into rings. The central ring consists of
eight projections that were acquired closest to the target time point. In order to
fulfill the Nyquist criterion, the included number of projections jumps to the next
Fibonacci number further out in k-space, thus forming the next ring. This results
in a relatively uniform k-space sampling density. This figure also illustrates that
in each ring, the angular distance between the next neighbors of a projection
alternates between two possible values (denoted by ∆φ1 and ∆φ2 in red and blue,
respectively). Thus, a density compensation function based on the Ram-Lak filter
has to be corrected for this angular anisotropy.
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3.3.5 Imaging experiments

Brain Imaging

In vivo brain experiments were performed with a healthy volunteer on a 1.5 T whole-
body imaging system (Magnetom Espree, Siemens Healthcare, Erlangen, Germany).
For signal reception, a 32-element phased-array head receiver coil (Siemens Health-
care) was used. Informed consent was obtained and the project was approved by
the local Institutional Review Board (IRB). After non-selective adiabatic inversion, a
linearly increasing flip angle preparation consisting of 4 pulses was used to suppress
off-resonance oscillations. After this preparation signal evolution towards the steady
state was observed using the described radial bSSFP sequence with golden-ratio based
profile order and 1300 projections. Other acquisition parameters used are as follows:
TR = 4.78 ms, flip angle (FA) = 45°, matrix size: 256x256, field of view (FoV) = 220x220

mm², slice thickness = 6 mm, receiver bandwidth = 650 Hz/pixel, acquisition time
(TA) = 6 s.

As references for artificial contrast generation, a T1-weighted spin-echo (TR = 500

ms, TE = 9.5 ms, TA = 2 min 10 s), a T2-weighted turbo spin-echo (TR = 4 s, TE = 96

ms, echo train length (ETL) = 11, TA = 1 min 40 s) and a fluid attenuated inversion
recovery (FLAIR) [57] turbo spin-echo sequence (TR = 9 s, TE = 112 ms, inversion
time (TI) = 2.5 ms, ETL = 21, TA = 2 min 6 s) were run with the same resolution and
slice position as the IR TrueFISP scan.

Cardiac Imaging

In vivo cardiac experiments were performed with a healthy volunteer on a 1.5 T whole-
body imaging system (Magnetom Espree, Siemens Healthcare, Erlangen, Germany).
Informed consent was obtained and the project was approved by the local Institutional
Review Board (IRB). For signal reception, a six-element body matrix array was used
in combination with a six-element spine array (Siemens Healthcare). The coils were
used in circularly polarized (CP) matrix mode, i.e. every three elements of the body
array and every two elements of the spine array were combined using a smart
combiner network [58] and only the primary mode signals were acquired and stored
to disk, resulting in a total of five coil channels (two and three channels for the body
array and spine array, respectively). The volunteer was instructed to hold his breath
during a radial IR TrueFISP experiment with golden-ratio based profile order in short
axis orientation of the heart. The electrocardiography (ECG) signal was recorded
simultaneously and used to trigger the start of the experiment to the beginning
of the diastole. After application of an adiabatic inversion pulse, the radial bSSFP
experiment ran uninterrupted for 7.5 s (corresponding to 2560 acquired projections).
Individual time frames were reconstructed from this data using retrospective gating,
as explained in the next section. Other sequence parameters were as follows: TR =
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2.9 ms, FA = 45°, matrix size: 144x144, FoV = 300x300 mm², slice thickness = 6 mm,
receiver bandwidth = 1000 Hz/pixel.

3.3.6 Signal Processing and Parameter Fitting

Brain Imaging

In a first reconstruction step, adjacent projections were selected for each individual
time frame and filtered using the KWIC filter described above. Each frame contained
8 projections in the center of k-space and reconstruction windows for consecutive
frames were separated by these 8 projections. Moving further out in k-space, the
number of projections jumps to the next Fibonacci number (i.e. 13, 21, 34, 55, etc.,
up to a maximum of 233 projections), whenever the Nyquist criterion would be
violated otherwise. Images were reconstructed from these filtered projections using
NUFFT gridding [31] and an analytically calculated density compensation function
as described in the theory section. Multi-channel images were combined using the
adaptive combine method of Walsh et al. [59]. The resultant time series of images
was used to determine values for the parameters M0, T1 and T2 by fitting the data
pixel-wise to equation 3.1.

Cardiac Imaging

Radial trajectories are well suited for cardiac and/or respiratory self-gating since each
projection travels through the center of k-space. The center of k-space (the DC signal)
reflects the total signal of the excited volume convolved with the sensitivities of the
receiver coil array. It was shown in previous work that DC signal fluctuations can be
used for cardiac and/or respiratory self-gating [60, 61].

To assess DC signal fluctuations resulting from cardiac motion, all coil channels
were analyzed separately. The coil channel providing highest sensitivity towards
cardiac motion (one channel of the body matrix) was selected manually and used for
retrospective cardiac self-gating. This signal was low-pass filtered in order to remove
high-frequency signal components caused by noise and trajectory errors. Furthermore,
in order to remove the general dynamics of the IR TrueFISP experiment (the relaxation
curve) from the DC signal, a biexponential version of Equation 3.1 was fit to this time
series and the fitted time curve was subsequently subtracted from the DC signal. The
gating window was then manually determined from this self-gating signal.

Retrospective gating of the cardiac IR TrueFISP experiment was achieved by exclud-
ing projections from the reconstruction that were not acquired during the diastolic
phase of the cardiac cycle, i.e. outside of the gating window. For each individual time
frame, the remaining projections were then sorted by their temporal distance from
the target time point. An asymmetric KWIC filter, similar to the filter shown on the
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TI = 48 ms TI = 200 ms TI = 1 s TI = 3 s TI = 6 s 

Figure 12: Five representative time frames from the IR TrueFISP experiment with inversion
times (TI) ranging from 48 ms to 6 s.

Proton Density T1 [ms] T2 [ms]

Figure 13: Proton density, T1 and T2 maps, determined from a fit to the reconstructed time
series.

far left of Figure 10, was used to select a full Nyquist-sampled data set that consisted
of projections that were acquired closest to the target time point. The form of this
KWIC filter and the rest of signal processing and parameter fitting was the same as
for the brain imaging experiments, described above.

3.4 results

Figure 12 shows five representative time frames from the radial IR TrueFISP experi-
ment with inversion times ranging from 48 ms to 6 s. The first image of the time series
is mostly proton density-weighted, whereas following time frames display the signal
evolution towards the steady state and show a combination of T1- and T2-weighting.
Resulting parameter maps are shown in Fig. 13.

Typical clinically used image contrasts were artificially generated from these param-
eter maps. Figure 14 shows synthetic T1-weighted, T2-weighted and FLAIR images
next to their respective references, obtained from a conventional scan. Although
general contrast information is very similar between the two sets of images, there are
some differences evident. First, ventricles and venous sinuses appear brighter in the
synthetic images compared to the reference. Furthermore, white/gray matter contrast
is a little off, especially apparent in the FLAIR and T2-weighted images.

The determination of the gating window from the DC signal for the reconstruction
of the cardiac IR TrueFISP data is illustrated in Figure 15. The unfiltered and low-pass
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Figure 14: Artificially generated images compared to standard clinical MRI reference images.
Although general contrast information is closely reproduced, there are some differ-
ences evident: Ventricles and venous sinuses appear brighter than in the standard
images and gray/white matter contrast is a little different, especially apparent in
the FLAIR and T2-weighted images.
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Figure 15: a) Unfiltered DC signal for all five coil channels. High-frequency signal components
due to noise and trajectory errors are removed from this signal using low-pass
filtering. The resulting filtered DC signal is shown in b). A biexponential version
of Equation 3.1 is then fit to this time series, as shown by dotted lines in b). This
fitted time course was then subtracted from the DC signal in order to remove the
relaxation dynamics of the IR TrueFISP experiment. The remaining DC signal nicely
shows signal fluctuations due to cardiac motion, as demonstrated in c) for one of
the coil channels (#4). This cardiac self-gating DC signal shows a high correlation
with the recorded ECG signal (d). The gating window was manually determined
from this self-gating signal, as indicated by gray-shaded boxes in c) and d). Only
projections that were acquired in the corresponding time intervals were included
in the reconstruction of the time series (shown in Figure 16).
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filtered DC signal for all five coil channels is shown in Figure 15a and 15b, respectively.
A biexponential version of Equation 3.1 is fit to the filtered DC signal, as shown by
dotted lines in Figure 15b. This fitted time course was then subtracted from the DC
signal in order to remove the relaxation dynamics of the IR TrueFISP experiment. The
remaining DC signal shows high correlation with the recorded ECG signal (Figure
15d), as demonstrated in Figure 15c for the coil channel that was most susceptible to
cardiac motion (coil #4).

Figure 16 shows representative time frames from the radial IR TrueFISP experiment
that was acquired in short axis orientation of the heart. Resulting parameter maps are
shown in Fig. 17.

3.5 discussion

While parameter mapping with an IR TrueFISP based scheme has been previously
demonstrated [50, 52], the introduction of a golden-ratio based radial readout with a
temporal k-space filter greatly accelerates this technique, bringing the time required
for parameter estimation down to 6 s/slice. This represents a 20-fold improvement
over the previously reported, 2 min/slice obtained with a segmented Cartesian
acquisition [50, 52]. This critical improvement in the speed of the parameter map-
ping experiment allows whole head coverage (20-30 slices) in 2-3 minutes, making
quantitative and synthetic imaging clinically viable.

Figure 14 demonstrates that the contrast information for a standard neurologic
clinical MRI examination (T1-weighted, T2-weighted, spin-density-weighted, and
FLAIR images) is closely reproduced in the synthetic images generated from the
single-shot IR TrueFISP dataset. Image contrast is very similar between the two
sets of images. However, there are some differences evident. First, the inherent flow
sensitivity of the single-slice TrueFISP sequence causes the ventricles and the venous
sinuses to appear brighter than in the standard images. This can be explained by
higher flow sensitivity of the single-slice IR TrueFISP scan compared to the references.
Furthermore, parts of the cerebrospinal fluid (CSF) in the calculated FLAIR image are
more prominent than in the reference image. This appears to be the result of different
responses of the two acquisition methods on partial volume effects, as previously
shown by Gulani et al. [52]. Finally, the T1 and especially the T2 contrast of the two
image sets are not completely identical. This is most evident in the T2-weighted and
the FLAIR image (that is also highly T2-weighted); gray/white matter contrast in the
synthetic FLAIR is much higher than in the reference. This hints to systematic T1 and
T2 quantification errors that are further investigated in Chapter 4.

Although only three artificially generated contrasts are shown in this work, syn-
thetic imaging allows the generation of any desired contrast and any number of
images. Physicians may retrospectively adjust T1- and T2-weighting to their liking,
as illustrated as a graphical user interface example in Figure 18. This is similar to
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Figure 16: Representative time frames from the cardiac IR TrueFISP experiment.
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Figure 17: Proton density, T1 and T2 maps, as obtained from a fit to the reconstructed time
series of the cardiac IR TrueFISP experiment.
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Figure 18: Illustration of synthetic imaging in MRI. Based on a full set of relaxometry data
(proton density, T1 and T2), the user can retrospectively adjust image contrast by
selecting repetition time (TR), echo time (TE) and inversion time (TI) that are then
used for synthetic image generation.

the current situation in computed tomography (CT), in which the physician can
adjust windowing of the quantitative Hounsfield unit. Further discussion of synthetic
imaging is provided in [52].

