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Abstract
Cardiovascular disease is often associated with a change in the blood flow through
the cardiovascular system. While in the healthy heart and vessels blood flow is
mainly ordered, jets, turbulence, reduced blood flow and shunting can occur in

cardiac pathologies compromising delivery of oxygen to target tissues. In case of

reduced oxygen delivery to the heart muscle, cardiac metabolism changes switching
from aerobic to anaerobic metabolism. In many cardiac conditions there
additionally is a change in substrate preference.

Phase-contrast magnetic resonance imaging provides time-resolved measurements

of blood velocity in the human body and thus enables characterization of

pathological flow in cardiovascular disease. Despite thorough analyses and
implementation of a number of correction approaches, background phase errors

still hamper the accuracy of derived velocities. Correction of remaining background
phase errors by referencing through stationary tissue or measurements in a

separate phantom scan have been established. Over the past decade there has been

a change from acquisition of a single velocity direction to acquisition of the flow
profile along all three velocity directions with volumetric coverage. The correction

approaches, however, have remained the same.

It is the aim of the present work to study the validity of established correction

approaches on current clinical magnetic resonance imaging systems and to present

a new compensation approach using gradient pre-emphasis of oscillatory field

fluctuations as well as prior-knowledge driven image reconstruction. Analyses of

the spatial distribution of background phase errors have been performed by linear
regression using polynomials of various orders. The analyses showed that
-1-
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background phase errors up to third spatial order can occur rendering background
phase correction by referencing through stationary tissue critical. Furthermore,

studies of background phase errors under extensive heating of the gradient support

due to the high gradient duty cycle in phase-contrast magnetic resonance imaging
experiments have been conducted, which showed thermal changes of the

background phase error. A pre-emphasis framework for the compensation of

oscillatory field fluctuations has been implemented and successfully tested using
the gradient impulse response function. The results show great promise for an
application

in

phase-contrast

magnetic

resonance

imaging.

Moreover,

a

reconstruction algorithm based on a synergistic combination of normalized
convolution and divergence-free basis functions is presented which effectively

reduces errors in phase-contrast magnetic resonance imaging by up to 80%.

Dynamic nuclear polarization enables hyperpolarization and subsequent rapid
dissolution of 13C-labelled substrates which can be used to study cardiac
metabolism in-vivo. By injection of hyperpolarized [1-13C]pyruvate, the metabolic
conversion into [1-13C]lactate, [1-13C]alanine and 13C-bicabonate can be

monitored and new insights into carbohydrate metabolism of the heart can be
gained.

In the present work, an extension of the IDEAL framework to echo-planar imaging
of hyperpolarized [1-13C]pyruvate is proposed. Using this tailored IDEAL

reconstruction, metabolites can be well separated and signal intensity time curves
of the metabolic conversion of [1-13C]pyruvate into [1-13C]lactate, [1-13C]alanine
and 13C-bicarbonate be evaluated.

-2-

Zusammenfassung
Erkrankungen des Herzen und der Gefässes gehen häufig mit einer Veränderung
des Blutflusses einher. Während der Blutfluss im gesunden Herz-Kreislaufsystem
vorwiegend

geordnet

verläuft,

kann

es

bei

Erkrankungen

des

Herz-

Kreislaufsystems zu Jets, Turbulenzen, vermindertem Blutfluss oder sogar einer
Vermischung des pulmonaren und systemischen Kreislaufs kommen. Kommt es zu
einer Unterversorgung des Herzens mit Sauerstoff, ändert sich der Stoffwechsel im
Herzmuskel von aerobem hinzu anaerobem Metabolismus. Eine Reihe von
Herzerkrankungen

führen

zudem zu einer Veränderungen der bevorzugt

verstoffwechselten Substanzen (Kohlenhydrate vs. Fettsäuren).

Die Phasenkontrast-Magnetresonanzbildgebung ermöglicht die zeitaufgelöste

Messung von Flussgeschwindigkeiten des Blutes im Körper und hat somit das
Potential Veränderungen des Blutflusses bei Erkrankungen des kardiovaskulären

Systems zu charakterisieren. Trotz genauer Analyse der Ursachen und geeigneter
Korrekturmechanismen kommt es zu Fehlern der Hintergrundphase, die die

Genauigkeit der Geschwindigkeitsmessungen beeinträchtigen. Zur Korrektur der

verbleibenden Fehler in der Hintergrundphase haben sich einige Ansätze etabliert,
die auf Messungen der Phasenfehler im stationären Gewebe sowie einer

zusätzlichen Messung der Phasenfehler in einem stationären Phantom beruhen. In
den

vergangenen

Jahren

Magnetresonanzbildgebung

hat

sich

verstärkt

die

Anwendung

von

der

der

Phasenkontrast-

Aufnahme

einzelner

anatomischer

Abdeckung

Geschwindigkeitsrichtungen zu einer Messung des Blutflussprofils entlang aller
drei

Raumrichtungen

und

gleichzeitig

grösserer

entwickelt. Die Korrekturansätze sind in dieser Zeit allerdings gleich geblieben.
-3-
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Ziel der vorliegenden Arbeit ist es die Gültigkeit bestehender Korrekturansätze auf

klinischen Magnetresonanzsystemen zu überprüfen und neue Möglichkeiten der

Kompensation durch Veränderung der ausgespielten Gradienten sowie durch
geeignetes Vorwissen in der Bildrekonstruktion zu etablieren. Hierzu wurden

Analysen der räumlichen Verteilung der Hintergrundfehler mithilfe der linearen
Regression mit Polynomen unterschiedlicher Ordnung durchgeführt, die aufzeigen,

dass Hintergrundphasenfehler bis zu dritter Ordnung auftreten können, die eine
Schätzung

im

stationären

Gewebe

Stabilität

bei

einschränken.

Zudem

wurden

Studien

durchgeführt, um das thermische Verhalten der Gradientenspulen sowie deren
mechanische

erhöhter

Beanspruchung

durch

Phasenkontrastmessungen zu untersuchen. Diese Studien haben eine Veränderung

der thermischen Eigenschaften der Gradientenspulen und damit verbunden eine

Veränderung der Hintergrundphasenfehler bei erhöhter Beanspruchung durch
Phasenkontrastmessungen aufgezeigt.

Durch eine Modifikation der ausgespielten Gradientenfelder ist es möglich

oszillatorische Feldvariationen zu kompensieren, welche einen grossen Anteil an
verbleibenden

Hintergrundphasenfehlern

in

der

Phasenkontrast-

Magnetresonanzbildgebung haben. Dieser neue Ansatz wurde anhand der
Impulsantwort der Gradienten getestet und weisst grosses Potential auf für eine

Korrektur der Hintergrundphasenfehler. Rauschen sowie örtlich stark variierende
Phasenfehler können des Weiteren mithilfe von Rekonstruktionsalgorithmen, die

auf divergenzfreien Basisfunktionen basieren, verringert werden. Der Ansatz, der
in dieser Arbeit präsentiert wird, beruht auf der Kombination einer normalisierten

Faltung mit divergenzfreien Basisfunktionen und führt zu einer Verringerung der
Fehler von bis zu 80%.
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Mit

der

Hyperpolarisation

und

anschliessender

Zusammenfassung

Verflüssigung

von

Kohlenstoffisotopen, der sogenannten „Dynamic Nuclear Polarization“, ist es
möglich, Stoffwechselvorgänge des Herzens in-vivo zu messen und zu verfolgen. Die

Verwendung von hyperpolarisiertem [1-13C]Pyruvat ermöglicht Einblicke in die
metabolische Umwandlung von [1-13C]Pyruvat zu [1-13C]Laktat, [1-13C]Alanin

und 13C-Bikarbonat und somit in den Zuckerstoffwechsel des Herzens unter

normalen und pathologischen Bedingungen.
Teil

dieser

Arbeit

ist

für

die

Rekontruktionsalgorithmus
Anwendung

die

für

Präsentation

echoplanare

metabolische

einer

Erweiterung

Auslesetrajektorien

Bildgebung.

des

und

Mithilfe

IDEAL

deren

dieses

Rekontruktionsalgorithmus lassen sich die Bilder der einzelnen Metaboliten
trennen und die Zeitkurven der Umwandlung von [1-13C]Pyruvat in [1-13C]Laktat,
[1-13C]Alanin und 13C-Bikarbonat messen.
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1

Introduction
1.1

Motivation

The mammalian heart consists of four chambers, two atria and two ventricles,

which are arranged in a left and a right heart. The right heart collects the

deoxygenated blood from the systemic circulation. During ventricular contraction

blood is pumped from the right ventricle into the pulmonary artery which
transports blood to the lungs for oxygenation. From there, blood flows back into the

left atrium. As the pressure in the left atrium increases the mitral valve opens and
blood flow enters the left ventricle. During systole, blood is pumped from the left
ventricle into the aorta and from their distributed throughout the body. The

coronary arteries branch from the aorta and supply the heart muscle, the
myocardium, with oxygen and nutrients. In the heart muscle, glucose and fatty

acids are catabolized and energy for contractile function of the heart in the form of
free electrons and ATP is produced. In the healthy heart, blood flow through the

heart is unidirectional, there is no backflow and no mixing between oxygenated and
deoxygenated blood. Further, contraction of the heart occurs in a regular pattern
and in repeated regular cycles.

A large number of cardiovascular diseases result in altered physiology of the atria,

ventricles, valves or blood vessels either in congenital heart disease or due to
-7-
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coarctation or insufficiencies. Furthermore, ischemic or infarcted tissue results in
contractile dysfunction and subsequent cardiac remodeling. As a consequence, the

ordered blood flow observed in the healthy heart and blood vessels is disturbed
and backflow, mixing of oxygenated and deoxygenated blood, jets or turbulence can

occur (1–5). Moreover, as cardiovascular disease progresses, cardiac metabolism is

altered (6, 7). Cardiovascular disease, which summarizes all anatomical or
functional disorders of the heart and blood vessels, attributes to about 30 % of all
global death and can thus be rated the primary cause of death (8–10). Among the
risk factors for cardiovascular disease are hypertension, diabetes, high cholesterol,
obesity, stress, physical inactivity, smoking, alcohol and genetic factors.

Because of the alteration in blood flow and cardiac metabolism during the

progression of many diseases of the cardiovascular system, quantitative magnetic
resonance flow and hyperpolarized metabolic imaging of the heart promise
valuable insights into disease progression, diagnosis and treatment.

1.2

Outline

This thesis is separated into two major parts. In chapters 3 to 9 the focus is on

quantitative magnetic resonance flow imaging while chapters 10 to 12 address
hyperpolarized metabolic imaging of the heart.

Chapter 2 provides a brief introduction into the basic physical principles of
magnetic resonance imaging with a focus on magnetization and signal generation.

This chapter serves as a basis for the signal equation in magnetic resonance flow
imaging and provides the motivation for the necessity of hyperpolarization.

In chapter 3 the relation between the phase of a magnetic resonance image and the

spin’s velocity is derived and encoding strategies for phase-contrast magnetic
-8-
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resonance imaging are presented. Chapter 4 gives an introduction into magnetic
field monitoring and the concept of the gradient impulse response function as a

means to characterize the gradient system. In the following chapter known gradient
inaccuracies and their adverse effects on phase-contrast magnetic resonance image

quality are set into the framework of the gradient impulse response function and
common correction approaches for remaining background phase errors are listed.

The two major assumptions (spatial linearity and thermal and temporal stability of

background phase errors) on which the presented correction approaches are based
are tested in chapters 6 and 7 on clinical 3T magnetic resonance imaging systems. It

is shown that background phase errors can range from first up to third spatial
order requiring correction with appropriate polynomial orders. Signal-to-noise
ratio (SNR) limitations and the amount of stationary tissue necessary for accurate

image-based estimation of phase errors are assessed. Furthermore, it is
demonstrated that scans with a high gradient duty cycle, such as in phase-contrast
magnetic resonance imaging with multi-directional flow encoding, can result in

extensive heating of the gradient coils with temperature changes of up to 20-30K

which in turn modify background phase offsets. In chapter 8 the influence of

oscillatory field fluctuations on remaining background phase errors are discussed
and a new correction approach based on the pre-emphasis compensation of

oscillatory field fluctuations is presented and exemplarily tested using the gradient

impulse response function. The section on magnetic resonance flow imaging is
concluded with chapter 9 presenting image reconstruction for phase-contrast

magnetic resonance imaging incorporating the prior knowledge of the velocity field
to be divergence-free by mapping of the measured velocity field onto divergence-

free basis functions. It is demonstrated that with such a method a reduction in
-9-
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phase errors by more than 80% can be achieved. The improvements are shown to
be of particular value in conjunction with undersampling methods employed to

shorten the long measurement times associated with 3D phase-contrast flow
measurements.

The section on hyperpolarized metabolic imaging of the heart commences with

chapter 10 which is dedicated to cardiac metabolism, in particular glucose

metabolism, of the healthy heart and pathological changes in ischemia and heart
failure. Based on carbon based substrates which are essential in glucose
metabolism, the need for hyperpolarization is demonstrated. In chapter 11 the

principle of hyperpolarization by dynamic nuclear polarization is discussed and all

instrumentation involved in the polarizer design for dynamic nuclear polarization

is summarized. The gain in signal-to-noise ratio by dynamic nuclear polarization is
shown for [1-13C]pyruvate using a homebuilt multisample polarizer for small

animal use and the commercial GE SpinLab polarizer. Finally, the IDEAL framework
is extended to echo-planar-imaging readouts and its application to metabolic
imaging of the heart is demonstrated in chapter 12. It is shown that using a
multiband multiecho excitation-acquisition scheme in combination with an IDEAL

reconstruction approach the metabolic conversion of [1-13C]pyruvate into [113C]lactate, [1-13C]alanine and 13C-bicarbonate can be monitored in three slices
covering the heart with a minimum temporal resolution of 3 heart beats.

- 10 -

2

(Physical) Principles of Magnetic Resonance
2.1

Spins, Magnetic Fields and Polarization

The principle of magnetic resonance is based on the interaction between particle

spins, in particular nuclear spins, with an external magnetic field. The external

magnetic field b 0 = bo e z , with e z being a unit vector along z , is assumed to be aligned
with the z-axis of an orthogonal spatial coordinate system with axes x, y and z . A

nucleus of nuclear spin J has 2 J + 1 possible eigenstates J , m j with eigenvalues

m j =− J , − J + 1,..., J − 1, J . For example spin- 12 -nuclei such as 1H and

possible eigenstates with eigenvalues

1
2

13 C

have two

and − 12 . The spin of a particle causes a

magnetic moment μˆ = γ Jˆ , where γ , the gyromagnetic ratio, is nucleus specific.

Without an external magnetic field, the nuclear spins assume no defined state;
however, in the presence of an external magnetic field b 0 the spins interact with the

magnetic field and assume any of the

2J +1

discrete eigenstates with

corresponding eigenvalues. The interaction between magnetic field and spin is
described by the Hamiltonian ̂

=
=
−b 0 μ =
−bo µˆ z =
−γ bo Jˆ z

−γ bo Jˆ z J , m j =
−m j γ bo J , m j ,
with =ˆ J , m j =
- 11 -
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where  is the reduced Planck constant (11). The probability that a certain nucleus
assumes eigenstate J , m j with eigenvalue m j is given by
p (mj ) =

e

− m j γ bo / k BT

J

∑e

− m j γ bo / k BT

j=− J

with k B denoting the Boltzmann constant and T the temperature (11, 12).