The results from the cardiac experiment show that the proposed radial IR TrueFISP
method is well suited for cardiac relaxometry. It was possible to obtain proton density,
T1 and T2 from a single-shot IR TrueFISP experiment by excluding projections that
were not acquired during diastole from image reconstruction and parameter fitting.
Furthermore, it was shown that the DC signal can be used for retrospective cardiac self-
gating. Admittedly, the ECG signal that was recorded during the experiment was still
used to trigger the IR TrueFISP experiment at the beginning of the diastole. In a future
study, a prospective implementation of the self-gating procedure may potentially
be used instead. However, as can be seen in Figure 15c and although the temporal
dynamics of the IR TrueFISP experiment are largely removed from the DC signal by
the biexponential fitting procedure, very fast dynamics make the determination of the
gating window early in the beginning of the experiment difficult. Nevertheless, the
DC self-gating signal quickly improves making it possible to determine the gating
window for earlier time points by extrapolation from the more reliable self-gating
signal later in time.
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In addition to the T1 and T2 quantification errors that were noticed in the results
of the brain experiments, the cardiac IR TrueFISP experiment suffers from another
systematic quantification error: Through plane motion during the systolic phase can
lead to a violation of the steady state condition of the IR TrueFISP experiment in some
parts of the cardiac muscle. The relative signal change caused by this depends on the
slice thickness as the effect of through plane motion on imaging is expected to scale
inversely with slice thickness. Further observation and investigation of through plane
motion effects on the IR TrueFISP quantification method is left for a future study.

3.6 conclusion

The results show that it is possible to derive T1, T2 and relative proton density from
a single radial IR TrueFISP experiment of the human brain in about 6 s per slice
by using a golden-ratio-based profile order in combination with view-sharing. This
represents a 20-fold improvement over the previously reported, 2 min/slice obtained
with a segmented Cartesian acquisition [50, 52]. This critical improvement in the
speed of the parameter mapping experiment allows whole head coverage (20-30

slices) in 2-3 minutes, making quantitative and synthetic imaging clinically viable.
However, differences in contrast between synthetically generated images and their
respective reference images hints to systematic T1 and T2 quantification errors that
require further investigation.

Furthermore, the results from the cardiac experiment show that the proposed radial
IR TrueFISP method is well suited for cardiac relaxometry. It was possible to obtain
proton density, T1 and T2 from a single-shot IR TrueFISP experiment in combination
with a retrospective gating technique.
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E F F E C T S O F S L I C E P R O F I L E A N D M A G N E T I Z AT I O N
T R A N S F E R O N I R T R U E F I S P R E L A X O M E T RY

4.1 introduction

It was shown in Chapter 3 that the IR TrueFISP method can be significantly accelerated
using a radial readout with golden-ratio based profile order in combination with
view-sharing. However, the presented results indicate that IR TrueFISP generally
suffers from systematic quantification errors. Specifically, gray/white matter contrast
in FLAIR and T2-weighted images, synthetically generated from the IR TrueFISP
relaxometry data, was found to be different from corresponding spin-echo reference
images. The aim of the work presented in this chapter is to provide explanations and
correction strategies for this deviation. Particularly, two major sources of error for IR
TrueFISP relaxometry are examined and addressed.

A potential problem in mapping proton density, T1 and T2 with an IR TrueFISP ex-
periment is that on-resonant magnetization transfer (MT) effects can have a significant
influence on the steady state signal of bSSFP sequences [62], and can thus potentially
confound the experiment. In this work, MT effects on parameter quantification are
examined by variation of the RF pulse duration, as previously proposed by Bieri et
al. [63]. A strategy is presented that partially corrects the obtained parameter maps
for MT effects by extrapolation of the results from multiple IR TrueFISP experiments
towards a MT-free.

Additionally, deviations of the excited slice profile from a perfect rectangular
form pose another serious problem for accurate quantification, since the IR TrueFISP
method relies on the correct knowledge of the excitation flip angle. In order to correct
for non-rectangular slice profiles, an effective flip angle is introduced, derived from a
simulation of the IR TrueFISP experiment.

With these corrections, the technique has been tested in a phantom and in in vivo
experiments and shown to yield parameters which are similar to those derived using
standard quantification experiments. This work shows that the golden angle radial IR
TrueFISP method is a viable option for quantitative MRI due to significantly shorter
scan times while still allowing accurate parameter quantification.

A Full Paper on this work together with results from Chapter 3 is currently under
review in the journal Magnetic Resonance in Medicine.

49
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4.2 theory

4.2.1 Slice profile effects

As discussed in Section 2.3.1, selective excitation of an imaging slice in MRI is achieved
by simultaneous application of a frequency-selective RF pulse and a magnetic field
gradient. However, in reality, slice selection does not lead to perfectly homogeneously
excited slices. The nominal flip angle is only reached in the center of the excited
slice (assuming a perfectly homogeneous B1 field); the actual flip angle in most parts
of the slice is significantly smaller. In first approximation, and for small flip angles
(α� 90◦), the profile of the excited slice is given by the Fourier transform of the RF
pulse waveform. The waveform of a sinc pulse can be described by the product of its
duration and its bandwidth (time-bandwidth product TBW):

B1(t) =

A · TRF
TBW ·

sin(πt·TBW/TRF)
πt − TRF

2 < t < TRF
2

0 otherwise
(4.1)

where the amplitude in the center of the RF pulse is denoted as A and the RF
pulse duration as TRF. Note that the sinc pulse waveform is usually filtered by a
Hamming or Hann window function. For even integer values, the TBW is equal to the
number of zero crossings of the RF pulse waveform. Thus, a sinc pulse with a high
TBW includes many sidelobes, leading to a slice profile that approaches a rectangular
form. However, increasing the TBW of the RF pulse increases the bandwidth of the
pulse (assuming constant RF duration), leading to two major disadvantages: First,
it requires an increase of the slice selection gradient’s amplitude, which may cause
problems with gradient amplitude overflow and general sequence timing. Second, it
leads to an approximately linear increase of the specific absorption rate (SAR) of the
sequence. Thus, in many clinically used fast 2D imaging sequences, a sinc pulse with
a very low TBW (between 2 and 3) is used, leading to slice profiles that are far from
rectangular.

Using the nominal flip angle for 2D IR TrueFISP quantification will therefore
obviously lead to errors as the underlying assumption of a perfect rectangular slice
profile is significantly violated. This work shows that it is possible to correct for
non-rectangular slice profiles by introducing an effective flip angle. The effective flip
angle is defined as the flip angle that best describes the IR TrueFISP signal evolution
for a given T1 and T2, assuming a perfect rectangular pulse profile (αe f f ective(T1, T2) <

αnominal). This parameter can be obtained from a simulation of the IR TrueFISP
experiment using a known (i.e. calculated or experimentally determined) slice profile,
as described in the methods section.
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4.2.2 Magnetization transfer effects

Another potential problem in mapping M0, T1 and T2 with an IR TrueFISP experiment
is that on-resonance magnetization transfer effects can have a significant influence on
the steady state signal of bSSFP sequences [62], and can thus potentially confound
the experiment.

Magnetization transfer effects on MRI were first reported by Wolff and Balaban
in 1989 [64]. Macromolecules (such as proteins in the human brain) are not directly
detectable by most MR imaging methods. Typical RF excitation pulses are much
longer than the transverse relaxation time (T2) of typical macromolecules so that
no detectable transverse magnetization is created in the macromolecular spin pool.
However, RF pulses lead to a saturation of the longitudinal magnetization which
is indirectly detectable: Saturation of longitudinal magnetization is transferred to
observable spins (e.g. in water) via dipolar coupling or chemical exchange, leading
to a signal loss in MR images. Henkelman et al. [65] provide an elaborate review
of magnetization transfer and common methods for its qualitative and quantitative
detection.

The effects of magnetization transfer on an IR TrueFISP experiment are twofold:
First, it leads to a reduction of the apparent relaxation time (and fit parameter) T∗1 .
Second, it reduces the steady state signal SStSt. Quantification of proton density
and of the signal magnitude directly after inversion, S0, should not be significantly
affected by MT since the saturation of the semi-solid spin pool at the beginning of the
experiment is effectively zero. Thus, in order to correct T1 and T2 for MT effects, it is
necessary to extrapolate SStSt and T∗1 to a MT-free state.

As previously proposed [63], reducing RF power by prolonging the RF pulse in a
bSSFP acquisition can be effective in reducing MT related signal loss. Stretching the
RF pulse by a factor of β reduces the MT saturation rate per pulse by 1/β2, provided
that the bandwidth of the pulse is much smaller than the bandwidth of the restricted
spin pool causing MT (and assuming a constant flip angle) [63].

Gloor et al. [66] recently presented a modified bSSFP steady state signal equation
based on a two-pool MT model. However, full quantification of all relevant MT
parameters using this model requires a large number of bSSFP scans in the steady
state. The associated increase in scan time may be acceptable if the quantified MT
parameters are of further interest, but would otherwise largely diminish the speed
advantage of the IR TrueFISP method. Bieri et al. [63] used a simple exponential model
to describe the MT induced steady state signal change, and showed the experimental
data are well-described using this model. Thus, the steady state signal can be partially
corrected for MT using an exponential saturation model of the same general form:
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SStSt(β) =
(

Sno MT
StSt − Sfull MT

StSt

)
·
(

1− e−k β
)
+ Sfull MT

StSt (4.2)

= ∆SStSt ·
(

1− e−k β
)
+ Sfull MT

StSt

Sno MT
StSt denotes the steady state signal extrapolated to an RF pulse of infinite

duration (β → ∞, free of MT effects), and Sfull MT
StSt denotes the signal arising from a

fully saturated semi-solid spin pool, i.e. the remaining observable signal depends
primarily on the exchange rate between the spin pools and the T1 relaxation time
of the free spins. The empirical rate constant k describes the exponential relaxation
towards Sno MT

StSt with increasing β. Thus, this simple model describes an exponential
transition from the steady-state signal with fully saturated semi-solid spin pool
(Sfull MT

StSt ) to the MT-free signal (Sno MT
StSt ). The empirical rate constant k of this transition

is determined by MT-related parameters, mainly the exchange rates between the spin
pools and their relaxation properties. By acquiring bSSFP images with at least three
different pulse durations, it is possible to determine all three relevant parameters
Sno MT

StSt , Sfull MT
StSt , and k by performing a fit to the equation shown above. MT-related

effects on the IR TrueFISP method can be reduced by using the extrapolated steady
state signal Sno MT

StSt in the calculation of T1 and T2.
The effect of MT on T∗1 is generally smaller than on SStSt. Additionally, slight T∗1

deviations are less problematic for IR TrueFISP quantification. Since each additional
degree of freedom in the quantification leads to noise amplification, MT-related effects
on T∗1 are simply reduced in this work by using T∗1 from the experiment that was
least affected by MT (i.e. from the scan with the highest β).

Since S0 should not be affected by MT, it is possible to use S0 from any of the IR
TrueFISP experiments for the final calculation of the relaxation parameters. In this
work, S0 from the shortest TR scan is used, since it shows the least blurring due to
the higher sampling rate.

4.3 methods

4.3.1 Imaging experiments

Phantom experiments were performed on a 1.5 T whole-body imaging system (Magne-
tom Avanto, Siemens Healthcare, Erlangen, Germany) with a six-channel phased-array
body matrix in combination with a spine matrix coil (Siemens Healthcare). Phantom
experiments were performed in order to examine the validity of the radial IR TrueFISP
and the slice profile correction method. To this end, seven 150 ml plastic bottles were
filled with tap water and different amounts of a superparamagnetic iron oxide (SPIO)
based contrast agent (Resovist, Bayer Schering Pharma AG, Berlin, Germany). The
concentration of the contrast agent was varied between 0 and 256 · 10−6 M to yield T1
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values ranging from 316 to 2440 ms, and T2 values ranging from 15 to 1680 ms. In
order to reduce susceptibility related artifacts, the phantom bottles were placed in a
water-filled basin. A radial IR TrueFISP experiment with a golden-ratio based profile
order was performed with the following parameters: TR = 3.12 ms, flip angle (FA) =
45°, RF pulse duration (TRF) = 0.8 ms, TBW = 2, matrix size = 128x128, field of view
(FoV) = 200x200 mm², slice thickness = 10 mm, receiver bandwidth = 1000 Hz/pixel,
total number of projections acquired = 1800, total experiment time = 5.7s.

As a reference, the longitudinal and transversal relaxation times of the phan-
toms were measured with a Cartesian spin-echo (SE) sequence. Longitudinal re-
laxation was assessed from images acquired at five different inversion times (TI
= 25/100/400/1200/5000 ms, TR = TI + 10 s, TE = 15 ms, 4/5 rectangular FoV =
200x159 mm², matrix size = 128x77 (75% phase resolution)). After adiabatic inversion
and subsequent inversion delay TI, a single k-space line was acquired, followed by
a relaxation delay of 10 s before the next TR. Transverse relaxation was assessed
from SE images acquired with five different echo times (TE = 13/50/150/400/800

ms, TR = 5 s, 4/5 rectangular FoV = 200x159 mm², matrix size = 128x77 (75% phase
resolution)). Reference values for T1 and T2 were calculated from the corresponding
phase-corrected real-part image series by three- and two-parameter fitting, respec-
tively. For further analysis, a region-of-interest was drawn in each phantom bottle.
Mean and standard deviation of T1 and T2 were then determined from these ROIs for
the reference and the IR TrueFISP experiment, with and without correction for slice
profile imperfections, which are described below.

In order to correct for slice profile imperfections, quantitative slice profiles for a sinc
pulse (TBW = 2, FA = 45°, 60°) were obtained using a phantom containing a solution
of 1.25 g NiSO4x6H2O and 0.5 g NaCl per 1000 g distilled water (T1 = 300 ms). The
signal time course for the IR TrueFISP experiment was simulated for different T1 and
T2 combinations using Eq. 3.1 (nominal flip angle = 45°, 60°; TR = 5 ms) and different
positions in the experimentally determined slice profiles. The effective flip angle for
a given T1, T2, and slice profile was then obtained by fitting the sum of the signal
over the slice to Eq. 3.1, with the effective flip angle as the only fitting parameter. To
reduce computation time, a look-up table of effective flip angles was then generated
for a wide range of T1 and T2 values (T1 = 20 to 8000 ms; T2 = 5 to 2000 ms). This
table was used to correct the phantom and in vivo data for imperfect slice profiles, as
described below.

In vivo experiments were performed on a 1.5 T whole-body imaging system (Magne-
tom Espree, Siemens Healthcare, Erlangen, Germany) with a 32-element phased-array
head receiver coil (Siemens Healthcare). IR TrueFISP experiments were performed
on six asymptomatic volunteers. Informed consent was obtained and the project was
approved by the local Institutional Review Board (IRB). After non-selective adiabatic
inversion, a linearly increasing flip angle preparation consisting of 4 pulses was
used to suppress off-resonance oscillations [53]. After this preparation the return to
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Figure 19: Flow chart of the proposed corrections for IR TrueFISP quantification: After running
three separate IR TrueFISP experiments with varying RF pulse durations and after
performing fits to Equation 3.1, the steady state signal is extrapolated to the MT-
free state. Using this extrapolation together with T∗1 from the scan that was least
affected by MT, and S0 from one of the scans (using S0 from the scan with shortest
TR reduces blurring), first estimates of T1 and T2 are obtained, that are iteratively
corrected for slice profile imperfections using a lookup table in the following.
Convergence is achieved when the mean change of the effective flip angle is below
1 % between iterations.

equilibrium was observed using a radial bSSFP sequence with a golden-ratio based
profile order.

In order to examine the influence of magnetization transfer on parameter quan-
tification, the IR TrueFISP experiment was repeated with different pulse durations
and repetition times. To keep the recently reported effect of finite RF excitation on
the bSSFP signal [67] constant for all scans, the ratio between pulse duration and TR
was kept fixed at 20%. The acquisition parameters used are as follows: TR = 4, 6, 8

ms, pulse duration TRF = 0.8, 1.2, 1.6 ms (rf-scaling factor β = 1, 1.5, 2), TBW = 2,
FA = 60°, matrix size: 256x256, FoV = 220x220 mm², slice thickness = 6 mm, receiver
bandwidth = 890 Hz/pixel. The total number of projections was adjusted so that the
total acquisition time was just under 6 s for each experiment.

4.3.2 Signal Processing and Parameter Fitting

After the data were acquired, they were used to determine the first estimates of T1,
T2 and M0. First, for each individual time frame, adjacent projections were selected
and filtered using the KWIC filter described in chapter 3. Each frame contained
8 projections in the center of k-space and reconstruction windows for consecutive
frames were separated by these 8 projections. Moving further out in k-space, the
number of projections jumps to the next Fibonacci number (i.e. 13, 21, 34, 55, etc.,
up to a maximum of 233 projections), whenever the Nyquist criterion would be
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violated otherwise. Images were reconstructed from these filtered projections using
NUFFT gridding [31] and an analytically calculated density compensation function.
Multi-channel images were combined using the adaptive combine method of Walsh
et al [59]. The resultant time series of images was used to determine values for the
parameters M0, T1 and T2 by fitting the data pixel-wise to equation 3.1. After the
determination of the values of M0, T1 and T2 for each of the different pulses described
above, the next step is to correct for MT effects and slice profile imperfections. A flow
chart showing how these corrections were performed is given in Figure 19. Using the
steady state signals from the three different pulse lengths, the MT-free signal Sno MT

StSt

was determined using the exponential model (Eq. 4.2). MT-corrected T1 and T2 maps
were then calculated as described in the theory section, using the corrected steady
state signal Sno MT

StSt , T∗1 from the scan that was least affected by MT (β = 2), and the
proton density map from the scan with the shortest TR (TR = 4 ms). The result of
this correction is a set of M0, T1 and T2 maps that are less affected by magnetization
transfer. After these initial estimates of the MT-free T1 and T2 values are determined
using the nominal flip angle, parameter maps were iteratively corrected to account for
the imperfect slice profile. Using the initial fit, an estimate of the effective flip angle
is obtained from the look-up table. Proton density, T1 and T2 were then corrected
and the effective flip angle was updated using the corrected T1 and T2 values. This
procedure was iterated four times until convergence was achieved (mean effective
flip angle changes by less than 1 %). Total computation time for the iterative slice
profile correction was under 0.1 s per slice on a standard desktop computer running
unoptimized Matlab code.

4.4 results

In order to correct for slice profile imperfections, the signal evolution for an IR
TrueFISP experiment was simulated using the experimentally determined slice profile
arising from a sinc pulse (αnominal = 60◦, TBW = 2) for spins with the following
relaxation times: T1 = 600 ms, T2 = 60 ms. The signal time course as a function
of the position in the slice is shown in Figure 20a. Figure 20b depicts the integral
of this signal over the slice, as well as an exponential fit used to determine the
effective flip angle. The effective flip angle for a nominal flip angle of 60° and the
range of relaxation times described above, derived from performing the simulation
with different relaxation parameters, is shown in Figure 22a. Figure 22b shows the
iteratively determined map of effective flip angles for one of the six volunteers. As
can be seen, the variations of the effective flip angle between different brain tissue
types are relatively small.

Figure 21 gives an overview of the results from the IR TrueFISP phantom experi-
ments, shown in more detail in Table 2. In this figure, the reference T1 and T2 values
are plotted against the T1 and T2 values derived from the IR TrueFISP experiment. Re-
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Figure 20: a) Simulated signal evolution for an IR TrueFISP experiment depending on slice
position (T1/T2 = 600/60 [ms], sinc pulse with TBW = 2; slice thickness = 50 mm;
nominal flip angle = 60°), b) sum over slice of simulated signal and exponential fit
through simulated data points.
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Figure 21: Phantom results: T1 and T2 values from all phantoms with and without correction
for imperfect slice excitation over the corresponding reference values (for a better
distinction of short T2 species, see Table 2). Magnetization transfer plays no role in
the phantom experiments, so there was no need for a MT correction.
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T1 [ms] T2 [ms]
w/o corr. with corr. reference w/o corr. with corr. reference

Bottle 1 2376± 12 2456± 12 2439± 16 2260± 250 1680± 240 1678± 59

Bottle 2 1958± 11 2029± 11 2030± 18 691± 21 420± 20 349.2± 7.7

Bottle 3 1689± 11 1752± 11 1747± 8 409± 13 240.1± 8.1 213.4± 4.8

Bottle 4 1292± 13 1341± 13 1376± 8 251± 10 144.3± 6.1 116.6± 2.4

Bottle 5 949± 14 985± 14 971± 9 140.6± 5.3 79.2± 3.1 61.7± 1.6

Bottle 6 600± 14 623± 14 604± 12 87.1± 4.8 48.7± 3.8 32.2± 1.2

Bottle 7 300.0± 9.3 312± 10 317± 15 53.4± 6.5 30.4± 4.1 15.4± 1.9

Table 2: Phantom data: T1 and T2 for all seven phantom bottles, with and without correction
for imperfect slice excitation, and corresponding reference values. (Mean ± SD).

100 2000 4000
10

400
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Figure 22: a) Effective flip angle lookup table determined from the fit for different T1, T2
combinations. b) Iteratively determined map of effective flip angles for one of the
volunteers (same scaling as b).



58 slice profile and magn. transfer effects on ir truefisp relaxometry

Figure 23: From top to bottom: steady state signal, T1, and T2 maps, as obtained from a
3-parameter fit, for three experiments with different rf-scaling factors β and thus
MT levels (first three columns), as well as extrapolated to β→ ∞ (far right column).
Short pulses (small β) lead to a severe attenuation of the steady state signal due
to an increased MT effect, which translates into an overestimation of T1, and
underestimation of T2. Quantification of M0 is not affected by MT (and is thus not
shown in this figure).

sults with and without slice profile correction are shown to demonstrate the effects of
including this correction method. No MT correction was required for these phantom
data, and thus it was not applied.

The effect of MT on parameter quantification is illustrated in Fig. 23. The top
row shows steady state images for all three IR TrueFISP experiments, as well as a
theoretically MT-free steady state image, obtained by extrapolation. The two bottom
rows show the resultant T1 and T2 maps, which illustrates that magnetization transfer
leads to an overestimation of T1 and underestimation of T2. In white matter, T1 is
overestimated by up to 30%, and T2 underestimated by up to 50% (depending on RF
power).

Figure 24 shows the result of the parameter mapping with corrections for the slice
profile and MT effects for two of the normal volunteers. To provide a quantitative
comparison, white matter, gray matter, and cerebral spinal fluid (CSF) regions of
interest in each volunteer were selected (shown in red in the proton density map of
Figure 24; similar regions of interest were selected for maps generated from the other
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Figure 24: Parameter maps, corrected for slice profile and MT, for two of the normal volunteers.
Regions of interest used for further analysis (see Table 3) are shown in the proton
density maps in red; 1: CSF; 2: white matter; 3: gray matter.

volunteers). The obtained T1 and T2 values, corrected for slice profile and MT, for
each region are detailed in Table 3. In one case it was not possible to find a region-of
interest containing pure CSF due to through-plane partial volume effects, leading to
the exclusion of this dataset in the calculation of the mean CSF relaxometry data.

4.5 discussion

While parameter mapping with an IR TrueFISP based scheme has been previously
demonstrated [50, 52], the introduction of a golden-ratio based radial readout with a
temporal k-space filter, as presented in Chapter 3, greatly accelerates this technique,
bringing the time required for parameter estimation down to 6 s/slice. However,
deviations from traditional theory due to magnetization transfer effects and imperfect
slice profiles leads to considerable quantification errors independent of the chosen
k-space sampling scheme. Thus, corrections for these two effects must be included
in the IR TrueFISP quantification technique, which increases the scan time from 6

to 28 s/slice, including a relaxation delay of 5 s between IR TrueFISP experiments.
The extra time due to the relaxation delay can be avoided by using an interleaved
multi-slice acquisition, reducing the scan time to 18 s/slice.