The difference in population of the eigenstates is called polarization P and is
strongly related to the signal strength in magnetic resonance. For a spin- 12 -system,
the polarization is given by
P
=

1
γ bo / k BT
2

1
− γ bo / k BT
2

 γ bo 
e
−e
tanh 
=
.
1
1
γ bo / k BT
− γ bo / k BT
2 k BT 

2
2
e
+e

In first approximation this yields

P=

γ b0
2 k BT

.

[2.2]

[2.3]

In magnetic resonance, not a single magnetic moment is resolved and detected but

the summed magnetic moment of all N spins in a volume element V which is called

magnetization  :

z =

1
∑µ z ,i .
V i

For a spin- 12 -system, in first approximation the magnetization is

=
Bz
where

N
V

N γ bo 1
N γ 2  2bo
1
=
=
γ
N P µ1/2
,
V 4 k BT
V
V 2 k BT 2

is equal to the nuclear density or concentration.

- 12 -
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Magnetic Resonance Signal Reception

The signal in magnetic resonance stems from the macroscopic magnetization vector
precessing in the plane transverse to the main magnetic field b 0 , which herein is

the xy-plane, after an excitation and is induced in a nearby coil (13). The induction
of a voltage u in a coil is described by Faraday’s law of induction
u= −

dΨ
,
dt

[2.5]

where Ψ is the flux through a coil with cross-section ς : Ψ =∫ b dς . Using the
ς

relationship between the magnetic field b and its vector potential a(r ) , b = rot a ,
and Stoke’s theorem yield

=
Ψ

rot a dς ∫ a dl .
∫ς =
ς
∂

[2.6]

Magnetic moments produce dipolar magnetic fields which can be described by the
vector potential

a(r, t ) =

µ0 rot ′(r′, t) 3
d r′ ,
4π ∫
r − r′

[2.7]

with r = [ x, y, z ] and µ0 the vacuum permeability. Combining equations [2.6] and
T

[2.7] gives

µ

Ψ (t) =0
4π

∫ς dl ∫ d r ′
3

∂

rot ′(r′, t)
.
r − r′

[2.8]

Since the volume-integral is carried out over the primed coordinate and the line-

integral over the non-primed coordinate, the order of execution can be switched
which allows for the use of the vector identity ( A × C ) ⋅ B =− A ⋅ ( B × C ) . This yields

- 13 -

(Physical) Principles of Magnetic Resonance
Ψ (t) =
−

µ0
rot dl
.
d 3 r ′(r′, t) ∫
∫
r − r′
4π
∂ς

[2.9]


((

=S ( r ′ )

From equation [2.9] is becomes obvious that the temporal dependence of the
magnetic flux is given by the temporal behavior of the magnetization and that the
contribution of the magnetization at position r is scaled by a receive field S(r )

which can be considered the coil’s sensitivity.

The magnetization is precessing in the transverse plane with a frequency

ω (t=
) ω0 + ∆ω (t ) with ω (t ) = γ b(t ) and ω0 = γ b0 , which is the so-called Lamor

frequency, an arbitrary phase ϕ and a decay time T2 (r ') . The complex signal is then
given by

u=

i (w +∆w ( t ))dt − t T ( r ') iϕ 3
µ0
e
e d r′ ,
w0 ∫ xy (r ')S xy (r ') e ∫
4π
0

2

where the temporal derivatives with respect to ∆ω (t ) and
because their contributions are much smaller.

t
T2

[2.10]

have been ignored

By combining all anatomical information xy (r ) and T2 (r ) , coil sensitivity S(r ) and
constants into one position-dependent variable ρ ( x, y, z ) and expressing the

frequency in terms of the magnetic field ω= γ ⋅ b , the signal u in magnetic

resonance is given by

iγ ∆b ( t )dt
u = ∫∫∫ ρ ( x, y, z )eiγ b0t e ∫
dxdydz .
V

2.3

[2.11]

Spatial Encoding

Spatial encoding is achieved with the use of linearly varying magnetic fields
gi =

dbz
for i = x, y, z which are called gradient fields or gradients. Under the
di

- 14 -
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Fig. 2.1: Scheme of a gradient sequence used for spatial encoding (A). For the phase
encoding ( g y ) and frequency-encoding ( g x ) gradients the acquired  k x k y  values are
indicated as well as the sampling pattern (B).

assumption that gradients have been applied in all three spatial directions the
integral in the exponent of equation [2.11] has to be expanded to
t'

ig ∫ ( b0 ( t ) + g x ( t ) x ( t ) + g y ( t ) y ( t ) + g z ( t ) z ( t ) ) dt .
0

[2.12]

The main magnetic field b0 is time-independent and the integral thus trivial.
Combining equations [2.11] and [2.12] yields
t'

t'

t'

iggg
g x ( t ) x ( t ) dt i ∫ g y ( t ) y ( t ) dt i ∫ g z ( t ) z ( t ) dt
u = ∫∫∫ ρ ( x, y, z ) eig b0t 'e ∫0
e 0
e 0
dx dy dz .
V

[2.13]

If b0 is also spatially-invariant, the term can either be combined with ρ ( x, y, z ) or
taken out of the volume integral. If x, y and z are time-independent, which means

all magnetic moments within a volume elements (voxel) are stationary, the time-

g t'
gi ( t ) dt , equation
integral only has to be evaluated over the gradients. With ki =
2π ∫0
[2.13] becomes

u = ∫∫∫ ρ ( x, y, z ) ei 2π kx x e
V

- 15 -
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e

dx dy dz

[2.14]
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and anatomical information ρ ( x, y, z ) and signal u ( k x , k y , k z ) are Fourier transform

pairs (14).

2.4

Noise

Noise in magnetic resonance can be attributed to random thermal motion of

electrons in the receive chain, e.g. the coils, and of electrons, ions and dipolar

molecules in the sample object itself. The noise standard deviation is given by the

Johnson-Nyquist formula

s =∆
4k B υreceive (Tc Rc + Ts Rs ) ,

Where ∆υreceive is the receiver bandwidth, Tc , Rc and Ts , Rs are coil and sample

[2.15]

temperature and resistance, respectively (15, 16). At reasonably low field strength
(< 4T) the coil resistance can be assumed to be frequency–independent.

The resistance of the sample can be characterized by the dissipated power and the
reference current i0 with

Rs

∫∫∫
=

E(r ) ϑ dxdydz
2

V

i02

,

where E(r ) is the electric field in the sample and ϑ the sample’s conductivity (16).

Since the electric field is modulated with ω , the sample resistance is proportional
to

Rs ∝ ω 2 .

Denoting the mean of the real image signal by S real , the signal-to-noise ratio (SNR)
is given by

=
SNR

S real
=

s

S real
4k B ∆f receive (Tc Rc + Ts Rs )
- 16 -
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3

Phase-Contrast Magnetic Resonance Imaging
3.1

Motivation

The concept of phase contrast magnetic resonance imaging (PC-MRI) was proposed
in the 1980s as a technique to measure the velocity of fluids. If the velocity changes

over time, repeated acquisition of the same PC-MRI sequence results in a time-

resolved flow profile. By introducing segmentation of k-space over a number of

heart beats and synchronization with the electrocardiogram (ECG), the temporal

resolution could be increased and the application of PC-MRI for cardiac
applications became feasible (17, 18). In the early work, one velocity direction,

typically the through-plane direction, was encoded in a two-dimensional imaging
slice and volume flow through cross-sections of the main arteries, veins and valves

was measured and used to assess cardiac output, shunt flow and regurgitation
which are key parameters in the analysis of stenosis and coarctation (19, 20).

About 30 years later, the concept of time-resolved PC-MRI was expanded to threedirectional velocity measurements acquired in single-slices or with volumetric
coverage termed 4D Flow MRI (21–24). The volumetric coverage in combination
with velocity measurements along all three spatial directions allows for a complete
characterization of blood flow through arteries, veins and organs such as the heart.

The often complex flow pattern can be visualized using streamlines (25), pathlines
- 17 -
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Fig. 3.1: Exemplary illustration of blood flow in a healthy porcine heart using vector

visualization of ventricular filling during diastole (A), depiction of the flow profile in the

left ventricle during ventricular filling (B) and a pathline representation of blood flow in
the systemic and pulmonary aorta during systole (C).

(26, 27) and volume tracking (28) which provide a more intuitive understanding of

normal and pathological blood flow. Furthermore, knowing all three velocity

directions enables the calculation of hemodynamic parameters such as wall shear
stress (29), pulse wave velocity, pressure difference maps (30), turbulence (31, 32)
or vorticity (33).

Many diseases of the cardiovascular system directly affect or are accompanied by a
characteristic alteration in blood flow or associated hemodynamic parameters.

Thus, blood flow and hemodynamic parameters may be used as markers in
cardiovascular diseases. For example, intracardiac shunts, single ventricular heart

physiology, valve insufficiencies, aortic dissection or congenital heart disease affect

blood flow magnitude and direction and can be diagnosed using 4D Flow MRI of the
heart or great vessels (3, 5, 34, 35). Besides, a measure of turbulence, pressure

differences and vorticity can yield additional information in the assessment of
aortic coarctation or valve insufficiencies (5, 36).
- 18 -
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To summarize and present best-practices and limitations of 4D Flow MRI and
further promote the translation into the clinical realm, the Society for
Cardiovascular Magnetic Resonance has just released a consensus statement (37).

3.2

Theory

In chapter 2.3 the spins within a voxel were assumed to be stationary which
allowed for the separation of the spatial coordinates x, y and z and the integrals

over the gradients. If, however, spins within a voxel perform a bulk motion such as

in flow, solving the integral has to be reconsidered. By expanding the spatial

trajectories into a Taylor series, the different orders of movement can be analyzed

separately. For simplicity, the Taylor expansion and all following analyses will
exemplarily be performed for the x -coordinate x(t ) only. Without loss of generality,
the Taylor expansion is performed around a time point t0 = 0 :

x=
(t )

where

d
dt

t0

∞

1 dn
∑
n
n = 0 n ! dt

t0

1
2
n
x ( t )( t − =
t0 ) x ( t0 ) + v ( t0 )( t − t0 ) + a ( t0 )( t − t0 ) +…
2

=
x ( t ) v=
( t0 ) v0 is the velocity at time point t0 and

d2
=
x ( t ) a=
( t0 ) a0 is
dt 2 t
0

the spin’s acceleration at time point t0 . To second order, the Taylor expansion
yields

1
x ( t ) = x0 + v0t + a0t 2 .
2

Combining equations [2.12] and [3.1] gives
t′

t′

[3.1]

t′

iggg
x0 ∫ g x ( t ) dt + i v0 ∫ g x ( t ) ⋅ t dt + i a0 ∫ g x ( t ) ⋅ t 2 dt .
0
0
0

((

(
(
((
∝kx

The integral

velocity encoding

- 19 -
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t'

=
Mn

∫g ( t ) ⋅ t dt

[3.3]

n

x

0

is often referred to as the n-th moment of a sequence, where the 0th moment
describes spatial encoding, the 1st moment velocity encoding and the 2nd moment

acceleration encoding (17). Spatial encoding has already been covered in chapter
2.3. For the purpose of this work, encoding of acceleration will be neglected and all
further derivations will be focused on encoding of velocity. Inserting equations
[3.2] and [3.3] into the 3D encoding equation gives

u = ∫∫∫ ρ ( x, y, z ) eiγ v0 M1 ei 2π kx x e
V

i 2π k y y i 2π k z z

e

dx dy dz

[3.4]

which shows that the 1st moment gives rise to a velocity dependent image phase

Φ ( x, y, z ) = γ v0 ( x, y, z ) ⋅ M 1 (17). Like spatial encoding velocity encoding is also

performed by gradient fields. Hence, to achieve velocity encoding additional

gradients have to be added to the sequence, but interference with spatial encoding
be avoided. This can be achieved by imposing the additional requirement of zero
t'

total area under the waveform of the flow encoding gradient: ∫g x ( t ) dt = 0 . This can
0

only be achieved with the use of bipolar gradient lobes having the same area. Now,

if t0 was chosen to coincide with the center of gravity of the bipolar velocity

encoding gradient, the 2nd moment which would have encoded acceleration actually
vanishes.

Considering two rectangular gradient lobes of strength a1 and −a2 and duration t1
and t2 − t1 (Figure 3.2), then the 1st moment is given by
t'

M=
1

∫g x ( t ) ⋅ tdt=
0

t1

t2

0

t1

∫a1 ⋅ tdt − ∫a2 ⋅ tdt=
- 20 -
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Fig. 3.2: Comparison of the phase accumulated during a bipolar gradient waveform of zero
total area for stationary and moving particles Φ s and Φ v , respectively (A). While Φ s

refocuses at the end of the gradient waveform, moving particles have a velocity-dependent
phase Φ v . Scheme exemplarily showing the incorporation of a velocity encoding gradient
along the readout direction of area A flow into a MRI sequence (B).

a1 ⋅ t1 a2 ⋅ (t2 − t1 ) , the relation
Since both lobes have the same area which implies =
a1 ⋅ t12 + a2 ⋅ t12 = a2 ⋅ t2 ⋅ t1 holds and M 1 reduces to
=
M1

1
a2t2 ( t2 − t1 ) .
2

If the bipolar lobe is symmetric with respect to its center, i.e. t2 = 2t1 , then
1
M 1 = a2t12 .
2

1
The image phase thus accumulates to Φ = γ v0 a2t12 . Since phase shifts can only be
2

uniquely determined in a 2π range and both positive and negative velocities can
occur and should be differentiated, the measured range is

maximum encoded velocity venc is equal to
venc =

π

γ M1

- 21 -
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Noise in the phase image is inversely proportional to the signal-to-noise ratio in the
image with

σΦ =

σ
S real

.

[3.6]

To this point, velocity encoding has been demonstrated for velocities along the xdirection only. By combining the according gradients, velocities can be measured
along any arbitrary direction. Further, using three separately encoded acquisitions,

velocities can be measured along all three orthogonal directions with volumetric
coverage and the velocity profile of any flow such as blood flow through the aorta
or left ventricle be reconstructed (22, 23).