The influence of magnetization transfer on parameter quantification is especially ap-
parent when using high-power pulses (high flip angle and high bandwidth) and short
repetition times. In an IR TrueFISP experiment, the magnetization transfer builds up
simultaneously with the relaxation of the signal towards the steady state, potentially
distorting parameter quantification. The effect of MT on parameter quantification
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T1 [ms] T2 [ms]

White matter (dorsal) 716± 23 65.0± 3.5
previously reported 608− 756 54− 81

Gray matter 1123± 36 88.0± 4.5
previously reported 998− 1304 78− 98

CSF 4200± 400 2100± 360
previously reported 4103± 904

5127± 350

Table 3: Volunteer data: Parameters obtained from ROIs positioned in different parts of the
brain (Mean ± SD over six volunteers / 5 volunteers in case of CSF), corrected for slice
profile inaccuracies and magnetization transfer. References for previously reported T1
values are: [37, 49, 68, 69, 70, 71, 72]; and for T2: [37, 49, 72, 73].

was examined in this work by varying the duration of the RF pulse, as proposed
previously [63]. However, in order to limit the recently reported influence of finite
RF excitation on bSSFP [67, 74], it was necessary to keep the TRF/TR ratio fixed at
a relatively low value, which limited the feasible range of TRF values and thus the
dynamic range that was available for MT extrapolation. Nonetheless, extrapolation
of the steady state signal towards the MT-free state was relatively stable, although it
did lead to a noticeable noise increase in the MT-corrected parameter maps (compare
raw parameter maps with corrected (extrapolated) maps on the far right of Figure
23). The influence of finite RF excitation on parameter quantification (and thus the
necessity to keep the TRF /TR ratio low) may be avoided in a future study using
the very recently proposed concept of superbalanced SSFP [75]. This concept allows
the use of much longer RF pulses by overcoming the problem of finite RF effects,
potentially eliminating the need for MT correction based on an extrapolation from
multiple experiments.

Due to the relatively low influence of MT-related T∗1 deviations on parameter
quantification and in order to avoid further SNR loss as a result of additional degrees
of freedom, T∗1 was not extrapolated to a MT-free state. MT effects on T∗1 were simply
reduced by using the value from the scan that was least affected by MT (highest β).
In principal, this approach requires only two traditional bSSFP acquisitions in the
steady state with different RF pulse durations, in addition to the fit parameters from
a single IR TrueFISP experiment. This strategy is more time-efficient than performing
three separate IR TrueFISP experiments, reducing the acquisition time penalty of
the proposed MT correction method: Assuming that one steady-state image can be
acquired in 3 s, this decreases the required imaging time per slice from 18 s to 12 s. In
many cases, it may also be viable to simply limit MT related quantification errors by
running a single IR TrueFISP experiment with relatively long RF pulses and low flip
angles.
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MT and slice-profile corrected quantitative results for ROIs in white matter (WM),
gray matter (GM), and CSF are detailed in Table 3. This table shows that the T1

values in white and gray matter obtained from the radial IR TrueFISP method were
716 ± 23 ms and 1123 ± 36 ms (mean ± standard deviation between data from six
volunteers), respectively, which are in good agreement with the published literature
[37, 49, 68, 69, 70, 71, 72]. Similarly, measured T2 values were 65.0 ± 3.5 ms and 88.0
± 4.5 ms in white and gray matter, respectively, again consistent with those reported
previously in the literature [37, 49, 72, 73]. The obtained T1 and T2 values in CSF were
4200 ± 400 ms and 2100 ± 360 ms, respectively.

Figure 21 and Table 2 show that the values of the parameters obtained using this
method in a phantom study are generally consistent with the values derived from
spin-echo sequences. However, in vials with very high contrast agent concentrations
and very low T1 and T2 values, T2 is increasingly overestimated, even after correcting
for slice profile imperfections (see Table 2). This may be explained by the fact that
the faster dynamics due to the shortened T∗1 (induced by short T1 and T2) cannot be
fully captured by the temporal k-space filter. Additionally, the very fast dynamics
directly after the inversion pulse are temporally smoothed, leading to an underesti-
mation of S0. This then causes an underestimation of M0 and overestimation of T2

during the calculation of the relaxation parameters. In contrast, the influence of an
underestimated proton density on the quantification of T1 is rather small. Another
potential contributing factor to the overestimation of T2 in short T2 species is the
deviation of the bSSFP signal from traditional theory, derived using the assumption
of instantaneous RF excitation [67, 74]. It is important to note that magnetization
transfer does not affect the phantom experiments since there is no restricted spin pool
(the phantom did not contain a significant quantity of macromolecules).

The proposed correction for slice profile imperfections relies on the assumption
that the sum of exponentials from different parts of the slice can be described by a
single exponential. Simulation results show that this assumption holds true in good
approximation for typical excitation profiles and physiological T1/T2 combinations
(an example is shown in Fig. 20b). The validity of the slice profile correction is further
supported by the results from the phantom experiments. As shown in Figure 21a and
Table 2, T1 values obtained from the IR TrueFISP experiment are in excellent agreement
with the reference at all seven contrast agent concentrations. After correcting for
slice profile imperfections, the agreement is further improved. The necessity for
slice profile correction is particularly obvious when looking at T2 values in Figure
21b. Without correction, T2 values are substantially overestimated compared to the
reference values. The proposed slice profile correction reduces this deviation from
the reference, particularly for long T2 species. It was observed that the effective flip
angle shows only a small T1/T2 dependence in tissue. In this study, the effective flip
angle was found to be between 42 to 44° for white and gray matter, and between 44

to 45° in CSF (for a nominal FA = 60°, TBW = 2, see Figure 20d). Since the effective
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flip angle is essentially constant regardless of tissue type, it could be reasonable to
use a predetermined single effective flip angle for slice profile correction, instead of
the iteratively determined map of effective flip angles. An alternative to slice profile
correction is to move to a true 3D acquisition. The flip angle that is used in parameter
calculation can then be adjusted for every voxel according to its position inside the
excited slice (taking advantage of the additional spatial encoding in slice direction),
making slice profile correction unnecessary.

An inhomogeneous B1 excitation field will result in quantification errors that are
similar to those discussed in the case of imperfect slice profiles (i.e. the errors will
mainly be notable in the quantification of T2 values). Fortunately, the B1 excitation
field is expected to be relatively homogeneous over the whole brain for the body coil
(a typical birdcage coil) at field strengths of 1.5 T (≈64 MHz) and below [76]. Thus,
observation of quantification errors due to B1 field inhomogeneity was not a focus of
this study. However, at higher field strengths, an additional B1 field mapping scan
may be necessary in order to achieve accurate T2 quantification.

It is widely known that bSSFP is very susceptible to off-resonance frequencies. In
addition to the obvious problem of banding artifacts, off-resonances can lead to errors
in parameter quantification, by altering the steady state signal and the transient signal
response of the bSSFP sequence [77]. This can be problematic for slices that are placed
in the lower part of the brain, close to the nasal cavities and the ear canal. In this
case, additional field mapping scans may be required to account for off-resonance
effects. In the experiments shown in this work the shim was relatively homogeneous
throughout the slice, with an off-resonance frequency range of approximately ±20

Hz in brain tissue.

4.6 conclusion

As shown in Chapter 3, the IR TrueFISP method can be significantly accelerated using
a radial readout with golden-ratio based profile order in combination with view-
sharing. The proposed method allows the quantification of a full set of relaxometry
data (proton density, T1 and T2) in 6 s per slice. However, the work presented in
this chapter shows that corrections are necessary to improve the accuracy of values
determined using this method. The proposed corrections increase the total scan time
per slice from 6 s to 12-18 s.

Magnetization transfer leads to a considerable overestimation of T1 and under-
estimation of T2 in these experiments. These errors can be effectively reduced by
lengthening the RF pulse or partially compensated using the corrections shown here.
Although this correction requires multiple scans and can lead to a loss in SNR due
to the additional degrees of freedom, the resulting scan time and image quality
are still acceptable. Additionally, slice profile imperfections can lead to a significant
overestimation of T2. This effect was corrected by introducing an effective flip angle,
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derived from simulations of the experiment. With these corrections, the technique has
been tested in a phantom and in in vivo experiments and shown to yield parameters
which are similar to those derived using standard quantification experiments.

This work shows that the golden angle radial IR TrueFISP method is a viable
option for quantitative MRI due to significantly shorter scan times while still allowing
accurate parameter quantification.





Part II

Dynamic MRI Thermometry
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5
D Y N A M I C M R I T H E R M O M E T RY D U R I N G R F H E AT I N G

5.1 introduction

Radio frequency (RF)-induced heating of tissue adjacent to conductive medical im-
plants is a growing concern in magnetic resonance imaging. RF-induced currents in
the elongated electrodes of cardiac pacemakers, implantable cardioverter-defibrillator,
or deep brain stimulators are especially problematic, as they can lead to severe tissue
burns close to the tips of the electrodes. Currently, these heating effects can only
be observed in vitro or in an animal model with the help of a temperature probe.
Fluoroptic thermometers and thermocouple wires are commonly used to measure the
RF-induced temperature increase in MR-safety studies [78, 79]. A major drawback
of these probes is that they only provide a local temperature reading, making it
difficult and time-consuming to investigate heating effects of implants with complex
geometries. Another problem is that the exact position of the probe can have a high
impact on the observed temperature increase. It has been shown that relatively small
positioning changes can lead to temperature deviations of up to 45%, even if the
probe is directly attached to the heating source [80].

An alternative to this local thermometry approach, is to use MRI for the temperature
measurement. In a prior study, the MRI-induced temperature increase was observed
by a separate MRI thermometry sequence [81]. Specifically, a HASTE imaging se-
quence was followed by MRI thermometry. This approach has several drawbacks;
temperature dynamics are almost impossible to monitor, and heat dissipation fol-
lowing the interruption of the heat-inducing MR imaging sequence leads to an
underestimation of the observed temperature increase. Using an external RF transmit-
ter for RF-heating, while monitoring the temperature increase with a standard MRI
thermometry sequence, can solve these issues [82]. However, this approach makes it
impossible to monitor the heating effects of an MRI sequence or of the RF transmitter
coil of the MRI system.

In this chapter, a new approach for MRI thermometry is described, that allows MRI
thermometry during RF heating caused by the MRI sequence itself. Specifically, a
proton resonance frequency (PRF) shift MRI thermometry method [83] was combined
with an MRI heating sequence. This method provides a map of temperature changes
induced by the heating part of the sequence, with a, within limits, freely adjustable
RF power. The method was validated in a gel phantom, with a copper wire serving as
a simple model for a medical implant. The results were compared with the readings
from a fluoroptic temperature probe.

67
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Site Dose Time (min)
equal to or greater than

SAR (W/kg)

whole body averaged over 15 4

head averaged over 10 3

head or torso per gram of
tissue

5 8

extremities per gram of
tissue

5 12

Table 4: List of FDA recommended SAR Limits during an MRI scan [85].

This work has been published as a Technical Note in the journal Magnetic Resonance
in Medicine [84].

5.2 theory

5.2.1 Specific Absorption Rate (SAR)

As a result of the dielectric and resistive properties of biological tissue, most of the
transmitted RF energy during an MRI examination is absorbed by the body of the
patient and transformed into heat. For safety reasons, these heating effects have to
be restricted. The Specific Absorption Rate (SAR) is commonly used as a measure to
impose limits on the transmitted RF power. The SAR is defined as the total dissipated
RF energy E over exposure time texp and unit mass M:

SAR =
E

texp M
(5.1)

SAR is usually differentiated into local and global SAR. Global SAR is averaged
over the whole (or parts of the) body, while local SAR is given by the maximum of
the SAR in the affected body region, averaged over a small sample volume (typically
1 or 10 g of tissue).