3.3

Different Encoding Schemes

Referring to the general 3D imaging equation [2.11] shows that all spatially varying
magnetic fields not attributed to spatial encoding will result in an image phase

iγ b( t ) dt
e ∫
. This phase includes inhomogeneities of the main magnetic field b 0 and

non-linearites of the encoding gradients. Further RF penetration effects will result

in unwanted errors in the image phase. Since all these effects are independent of
the bipolar gradients used for velocity encoding, but characteristic for the scanner,

RF pulse and gradient sequence used for spatial encoding, the phase errors can be

eliminated by subtraction of two phase images acquired with a sequence identical
apart from the flow encoding gradients. In the simplest form this implies
acquisition of an additional reference image with completely identical sequence

parameters but no flow encoding. For 4D Flow MRI data, each of the three velocity
encoded images hence requires acquisition on an additional reference image which

would result in a total of 6 acquired images (3 velocity encoded, 3 non-velocity
- 22 -
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encoded). To reduce the number of acquired images, more sophisticated acquisition
schemes requiring only four images to be acquired are presented.
3.3.1 Simple Four-Point Encoding

In a simple four-point encoding scheme, three velocity encoded acquisitions are

combined with one reference image. Denoting the reference image by S ref and

assuming the three velocity encoded images to be encoded along the x, y and z
axes, then the following relations hold

S x = S ref eiΦ x
S y = S ref eiΦy ,
S z = S ref eiΦz

with Φ i =γ vi M 1,i for i = x, y, z . The velocity information can hence be extracted by
complex division of Si with the reference image and extraction of the phase

information v =

∆Φ
. Since all four acquisitions have been acquired the same way,
γ M1

each of the four phase images has a noise standard deviation of σ Φ =

σ

S real

. The noise

standard deviation in the combined velocity image is thus given by

σv =

2σ
.
γ M 1 S real

3.3.2 Symmetric Four-Point Encoding
In symmetric four-point encoding, the reference image is encoded along all three
orthogonal velocity directions x, y and z with a first order gradient moment M 1,i

for i = x, y, z . In the following three acquisitions, velocity encoding along one
- 23 -
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direction is inverted so that encoding is achieved with

∆Φ i = γ vi 2M 1,i with i = x, y, z . This yields

− M 1,i

such that

S x = S ref ei∆Φ x
S y = S ref ei∆Φy .
S z = S ref ei∆Φz

This scheme implies that only half the first moment has to be encoded per
acquisition and noise is reduced by a factor of 2 with respect to the simple fourpoint encoding scheme according to (38)

=
σv

2σσ
=
.
γ 2M 1 S real γ 2M 1 S real

3.3.3 Balanced Four-Point Encoding/Hadamard
Balanced four-point encoding describes an encoding scheme in which all four
acquisitions are combined to yield the velocity information along x, y and z . The

balanced encoding scheme has the advantage of even further reducing the noise

standard deviation of the velocity image (38). While the reference acquisition is

velocity encoded along all three directions, in each of the other three acquisitions
velocity encoding is inverted along two of the three axis by changing the first
gradient moment by − M 1,i such that

S1 = S ref ei∆Φ x e

i∆Φ y

S 2 = S ref ei∆Φ x ei∆Φ z
S3 = S ref e

i∆Φ y i∆Φ z

e

with ∆Φ i = γ vi 2 M 1,i for i = x, y, z . To extract the velocity information along x, y and
z all four images have to be combined according to

- 24 -
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∆Φ x=

1
2

(−Φ1 + Φ 2 + Φ 3 − Φ 4 )

∆Φ y=

1
2

(−Φ1 + Φ 2 − Φ 3 + Φ 4 )

∆Φ z=

1
2

(−Φ1 − Φ 2 + Φ 3 + Φ 4 )

[3.7]

where Φ i for i = 1, 2,3, 4 is the phase of the i-th image. Equation [3.7] can also be

written in matrix notation as

 ∆Φ x 


 ∆Φ y =
 ∆Φ 
z 


 Φ1 
 −1 +1 +1 −1  
  Φ2  .
1
2  −1 +1 −1 +1  ⋅
 −1 −1 +1 +1  Φ 3 

 Φ
 4

The noise standard deviation of the velocity image is, hence, given by
=
σv

2σσ
.
=
γ 4 M 1 S real γ 2M 1 S real
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Gradient Field Measurement
4.1

Magnetic Field Monitoring

Magnetic field monitoring is based on so called “field probes” (39). A field probe

comprises a water droplet in a glass capillary which is surrounded by a solenoid
coil. Via the solenoid coil the water droplet can be excited and the phase

information be acquired. Thus, the phase evolution φ (r, t ) at the position of the field
probe can be measured. By distributing 16 of these probes in a sphere the

measured phases can be decomposed up to third spatial order by expansion into
spherical harmonic basis functions Yl ,m (ϑ , ϕ ) (40, 41) :

f ( r, t )
=

l

∑ ∑ k (t ) f ( r ) + ω ( r ) t
l ,m

l ,m

[4.1]

ref

l = 0 m= −l

with

fl ,m ( r ) = r l Yl ,m (ϑ , ϕ ) in polar coordinates. Thus, the field information is
Fig. 4.1: Sketch of a field
probe containing the water
droplet, glass capillary and
solenoid

coil

and

their

arrangement in a 3rd order
field camera. The probe
signal at different locations
in the presence of a bipolar

- 27 -
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separated into a spatial and dynamic part with kl ,m ( t ) storing dynamic information.

t denotes time, r the spatial coordinate and l the spatial order of the spherical

harmonic. ωref ( r ) is a reference frequency.

For a number of field probes p and a number of spherical harmonic basis functions

q , equation [4.1] can be written as a linear set of equations. If the dynamic

coefficients kl ,m ( t ) and the reference frequency ωref ( r ) are known, the spatial
coordinates r of the p field probes can be calculated. If, on the other hand, the

spatial coordinates r of the p field probes and the reference frequency ωref ( r ) are

known, the dynamic coefficients kl ,m ( t ) can be calculated. If q ≤ p , the linear set of

equations has a unique solution.

During calibration, ωref ( r ) is determined as the frequency associated with the static
main magnetic field b 0 by acquisition of the probe’s phase evolution φ (r, t ) in the
absence of any additional gradient or higher order magnetic field. If the gradient

strength is small (typically ~2.5 mT/m) and the gradient has been static for a long
time (>1s), gradient inaccuracies (see Chapter 5.1) can be neglected and the
associated dynamic coefficients k1,m ( t ) can be assumed to be known. In a second
l

0

m
0

1

-1

1

1

1

0

fl ,m ( r )
1
x

y
z

l

2
2
2
2
2

fl ,m ( r )

m

-2
-1
0
1

Table

2z2

2
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step by applying static gradients of small known strength along the x -, y - and z -

direction, the x -, y - and z -coordinates of the field probe’s position can be

calculated separately. Once, the spatial coordinates r of the p field probes and the

reference frequency ωref ( r ) are known, the field distribution given by the dynamic

coefficients kl ,m ( t ) can be determined for any arbitrary gradient waveform or
sequence.

4.2

Gradient Impulse Response Function

Assuming the MR gradient system to be linear and time-invariant, the system’s
output o ( x, y, z , t ) is determined by its input i ( x, y, z , t ) and its impulse response
function h(t ) (42–44). In the time domain, the output is given by convolution of the

input with the response function. To separate temporal and spatial information,
output and input are expanded into a power series

, t ) o0 ( t ) + ox ( t ) ⋅ x + o y ( t ) ⋅ y +…
o ( x, y, z=

, t ) i0 ( t ) + ix ( t ) ⋅ x + i y ( t ) ⋅ y +…
i ( x, y, z=

,

where ok ( t ) , ik ( t ) are the Taylor coefficients. For an input il ( t ) where l denotes

the input channel (e.g. ideal gradient field waveform along x ), the output ok ( t ) on
channel k (e.g. gradient field along y direction) is given by (43–45)

=
ok ( t )

∞

∑ ∫ h ( t − t ) i (t ) dt .
kl

l −∞

l

[4.2]

The index l denoting the input channel has possible values l = x, y, z for the three

gradient coils which is equivalent to Taylor coefficients higher than first order
being zero. The index k denoting the output channel represents not only the

direction of the gradient field, but may also represent higher orders in spatial
- 29 -
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Fig. 4.2: Measured magnetic field output o(t ) up to 2 nd order for a known input i (t ) . The
impulse response function is calculated as the inverse Fourier transform of the complex
division of the Fourier Transform  of output and input.

coordinates. Possible values for k are 0, x, y, z , x 2 , y 2 , z 2 , xy,… with 0 representing b0
offsets. For example, ox2 ( t ) denotes the magnetic field quadratic in x .

If k = l , the impulse response is usually referred to as a self-term, for k ≠ l the
impulse response is called cross-term.

The impulse response function characterizes the corresponding system. This

implies that induced eddy-currents, delays, oscillatory field fluctuations and other
gradient effects are encoded into the response function.

In the frequency domain the convolution in equation [4.2] is a simple multiplication

Ok (ω ) = ∑H kl (ω ) I l (ω ) .
l

[4.3]

If only one component of I l (ω ) is non-vanishing, the according components of the

impulse response can be calculated by (43–45)
- 30 -
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[4.4]

Thus, to obtain the impulse response function the output Ok (ω ) has to be

measured for a known input I l (ω ) . In case of an MRI system, the input is given by
the current input to the gradient coils or the nominal gradient waveform i ( t ) , I (ω )
and the system’s output is the actual magnetic field b ( t ) , B (ω ) .
Fig.

4.3:

Self-term

gradient transfer function

H kl for the x-, y- and z-

gradient coils of a 3T

Philips Achieva system.
Both

magnitude

phase are presented.
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5

Gradient Inaccuracies and Correction Approaches
5.1

Known Gradient Inaccuracies

5.1.1 Eddy-currents
When the gradient magnetic fields are changing over time, eddy-currents are

induced in nearby conducting structures as described by Faraday’s law of
induction. The induced currents produce magnetic fields counteracting the gradient
fields and thus cause a deviation of the magnetic field output from its ideal input.

Eddy-current fields can be of zeroth, first and higher orders and can be measured
and characterized using an impulse response function. To compensate for eddy-

current induced field offsets, a model of the eddy-currents is necessary.

The quasi-stationary magnetic field b ( r,t ) generated by a wire (e.g. gradient coil)
carrying current i ( t ) can be calculated according to Biot-Savart’s Law:

=
b ( r, t )

µ0
r − r′
i (t ) ∫ dl ×
,
3
4π
r − r′
∂l

[5.1]

with dl is an infinitesimal wire element and r ' the position of the wire. Hence, the

integral

r − r′

∫ dl × r − r′

∂l

3

determines the spatial distribution of the generated magnetic

field and i ( t ) its strength and temporal evolution. Assuming b ( r,t ) to be aligned
- 33 -
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with the z - axis of a coordinate system b ( r, t ) = b ( r , t ) e z , with e z a unit vector in zdirection, then b ( r , t ) can be expanded into a Taylor series

b ( x, y, z=
, t ) b0 ( t ) + bx ( t ) ⋅ x + by ( t ) ⋅ y +… .

By expanding b ( r , t ) into a Taylor series, the spatial and temporal dependencies are
separated into time-dependent coefficients bk ( t ) and spatial basis functions.

According to equation [5.1] the coefficients bk ( t ) of the series are proportional to

i (t ) :

bk ( t =
) ck ⋅ i ( t )

=
with k 0, x, y, z , x 2 , … and ck proportionality constants.

Including inductive coupling of the gradient coil to conductive material, the induced
fields generated by currents jl ( t ) need to be added

=
bk ck ⋅ i ( t ) + ∑cl jl ( t ) .
N

l =1

According to (42, 46) coupling of the gradient coils to conductive material can be
modelled as coupling between L-R circuits with resistance Rl and inductance Ll

which yields

Ll

d
d
jl ( t ) + Rl jl ( t ) + M l i ( t ) =
0,
dt
dt

[5.2]

with M l the mutual inductance between gradient coil and L-R circuit. Solving the

differential equation [5.2] in the frequency domain, where the derivatives are given
by a factor of iω , gives

J l (ω ) = − iω

M l / Ll
 (ω )
iω + Rl / Ll

- 34 -
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and

N

c
Bk (ω=
) 1 − iω ∑ l 1
l =1 iω + τ l


with c=
l

Ml
Ll


 ck  (ω )



[5.4]

c
L
⋅ ckl and τ l = Rll . In the frequency domain the eddy-current fields are thus

described by Lorentz functions of amplitude cl and decay time τ l scaled with iω .

Equation [5.4] has the same structure as formula [4.3] for the calculation of a field
output in terms of input and impulse response function; hence, the eddy-current

contribution to the impulse response function can be directly translated from
equation [5.4] to

H= (1 − H ECC )

with

cl
.
1
l =1 iω + τ l
N

H ECC = iω ∑

In the time-domain, the eddy-current fields can be calculated by convolution of the
temporal derivative of an exponential decay with amplitude cl and decay time τ l

Θ ( t − d ) , with Θ ( t ) denoting the
with the current input. For a step function i ( t ) =
Heaviside function, the eddy-current field is given by
∞

∫

−∞

d
dl

∞

  − ltl

l
 cl e Θ ( l )  ⋅ Θ ( t − d − l ) d=


∞

cl

−∞
−l

=
−∫ tl e
cl



∫  − t

tl

e
l

−l

tl

Θ ( l ) + cl e

Θ (t − d − l ) d l +

∞

−l

tl

∫ cl e

d ( l )  ⋅ Θ ( t − d − l ) d l


−l

tl

d (l ) Θ (t − d − l ) d l

−∞

0

= −Θ ( t − d ) tcll


t −d

∫e

−l

tl

d l + cl Θ ( t − d )

0

=
Θ ( t − d ) cl e

−( t −d )

/t l
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For simplicity and as an example, only a single exponential decay has been

considered. So, according to equation [5.5] the output field in the presence of
induced eddy-currents is given by a (multi-)exponential decay resp. damping in
response to the input being switched off resp. on in a step-wise manner.

With a suitable approach the multi-exponential decay can be measured and
amplitude and decay time be calculated. Compensation of the eddy-current fields
can be achieved by pre-emphasis: adjustment of the input current, either on the

gradient coils itself for first order eddy-current fields or on the shim coils for
higher order eddy-currents (46). Zeroth order eddy-currents can be corrected for

using a zeroth order coil or by modulation of the resonance frequency. Because the
pre-emphasis will also induce eddy-currents, the parameters have to be calculated

from equation [5.4]. For simplicity, pre-emphasis is exemplarily derived for a single
exponential decay. For a target magnetic field

bk ( t ) = δ ( t ) with δ ( t ) the delta

distribution, the Fourier transform is a constant Bk (ω ) = 1 . For a known Bk (ω ) ,
equation [5.4] can be inverted and solved for the input current  (ω ) :

 (ω )
=

iω + 1/ τ l
1
1
1
=
cl
ck 1 − iω iω +1/τ
ck ( iω + 1/ τ l − iω cl )

(

=

l

1
ck

)



iω cl
1 +

 iω + 1/ τ l − iω cl 

cl
/ (1−cl ) 
1
1 + iω
.
=
ck 
iω +1 /τ l (1−cl ) 



[5.6]

The input, thus, consists of a delta-distribution, which is the nominal input term,

plus a pre-emphasis term. The pre-emphasis has the same mathematical structure
as the eddy-currents themselves and their amplitude and decay time can be
- 36 -
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Fig. 5.1: First order self-term response of the z-gradient coil to a triangular input pulse

with and without eddy-current compensation (ecc) (A) and the corresponding first order
self-term impulse response functions (B).

calculated from the amplitude and decay time of the eddy-currents. So, if all
parameters were precisely known, an exact solution could be found. In practice,
however, the pre-emphasis parameters are optimized iteratively (42, 46–48).
5.1.2 Velocity Misregistration due to Gradient Field Non-Uniformity

In case of spatial imperfections of the gradient fields, that is H kl (ω ) ≠ 0 for k ≠ l

and H kk (ω ) ≠ 1 , zeroth and first order gradient moments are affected and cause
misregistration of spatial and velocity information.

For a nominal encoding gradient glideal (t ) with l = x, y, z , the output field b( x, y, z , t )
up to second order in spherical harmonics is given by

b ( x, y , z , t =
) b0 ( t ) + bx ( t ) ⋅ x + by ( t ) ⋅ y + bz ( t ) ⋅ z + bxy ( t ) ⋅ xy + bzy ( t ) ⋅ zy + bxz ( t ) ⋅ xz +
bx2 − y 2 ( t ) ⋅ ( x 2 − y 2 ) + b2 z 2 −( x2 + y 2 ) ( t ) ⋅ ( 2 z 2 − ( x 2 + y 2 ) )

[5.7]

iγ b ( x , y , z ,t )dt
which results in an image phase e ∫
. In equation [5.7] the position of all

particles contributing to the phase are assumed to be stationary. In the theoretical

framework for velocity encoding presented in chapter 3 where the encoding
gradient was assumed to be perfectly linear, the time dependence of particles was
- 37 -
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incorporated by Taylor expansion of the spatial coordinates up to first order which
yielded the separation into zeroth and first gradient moment (eq. [3.2]) and hence

spatial and velocity encoding. Expanding the output field in equation [5.7] to
include movement of particles with constant velocities vx ( t0 ) , v y ( t0 ) , vz ( t0 ) at time

t = t0 and position

( x0

moments:

z0 )

T

y0

results in spatially dependent first gradient

t′

vx M 1, x ( x0 , y0 , z0 )= vx ∫ t ⋅ bx + bxy ⋅ y0 + bxz ⋅ z0 + bx2 − y 2 ⋅ 2 x0 − b2 z 2 −( x2 + y 2 ) ⋅ 2 x0  dt


0

t′

v y M 1, y ( x0 , y0 , z0 )= v y ∫ t ⋅ by + bxy ⋅ x0 + bzy ⋅ z0 − bx2 − y 2 ⋅ 2 y0 − b2 z 2 −( x2 + y 2 ) ⋅ 2 y0  dt


0

t′

vz M 1, z ( x0 , y0 , z0 ) = vz ∫ t ⋅ bz + bxz ⋅ x0 + bzy ⋅ y0 + b2 z 2 −( x2 + y 2 ) ⋅ 4 z0  dt



[5.8]

0

Despite the fact that the nominal encoding gradient is only aligned along one of the
gradient axes, velocities along all three gradient axes are encoded and the first
gradient

moment

M1 ( x0 , y0 , z0 ) =  M 1, x

M 1, y

is

T

not

spatially

invariant

anymore:

M 1, z  , which implies that the velocity induced phase

shift is also spatially varying (49, 50). As a side note, the higher order terms cause

mixing of the spatial coordinates x0 , y0 and z0 in the zeroth gradient moment which
results in geometric distortions (51).

By introducing a scaling factor Λ kl with k , l = x, y, z which denotes the deviation of

the output field from the nominal encoding gradient gl at position r = [ xo

the relative deviation is defined as:
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Λ xl (r ) =
Λ yl (r ) =
Λ zl (r ) =

bx + bxy ⋅ y0 + bxz ⋅ z0 + bx2 − y 2 ⋅ 2 x0 − b2 z 2 −( x2 + y 2 ) ⋅ 2 x0
glideal

by + bxy ⋅ x0 + bzy ⋅ z0 − bx2 − y 2 ⋅ 2 y0 − b2 z 2 −( x2 + y 2 ) ⋅ 2 y0

,

glideal
bz + bxz ⋅ x0 + bzy ⋅ y0 + b2 z 2 −( x2 + y 2 ) ⋅ 4 z0

[5.9]

glideal

where l = x, y, z is the input channel of the nominal encoding gradient. Combining
equations [5.8] and [5.9], the first gradient moment can be rewritten in terms of the
nominal encoding gradient (49) and the scaling factors:

 Λ xx (r ) Λ xy (r ) Λ xz (r )   g xideal 

  ideal 
M1 (r ) =
y
 ⋅ t dt
∫0  Λ yx (r) Λ yy (r) Λ yz (r)   g ideal
 Λ (r ) Λ (r ) Λ (r )  g 
zy
zz
 zx
 z 
t′

t′

= Λ (r ) ∫ g ideal=
⋅ t dt Λ (r ) M1ideal .

[5.10]

0

The spatially varying phase shift is then given by

Φ (r ) =
γ v(r )T Λ (r ) M1ideal .

(

To extract the correct velocity information from the phase image Λ (r ) M1ideal

to be inverted and the velocity is given by
v (r ) =

1

−1

 Λ (r ) M1ideal  Φ(r ) .
γ

)

T

has

[5.11]

In summary, in the presence of spatial imperfections of the gradient field the
velocity calculation from the phase image has to be expanded to a more generalized

reconstruction including spatially dependent scaling factors describing the

deviation of the magnetic field from the nominal encoding gradient. The scaling
factors can be extracted from measurements in specialized phantoms (50), by
measurement of the output magnetic field by magnetic field monitoring or
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calculated from spherical harmonic models (52) using system specific coefficients
measured or provided by the manufacturer.
5.1.3 Concomitant Fields

For the purpose of this chapter gradient non-uniformities are neglected and the

focus is on the change in magnetic field magnitude due to unwanted magnetic fields
perpendicular to the main and encoding fields. The main magnetic field b 0 = b0e z
and the gradient fields bG = g ⋅ r e z , with g =  g x

g z  , r = [ x

gy

y

z ] and e z a
T

unit vector along the z-direction, are assumed to be directed along the z - axis. If
magnetic fields bx e x and by e y are produced then the magnetic field magnitude is
given by (53, 54)

b(r )=

bx2 + by2 + ( b0 + g ⋅ r )

= b0

bx2 + by2
b02

=b0 1 +

Using the Taylor expansion of
yields (54)

b(r ) = b0 + g ⋅ r

((

applied field

 g ⋅r 
+ 1 +

b0 


bx2 + by2
b02

2

2

g ⋅ r (g ⋅ r )
.
+2
+
b0
b02
2

1 + u =1 + 12 u − 81 u 2 + 161 u 3  ... with u =
2
2
1 bx + by
+
2 b0
((

concomitant field to order

1 ( bx + by ) ( g ⋅ r )
± ...
2
b02
((((
2

−
1
b0

bx2 + by2
b02

+ 2 Gb0⋅r + (

G ⋅r )

2

b02

2

concomitant field to order

1
b02

[5.12]

The magnitude of the magnetic field is dominated by the main magnetic field b0 and

the gradient fields used for encoding g ⋅ r . However, in the presence of magnetic

fields bx e x and by e y so called concomitant fields also contribute to the field
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magnitude. The concomitant fields scale with

1
b0n

and hence have a larger

contribution the smaller the main magnetic field strength is. Besides the field
magnitude, magnetic field terms bx e x and by e y also effect the direction of the
effective magnetic field.

If the main magnetic field is assumed to be perfectly homogenous and solemnly
directed along e z , then the additional unwanted field terms bx e x and by e y have to be

associated with the gradient fields bG = g ⋅ r e z . In first order, the full gradient field
is given by

 bG , x 


=
 bG , y 
b 
 G,z 

 ∂b∂Gx,x

 ∂bG ,y
 ∂x
 gx


∂bG , x
∂y
∂bG ,y
∂y

gy


  x
∂bG ,y
⋅ y  .
∂z
  
gz   z 

∂bG , x
∂z

[5.13]

Under the assumption that electric currents within the imaging volume are
negligible, the Maxwell equations yield

rot b = 0
div b = 0

which implies

∂b

∂bG , x
∂x

∂b

∂bG , x
∂y

G ,y
=
∂x

∂b

G ,x
=
; ∂Gz, y g=
gx
y ; ∂z

+

∂bG , y
∂y

Introducing two scalar variables b =

+ gz =
0
∂bG , y
∂x

=

∂bG , x
∂y

.

[5.14]
∂b

G ,x
and −α g z =
(54), the relations in
∂x

equation [5.14] can be used to simplify equation [5.13] to

 bG , x 


 bG , y  =
b 
 G,z 

 −α g z

 b
 g
 x

b
(α − 1) g z
gy
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At this point it becomes obvious that the Maxwell equations do not allow for
perfectly linear magnetic fields along one spatial direction only and that the

additional unwanted field terms bx e x and by e y are produced in synchrony with and
as a result of the magnetic field gradients g =  g x

gy

T

g z  . β is neither a desired

gradient nor does it couple to any of the desired gradients, so it is reasonable to

assume β to be zero. Further for gradient systems with cylindrical symmetry

α = 0.5 (54). Inserting bG , x and bG , y from equation [5.15] into the concomitant field

terms from equation [5.12] provides an expression of the concomitant field in
dependence on the gradient fields g =  g x

gy

T

g z  :

2
2

1  2
2
2
2 x + y
g
+
g
z
+
g
− g x g z xz − g y g z yz 
( x
y)
z
2b0 
4


bC ( x, y, z , t =
)

−

1 1
1
g x g z2 x 3 + g y g z2 y 3 + ( g x2 + g y2 ) g z z 3
2 
4
b0  4

1
1
+ g y g z2 x 2 y + g x g z2 xy 2
4
4
1

1

+  g z3 − g x2 g z  x 2 z +  g z3 − g y2 g z  y 2 z
4

4


(

)

(

)

+ g x ( g x2 + g y2 + g z2 ) xz 2 + g y ( g x2 + g y2 + g z2 ) yz 2
− g x g y g z xyz ) .

Because of their scaling with

1
b02

and their cubic dependence on the positon, the

second order concomitant fields can be neglected for a field-of-view FOV  1 m .

The concomitant fields to order

Φ C ( x, y,=
z)

g 

1
b0

give rise to a quadratic image phase

2
2
2
2
 ∫ ( g x ( t ) + g y ( t ) ) dt z + ∫ g z ( t ) dt
2b0 

x2 + y 2
4

)

− ∫ g x ( t ) g z ( t ) dt xz − ∫ g y ( t ) g z ( t ) dt yz .
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Due to their analytic nature, the phase attributed to concomitant fields can be
calculated and corrected for in post-processing (50).

Concomitant fields are hardware independent and vanish with the applied gradient

field; their lowest order is quadratic in the applied gradients and can thus not be
described by a linear model. As a result, concomitant fields are not accounted for in
the gradient impulse response formulation and have to be integrated separately.

5.2

Common Correction Approaches

Despite the very elaborate work that has been done over the past decades in

analyzing and correcting for gradient inaccuracies, background phase errors of
variable spatial and temporal distribution still effect phase-contrast measurements
and hamper the accuracy of derived hemodynamic parameters (55). As a result, a

number of correction approaches has been presented and are used in practice to
correct for remaining background phase errors.

5.2.1 Background Phase Estimation in Stationary Tissue
In referencing through stationary tissue background phase information in the data
itself is used to analyze erroneous phase offsets and correct for them. The

background phase is analyzed in stationary tissue and any non-zero phase

information is attributed to the phase error since stationary tissue by definition has
zero velocity. Since remaining background phase errors are assumed to stem from

incomplete eddy-current correction, they are assumed to be of slowly varying

polynomial distribution (56, 57) and an estimation of the phase error is achieved
by fitting a polynomial surface through the background phase in the stationary
tissue. The error field can then be subtracted from the data. For single-slice onedirectional phase-contrast encoding polynomials of varying orders have been
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tested and it was found that linear models performed best (58). For 4D Flow data,

more recent studies indicate that an extension of the polynomial surface to higher
orders might be necessary (59).

Background phase estimation in stationary tissue has the advantage that it can be

performed on the data itself and hence does not require any additional

measurement time or special hard- or software. Further, the correction approach is
independent of temporal changes of the MR system. On the downside, for an

accurate estimation of the phase error, good data quality and high SNR have to be

given. Besides, the correction approach might be limited in cases where stationary
tissue is limited.

5.2.2 Background Phase Estimation on Stationary Phantom Data
Since background phase errors depend on the gradient sequence, a map of the

phase error can be achieved by repetition of an exact scan replica on a stationary
phantom. The phase error map can then be used for correction of the in-vivo
volunteer or patient data (60).

If the phantom data is directly subtracted from the data of interest, the resultant
SNR in the phase image is reduced by

2 . If the phase error map is extracted from

the phantom data by linear regression, a suitable mathematical model has to be

chosen for linear regression which influences the efficiency of the correction
similar to the choice of model function in referencing through stationary tissue.

While this approach is very straightforward and easy, it requires additional scan
time which might not be feasible in a busy clinical schedule. Further, the acquisition
of an exact scan replica requires thermal and temporal stability of the gradient
system which may not be given on all systems (61).
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5.2.3 Background Phase Estimation by Magnetic Field Monitoring

Alternatively to the two image-based methods, the spatial distribution and
temporal evolution of the error phase can be measured using magnetic field
monitoring. In this case, the same PC-MRI sequence is repeated while data is
acquired with a magnetic field camera (62). With magnetic field monitoring the

total phase distribution is measured including the phase accumulated during
spatial encoding. If, however, all two resp. four PC-MRI acquisitions are monitored,

the phase error caused by the bipolar velocity encoding gradient, i.e. the phase
error in the calculated velocity images, can be extracted by subtraction of the

different acquisitions according to the encoding scheme as presented in chapter
3.3. Using spherical harmonic basis functions a map of the phase error can be

calculated and subtracted from the imaging data (62). While this approach requires
no prior knowledge on the spatial distribution of the background phase error, it
relies on dedicated monitoring hardware which is not yet available at all sites.
Furthermore, the MR system has to be temporally and thermally stable.
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Image-Based Correction of Background Phase Errors – Revisited
6.1

Introduction1

In phase-contrast magnetic resonance imaging (PC-MRI) the velocity of objects is
encoded into the image phase using bipolar gradient pairs (17). Hence, time-

resolved velocity of flow in the heart or greater vessels can be measured over the

cardiac cycle and flow parameters such as stroke volume, forward, regurgitant or
shunt flow can be determined (19, 20).

While in early work only one velocity direction was acquired in a single or multiple

slices (18–20), encoding of all three velocity directions over a three-dimensional

volume (21–24) has become of increasing interest and use. The temporallyresolved volumetric mapping of all three velocity directions, also referred to as 4D
Flow MRI, allows for the calculation of hemodynamic parameters such as pulse

wave velocity (63), turbulent kinetic energy (31, 32), pressure difference maps (30)

and flow vorticity (33). Furthermore, complex flow patterns can be visualized using
streamlines, pathlines (25, 26) or volume tracking (28). To this end, 4D Flow MRI
has been used for various applications covering the heart, valves and great vessels

(3, 5, 34, 36). Recently, a consensus statement of the Society of Cardiovascular
Magnetic Resonance has been published to promote best practice while
1 Accepted

for publication: Busch J., Giese D., and Kozerke S., Image-Based Correction of

Background Phase Errors – Revisited., JMRI
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summarizing advantages and challenges of 4D Flow MRI (37).

Besides long scan times, one of the reasons hampering the use of 4D Flow MRI in a

clinical setting is its accuracy. Gatehouse et al. (55) estimated a limit of
acceptability of 5% error in stroke volume which translates into an acceptable
average velocity error of 0.6 cm/s or 0.4% of an encoding velocity of 150 cm/s. The

same study showed that for such an accuracy to be achieved post-processing is
required on all MR systems.

Background errors in PC-MRI can have several physical causes including
concomitant fields, gradient non-linearity, eddy-current effects and mechanical
field oscillations leading to phase errors of various temporal and spatial orders.

The concomitant fields are derived from Maxwell equations and can hence be
calculated analytically and corrected for in post-processing (53, 54). Similarly,

gradient non-linearities are known deviations from linear gradients which result in

geometric distortions and an incorrect measure of flow direction and velocity. To
correct the effect, gradient non-linearity can be incorporated into a more

generalized reconstruction (49, 50). Eddy currents are caused by rapidly switching
gradients which induce currents in the gradient coil windings and nearby

conducting structures. Eddy currents are generally assumed to be of zeroth and
first spatial order and are corrected for using hard- or software pre-emphasis (42,

46). Mechanical oscillations are known to cause sideband excitations in

spectroscopy. It has been shown recently that they also play a role in PC-MRI
measurements (62).