When multiple high-power RF pulses are played over a very short amount of time,
as common in turbo-spin echo and bSSFP acquisitions, local and global SAR can
be particularly high. In order to avoid severe heating of the human body during an
MRI examination, the United States Food and Drug Administration (FDA) published
recommendations for local and global SAR limits [85], summarized in Table 4.
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5.2.2 Amplification of Local SAR by Conductive Implants

Global SAR restrictions are very effective in preventing dangerous levels of whole-
body heating. However, local SAR depends on a number of factors that are sometimes
difficult to control. A major safety concern is that conductive objects can amplify the
local electric field. Local SAR hot spots can lead to severe burns of the skin (when
the object is on the skin or lies on the patient, e.g. ferromagnetic tattoo pigments, RF
coils, ECG leads) or burns in inner tissues (in case of conductive implants) [86].

It has been shown that, under normal circumstances, no dangerous heating is
expected in patients with large compact metallic implants (e.g. prostheses, osteosyn-
thetic plates, clips, or surgical nails) at common clinical field strengths [87]. However,
elongated implants, like ICD or pacemaker leads, are of serious concern. The length
of a pacemaker lead is often very close to the resonance length at the frequency of
interest (λ/2 = 26.3 cm at 1.5 T and in aqueous tissue). It is important to note that the
actual resonance length also depends on other factors; its orientation and its ohmic
and capacitive contact to the medium, among others. Insulation of the lead ensures
that most of the absorbed RF energy will concentrate at the tip of the lead, which
is in direct contact with the myocardium and uninsulated for obvious reasons. The
relatively high ohmic resistance of the cardiac muscle (compared to the lead) causes
the induced current to be rapidly transformed into heat. This can lead to severe burns
in the myocardium, that can result in a transient or permanent damage of the cardiac
muscle and an increase of the pacing threshold.

5.2.3 Basic Principles of MRI Thermometry

MRI Thermometry relies on the fact that several MRI related parameters show a
temperature dependency. The most obvious candidate is the steady state population of
the two spin states (for spin 1/2 nuclei), which is directly governed by the Boltzmann
distribution. However, at room temperature, the variations of the population of the
spin states due to relatively small temperature variations are almost negligible. Other
temperature dependent parameters are (without any claim of exhaustiveness)

• T1 relaxation time

• T2 relaxation time

• Diffusion constant in the medium

• Chemical shift

However, T2 based thermometry is unfeasible due to its high non-linearity. Table
5 gives an overview of the advantages and disadvantages of commonly used MRI
thermometry methods.
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Absolute
or relative

temperature

Linearity Sensitivity Spatial
resolution

Temporal
resolution
(acq. time)

Motion
artifacts

Field
dependency

Diffusion Relative - -/+ + + -- Negligible

T1 Relative - - + + -/+ Less at
high field

PRF Relative ++ + + ++ -/+ Linear
increase

with field

Spectroscopy Absolute
possible

++ -/+ -- -- - Linear
increase

with field

++ = excellent; + = good; -/+ = average; - = poor; -- = very poor

Table 5: Comparison of different MRI temperature mapping techniques [88]. Note that the PRF
shift method, as well as spectroscopic MRI thermometry rely both on the temperature
dependence of the chemical shift of water.

5.2.4 Thermometry based on the water proton resonance frequency (PRF)

According to Equation 2.7, the Larmor frequency of a spin species depends on its
chemical shift δ:

ω0 = γB0 (1− δ)

The chemical shift can be separated into a temperature dependent and independent
part:

δ(T) = δ0 + δT(T) (5.2)

Fortunately, the chemical shift of water is nearly linearly dependent on temperature,
allowing the following linear approximation:

δ(T) ≈ −αT (5.3)

with the PRF shift coefficient α (≈ −0.01 ppm/K in water and aqueous tissue).
Thus, in a gradient-echo (FID) acquisition, a small change in temperature dT leads
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to a proportional change in image phase dφ, depending on the echo time (TE) of the
sequence [83]:

dφ =
dT

αγB0TE
(5.4)

It is now possible to calculate the temperature change that occurred between the
acquisition of two gradient-echo images:

∆T = T − Tre f =
∆φ

αγB0TE
(5.5)

When the temperature of the first reference image, referred to as Tre f , is known, it is
possible to obtain the absolute temperature T in the second image by a simple sum-
mation of the reference temperature and the obtained temperature change. Equation
5.5 exemplifies the need for long echo times, in order to allow accurate temperature
quantification. However, long echo times result in a strong signal decay due to T∗2
relaxation. The phase difference signal-to-noise ratio SNRdφ is thus dependent on the
relaxation time T∗2 [89]:

SNRdφ ∝ TE · e−TE/T∗2 (5.6)

Differentiating this equation with respect to TE yields the echo time that optimizes
SNR at TE = T∗2 .

Furthermore, when the phase changes between the two gradient-echo acquisitions
become too high, phase-wrapping occurs; the effect of phase-wrapping is a direct
consequence of the fact that phase changes of multiplies of 2π are indistinguishable
from another. Therefore, the echo time should be chosen so that the maximum
expected temperature change leads to a phase-change of less than 2π (or π in case the
general direction of temperature change is unknown). Phase-unwrapping techniques
[90, 91], which generally rely on some sort of prior knowledge, can help to alleviate
this restriction.

5.3 methods

Modified rf-spoiled GRE sequence

In order to allow the adjustment of the SAR independent from the imaging protocol,
a second RF pulse (sinc profile) was added in each TR of a rf-spoiled gradient-echo
sequence. This heating pulse pulse was placed directly after refocusing of the slice
gradient of the excitation pulse, inside the echo time. To assure that the heating pulse
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Figure 25: Diagram of GRE heating sequence. To allow long echo times while keeping TR
as short as possible, the heating pulse was included inside TE, directly after slice
refocusing of the excitation pulse. Shaded areas represent spoiling moments in
read and slice direction, respectively.

did not affect imaging, its frequency was set off-resonant to the proton resonance
frequency of water (νheating = νwater − 128 kHz). It was now possible to adjust the
SAR of this sequence freely (within limits) by variation of the RF power of the heating
pulse. A graphical representation of this pulse sequence is given in Figure 25.

General setup

All experiments were performed on a 1.5 T whole-body imaging system (Magnetom
Vision; Siemens Medical Solutions, Erlangen, Germany) with a gradient field strength
of 25 mT/m and a maximum slew rate of 83 mT/m/ms. Maximum output power
of the RF tube was 15 kW. For signal detection, a four-channel phased-array surface
coil was used. The 350x450x160 mm³ polyvinyl chloride phantom was filled with 20

liter hydroxyethyl-cellulose (HEC) gel (Sigma Aldrich, Steinheim, Germany). A 5%
concentration of the HEC gelling agent was chosen to minimize convection effects.
The gel was doped with CuSO4 (5 mmol/liter) to reduce the T1 relaxation time to
approximately 220 ms, in order to increase the signal-to-noise ratio (SNR) for short
repetition times. Additionally, 1.0 g/l cooking salt (NaCl) was added to reach the
desired conductivity of 0.47 S/m, which has been proposed as a reasonable value for
MRI heating experiments to match organic tissue [92].
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Figure 26: Left: Illustration and Right: Photo of the experimental setup. A copper wire was
placed 40 mm from the left wall of a 20 l gel phantom. As a reference for tempera-
ture mapping, a fluoroptic temperature probe was positioned 5 mm in front of one
of the wire tips.

Determination of the PRF change coefficient α

A fluoroptic probe was placed into the 20-liter gel phantom. The temperature of the
gel inside the phantom was approximately 18◦C at the beginning of the experiment.
A 50-ml syringe, filled with the doped HEC gel, was heated to 50◦C and then injected
at the location of the fluoroptic probe, thereby forming a bubble of heated gel around
the probe. Multiple repetitions of a gradient-recalled echo (GRE) sequence were
running during the whole operation. Sequence parameters were as follows: FA = 50◦,
TR = 50 ms, TE = 15 ms, field of view (FoV) = 350 mm, matrix size = 48× 128 (3/8

rectangular FoV), slice thickness = 10 mm, acquisition time (TA) per image = 6 s,
receiver bandwidth (BW) = 390 Hz/pixel.

MR Thermometry of a RF-Heated Copper Wire

A conductive wire was placed in the gel phantom, 40 mm from the left wall. The wire
had a diameter of 1.2 mm and a length of 200 mm, of which the inner 180 mm were
insulated by a silicone tube. To avoid susceptibility artifacts, a copper wire was chosen
as a model for a medical implant. The magnetic susceptibility of copper is close to that
of water (−9.63× 10−6 vs. −9.05× 10−6 [93]), so that no major susceptibility artifacts
should be expected. For validation purposes, a fluoroptic thermometer was used
(Model m3300; Luxtron, Santa Clara, CA, USA), as recommended by the American
Society for Testing and Materials (ASTM) [94]. According to the manufacturer, the
fluoroptic probe has an accuracy of 0.5°C within 50°C of the calibration point and
a response time of 0.25 s. The probe was attached to the wire such that the end of
the probe was 5 mm beyond the tip of the wire (head side of the phantom). The
experimental setup is illustrated in Figure 26.

Temperature mapping was performed using the combined MRI thermometry/heat-
ing sequence, containing an off-resonant high-power RF pulse that served to heat
the phantom filling. A total of 100 phase-contrast images were acquired consecu-
tively. The slice was positioned in sagittal orientation, directly through the wire.
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Other sequence parameters were as follows: FA = 30°, TR = 30 ms, TE = 20 ms, FoV
= 400 mm, matrix size = 96× 256 (3/8 rectangular FOV), slice thickness = 5 mm,
acquisition time (TA) per image = 3.9 s, BW = 390 Hz/pixel. The averaged RF power
of the experiment was set to 9 W/kg bodyweight by adjusting the flip angle of the
heating pulse while observing the system’s specific absorption rate (SAR) monitor.
This resulted in a FA of 520°. The temperature rise was obtained by subtracting each
phase-contrast image from a reference image, which yielded the change of the image
phase ∆φ in every pixel. To simplify the measurement protocol, the first acquired
phase contrast image served as the reference image, so that a total of 99 temperature
maps were obtained. It is important to note that there is a slight underestimation
of the temperature increase because the temperature had already begun to increase
during the acquisition of this reference. The temperature changes ∆T were then
obtained by using Equation 5.5, using the PRF change coefficient as determined from
the previous experiment.

5.4 results

The PRF change coefficient was calculated by subtracting each phase image acquired
after injection of the heated gel from a reference image, acquired before the injection.
The phase difference was averaged over a region of interest in the center of the
“heat bubble”, where the temperature distribution was expected to be uniform. The
fluoroptic probe was used as a reference and provided the temperature difference
between the before and after state. The PRF change coefficient was determined to
be 0.00971 ppm/°C with a mean standard deviation of 0.00081 ppm/°C. This is in
agreement with values for water from previous publications [83, 95].

An overlay of the last frame of the series of temperature maps, after seven minutes
of RF heating, and a scout image (GRE sequence) is shown in Fig. 3. The heating
effect of the wire can be clearly recognized by a temperature increase at both wire
tips. Figure 28 shows the temperature of the gel as measured by a fluoroptic probe
in comparison to the results of the MRI temperature measurements averaged over a
region of interest. The fluoroptic probe was placed 5 mm beyond the wire tip and the
region of interest consisted of two pixels approximately 4 mm beyond the tip of the
wire. The exact position of the fluoroptic probe had to be excluded from the region of
interest, as the probe led to signal losses at its location due to partial volume effects.
The total size of the chosen region of interest was 5.0× 1.56× 3.13 mm3 (x, y, z axis
of the scanner) compared to the diameter of the sensor of 1 mm and its sensitive
length of 4 mm in the y-direction. Despite these differences in orientation and size
of their respective sensitive regions, the measurements from the fluoroptic probe
and MRI thermometry led to qualitatively comparable results but show quantitative
differences.
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Figure 27: Overlay of a scout image and the PRF shift temperature map after the 7-min heating
period. Both images were interpolated to a matrix size of 384 x 1024 (two-fold
interpolation of the scout and four-fold interpolation of the temperature map).
Only temperature differences larger than 2°C and in an area 20 mm adjacent to the
wire are shown. Pronounced hot spots are visible at both tips of the wire.
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Figure 28: Temperature from the MRI temperature maps averaged over a two-pixel region of
interest (in blue) in comparison to the readings from a fluoroptic probe (in black).
The MRI measured temperature close to the wire tip is depicted on the right. The
temperature was averaged over the two pixels in the region indicated by the white
rectangle (approximately 4 mm beyond the tip of the wire).
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Figure 29: Map of mean standard deviation, calculated pixel-wise from the set of phase-
contrast images and translated into temperature values using Equation 5.5.

Averaged MRI temperature values were fit to the following simple temperature
model:

T(t) = T(0) + (T(∞)− T(0)) ·
(
1− e−const·t) (5.7)

where the baseline temperature was set to T(0) = 0, and the theoretical temperature
in an infinitely large phantom after an infinite period of heating is given by T(∞).
The temperature increase during the acquisition of the first phase-contrast image
(reference) was estimated from this fit to be approximately 0.3°C (in the chosen region
of interest). To adjust for the slight underestimation of the temperature increase due
to the first acquisition serving as the reference image, this value was added to the
MRI measured temperature.

The pixel-wise calculated standard deviation of the dynamic thermometry data set
is shown in Figure 29. Areas of heating, as well as areas of low SNR (away from the
receiver coil), can be identified by an increased standard deviation.

5.5 discussion

In this work, a new method that combines MRI heating and MRI thermometry for use
in an MRI safety phantom study is presented. This combined method overcomes the
disadvantage of a single point temperature measurement by a fluoroptic probe. The
accuracy achieved in this study was sufficient for observing the temperature increase
qualitatively. Further work is required in order to achieve a measurement precision
comparable to fluoroptic probe thermometry.

Comparing the readings from the fluoroptic probe with the MRI measured tem-
perature increase, it is perceivable that the MRI measurement reaches equilibrium
earlier and shows a smaller maximum temperature increase. The former is easily
explainable as the chosen region of interest is closer to the tip of the wire, so that
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inertia is expected to be smaller. However, there is no simple explanation for the
smaller maximum value of the MRI measured temperature, as one would expect just
the opposite. A possible explanation for this is RF shielding effects from the wire and
eddy currents may have caused imaging artifacts and signal drop-outs, leading to
systematic quantification errors in the immediate vicinity of the wire. As the intention
of the shown experiments was to identify possible hot spots rather than to accurately
quantify the temperature rise, this effect was not investigated in detail.

To estimate the error due to imaging noise in the modified MRI thermometry
experiment, a map of the local mean standard deviation was calculated from the set
of acquired phase-contrast images (Fig. 29). As expected, the mean SD is high in
areas close to the wire tips where RF induced heating is expected, as the image phase
changed over time. The location of the wire rack and the fluoroptic probe are also
recognizable by an increased SD, since their material provides no measurable MRI
signal. Outside these areas, the mean SD is much smaller and depends on the position
and geometry of the receiver coil. The coil position was optimized for high SNR at
one wire tip. As a consequence, the noise at the other tip was significantly higher.
The mean SD caused by image noise in the chosen region of interest was extrapolated
from the surrounding to be approximately 0.5°C. The associated error is too small to
explain the discrepancy mentioned in the previous paragraph.

There are several more reasons why a quantitative comparison of the measurements
from the probe and MRI is complex. The degree of agreement is highly dependent on
the choice of the region of interest over which the measured temperature is averaged
and on the positioning of the fluoroptic probe. In addition, it is impossible to obtain
an MRI signal from the exact location of the fluoroptic probe at all. Therefore, an
unflawed quantitative comparison is not viable. Additionally, it is possible that the
probe may interfere with the local temperature increase as an additional artificial
structure is put directly into the region in question. The value of the probe in
temperature measurement is diminished if it changes the system to be observed
significantly and unpredictably. Conversely, the effect of MRI thermometry on the
implant heating can be easily quantified. It depends solely on the power contribution
of the MRI thermometry module in the imaging sequence. Since this contribution is
two orders of magnitude smaller than that of the heating pulse, it can be neglected.
This highlights the main advantages and disadvantages of these two methods: MRI
thermometry in the immediate vicinity of the wire (or other implants) is difficult
to perform. However, even though a fluoroptic probe might in general be sensible
to achieve very accurate measurement results, the temperature readings are highly
dependent on its position. Even small displacements of the sensor can strongly
influence the measured temperature values, especially in close vicinity to a hot spot
[80]. Good reproducibility is therefore hard to achieve. The dependency of MRI
thermometry on slice positioning is not so problematic at the current, relatively low,
spatial resolution, as the temperature measured originates from a relatively large
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voxel and the region of interest can be chosen retrospectively (e.g., with the help
of a high-resolution magnitude image). Furthermore, possible hot spots along large
implants with a complex shape can be easily identified in one MRI temperature
measurement. However, for this strategy to fully succeed and for a true global map
of the temperature increase, it is necessary to extend the proposed method to three
dimensions. A major hurdle is that this requires a significant increase in scan time,
making it difficult to capture the dynamics of the temperature increase. An accelerated
three-dimensional version of the proposed method is presented in the next chapter.

The method of using an RF pulse that does not influence the spin system for
heating can be combined with any MRI temperature mapping technique, or more
generally, with any MRI sequence. Changing the frequency of the heating pulse by
a few tenths of a percent renders MRI thermometry possible without changing its
heating capabilities. An improved version, which is less motion sensitive, such as one
that is based on referenceless PRF shift thermometry [96] or using an appropriate T1-
based sequence [97], may have the potential for in vivo and noninvasive temperature
monitoring of an MRI examination in an animal model.

A major drawback of the proposed technique is that accurate MRI thermometry on
most standard implants is nearly impossible due to severe susceptibility artifacts. It is
then necessary to use specially fabricated implants that are susceptibility-matched to
the surrounding material (water and organic tissue). Fortunately, there are appropriate
diamagnetic materials available, such as copper or carbon, if biocompatibility is
essential. Konings et al. [98] have already stated that heating capabilities mainly
depend on the conductivity of the material and not on the type of material itself.
Therefore, replacing the material of the original implant by one that is susceptibility-
matched to organic tissue would allow MRI thermometry without a major influence
on its heating capabilities.

5.6 conclusion

The method presented in this chapter can be used in safety testing environments
for the noninvasive monitoring of the heating of implants during MRI examinations.
A combination of MRI thermometry and local temperature probes may be very
beneficial in MRI safety investigations. A sensible course of action may be to identify
occurring hot spots in a preliminary experiment using MRI thermometry. The most
prominent spots can then be further investigated in a second experiment using a
suitable temperature probe.
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I M P R O V E D M R I T H E R M O M E T RY A N D A P P L I C AT I O N T O 3 D

6.1 introduction

A method that combines an MRI RF-heating protocol with an MRI thermometry
sequence has been introduced in Chapter 5. It was possible to capture the temperature
dynamics during MRI induced heating of a copper wire in a gel phantom. However,
in order to obtain a more complete picture of the temperature increase around the
wire, it is necessary to extend this method to three dimensions. Additionally, it is
beneficial to increase the spatial resolution, in order to better resolve the temperature
increase close to the wire. A major obstacle to the fulfillment of these goals is that
both require additional phase-encoding steps, leading to a significant increase in
scan time. Therefore, it was necessary to search for strategies to accelerate the three-
dimensional MRI thermometry sequence. Another problem that had to be addressed,
is the decrease in available signal-to-noise ratio due to the increase in spatial resolution
(and due to the later mentioned reduction of TR). In order to alleviate this problem, a
small water-proof loop coil was built, which was placed into the gel phantom, directly
next to the wire, thereby increasing the available SNR considerably.

This work has been presented as an electronic poster at the 17th annual meeting of
the International Society for Magnetic Resonance Imaging (ISMRM) in Honolulu, USA
[99].

6.2 methods

Echo-Shifted MRI Heating/Thermometry Sequence

A straightforward approach to reduce the scan time of an MRI sequence is to simply
reduce the repetition time. However, reducing TR usually requires a reduction of
the echo time as well. Recalling from Equation 5.5 that the accuracy of the PRF shift
thermometry method relies on relatively long echo times, this is obviously unfavorable.
Fortunately, Moonen et al. developed a technique that allows for short repetition
times while maintaining a long TE [100]. In an echo shifted sequence echo collection is
delayed by one or more TRs, allowing for TE > TR. This is achieved by applying a
spoiler gradient directly after signal excitation and rephasing the magnetization not
until a subsequent TR. Multiple modifications to this sequence have been proposed;
an overview is given by Chung and Duerk [101].
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Figure 30: Diagram of the improved GRE heating/thermometry sequence (the 2D version is
shown here for simplicity). Echo shifting is achieved by adequately dephasing the
magnetization after excitation and rephasing it in the subsequent TR. The areas
of gradients along the slice direction that are switched during the echo time are
indicated in red and blue for gradients with positive and negative magnitude,
respectively. The sum of these areas (and thus the corresponding gradient moment)
is zero. Read and phase encoding gradients are fully balanced in every TR.
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The improved echo shifted GRE heating/thermometry sequence is illustrated in
Figure 30. As in the sequence introduced in the previous chapter, the off-resonant
heating pulse is inserted between signal excitation and readout. In order to further
reduce scan time, the sequence was programmed to allow for elliptical scanning. In
an elliptical scanning acquisition, the phase-encoding steps in the “edges” of the
3D Cartesian k-space are skipped, resulting in a scan time reduction of 10-20 %
(depending on the geometry of the chosen FoV).

General Setup

All experiments were performed on a Siemens Avanto 1.5 T imaging system. An
insulated conductive copper wire with a length of 25 cm was placed on the left side of
a 20 l gel phantom (5% Hydroxyethylcellulose (HEC) with a supplement of NaCl and
CuSO4; conductivity = 0.47 S/m, T1 = 280 ms). A custom-made loop coil (Ø=7cm)
was placed near the left inside wall of the phantom (approx. 3 cm from the wire tip).
The experimental setup is illustrated in Figure 31.

loop coil

wire

phantom body

rack

Figure 31: Experimental setup. In order to optimize SNR, a dedicated loop coil with a diameter
of 7 cm was placed approximately 3 cm from the wire tip, directly into the gel.

Temperature mapping was performed using the described modified PRF (proton
resonance frequency) method containing an off-resonant high power RF pulse, with
its frequency set to 128 kHz below the resonance frequency of water. Averaged RF
power of the sequence was set to 2.6 W/kg bodyweight (52 W) by adjusting the flip
angle of the off-resonant pulse. A series of sixteen images was recorded consecutively.
Other sequence parameters were as follows: αexcitation = 30◦ (αheating = 111◦), TR/TE
= 13.1/20 ms (echo shifting factor = 1), acq. bandwidth = 50 kHz, matrix size =
128× 128× 12 (with elliptical scanning), FoV = 110× 110× 10.9 mm3, voxel size =
0.86× 0.86× 0.86 mm3, acquisition time per frame = 15 s (total acquisition time = 4

min).
In contrast to the Siemens Vision imaging system that was used in the experiments

from the last chapter, it was noticed that phase drifts were a serious problem for
accurate MRI thermometry at the Avanto scanner. Phase drifts were determined by
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Figure 32: 3D depiction of the temperature increase close to the wire tip (interpolation),
without (upper row) and with (lower row) correction for phase drifts. Without
phase drift correction, the temperature in the periphery of the wire seems to
decrease over time. Correcting the temperature maps with the help of a polynomial
fit of the background phase leads to a visible improvement. Four out of sixteen
reconstructed time frames are shown.

an 8th-order polynomial fit of the phase outside of the suspected heating area and
the phase images were corrected accordingly. Temperature difference maps were
calculated by subtracting each phase image from a reference image and utilizing the
near-linear temperature-dependency of the resonance frequency for water protons.
The generated heat at the wire tip was calculated from a sum over the difference
temperatures in a region of interest around the wire tip with a total volume of 4.2
ml, by assuming that the heat capacity of the gel was comparable to that of water
(specific heat capacity at constant pressure cp = 4.18 kJ/(kg K) at room temperature)
and neglecting volume expansion of the gel due to the temperature increase.