Despite the various correction mechanisms, background phase errors due to eddy
currents and mechanical oscillations remain a critical factor compromising the

accuracy of PC-MRI data. To correct the residual errors, several approaches have
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been presented. By repeating the PC-MRI sequence on a stationary phantom,

background error maps can be obtained (60). A second approach employs

estimation of the background error by linear regression of the phase in segmented
stationary tissue (56–58). An alternative option is the use of a dedicated magnetic
field monitoring device to measure the phase evolution during the sequence (62).

While a stationary phantom correction is straightforward, it leads to an increase in

overall exam time rendering it often unpractical in a clinical routine setting. In
addition, the approach is based on the assumption that background phases are

temporally stable which would allow for the acquisition of an exact scan replica at a
later time point. Recent studies (61, 64) have, however, shown that this assumption
may be violated for scans with high gradient duty cycle due to heating of the
gradient support.

Referencing in stationary tissue, on the other hand, can be performed on the data
itself and does not require any additional scan time nor dedicated hardware (57).

Since the background error has to be extracted from the stationary tissue and
extrapolated onto non-stationary regions, a model of the spatial distribution of the

error is required. Lankhaar et al. (58) tested varying polynomial orders on single-

slice PC-MRI data with one-dimensional velocity encoding and stated that a linear
model performs best. Recent work (59) suggests that higher order polynomials are
necessary to accurately correct for background errors in 4D Flow MRI.

It is the aim of the present study to analyze background phase errors occurring in

4D Flow MRI. Their correction using a polynomial image-based correction is

explored with respect to the spatial order used, the signal-to-noise ratio (SNR)
requirements and the amount of available stationary tissue using phantom
measurements and in-vivo acquisitions.
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6.2

Methods

Phantom experiments
Phantom measurements were performed on a stationary “thorax” phantom with

dimensions 300x220x190 mm3 gelled with TX151 solidifying powder (Oil Center

Research International, L.L.C., Lafayette, Louisiana, USA) to avoid unwanted liquid
motion during measurements. The phantom was doped with Gadolinium to achieve

a longitudinal relaxation time (T1) on the order of 800 ms and mixed with 3g/l of

sodium chloride to reduce signal cancellation from standing waves. A protocol in

accordance with recommendations described in the 4D Flow MRI consensus

statement (37) was implemented. A 3D volume was encoded with an isotropic

spatial resolution of 2 mm and a slice oversampling factor of 1.28. A receiver
bandwidth of 70.4 kHz and a flip angle of 7° was used. The minimum possible echo
times (TE) and repetition times (TR) were chosen. The four PC-MRI acquisitions

were interleaved every TR and encoded using a balanced four-point scheme (38).

Data were reconstructed and corrected for concomitant fields according to (53, 54)

using the MRecon software package (GyroTools LLC, Zurich, Switzerland). For
phantom measurements, twenty-two slices were encoded covering a field-of-view
(FOV) of 320x280x44 mm3. Data were acquired with a partial echo factor of 0.75

and an elliptical k-space shutter was applied in both phase-encoding directions.

Data acquisition was prospectively triggered with the electrocardiogram (ECG)
signal. A simulated ECG signal with a rate of 60 beats/min was used and twofold kspace segmentation applied. Thus, the temporal resolution of the data is equal to

eight times the repetition time. The number of heart phases was adjusted to cover
an entire RR-interval and ranged from 20 to 29. Since the background phase is
dependent on the flow encoding gradients and echo time point within the sequence,
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data were acquired in three geometries with four different encoding velocities.

Accordingly, 12 different test scenarios could be analyzed per scanner including a
single-oblique sagittal volume rotated around the feet-head (FH) axis by -20°, a

non-rotated transverse volume and a double-oblique transverse volume rotated

around the anterior-posterior (AP) axis by 15° and around the right-left (RL) axis
by 40° (Figure 6.1). The three different geometries were chosen according to an

acquisition of a) the aortic arch (single-oblique sagittal volume), b) both the aortic
and pulmonary vessels including their valves (transverse volume) and c) the entire

heart in four-chamber view orientation (double-oblique transverse volume). Data

Fig. 6.1: Illustration of the three geometries used for acquisition of 4D Flow MRI data along
with pathline visualizations of exemplary datasets acquired in-vivo; double-oblique
transverse volume (A, D), non-rotated transverse volume (B, E) and the single-oblique
sagittal volume (C, F).
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were acquired with encoding velocities of 50, 100, 200 and 400 cm/s to cover the
range of encoding velocities typically used in clinical settings and for multi-venc

approaches (31, 32, 56, 65). All phantom data were acquired on two different 3T
systems (Philips Healthcare, Best, The Netherlands): a 3T Philips Achieva (60 cm

bore size, maximum gradient strength 31 mT/m, slew rate 200 mT/m/ms) and a 3T
Philips Ingenia (70 cm bore size, maximum gradient strength 22.5 mT/m, slew rate
200 mT/m/ms) system equipped with a 32- and a 28-channel cardiac coil,

respectively. A list of the corresponding echo and repetition times can be found in
Table 6.1.

Data analysis
All analyses were performed in MATLAB (MathWorks, Natick, Massachusetts, USA).

The background phase in the stationary phantom data was estimated by linear
regression on the three-dimensional volumes using polynomials of zeroth to sixth
sagittal,

transverse

transverse,

single- oblique
Venc

double- oblique

50

100

200

400

50

100

200

400

50

100

200

400

2.6

2.2

1.9

1.8

2.4

2.1

1.9

1.7

2.8

2.3

2.0

1.9

2.9

2.4

2.1

1.9

2.7

2.2

2.0

1.8

3.0

2.5

2.2

2.0

[cm/s]
60 cm

TE [ms]

31/200

TR [ms]

70 cm

TE [ms]

22.5/200

TR [ms]

4.9

5.4

4.5

4.7

4.2

4.5

4.0

4.2

5.6

5.4

4.3

4.5

4.0

4.3

3.9

4.0

5.1

5.6

4.7

4.9

4.3

4.7

4.2

4.3

Table 6.1: List of all echo (TE) and repetition (TR) times for the three geometries and four
encoding velocities. The scanner type and gradient specifications used are indicated at the
left (scanner type; maximum gradient strength [mT/m]/maximum slew rate [mT/m/ms]).
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order. Herein, the polynomial order is defined as the highest exponent occurring in
the sum. Exemplarily, a second order polynomial would be defined as

Φ background ,2 ( x, y, z ) ≈ a1 x 2 + a2 y 2 + a3 z 2 + a4 xy + a5 xz + a6 yz
+ a7 x + a8 y + a9 z
+ a10

where ai are the coefficients of linear regression and x, y, z the spatial coordinates.

To assess the quality of linear regression the root-mean-square error (RMSE) was
used, defined as:

RMSE =

∑

N
i =1

(vi − vi ) 2
N

where vi is the measured data at voxel i , vi the estimated background phase at

voxel i and N the number of voxels within the object. Throughout this work, the

RMSE is stated in % of the encoding velocity (%venc) and is calculated over the full
imaged object volume.

In addition, the mean error over all cubic ROIs of 30x30x30mm3 within the volume
of the stationary phantom was calculated and the maximum extracted:


max MEROI = max 
ROIs 


∑

i∈ROI

( vi − vi ) 

N ROI

.



The edge length of the ROIs was chosen to be 30 mm in accordance to the diameter
of the ascending aorta. For simplicity, the ROI was defined cubic. The maxMEROI can

directly be translated into the maximum error in stroke volume. Herein, maxMEROI
is stated in %venc and is calculated over the inner 50% of the imaged object
volume corresponding to a restricted volume excluding the rim of the phantom in

analogy to the stationary tissue in an in-vivo case (Figure 6.2A). A maxMEROI of 0.4

%venc is equivalent to 0.6 cm/s for a venc of 150 cm/s.
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If not indicated otherwise, the mean and standard deviation of RMSE and maxMEROI
for all geometries is given. The analyses are performed on data from a single (the
second) heart phase.
Categorization

After correction of the background phase error, only zero-mean phase noise should
remain in the imaging volume and the residual RMSE should correspond to the

noise standard deviation of the phase images. Assuming a sixth-order polynomial

model corrects all systematic phase offsets, the RMSE after correction using a sixthorder polynomial model was assigned as noise standard deviation. To be robust

against possible outliers the noise standard deviation σ of the set of experiments

was defined as the mean over all RMSEs after correction using a sixth order
polynomial model. The reduction in RMSE ∆RMSE is compared for consecutive

polynomial model orders (see Figure 6.3). If the relative reduction in RMSE is
below a threshold α

Fig. 6.2: Sketch showing the calculation
of the maxME ROI as the maximum average
error over all cubic ROIs of 30x30x30

mm3 within the inner 50% of the imaged

object volume (A). To analyze the effect

of limited stationary tissue, background
phase errors are estimated based on a
limited volume D of varying size while

the maxME ROI is evaluated on the inner
50% of the imaged object volume C (B).
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∆RMSE

σ

<α ,

the improvement by increasing the polynomial model by one is rendered negligible.

If a sixth order polynomial model corrects all background phase errors and only

noise remains in the image, then the same should hold when performing
background phase correction using a seventh order polynomial model. Accordingly,
the relative difference

RMSE 7 − RMSE 6

σ

after a correction using a seventh order

polynomial model vs. a sixth order polynomial model denotes the accuracy of the
linear regression. On average

RMSE 7 − RMSE 6

σ

was measured as 6% with a

maximum relative deviation of 21%. Accordingly, the threshold α was set to 30%
including some margin. Data were sorted into categories depending on the highest

model yielding a substantial improvement. Here, all geometries, encoding velocities
and scanner types were considered jointly.
Signal-to-noise ratio

To assess SNR limitations of image-based background phase correction, complexvalued, zero-mean Gaussian noise of increasing standard deviation was added to
the measured k-space data. The velocity encoded segments were calculated and the

noise standard deviation in the phase images was measured after background
phase correction using a sixth order polynomial model in regions of zero mean.
Amount of stationary tissue

When acquiring data of the heart or greater vessels, stationary signal is often
limited to the anterior (chest) and posterior (back and neck) region. To simulate

this effect, linear regression was performed over restricted domains of varying size

(Figure 6.2B) by excluding an elliptical area of varying size for the linear
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regression. Residual error analysis was performed over the entire volume
respectively the inner 50% in case of the maxMEROI.
In-vivo experiments

All in-vivo scans were approved by the local ethics committee and informed written
consent was obtained from all volunteers prior to measurements.

For identification of typical stationary tissue volumes and locations in-vivo, 4D
Flow data were acquired in four healthy volunteers (four female; age: 30 ± 11) with

a body mass index ranging from 21 to 24. Unless indicated otherwise, the same

imaging parameters were used as for the phantom acquisitions. Forty-four slices
were acquired for the transverse volume covering the aortic arch and the
pulmonary arteries as well as for the double-oblique volume covering the whole

heart. Additionally, data acquisition was retrospectively triggered with the ECG

signal and navigator gating was used to reduce motion artifacts from breathing

motion. The encoding velocities were adjusted to the velocity of the blood (ranging
from 100 to 200 cm/s).

For in-vivo evaluation, 4D Flow data were acquired in an additional set of five

healthy volunteers with a body mass index ranging from 18 to 23 on the 3T Philips

Achieva system (two female, three male; age: 32 ± 10). The acquisition was

performed in sagittal orientation covering the ascending aorta and aortic arch using
an isotropic encoding velocity of 200 cm/s. The FOV ranged from 320x272x44 mm3
to 320x304x56 mm3 with a repetition time of 4.1 ms and an echo time of 1.9 ms.

Each in-vivo scan was followed by a reference scan on the stationary phantom. To

ensure similar thermal conditions of the gradient mount between in-vivo and
phantom reference scans, a 30 min gap was included in-between scans to allow for
the gradient mount to cool down to room temperature. Furthermore, k-space data
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Fig. 6.3: RMSE (over the full object volume within the FOV) of the uncorrected data and
using polynomials of zeroth to sixth order for background phase correction. Data acquired

with different geometries and encoding velocities from both the small- and wide-bore
system are sorted into three categories depending on the highest polynomial model order
yielding a relative improvement in RMSE larger than 30% of the noise level.

were acquired concentrically starting in the k-space center. For the phantom

reference scan a simulated navigator with 50% gating efficiency was applied.

Stationary tissue was determined based on the variance of the image phase over
time (57) i.e. the squared variance of the phase images over time was segmented

using a manually determined threshold of a part per million of the average squared
phase variance.

The background phase error maps estimated on the in-vivo data using polynomials

of zeroth to third order were used to correct the in-vivo data. Fitting of polynomials

higher than third order was not performed given the limited amount of stationary
tissue in-vivo. As a reference, the in-vivo data were also corrected using the

background phase error estimated using a third order polynomial model on the

phantom data. Results were compared using particle tracking through the aortic
arch in GTFlow (GyroTools LLC, Zurich, Switzerland). To assess correction results

using different polynomial model orders a Welch two-sample t-test was performed
using RStudio (R Core Team, R Foundation for Statistical Computing, Vienna, AT).
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6.3

Results

Phantom experiments
Sorting all phantom datasets into categories depending on the highest polynomial
model order required to correct for the background phase error resulted in three
categories (Figure 6.3). The data acquired on the wide-bore system could be

corrected using a first or second order polynomial model depending on scan
geometry (categories 1 and 2, Figure 6.3A, B) whereas the data acquired on the

standard-bore system required second or third order polynomials to correct for

background phase errors (categories 2 and 3, Figure 6.3B, C) depending on scan
geometry.

In the first category, the RMSE after correction with a first order polynomial model
ranged between 0.31 ± 0.03 %venc and 0.41 %venc (Figure 6.4A). For vencs 50,

100, 200 and 400 cm/s the maxMEROI was below 0.4 %venc which corresponds to
0.6 cm/s for an encoding velocity of 150 cm/s. In the second category (Figure 6.4B),

the RMSE after correction with a second order polynomial model was 0.34 ± 0.03

Fig. 6.4: Within the three categories the fit residual (RMSE (grey bars)) differs only

slightly for and not correlated to the different encoding velocities. If the residual consists

of Gaussian noise only the RMSE denotes the noise variance of the phase image in %venc.
With an exception for category 1 venc 100 cm/s, the maxME ROI is below 0.4 %venc.
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%venc, 0.33 ± 0.03 %venc, 0.33 ± 0.06
%venc and 0.32 ± 0.06 %venc for
vencs 50, 100, 200 and 400 cm/s,

respectively. The maxMEROI was below
0.4 %venc with values of 0.23 ± 0.04

%venc, 0.24 ± 0.06 %venc, 0.23 ± 0.11
%venc and 0.24 ± 0.11 %venc for
vencs 50, 100, 200 and 400 cm/s,

respectively. And in the third category
(Figure

correction

6.4C),

with

the
a

RMSE

third

after

order

polynomial model was 0.38 ± 0.02

%venc (venc 50 cm/s), 0.41 ± 0.16
%venc (venc 100 cm/s), 0.38 ± 0.09
%venc (venc 200 cm/s) and 0.31 ±
0.07 %venc (venc 400 cm/s) with
maxMEROI values of 0.25 ± 0.07 %venc,

0.23 ± 0.08 %venc, 0.22 ± 0.08 %venc
Fig.

6.5:

The

mean

maxME ROI

after

correction with polynomials of first (A),
second (B), and third (C) order are
displayed for various SNR levels.

and 0.20 ± 0.06 %venc.

When decreasing the SNR from 60 to

10, the maxMEROI increased by 12 -

43% (Figure 6.5) independent of

category and encoding velocity with the major increase occurring for SNR smaller
20. At SNR 21 the maxMEROI was below 0.4 %venc for all datasets except for the

group in category 1 with an encoding velocity of 100 cm/s which showed an
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already elevated baseline and the
group in category 1 with an encoding

velocity of 200 cm/s with a maxMEROI
of 0.31 ± 0.10 %venc. Despite the
seemingly large increase at low SNR, in

most cases the maxMEROI was still
below 0.4 %venc even at SNR 11. The

maxMEROI slightly exceeded 0.4 %venc
with 0.38 ± 0.05 %venc in category 1,

venc 100 cm/s, 0.33 ± 0.10 %venc in
category 1, venc 200 cm/s, 0.31 ± 0.11

%venc in category 2, venc 200 cm/s
and 0.33 ± 0.07 %venc in category 3,
venc 50 cm/s.
The

volume

regression

available

(stationary

for

tissue)

linear
was

reduced in 8 steps from 100% to 12%.
In case of a first order polynomial
Fig.

6.6:

maxME ROI

Presentation
after

of

the

correction

mean
with

polynomials of first (A), second (B) and
third (C) order as a function of the amount
of tissue used for the regression.

background phase correction (Figure
6.6A)

the

reduction

in

volume

available for linear regression from
100% to 12% resulted in an increase

in maxMEROI by about 50%. The

minimum stationary tissue required to yield an average maxMEROI below 0.4 %venc

was 25%. The data acquired with venc 100 cm/s form an exception with a
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maxMEROI of 0.40 ± 0.13 %venc at 50% stationary tissue which was caused by the

already increased baseline at 100% stationary tissue. For a second order
polynomial background phase correction (Figure 6.6B), the maxMEROI at 12%

stationary tissue was ~3.5-times larger than when the linear regression was
performed over the full imaged object volume. The minimum stationary tissue

required to yield an average maxMEROI below 0.4 %venc was 61%. For category 3
(Figure 6.6C), the reduction in volume available for linear regression from 100% to
12% yielded a 5-6-fold increase in maxMEROI. The minimum stationary tissue
required to yield an average maxMEROI below 0.4 %venc was 75%.

In-vivo experiments

Figure 6.7 shows exemplary data acquired in healthy volunteers. The stationary
tissue used for regression is indicated by the light blue boundary. In the volunteers

measured, the amount of stationary tissue ranged from 37 to 63% of the total
object volume depending on the geometry with an SNR ranging from 20 to 50.

In the in-vivo evaluation, the percentage of stationary tissue ranged from 35 to

41%. Figure 6.8A shows the RMSE after background phase correction using zeroth

Fig. 6.7: Exemplary MRI data acquired in a double-oblique transverse, transverse and

single-oblique sagittal view. The edges of the stationary tissue used for correction of the
background phase error by linear regression are indicated in light blue and the amount of
stationary tissue is stated.
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Fig. 6.8: In-vivo evaluation. Comparison of the RMSE using zeroth to third order

polynomial models for background phase correction on the full phantom reference scan
versus on the limited amount of stationary tissue in-vivo (A). Particle tracking results are
presented in three cross sections for in-vivo data corrected using background phase

estimates in the phantom reference and zeroth to third order polynomial models in-vivo
(B).

to third order polynomial models estimated on the stationary tissue and the full
phantom reference for the three flow encoding directions along the measurement,
phase-encode and slice-select directions. For the phantom reference scan (blue),

the RMSE reduced to 1.50 ± 0.62 %venc, 0.61 ± 0.11 %venc, 0.54 ± 0.11 %venc and

0.48 ± 0.08 %venc using zeroth to third order polynomial models. For background
phase estimation on the in-vivo data (grey), the first order polynomial correction
yielded the smallest residuum with 0.80 ± 0.15 %venc. Particle tracking on in-vivo

data of the aortic arch corrected using a third order polynomial model estimate of
the phantom reference resulted in 91 ± 1 %, 63 ± 15 and 38 ± 13 % of particles
arriving in aortic cross sections 2, 3 and 4, respectively (Figure 6.8B). When

comparing particle tracking results of data corrected using polynomial model

estimates of zeroth to third order with the limited amount of stationary tissue invivo, a background correction using a first order polynomial model performed best
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with 88 ± 3, 54 ± 10 and 34 ± 9 % of particles arriving at cross sections 2, 3 and 4,

respectively and p-values smaller 0.01 when compared to zeroth order corrections.

Yet, the background phase error map calculated on the phantom reference

outperformed the background estimate using a first order polynomial model invivo.

6.4

Discussion

In this study, background phase errors of typical 4D Flow MRI data were analyzed
regarding their spatial order as a function of scan parameters and gradient
configuration, the amount of stationary tissue and the minimum signal-to-noise
ratio required for correction. Results revealed that background phase errors can

range up to third spatial order requiring correction with appropriate polynomials
to yield residual velocity offsets smaller than the acceptable 0.6 cm/s. At the same
time, the limited amount of stationary tissue typically available in-vivo, however,

limits image-based background phase correction to first spatial order in most
practical settings.

In a range from 20 to 60, SNR was found to have little influence on the accuracy of

background phase correction with polynomial models of first, second and third
order. For SNR smaller than 20 residual velocity offsets after background phase
correction increased, but typically remained under or only slightly exceeded the

limit of 0.6 cm/s. At this point it is important to note, that the maxMEROI indicates

the maximum average error over all cubic ROIs of 30x30x30 mm3 within the inner
50% of the imaged object volume and thus indicates an upper limit of the residual

velocity errors. In general, the residual velocity error increases with increasing
distance from the iso-center. Accordingly and depending on the vessel of interest
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and planning of the field-of-view in-vivo, residual velocity errors may be smaller
than the limits reported here.

The limited amount of stationary tissue only has minor effects on first order
polynomial background phase correction yielding residual velocity offsets below
0.6 cm/s down to a minimum of 25% of stationary tissue. On the other hand, for
background phase correction using second or third order polynomial models the

residual velocity errors rapidly increase limiting its usability to cases where the

amount of stationary tissue exceeds 60 and 75%, respectively. Herein, an elliptical

area was cut from the center of the phantom yielding a rather even distribution of

the stationary tissue along the rim of the phantom per slice as would be achieved
by aligning the center of the imaging planes with the center of the imaged subject.
If, however, the field-of-view was shifted so that there is no stationary tissue on one
or more sides, the results presented may not be valid.

If the SNR of the data is very low, averaging several heart phases is a suitable
approach to increase SNR of stationary tissue. To this end, continuous acquisition

in combination with retrospective cardiac triggering needs to be used (22, 23). The

use of respiratory navigators or other gating strategies can cause an interruption of

the eddy-current steady-state and hence changes in background phase errors over
the first heart phases occur (62). Additionally, due to the coarse temporal
resolution of the navigator acquisition for respiratory gating, motion artifacts in the

later heart phases cannot be fully avoided as demonstrated in the Supplemental

material. Remaining breathing motion can cause motion artifacts which can hamper
the accuracy of the linear regression causing an increase in the residual error
beyond 0.6 cm/s (Supplemental figure 6.S1). To avoid false estimation of the
background phase error due to motion artifacts it is hence suggested to correct
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diastolic heart phases using the background phase estimation performed on

systolic heart phases (while excluding the first heart phases after a leading

navigator). For example, with a heart phase interval of 50 ms and a heart rate of 60
beats per minute, heart phases between 150-400 ms could be averaged to obtain

phase correction maps. Alternatively, data could be acquired without a navigator
and motion correction be achieved by retrospective data binning (66).

The in-vivo evaluation in the aorta has demonstrated that with approximately 3540% of stationary tissue available for this scan geometry only first order correction

yields a significant reduction in background phase error as exemplified by
increased particle trace counts. Nonetheless, first order correction using stationary
tissue from the same scan results in increased errors and reduced particle tracking
results when compared to the phantom correction using a third order polynomial
model for estimation of the background offsets. This finding is in line with the

original phantom study which showed that at least 60% and 75% of stationary

tissue is required to conduct background phase correction of second and third
spatial order, respectively.

In case the amount of stationary tissue is below 30%, a different background phase

correction approach such as the acquisition of a separate phantom scan or magnetic
field monitoring should be considered. Additionally, the vessel of interest should be
placed in the iso-center to avoid contamination with large background phase
errors.

Analysis of second and third order concomitant fields have shown that the residual
higher order background phase errors cannot be attributed to concomitant fields
and thus are attributed to higher order eddy-currents (data not shown).
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The analyses presented here are based on systems from the same vendor. Similar to
zeroth and first order eddy-currents (62, 64), higher order phase errors also

exhibit temporal variations over the readout. As a result, a simple change in echo
time can cause remarkable changes not only in the amount of background phase
error but also in its spatial distribution and order. Hence, acquiring 4D Flow data
with different geometries also yields background phase errors of different spatial

order. This allowed sorting of all phantom datasets into the three categories to
perform more generic analyses on dependency of fitting accuracy and precision on

SNR and on the amount of stationary tissue used for linear regression of different

polynomial model orders. While this study yielded valuable insights, a general
conclusion valid for all available MR systems cannot be drawn. Of note, at this point
in time 4D Flow MRI sequences in accordance with the consensus statement have

not been implemented by all vendors (37) and hence the present study was
restricted to the vendor offering a 4D Flow MRI sequence as a product. To gain a
more general conclusion a multivendor study needs to be performed in the future.

However, the dependency of fitting accuracy and precision on SNR and on the
amount of stationary tissue used for linear regression are generic.

In conclusion, background phase errors can range from first up to third spatial
order requiring correction with appropriate polynomial orders depending on MR

gradient configurations and scan geometry. At the same time, however, the limited
amount of stationary tissue typically available in-vivo limits image-based
background phase error correction to zeroths and first spatial order despite the
presence of higher order background phase errors. It is however important to keep

in mind that higher order background errors may occur on some systems and hence
restrict the accuracy which can be achieved by image-based background phase
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correction. To this end, alternative methods including advanced magnetic field
monitoring may need to be studied further.

6.5

Supplementary material

Simulation – Effect of breathing motion on background phase errors
Artifacts related to breathing motion are systematic and can hence affect the

accuracy of the background phase correction. Based on results from the phantom
experiments and in-vivo respiratory curves acquired using a respirator belt, the

effect of breathing motion on background phase offsets was simulated. To do so a

numerical phantom was generated based on the magnitude images of the phantom
measured in sagittal orientation. Respiratory-induced object distortions were

simulated using a non-rigid motion model. Background phase offsets up to third
spatial order were imposed using the polynomials derived from the phantom study
and Gaussian noise was added to yield an SNR of 77. K-space was filled with phase

encode profiles acquired at predefined motion states depending on their timing
within the scan. After filling of the full k-space, the numerical phantom data was

transformed back to image space. Since the heart phase data acquired shortly after
the navigator are well compensated, an end-diastolic heart phase was simulated.

Expansion of the chest and abdomen during respiration was extracted from in-vivo
data acquired using a respiratory belt, with an expansion of 12 mm during normal

breathing. During the occasional deeper intake of breath larger expansions of 19

mm can occur (Figure 6.S1A). Navigator gating was simulated using a navigator
window of 5 mm accepting or rejecting data based on the respiratory state. In case

data were accepted, the state of expansion of chest and abdomen was stored and
used to deform the numerical stationary phantom in anterior-posterior direction
- 67 -

Image-Based Correction of Background Phase Errors – Revisited

accordingly. Background phase errors without and with breathing motion were
compared.

The profile through the phantom dataset along the direction of motion (Figure

6.S1B) shows systematic errors in areas of uncompensated motion, e.g. the chest
wall, when compared to a dataset without motion. In the static dataset the RMSE

after a third order polynomial correction is 0.41 %venc, while the maxMEROI is 0.02
± 0.00 %venc (Figure 6.S1C). When adding respiratory motion, the RMSE and the

maxMEROI upon third order polynomial correction increase to 0.60 ± 0.01 %venc

and 0.28 ± 0.02 %venc, respectively (Figure 6.S1C).

Fig. 6.S1: In-vivo anterior-posterior expansion measured using a respiratory belt (A) is

used to simulate the effect of breathing motion on the background phase error. An
exemplary profile through the phantom is displayed (B). The RMSE and maxME ROI (C) of the
last heart phase in the cardiac cycle upon correction with a third order polynomial are
compared with and without breathing motion.
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7.1

Background2

Phase-contrast (PC) magnetic resonance imaging is able to provide time-resolved
velocity data of blood flow in a single or multiple slices as well as with volumetric
coverage (4D PC-MRI) (22). The velocity information in the data allows for the

calculation of hemodynamic parameters critical in the assessment of cardiac

pathologies such as coarctation and stenosis (19, 20, 24, 67). Volume flow through
cross-sections of the main arteries and veins is a key parameter to measure cardiac

output, shunt flow and regurgitation (20). While these parameters are typically
extracted from through-plane velocity encoded single-slice PC-MRI measurements

in a clinical setting, more recent work indicates the advantage of acquiring 4D PCMRI data to enable retrospective analysis of flow parameters in a number of
defined planes e.g. through the aortic and mitral valves (3, 68). Furthermore,

streamline and pathline visualization (26, 27) offer an intuitive understanding of
the complex flow patterns.

In general, PC-MRI may be compromised by background phase errors induced by
the velocity encoding gradients. Phase errors are caused by concomitant gradient
2 Published

in: Busch J., Vannesjo S.J., Barmet C., Pruessmann K.P., and Kozerke S., Analysis of

temperature dependence of background phase errors in phase-contrast cardiovascular
magnetic resonance. J Cardiovasc Magn Reson 2014; 16:97.
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fields, gradient non-uniformity and eddy-current effects. The term gradient non-

uniformity herein refers to the deviation from nominal gradient strength and
orientation.

To a first approximation, concomitant gradient fields cause 2nd order spatial field

offsets which can be calculated analytically and corrected for in post-processing
(53, 54). Gradient non-uniformity leads to geometric distortions and deviation in

encoding velocity and direction. The effects can be corrected for using a generalized
reconstruction taking into account a theoretical model of gradient non-uniformity
(49) or scaling factors acquired in phantom measurements (50). Eddy-current
induced phase errors are mainly exponential in time and predominantly of 0th and

1st spatial order. On most clinical MRI scanners they are compensated for using

hard- or software gradient pre-emphasis (42).

Despite all these successful correction approaches phase errors remain. Residual

errors were found to be primarily caused by oscillatory field fluctuations due to
mechanical resonances of the gradient coils (62).

Correction of background phase errors is important to ensure accuracy of derived
parameters used for clinical diagnostics. Upon performance of a multi-centre multivendor study to investigate background phase errors, Gatehouse et al. (55) stated a

limit of acceptability of 5% error in stroke volume or, equivalently, 0.4% of the

encoding velocity. The study also showed that for such an accuracy to be achieved
post-processing is required on all systems (55). Besides effects on hemodynamic
parameters, offset errors also compromise the accuracy of flow visualization

causing streamlines and particle tracks to show non-physiological behaviour by
passing through vessel walls (69).
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For two-dimensional PC-MRI with one-directional flow encoding two background

phase correction approaches have been proposed: a) repetition of the phase

contrast sequence on a stationary phantom and b) referencing in stationary tissue
(56, 57). Data acquisition on a stationary phantom provides a map of the phase
error over the field of view (FOV) which can be subtracted from the data of interest.