6.3 results

Four time frames of the reconstructed time-series, showing the heating of the wire tip,
are displayed in Figure 32. In the upper row, the obtained temperature without phase-
drift correction is shown. Phase drifts lead to an apparent cooling of the surrounding
of the wire, especially visible in the later frames (negative ∆T in the periphery).
Temperature maps in the lower row were corrected for phase drifts by subtracting
a polynomic extrapolation of the change in background phase to the location of the
assumed area of heating.

The calculated heat and heating power, obtained from a region of interest around
the wire tip, are shown in Figure 33.
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Figure 33: Heat and its first temporal derivative, i.e. heating power, at the wire tip, as calcu-
lated from a region of interest (with a volume of 4.2 ml around the wire tip). The
observed heating power decreases over time, due to dissipation of heat outside of
the chosen region of interest.

6.4 discussion and conclusion

This work shows the feasibility of three-dimensional MRI thermometry of the MRI-
induced heating of a conductive wire, used as a model for a medical implant. By
using a dedicated loop coil in combination with echo-shifting, it was possible to
observe the temperature increase in high detail with a sub-millimeter resolution and
an acquisition time of 15 s per volume. The presented results were obtained without
the use of any data (or view) sharing between reconstructed time frames, which offers
a potential for further imaging acceleration in case a higher frame rate, an increase in
spatial resolution, or a better volume coverage is desired.

The experiment suffered from a severe phase drift between subsequently acquired
images, making a correction of this effect absolutely necessary (compare Fig. 32).
To this end, the phase drift was determined from a polynomic extrapolation of the
background phase (outside of the suspected heating area) and subtracted from each
individual phase image prior to temperature calculation. This correction method
relies on the assumption that the temperature outside of the suspected area of
heating is relatively constant during the experiment, which should hold true in good
approximation for the relatively short scan time of the presented experiment. When
this assumption is violated, temperature readings from multiple temperature probes
may be used to correct the extrapolated background phase for temperature effects. It
is important to note that the amount of observed phase drift depends on the scanner
model and may also be influenced by the experimental setup. Thus, a phase drift
correction may not always be required. For instance, the results shown in the previous
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chapter, acquired at a different scanner, suggest that a phase drift correction was not
necessary (no significant change of the background phase was noticed during the
experiment).

As illustrated in Figure 33, volume coverage of the temperature increase allows
the calorimetric determination of the total heat absorption at the wire tip, as well
as the calculation of the associated power. The presented results show that the
measured heating power drops considerably during the course of the experiment. An
explanation for this is that heat dissipates outside of the region of interest, which is
especially restricted in the partition encoding direction; the presented results were
acquired with a slice thickness of only 10.9 mm. Other potential “heat sinks” are
regions close to the wire, where it is sometimes hard to determine the temperature
due to RF shielding and/or susceptibility effects.

One of the main advantages over the two-dimensional approach, that was presented
in Chapter 5, is the virtual elimination of problems associated with positioning errors.
Therefore, this method presents a convenient way to determine local hot spots near
implants quickly as a part of an MRI safety phantom study. As already suggested in
the previous chapter, a sensible course of action may be to quickly identify hot spots
with the proposed method and then further investigate the identified hot spots using
more accurate, but local, fluoroptic thermometers or other temperature probes.



S U M M A RY

Magnetic resonance imaging (MRI) is a medical imaging method that involves no
ionizing radiation and can be used non-invasively. Another important - if not the most
important - reason for the widespread and increasing use of MRI in clinical practice
is its interesting and highly flexible image contrast, especially of biological tissue. The
main disadvantages of MRI, compared to other widespread imaging modalities like
computed tomography (CT), are long measurement times and the directly resulting
high costs.

In the first part of this work, a new technique for accelerated MRI parameter
mapping using a radial IR TrueFISP sequence is presented.

Standard clinical neurologic MRI examinations include the acquisition of several
different image contrasts. Currently, a separate scan is required for each of these
different contrasts, leading to long scan times. Besides possible consequent patient
discomfort and higher costs due to longer scan times, there is also the potential of
misregistration of clinically relevant anatomic information between different images
due to inter-scan motion. One approach to avoid this is to directly quantify the
underlying MR parameters that are responsible for image contrast. After successful
quantification, synthetic images with any desired contrast can be retrospectively
calculated from these parameter maps. Furthermore, there has been significant recent
interest in a quantitative approach to MRI, as it provides a means of evaluating
pathology using absolute tissue characteristics rather than a contrast-based approach.

A very fast method for the simultaneous quantification of proton density, the
longitudinal relaxation time T1, and the transverse relaxation time T2, was developed
several years ago here at the Department for Experimental Physics 5. The inversion
recovery (IR) TrueFISP sequence consists of an inversion pulse, followed by a series
of balanced steady-state free precession (bSSFP) images as the signal time course
approaches the steady state. The relaxometry parameters can then be obtained from
a mono-exponential fit to the series of images. However, for accurate quantification
it has been necessary to acquire this time series in a segmented fashion, due to the
rapid signal evolution towards the steady state. The need for such a segmented
approach considerably increases the required acquisition time. Chapter 2 presents
speed improvements to the original IR TrueFISP method that make segmentation
unnecessary.

To this end, IR TrueFISP-based parameter mapping was combined with a radial
trajectory with golden-ratio based profile and view-sharing. This profile order has the
advantage of a near-optimal uniform k-space coverage for any number of projections.
This makes the trajectory particularly well suited for view-sharing methods. View-
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sharing accelerates imaging by sharing k-space data between adjacent time frames. In
combination with a golden-ratio based profile order this makes it possible to generate
a large number of images with different contrasts from a single-shot inversion-recovery
experiment. To reconstruct a single time-frame, the center of k-space is taken from
only a few acquired projections close to the chosen reconstruction time point, whereas
high spatial frequencies are provided by including data from time points further
away in order to avoid violation of the Nyquist sampling criterion. Compared to a
conventional segmented IR TrueFISP experiment, a significant scan time reduction
was achieved (approximately 6 s vs. 120 s for the segmented approach) at the expense
of reduced signal-to-noise ratio and slightly increased blurring. Application of this
method is demonstrated in relaxometry experiments of the human brain. Synthetic
images with different contrasts are generated from the resulting parameter maps
and compared to reference images. Slightly different image contrasts in these two
sets of images hints to systematic quantification errors of the IR TrueFISP method.
Furthermore, a retrospectively gated version of the proposed method is demonstrated
for cardiac relaxometry.

Further investigation presented in Chapter 3 suggests two major sources of error for
IR TrueFISP relaxometry. First, it was found that deviations of the excited slice profile
from a perfect rectangular form leads to erroneous results since the IR TrueFISP
method relies on the correct knowledge of the excitation flip angle which is only
reached in the center of the slice. In order to correct for non-rectangular slice profiles,
an effective flip angle is introduced, derived from a simulation of the IR TrueFISP
experiment.

Another major source of error in protein-rich environments, like brain and muscle
tissue, is magnetization transfer (MT). Magnetization transfer leads to a significant
reduction of the bSSFP steady-state signal and the apparent relaxation time T∗1 . In
an IR TrueFISP experiment, this results in a significant overestimation of T1 and
underestimation of T2. This effect was investigated by varying the power of the RF
excitation pulse and partially corrected by an extrapolation to a MT-free state.

In the second part of this work, a new MRI thermometry method is presented that
can be used in MRI-safety investigations of medical implants, e.g. cardiac pacemakers
and implantable cardioverter-defibrillators (ICDs). Currently, MRI examinations of
patients with medical implants such as cardiac pacemakers, implantable cardioverter-
defibrillators (ICD), or deep brain stimulators are contraindictated in most cases
due to associated risks. This prevents a growing number of patients to benefit from
advances in MRI diagnosis.

One of the major safety risks associated with MRI examinations of pacemaker and
ICD patients is RF induced heating of the pacing electrodes that lead to the cardiac
muscle. Severe heating close to the tips of the electrodes can cause burns in cardiac
tissue that can result in a transient or permanent increase of the pacing thresholds.
This heating strongly depends on the electrode’s geometry, the exact location and
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orientation of the electrode in the patient and the imaging sequence used. Thus,
the design of MRI-safe (or MRI-conditional) pacing electrodes requires elaborate
testing. In a first step, many different electrode shapes, electrode positions and
sequence parameters are tested in a gel phantom with its geometry and conductivity
matched to a human body. The resulting temperature increase is typically observed
using temperature probes (e.g. fluoroptic thermometers) that are placed at various
positions in the gel phantom. However, thermometers only provide a locally restricted
observation of the temperature increase. As a result, the observed temperature increase
depends on the exact position of the probes.

An alternative to this local thermometry approach is to use MRI for the temperature
measurement. In a prior study, a high-power MRI sequence (causing RF-induced
heating) was followed by MRI thermometry. However, this approach has several draw-
backs; temperature dynamics are almost impossible to monitor, and heat dissipation
following the interruption of the heat-inducing MR imaging sequence leads to an
underestimation of the observed temperature increase. Chapter 5 describes a new
approach for MRI thermometry that allows MRI thermometry during RF heating
caused by the MRI sequence itself. Specifically, a proton resonance frequency (PRF)
shift MRI thermometry method was combined with an MR heating sequence. This
method provides a map of temperature changes induced by the heating part of the
sequence, with a, within limits, freely adjustable RF power. The method was validated
in a gel phantom, with a copper wire serving as a simple model for a medical implant.

Chapter 6 describes further improvements to the proposed method. The first
implementation of this combination of MRI induced heating and MRI thermometry
was limited to a two dimensional acquisition. However, in order to obtain a more
complete picture of the temperature increase, it is necessary to extend this method to
three dimensions. Additionally, an increased spatial resolution is beneficial in order
to better resolve the temperature increase. A major obstacle to the fulfillment of these
goals is that both require additional phase-encoding steps, leading to a significant
increase in scan time. This made it necessary to search for strategies to accelerate
three-dimensional MRI thermometry. To this end, the concept of echo shifting was
employed to allow for a reduction of the repetition time (TR) while maintaining a
relatively long echo time (TE) which is required for accurate PRF shift thermometry.
In an echo shifted sequence, echo collection is delayed by one or more TRs, resulting
in an echo time that exceeds the repetition time. Furthermore, loss in signal-to-noise
ratio (SNR) due to the increased spatial resolution was partially compensated by
using a dedicated receiver coil that was directly placed into the gel. With these
improvements to the original method it was possible to obtain a three-dimensional
map of the temperature increase in the vicinity of a copper wire placed in a gel
phantom at high spatial and temporal resolution (1 mm isotropic resolution with a
scan time of 15 s per temperature map).





Z U S A M M E N FA S S U N G

Die Magnetresonanztomographie (MRT) zeichnet sich als medizinisches Bildge-
bungsverfahren dadurch aus, dass sie ohne ionisierende Strahlung auskommt und
nicht-invasiv einsetzbar ist. Ein weiterer wichtiger - wenn nicht der wichtigste - Grund
für die weite und wachsende Verbreitung der MRT in der klinischen Praxis ist ihr in-
teressantes und hoch-flexibles Kontrastverhalten, und damit die gute Darstellbarkeit
biologischen Gewebes. Die Hauptnachteile der MRT sind die, verglichen mit z.B.
Computer-Tomographie (CT), langen Messzeiten und die damit direkt verbundenen
hohen Untersuchungskosten.

Der erste Teil dieser Arbeit beschäftigt sich mit der beschleunigten MR-Parameter-
bestimmung mittels einer radialen IR TrueFISP Sequenz.