For referencing in stationary tissue the background offsets are typically assumed to
be linear over the image (58). Stationary tissue is identified and the offset

estimated by fitting a linear function through the reference tissue. While the
additional phantom scan is more accurate if the background error is nonlinear, it

adds to the overall complexity and time of data acquisition. Referencing in

stationary tissue, on the other hand, requires sufficient stationary tissue and good
SNR and data quality.

Today, correction of background phase errors by linear regression through
stationary tissue or a separate phantom scan is common for both one-directional
and three-directional flow encoding.
Similar

to

pre-emphasis

for

non-oscillating

eddy-currents,

pre-emphasis

compensation for oscillatory phase offsets has been described (70). While this

approach aims at preventing background phase errors, it has not been used
routinely so far.

For these correction methods to work, some prerequisites have to be met: low
spatial order of the background offsets in case of referencing in stationary tissue
and temporal stability for a correction based on an additional phantom scan.

Recently, it was shown that background phase offsets are reproducible within

scanning sessions. However, long-term drifts over several months exceeding the

limit of 5% error in stroke volume can occur which would prevent a correction
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using pre-stored parameters (61). Furthermore, temporal stability during scanning
with prolonged periods of high gradient duty cycle has been a concern. Gatehouse
et al. (61) hypothesized that such instability is caused by thermal changes of the

gradients. This may be of particular relevance if multi-directional flow encoding

and new multi-venc approaches (31, 32, 56, 65) with increased gradient load and
long scan times are employed.

It is hypothesized here that the high gradient duty cycle required for PC-MRI result

in significant temperature changes of the gradient mount thereby modifying
mechanical eigenmodes and hence oscillatory phase offsets in PC-MRI. The term
“gradient mount” refers to the supporting structure carrying the gradient current
leads.

The objective of the present work is to provide an in-depth analysis of background
phase errors in PC-MRI under thermal changes of the gradient mount by means of
gradient mount temperature sensing and magnetic field monitoring.

7.2

Methods

To analyse background phase errors under thermal changes, a two-dimensional

slice with three-directional velocity encoding was acquired repeatedly within the

same scan. To simulate the gradient load exhibited during a 4D PC-MRI

measurement, data was acquired with corresponding timing. Data was acquired
both with magnetic field monitoring (40) and in a stationary phantom. Additionally,

gradient impulse response functions (44, 71, 72) were measured for all three
gradient axes under various thermal conditions.
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Four fibre-optic thermo sensors were mounted onto the epoxy of the gradient coil

of a 3T Philips Achieva System (Philips Healthcare, Best, The Netherlands) as

demonstrated in Figure 7.1A. Using a Luxtron 790 fibre optic temperature
measurement setup (LumaSense Technology, Santa Clara, CA, USA) the temperature
was monitored and recorded during all scans.
Sequence parameters

With an isotropic in-plane resolution of 1.75 mm a field of view (FOV) of 320x257
mm2 was covered. A partial-echo factor of 0.75 was applied; slice thickness was 10
mm and flip angle was 10⁰. Datasets were acquired using symmetric 4-point

velocity encoding (Figure 7.1C) in non-angulated sagittal, transverse and coronal

slices through the iso-center with isotropic encoding velocities (venc) of 50, 100

and 150 cm/s each. For sagittal and transverse slice orientation TE/TR was

1.85 ms/3.9 ms, 2.0 ms/4.1 ms and 2.5 ms/4.5 ms for a venc of 150, 100 and
50 cm/s, respectively. For coronal slice orientation TE/TR was 1.8 ms/3.9 ms,

2.0 ms/4.1 ms and 2.4 ms/4.5 ms for a venc of 150, 100 and 50 cm/s, respectively.

The four velocity encoding segments were acquired beat-interleaved i.e. segments
were alternated in intervals of the simulated heartbeat. Upon initial tests it was

confirmed that the temperature increases exponentially reaching a steady level
after 10 to 15 minutes of constant gradient activity. Hence, to cover the whole

range of possible temperatures, the number of repetitions of the 2D slice

acquisition was chosen accordingly and was set to 300 in case of venc 150 and 100

cm/s (total scan duration: 12 min) and 250 for venc 50 cm/s (total scan duration:
11 min).
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Fig. 7.1: Experimental setup. Positioning of thermo-sensors on gradient mount (A);

schematics of third order dynamic field camera (B) and three-directional PC-MRI sequence
used for flow encoding (C). The acquisition window (AQ) during which field-monitoring
data were acquired is indicated.

All nine configurations (3 orientations + 3 vencs each) were measured both with
magnetic field monitoring and on a stationary phantom.
Magnetic field monitoring

For magnetic field monitoring a third order dynamic field camera (41) (Skope

Magnetic Resonance Technologies, Zurich, Switzerland) consisting of 16 NMR
probes arranged on a 20 cm diameter sphere was used (Figure 7.1B). The
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acquisition window was adjusted to cover almost the full repetition time from the
centre of the slice-select gradient to the end of the read-out gradient (Figure 7.1C).

Phase differences were calculated up to 2nd spatial order (40). Longitudinal and

transversal relaxation time constants of the field probes were 105 ms and 100ms.

Thus, repeated excitation with short repetition times as used in PC-MRI would have

resulted in unwanted saturation and echoes corrupting the field probe signal. To

solve this, the spacing between successive excitations was artificially prolonged:
gradient pattern, timing and activity were maintained the same as in the phantom
measurements, however, only the central phase-encode line was excited and

acquired. This is feasible since only phase differences were required and hence

effects from slice-select, phase-encode and read-out gradients are cancelled. Initial

tests confirmed this assumption. The reduction in the number of RF excitations and

the prolonged time between successive excitations guaranteed good quality and
high SNR of the field monitoring data.
Phantom measurements

Phantom measurements were performed on a stationary 20 cm diameter spherical
phantom using an 8-element head coil receive array. To avoid motion artefacts due

to movement of the phantom fluid during measurements water was gelled with
agarose. The gel was doped with 0.13mmol/l of Gadovist to obtain a longitudinal
relaxation time on the order of 800 ms.
Computer simulations

The effect of thermal changes of the gradient mount on phase errors in 4D PC-MRI
was simulated. The 0th and 1st order phase at the echo time was extracted from
monitoring data acquired in the transverse slice with venc 100 cm/s. The thermal
change of these phase coefficients was then fitted to an exponential function to
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describe the phase at arbitrary time points, hence for the acquisition time of any k-

space profile. Thirteen slices were simulated with a spatial resolution of

1.75x1.75x2 mm3 covering a FOV of 320x257x26 mm3. With a TFE factor of 12 (12

phase encode lines acquired per time frame), a simulated heartbeat of 1s and beatinterleaved acquisition; this resulted in a simulated scan time of 14 min.

According to the Fourier Shift Theorem a linear phase in position space results in a
shift in k-space. If the linear phase alters during data acquisition, each readout-line

has a slightly different shift. In the simulation, background phase errors were
compared using temperature dependent shifts versus shifting the full k-space

according to the offset in the k-space centre.

To confirm the simulation, data was acquired in a stationary phantom using a 4D
PC-MRI sequence with coronal orientation. The measured data was compared to
simulations of the background phase errors using phase offsets at the k-space

centre only which were measured with magnetic field monitoring. The sequence
parameters were as follows; spatial resolution: 2x2x2 mm3, FOV: 320x256x10 mm3,

TE/TR: 2.1ms/4.2ms, retrospective triggering, 18 heart phases, TFE factor: 9, venc:
150 cm/s, scan duration: 6 min (reduced scan time due to data size limitations on
the scanner).

Before analysis, all phantom data was corrected for concomitant fields using the

manufacturer’s image reconstruction software. The vendor’s post-processing filters
for eddy-current correction were switched off. Data acquired with field monitoring

were corrected for concomitant fields using the approach described in (54). All data

was analysed in Matlab (MathWorks, Natick, Massachusetts, USA).
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Fig. 7.2 Temperature increase and changes in phase errors in a sagittal slice.
Temperature increase recorded during a 12 min PC-MRI scan (venc: 150 cm/s, TE: 1.85

ms) (A). Linear and zeroth order background phase errors measured at different
temperatures for the x (B), y (C) and z (D) gradient coils (left). Phase profiles in a

stationary phantom acquired with the same sequence at the beginning and end of the scan
(right).
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7.3

Results

Figure 7.2 shows an analysis of the thermal effects due to constant high gradient

load for an exemplary dataset acquired with sagittal orientation and an encoding
velocity of 150 cm/s. The temperature increase was 20 K over 12 minutes (Figure
7.2A).

Since the slice orientation was chosen non-angulated, patient coordinates align

with the physical axes of the gradient fields. This implies that per reconstructed
phase difference (e.g. antero-posterior (AP)) only one gradient coil has to be

considered for analysis (e.g. Gx). Thus, thermal effects can be separately analysed
for the x, y and z gradient coils. Please note that on the 3T Philips Achieva system

the x-axis refers to the vertical axis while the y-axis refers to the horizontal axis; z
denotes the axis parallel to B0.

The time evolution of the phase differences separated into 0th order and the 1st

order self-term are shown in the left column for flow-encoding with the x (Figure
7.2B), y (Figure 7.2C) and z (Figure 7.2D) gradient coils. In the 1st order self-term,

the phase accumulated during the flow-encoding gradient is depicted. Due to
mechanical gradient coil vibrations, phase differences are found to exhibit an
1st order phase offset at 10 cm

0th order phase offset [% venc]

from iso-center [% venc]

T = 0 min
T = 12 min
Difference

X→X

Y→Y

Z→Z

X → B0

Y → B0

Z → B0

-2.1 ± 0.2

18.8 ± 0.2

3.1 ± 0.2

-6.8 ± 0.3

0.9 ± 0.3

-1.4 ± 0.3

-6.7 ± 0.3

3.4 ± 0.3

6 ± 0.3

2.5 ± 0.4

0 ± 0.4

-1.1 ± 0.4

-8.8 ± 0.2

22.2 ± 0.2

9.1 ± 0.2

-4.3 ± 0.3

0.9 ± 0.3

-0.3 ± 0.3

Table 7.1: Summary of changes in phase offsets for sagittal slice orientation at flowencoding velocity of 150 cm/s (TE = 1.85 ms).

- 78 -

7 - Thermal Stability of Background Phase Errors

oscillatory behaviour, which changes with increasing temperature.

The right column of Figure 7.2 depicts the background phase in the stationary

phantom for the first and last scan repetition for flow encoding along the x, y and z

gradient coils. Further, the phase along a horizontal and vertical profile through the
iso-center is plotted (middle column). All data is scaled in percentage of the

encoding velocity. First order phase differences are evaluated at a distance of 10 cm
from the iso-center. The change from grey to black denotes an increase in scan
repetition and hence an increase in temperature of the gradient mount. Please note
that data were acquired in regular time steps and thus for exponentially saturating
increase in temperature.

Considering phase differences for flow encoding along feet-head (FH) (Figure 7.2D)
shifts in frequency and decay time of the oscillations can be observed. This results
in a change in background phase error that depends on the echo time point in the
sequence. The temperature dependent shifts in frequency and decay time become
more prominent in the frequency domain analysis of the gradient impulse response

functions (GIRFs) (see Appendix A1). For sagittal slice orientation with venc 150

cm/s the echo time is 1.85 ms. At this time point evaluated at 10 cm from the isocenter the background phase changes by up to 6.7 ± 0.3 %venc for flow encoding
along AP and up to 6.0 ± 0.3 %venc for flow encoding along FH. The same thermal

effects are reproduced in the phantom scan (middle and right column). For flow
encoding along RL the background phase would change by up to 3.4 ± 0.3 % at a
distance of 0.1 m from the iso-center. However, RL denotes the through- plane

direction and data was acquired in the iso-center, so this change is not visible in the
phantom measurements.
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Little change is observed with respect to non-oscillating eddy-currents. Both the
phantom and the monitoring data demonstrate that with a temperature increase
changes in the 0th order are below 2.5 %. 0th order phase evolution shows a change
in eddy-current behaviour which, however, cancels out before the echo time.

In the phantom data, some higher order phase errors can be observed. Since the

Fig. 7.3: Change in phase errors for different geometries and encoding velocities.
Linear and zeroth order background phase errors measured at different temperatures for

the x, y and z gradient coils in sagittal, transverse and coronal slices with velocity
encodings of 50, 100 and 150 cm/s. Velocity was encoded along AP (A), RL (B) and FH (C).
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Fig. 7.4: Temperature dependency of phase errors in simulated 4D PC-MRI. First order
phase coefficients recorded during a 12 min scan generating a temperature increase of 20K
are used to calculate phase offsets in a numerical 4D PC-MRI phantom (A-C). Comparison of

simulations using temperature dependent phase offsets versus background phases
calculated using only information about shifts at the k-space center yield no difference (C).

higher orders show little to no temperature dependence, the 2nd order monitoring

data is not presented here. The change in background phase for all three axes for
the dataset with sagittal orientation and venc 150 cm/s is summarized in Table 7.1.
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In Figure 7.3 the resultant change in background offset at the echo times extracted
from the data acquired with field monitoring is summarized for all nine

measurements. Changes in 1st and 0th order offsets are depicted for flow encoding

along the x, y and z gradient coils. At 10 cm distance from the iso-center changes in

phase error of up to 11 % of the encoding velocity can occur over the duration of
the scan (Figure 7.3C). Apart from coronal orientation with venc 150 cm/s changes

in 0th order offsets are below 2.5 % of the encoding velocity. Accordingly, assuming
standard phantom calibration at room temperature of the gradients vs.

measurements at 20K above room temperature, errors of more than 10 % of the

encoding velocity can occur in a 20 cm FOV over a measurement time of 12

Fig. 7.5: Comparison of simulated and measured 4D PC-MRI sequence. For 4D flow
temperature changes by up to 30K over the scan duration (A). For flow encoding along AP

(B), RL (C) and FH (D) measured background phase errors are compared to simulations in
which only information about errors of the central k-space line are used.
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minutes. Already after 4 minutes errors of up to 7.5 % of the encoding velocity
occur.

Computer simulations
In figure 7.4 simulation results based on measured temperatures (Figure 7.4A) and
field monitoring data (Figure 7.4B) for a transverse scan with an encoding velocity
of 100 cm/s are presented. Slices as well as profiles through a simulated spherical
phantom (Figure 7.4C) show that simulations using temperature dependent phase
offsets for each k-space profile are well approximated by the temperature
dependent phase offset measured at the k-space centre.

In Figure 7.5 simulations of background phase errors using phase offsets at the kspace centre are compared to phantom measurements acquired with the 4D PC-MRI

sequence. During the measurement a temperature increase of 30K was recorded
(Figure 5A). The measured phase errors match the simulated phase errors in case

of flow encoding along right-left (RL) and FH directions (Figures 7.5B,C). For flow

encoding along AP small discrepancies are seen (Figure 7.5C).

7.4

Discussion

For multi-directional PC-MRI measurements with typical encoding velocities the

temperature of the gradient mount was found to increase by up to 20-30 K for the
MR system tested. GIRF measurements acquired at different temperatures of the

gradient mount (Appendix A1) revealed that the frequency and decay times of

oscillatory phase offsets decrease with increasing temperature. This observation

suggests that the stiffness of the gradient mount is reduced at increasing
temperatures. As a result, changes of the linear background phase offsets by up to
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11% of the encoding velocity at 10 cm distance from the iso-center were recorded
depending on the temperature of the gradient mount.