Bei neurologischen MRT Untersuchungen werden meist mehrere Bilder mit unter-
schiedlichen Kontrasten aufgenommen. Dies verlängert die benötigte Untersuchungs-
zeit erheblich. Ein Ansatz um dies zu vermeiden, ist die direkte Quantifizierung
der den Kontrastmechanismen zugrunde liegenden MR Parameter. Nach erfolgre-
icher Quantifizierung lassen sich nachträglich synthetische Bilder mit jedem beliebi-
gen Kontrast erzeugen. Eine weitere Möglichkeit ist die quantitative Erfassung von
Krankheitsverläufen direkt über die gemessenen MR Parameter.

Eine sehr schnelle Methode zur gleichzeitigen Quantifizierung der Protonendichte,
der longitudinalen Relaxationszeit T1, sowie der transversalen Relaxationszeit T2,
wurde vor einigen Jahren hier am Lehrstuhl entwickelt. Die Inversion Recovery (IR)
TrueFISP Sequenz besteht aus einem Inversionspuls, gefolgt von einer Reihe von
balanced steady-state free precession (bSSFP) Akquisitionen. Der Signalverlauf folgt dabei
einer exponentiellen Relaxation in Richtung der bSSFP-Gleichgewichtsmagnetisierung.
Aus einem drei-Parameter-Fit lassen sich dann (Wasserstoff-)Protonendichte, sowie
die T1- und T2- Relaxationszeit bestimmen. Allerdings erfordert die herkömmliche IR
TrueFISP Sequenz eine starke Segmentierung der Messung, was zu einer deutlichen
Verlängerung der Messzeit führt. Ein Ziel dieser Arbeit war es daher, eine Methode
zur Beschleunigung der IR TrueFISP Quantifizierung zu entwickeln und so eine
Segmentierung der Messung überflüssig zu machen.

Zu diesem Zweck wurde eine radiale IR TrueFISP Sequenz mit radialer k-Raum
Trajektorie entwickelt, bei der die Projektionsreihenfolge mit Hilfe des Goldenen
Schnittes quasi-zufällig verteilt wird. Dies hat den Vorteil das der k-Raum mit jeder
beliebigen Anzahl aufeinander folgender Projektionen nahezu symmetrisch abge-
tastet wird. Daher eignet sich diese Trajektorie besonders gut für sogenannte view
sharing Verfahren, bei der sich aufeinander folgende Bilder einer Zeitserie k-Raum
Daten teilen, um so eine Beschleunigung der Messung zu erreichen. Hierzu wurde
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zunächst ein k-Raum Filter (basierend auf dem sogenannten KWIC-Filter) entwickelt,
mit der sich die Zeitserie rekonstruieren lässt. Dazu wählt der Filter im Zentrum
des k-Raums einige wenige Projektionen zur Bildrekonstruktion aus und kann so
die Kontraständerung mit hoher zeitlicher Auflösung abbilden. Im äußeren k-Raum
nimmt der Filter zunehmend Projektionen in die Rekonstruktion auf, um Einfal-
tungsartefakte aufgrund der Verletzung des Nyquist-Kriteriums zu vermeiden. Im
Vergleich zum segmentierten, herkömmlichen IR TrueFISP Experiment konnte eine
erhebliche Messzeitreduktion erreicht werden (ca. 6 s gegenüber 120 s für die seg-
mentierte Messung), auf Kosten eines verringerten Signal-zu-Rausch Verhältnisses
und leicht erhöhter Bildunschärfe (blurring). Die Anwendung des vorgestellten Ver-
fahrens wird am menschlichen Gehirn demonstriert und aus den resultierenden
Parameterkarten synthetisch erzeugte Bildkontraste werden mit Referenzmessungen
verglichen. Außerdem wird eine erste Anwendung der Methode am menschlichen
Herzen demonstriert.

Im Verlauf der Arbeit hat sich gezeigt, dass die genaue Quantifizierung mit IR
TrueFISP, unabhängig vom verwendeten Bildrekonstruktionsverfahren, durch eine
Reihe von Effekten beeinträchtigt wird, die einer genaueren Betrachtung bedürfen.
Zunächst wurde festgestellt, das die Quantifizierung in einer 2D Messung von der
Form des durch den Hochfrequenz-Puls angeregten Schichtprofils abhängt. Dieser
Effekt lässt sich durch Einführung eines effektiven Flipwinkels korrigieren, der aus
einer Simulation des Signalverlaufs bestimmt wird. Das in dieser Arbeit vorgestellte
Korrekturverfahren wurde an einer Phantom- und einer in vivo Messung überprüft.

Besonders im Gehirn (aber auch in Muskelgewebe) tritt ein weiterer Effekt auf,
der die korrekte Parameterquantifizierung erheblich erschwert: Der kürzlich gezeigte
Einfluss von Magnetisierungstransfer (MT) auf die bSSFP Sequenz führt zu einer
deutlichen Reduktion der bSSFP-Gleichgewichtsmagnetisierung sowie der apparenten
Relaxationszeit T∗1 . Im IR TrueFISP Experiment führt dies zu einer erheblichen Über-
schätzung von T1 und Unterschätzung von T2. Dieser Effekt wurde durch Variation
der HF-Pulsleistung und der Repetitionszeit untersucht und durch Extrapolation auf
den Magnetisierungstransfer-freien Fall teilweise korrigiert.

Im zweiten Teil dieser Arbeit werden neuartige MR-Thermometrie Methoden
vorgestellt, die sich besonders zur Untersuchung der MR-Sicherheit von medizinis-
chen Implanten, insbesondere Herzschrittmachern und implantierbaren Kardiover-
ter-Defibrillatoren (ICDs), eignen. Momentan sind in den allermeisten Fällen MRT
Untersuchungen an Herzschrittmacher- und ICD-Patienten aufgrund der damit ver-
bundenen Risiken kontraindiziert, so dass viele Patienten von den Vorteilen einer
MR-Untersuchung nicht profitieren können.

Das am schwierigste in den Griff zu bekommende und damit größte Risiko ist
die mögliche Schädigung des Myokards, hervorgerufen durch die von den geschal-
teten HF-Feldern induzierten Ströme in den Schrittmacherelektroden. Aufgrund
des Leitfähigkeitsgefälles beim Übergang von der Elektrodenspitze in das Myokard
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bewirken diese Ströme eine stark konzentrierte Gewebeerhitzung, die zu Verbren-
nungen und damit zur einer transienten oder permanenten Reizschwellen-Erhöhung
führen können. Die Gewebeerhitzung hängt stark von der Elektrodengeometrie, der
genauen Lage und Orientierung der Elektrode im Patienten und im MRT sowie
von den MR-Messparametern ab. Beim Design einer MR-sicheren Elektrode und
sicherer Messprotokolle werden daher häufig viele verschiedene Elektroden, Elektro-
denpositionen und Messparameter-Einstellungen in einem körperähnlichen (ähnliche
Geometrie und Leitfähigkeit) Gel-Phantom untersucht. Die bei der jeweiligen Messung
auftretenden Erhitzungen werden dabei meist mit Hilfe fiberoptischer Thermome-
ter an verschiedenen Positionen im Gel gemessen. Allerdings hängt die gemessene
Maximaltemperatur nun zusätzlich von der genauen Lage der Thermometer ab.

Eine Alternative ist die Aufnahme einer globalen Karte der Temperaturerhöhung
mit Hilfe der MR-Thermometrie. Eine sehr beliebte MR-Thermometriemethode basiert
auf der Temperaturabhängigkeit der chemischen Verschiebung (proton resonance
frequency (PRF) shift thermometry), die für wässriges Gewebe und im Bereich der
Raumtemperatur/Körpertemperatur nahezu linear verläuft. Durch Subtraktion der
Bildphase nach MR-induzierter Erhitzung und einer Referenzphase, aufgenommen
vor MR-induzierter Erwärmung, lässt sich so die relative Temperaturänderung bestim-
men. Verwendet man dabei eine von der MR Thermometrie getrennte HF-Heizsequenz
(Einstrahlung hoher HF Leistung zur HF induzierten Erwärmung), lässt sich der
Temperaturanstieg allerdings nicht oder nur schlecht erfassen. Auch kann es durch
den zeitlichen Versatz der Sequenzen zu einer Unterschätzung des erreichten Tem-
peraturanstiegs kommen. In dieser Arbeit wurde daher eine Sequenz entwickelt, die
MR-Thermometrie mit HF induziertem Heizen kombiniert. Hierzu wurde ein zusät-
zlicher off-resonanter HF Puls in die MR-Thermometriesequenz eingebaut, über den
sich die eingestrahlte HF Leistung nahezu unabhängig von der Bildgebung steuern
lässt. Diese Methode wurde an einem Kupferdraht im Gelphantom validiert und mit
fiberoptisch gemessenen Temperaturanstiegen verglichen.

Die erste Vorstellung dieser Methode war zunächst lediglich auf die zweidimen-
sionale Thermometrie beschränkt. Um diese Methode auch in drei Dimensionen
sinnvoll anwenden zu können, war es notwendig, die Bildgebung deutlich zu beschle-
unigen. Ein Grund für die relativ lange Messzeit bei der PRF-Thermometrie sind
lange Repetitionszeiten, die durch die für die Genauigkeit der Methode notwendi-
gen langen Echozeiten bedingt sind. Um die Repetitionszeit (TR) bei unveränderter
Echozeit reduzieren zu können, wurde sogenanntes “Echo Shifting” in die kom-
binierte MR-Thermometrie/-Heiz-Sequenz eingebaut. Beim Echo-Shifting wird das
vom Anregungspuls erzeugte Signal erst in einem späteren TR ausgelesen. Dies führt
zu dem ungewöhnlichen Fall das die Echozeit die Repetitionszeit übersteigt. Das
Signal-zu-Rausch-Verhältnis (SNR) wurde durch den Einsatz einer dedizierten, im Gel
platzierten, Messspule optimiert. Durch diese Verbesserungen gelang es eine dreidi-
mensionale Temperaturkarte in der Umgebung des Kupferdrahtes im Gelphantom in
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hoher räumlicher und zeitlicher Auflösung aufzunehmen (1 mm isotrope Auflösung
bei einer Messzeit von 15 s pro Temperaturkarte).
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L I S T O F F I G U R E S

Figure 1 A representation of the relationships between the image space
and k-space domain. The field of view (FoV) of the image is
proportional to the inverse of the distance between neighboring
k-space points. If the chosen FoV becomes smaller than the
object being imaged, i.e. the distance between k-space points
becomes too high, aliasing occurs. The achievable resolution
is proportional to the inverse of the maximum k-space point
sampled. 16

Figure 2 Top: Basic Cartesian 2D GRE sequence. Periods of phase-
encoding and read dephasing are indicated by (1), the acqui-
sition window by (2). Bottom: The spatial encoding scheme
can also be understood by looking at the k-space trajectory:
The phase-encoding and read dephasing gradients move the
k-space vector to the beginning of a k-space line (1). During
signal acquisition, the readout gradient moves the trajectory in
kx direction to the end of the current k-space line (2). 19

Figure 3 2D Cartesian fully balanced steady-state free precession (bSSFP)
sequence. Gradients on all axes are fully balanced in every
TR. 20

Figure 4 Left: Frequency response of the bSSFP sequence (for three
different flip angles). The frequency response is periodic with
a periodicity of 2π. Right: Banding artifacts in cardiac bSSFP
imaging (bandings indicated by white arrows). 22

Figure 5 Top: 2D Radial version of the bSSFP sequence (compare to
Fig. 3). Bottom: Illustration of radial k-space sampling with
16 equiangular spaced projections and linear view-ordering.

24

Figure 6 Signal time course of an IR TrueFISP experiment. Following
signal inversion, the signal approaches the bSSFP steady state
exponentially during a continuous run of bSSFP acquisitions.

31

Figure 7 Simulation of the radial bSSFP sequence implemented in IDEA.
In this example, signal inversion and a linear increasing flip
angle preparation module are followed by a radial bSSFP ac-
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