In first approximation, the changes in oscillation parameters result in temperature

dependent shifts in k-space over the duration of the scan. Because of the slow

change in k-space shifts (~11 %venc/10 cm in 11 min) the corresponding linear

phase ramps in image space are well captured by phase errors measured at the k-

space centre only. The temperature of the gradient mount is crucial for the effective

linear phase ramp while the k-space centre is sampled and thus the timing of the kspace centre within the sequence.

Analyses of GIRFs with respect to gradient channel delays revealed no thermal

variation. This finding is in contrast to previous results by Brodsky et al. (73) who

reported changes in gradient channel delays on the order of µs associated with
changes in gradient coil temperature.

While simulated and phantom data agreed well for flow encoding along RL and FH

directions, a mismatch between measured and simulated data was found for flow
encoding along the AP direction. This discrepancy is associated with remaining 0th

order eddy-currents and field oscillations from the previous TR at the point of
excitation of the current TR. Due to the finite switching time of the

transmit/receive switch of the scanner, monitoring data right after excitation could
not be acquired and hence the phase difference right after excitation was assumed
to be zero. This assumption, however, does not hold if decay times of eddy-currents
are much longer than TR. In this case, the monitoring data exhibit an unknown

offset. GIRF measurements of the x-gradient coil confirmed longer time constants
both for 0th order eddy-currents as well as for oscillatory field fluctuations when
compared to the y- and z-gradients.
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In case of 4D PC-MRI with coronal orientations (Figure 7.5) a temperature increase

of 30K was recorded over a scan duration of only 6 minutes. In contrast, a lower
temperature increase by 20K was measured during 12 minutes for 2D PC-MRI with
sagittal orientation (Figure 7.2). This can be explained by the location of the thermo
sensors and differences in gradient activity between the two scans. The thermo

sensors are most sensitive to temperature changes caused by heating of the x-

gradient coil. For isotropic velocity encoding the overall time of gradient activity
(amplitude, duration and gradient switching) is highest along the read-out

direction and lowest along the phase-encode direction. In case of coronal

orientation, the read-out direction was chosen along the AP direction (x) while for
sagittal orientation the read-out was chosen along the FH direction (z).

The change in temperature during k-space acquisition implies that flow data
acquired with the same sequence parameters but different profile orders (linear vs.

high-low vs. low-high) will have different background errors. Also, repetition of the

exact same sequence can lead to different phase offsets if thermal conditions are

different, e.g. a scan started with gradients at room temperature versus a scan

started when the gradient mount has already been heated by previous
measurements.

While the data presented in this work aimed at analysing changes in background
phase errors in 4D PC-MRI measurements, results may also be of relevance for

single-slice or multi-slice 2D PC-MRI with similar gradient activity per unit time.

Changes in background phase errors of up to 2.8 % of venc were measured during
the first minute of scanning suggesting even an impact on single-slice PC-MRI

protocols employing multiple signal averages for respiratory motion compensation.
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The extent of temperature related changes in background phase errors was found
to depend on the echo time point (see Appendix A2). If the echo time point

coincides with an extremum of the oscillatory fields, background phase offsets are

largest and strongly depend on temperature. In contrast, if the echo time point is at
an inflection point, background phase offsets show only little temperature

dependency. This point may explain in parts the inconclusive findings of the work
by Rolf et al. (74).

A shift in resonance frequency and a decrease in decay time of temporal field
oscillations will render pre-emphasis compensation with fixed parameters
problematic. At the minimum, pre-emphasis compensation would have to be

adjusted to match thermal conditions at the k-space centre.

The measurement of the background error in a separate phantom scan is in

principle feasible if the sequence can be repeated with exactly the same parameters
and timing and under the same thermal conditions. Matching initial thermal

conditions could be achieved by additional fixed times of scanner inactivity inbetween measurement sessions and scans. In a busy clinical workday, however, this
is challenging. Further, the use of retrospective gating and breathing navigators in

connection with patient specific heart rate and breathing variations will further
complicate the acquisition of an exact scan replica on the phantom.

Although the analysis of temperature dependent background phase errors
presented here was conducted on a single MR system, similar effects can be
expected on the various systems used in the field. Significant background phase

errors were found on MR machines from all major vendors and a dependence of
errors on system temperature was indicated (55, 61).
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Whereas only little work on the stability of PC-MRI is available so far, stability
measurements are frequently reported by the neuro research community (75, 76).

For functional magnetic resonance imaging and diffusion weighted imaging,

frequency drifts due to heating of the shim irons are a concern. Also effects of
mechanical vibrations of the gradient coils have been studied (77, 78).

From the present study it is concluded that changes in gradient mount temperature

significantly modify background phase errors during typical PC-MRI scans. This

finding prompts for further studies to investigate advanced correction methods

taking into account gradient temperature and/or the use of concurrent fieldmonitoring (79–81) to map gradient-induced fields throughout the scan.

7.5

Appendix

Appendix A1: Temperature-dependent GIRFs
Figure 7.A1 shows the self-term gradient impulse response functions for the x, y

and z gradient coils measured under various thermal conditions of the gradient
mount. The scale from light grey to black indicates increasing temperatures.

In the frequency domain the damped oscillatory field fluctuations give rise to

Lorentzian peaks, which are characterized by amplitude, frequency, phase and
decay time.

The impulse response function of the z gradient coils exhibits one major peak at 1.3
kHz along some smaller and broader peaks between 1.4 and 1.8 kHz (Figure 7.A1C).

The impulse response for the x and y gradient coils shows a number of larger peaks
ranging from 0.5 to 1.9 kHz (Figures 7.A1A and B). Frequency and decay time

decrease with increasing temperature. Variation of the gradient channel delays
under thermal changes has not been observed in any experiment.
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Fig. 7.A1:
Gradientimpulse
response
functions.
Self-term
gradientimpulse

response

function for
the x (A), y

(B) and z (C)
gradient coil
measured at
different

temperatures
of the

gradient
mount.
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Appendix A2: Echo time dependence

The amount of thermal fluctuation of the background phase error is dependent on
the echo time point and can hence be reduced with a suitable choice of echo time. In
Figure 7.A2 the thermal changes are compared for an echo time point of 1.8 ms vs.

2.2 ms in a non-angulated transverse slice through the iso-center for flow encoding

along RL (venc 150 cm/s). TR was extended to 4.5 ms to allow for prolonged echo

times. For the shift in echo time only the read-out gradient was shifted, all other
gradients were kept the same.

At an echo time of 1.8 ms the 1st order phase difference is negligible at room

temperature (B). After 9 minutes of scanning, however, it amounts to 5 %venc. At
Fig. 7.A2: Echo-time
dependence of phase
offsets. Comparison of
temperature

dependent changes of

first and zeroth order

background

phase

errors at two echo

times (1.8 ms and 2.2
ms)

Corresponding
difference

(B,C).

maps

of

phase images acquired
at 0 and 9min (D,E).
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an echo time of 2.2 ms a phase error of up to 10 %venc (10 cm from iso-center) can

be seen in the phase evolution and in the static phantom scan at room temperature

(C). In this case the 1st order phase remains unchanged even for higher
temperatures of the gradient mount. Here a small change in 0th order offset occurs.

The difference in the thermal effects at echo time points of 1.8 and 2.2ms are
apparent in the difference plots shown in Figure 7.A2D and E.
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Background Phase Correction Based on GIRF Pre-emphasis
8.1

Introduction

Despite the number of very valuable correction approaches for PC-MRI data which
has been presented and incorporated into standard clinical MRI systems and image

reconstruction over the past 20 years (42, 46, 49, 50, 53, 54), background phase

errors in PC-MRI remain a challenging aspect which hampers the translation into
the clinical routine (55, 61). While the general assumption is that most of the
remaining

background

phase

errors

stem

from

incomplete

eddy-current

compensation, more recent work has revealed that oscillatory field fluctuations in

response to gradient switching can have time constants longer than the duration of
the readout gradient and thus cause non-zero zeroth and first order spatial phase

offsets at the echo time point (62). Moreover, since the phase error oscillates over
time, the value of the background phase error is dependent on the echo time point
within the sequence.

In spectroscopy, oscillatory field fluctuations have been known to cause sideband
excitations (82–84) on MRI systems from all vendors. Several studies have linked

oscillatory field fluctuations to mechanical vibrations of the gradient coil structure
by linking their frequencies to the mechanical resonances (85, 86). In 2008 Nixon et

al. (87) presented a compensation approach for sideband excitations which could
be considered a first attempt of pre-emphasis of zeroth order field fluctuations.
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They modelled the oscillatory field component as the sum of exponentially damped
sinusoidal fields with amplitude, oscillation frequency, phase and decay time. The

derived waveform was then fed into a b0 -coil to compensate for the unwanted field
fluctuations.

Despite this early work, most clinical MRI scanners are still operated without a

compensation for oscillatory field fluctuations today. One of the major reasons for

this lack in compensation is the difficulty to reliably characterize the mechanical
coil vibrations.

Magnetic field monitoring offers a new and very accurate means to measure and
calculate the magnetic field distribution in response to any arbitrary gradient input

by expansion of the measured field into spatial basis functions (39, 40). By now, the

magnetic field distribution can be measured with microsecond resolution and up to

third spatial order (41, 80). In particular, the ability to precisely measure the field
output for a known input allows for the calculation of a gradient impulse response

function (43, 44, 71, 88) which provides a more detailed characterization and

visualization of gradient performance.

The aim of the presented work is to establish a model of oscillatory field
fluctuations which is consistent with the assumption of a linear relation between

nominal gradient input and output and to combine such model with existing models
for eddy-current fields (42, 46). The combined model should be able to accurately

describe the gradient field output and the corresponding gradient impulse response

function. Furthermore, a framework for pre-emphasis compensation of oscillatory
field fluctuations is presented and tested on a clinical 3T MRI scanner.
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Parametrization of the Impulse Response Function
The impulse response function describes the mapping of an ideal input function

i ( x, y, z , t ) onto an output function o ( x, y, z , t ) according to equation [4.2]. Taking

into account induced currents in nearby conducting structures during gradient

switching, so-called eddy-currents, the perfect impulse response which would be

unity has to be expanded by (chapter 5.1.1)

H= (1 − H ECC )

with

cl
.
1
l =1 iω + τ l
N

H ECC = iω ∑

In addition to induced currents in nearby conducting structures leading to
exponential damping of the ideal input gradient, oscillatory field fluctuations also

affect the gradient output. To derive a mathematical formulation of oscillatory field
fluctuations, the voltage driving the gradient coil has to be considered in detail: The
voltage u ( t ) is given by the input voltage u0 ( t ) and the induced voltage uind ( t ) :

u=
( t ) uo ( t ) + uind ( t ) .

[8.1]

In contrast to chapter 5.1.1, the induced voltages that are considered here do not
stem from conducting material in the proximity to the gradient coil, but from the

gradient coil itself. Voltages are induced by changes in magnetic flux Ψ through the
coil which can either be caused by temporal changes in the magnetic field b
through the coil or by temporal changes in the coil cross-section ς according to
uind = −

d
b dς .
dt ∫
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Separating the magnetic field into an external static field b 0 and a changing
gradient field gi ( t ) ⋅ xi yields:

3

b=
b 0 + ∑ gi ( t ) ⋅ xi e z
i =1

with b0  gi ( t ) ⋅ xi . Equation [8.2] can then be split into two parts:
3

uind

d
d
= ∫ b 0 dς + ∫ ∑ gi ( t ) ⋅ xi ez dς .
dt
dt i =1

By coil design, it can be assumed that b ⊥ ς holds and that b is constant over the
coil
3

cross-section

∫ ∑ g (t ) ⋅ x e

ς

3

dς =

in

good

approximation,

∑ g (t ) ⋅ x ς .

i
i z
=i 1 =i 1

i

so

∫ b dς=

that

0

b0 ⋅ ς

and

i

Since b 0 is static, the first term will only contribute to the induced current if the

coil cross-section varies over time. In case of the second term, both the gradient

field and the cross-section could exhibit temporal changes:
3

3

d
d
d
uind = b0 ς + ∑ gi ( t ) ⋅ xi ς + ς ∑ gi ( t ) ⋅ x .
i 1=
i 1 dt
=
dt
dt

[8.3]

Voltages induced in the gradient coil due to changes in the magnetic field produced
by the gradient coil itself is called self-inductance and can be characterized by the
3

coil’s resistance R and inductance L . Thus, for simplicity ς ∑

d
gi ( t ) ⋅ x can be
i =1 dt

replaced by L
be constant.

d
i ( t ) , where i ( t ) is the current driving the coil, and L is assumed to
dt

By combining equation [8.3] and u ( t )= R ⋅ i ( t ) with the initial equation [8.1] for the

total voltage yields
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R ⋅ i ( t ) = u0 ( t ) − b

d
d
ς − L i (t )
dt
dt

[8.4]

3

with b =
b0 + ∑ gi ( t ) ⋅ xi .
i =1

The partial differential equation in the time-domain is complicated to solve; in the
frequency domain, however, the derivatives are given by a factor of iω :
I (ω ) + iω

1
L
I (ω )=
(  (u0 ) − iω  ( b ⋅ s ) )
R
R

⇒
=
I (ω )

1
(  (u0 ) − iω  ( b s ) ) ,
R + iω L

[8.5]

where  denotes the Fourier transformation.

Because of Lorentz forces and torques acting on the coil during switching of the

gradient fields, the coil and thus its cross-section are deformed. After a brief
deformation of the coil by an amount c′ , the coil goes back to its equilibrium state

in a damped oscillatory motion. The coil cross-section can be assumed to vibrate
with an oscillation frequency ω0 , initial phase ϕ and a time constant τ ′ :

ς ( t ) = ς 0 + c′ cos (ω0t + ϕ ) e

−t ′
t

Θ (t ) ,

where Θ ( t ) is the Heaviside Theta function. Inserting this model for the change in

coil cross-section and assuming that the amplitude of deformation is dependent on
the input voltage, eq. [8.5] becomes
I (ω ) =

(

(

))

−t
1
 (u0 ) 1 − iω  c′′ cos (ω0t + ϕ ) e t ′Θ ( t ) .
R + iω L

[8.6]

Please note that contributions from the constant coil area cancel out since the

Fourier transformation of a constant results in a delta distribution which multiplied
by ω is zero.
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Combining equations [5.4] and [8.6], and neglecting “cross-terms” the magnetic
field is given by

=
B (ω )

N

ck
c
 (u0 ) 1 − iω ∑

R + iω L
k =1 iω + 1/ τ k



ck′′ 
eiϕk
e − iϕk
+

  .
′
i
ω
ω
τ
+
+
1/
k =1 2 i ( ω − ω0 k ) + 1/ τ k′
(
)
0
k
k


M

− iω ∑

[8.7]

In general, gradients are also prone to a channel delay which can be incorporated
by a factor of eiωt

Delay

. Additionally, the gradient output would also be modulated by a

limited receiver bandwidth which causes damping of higher frequencies. But
because of its similarity in shape to the eddy-current terms, the modulations by the
receiver bandwidth will be incorporated into the eddy-current model.

With O (ω ) = B (ω ) and I (ω ) =  (u0 ) this equation can be related to the gradient
impulse response function.

In this simplified model, a self-term gradient impulse response function will feature

contributions from delays (Delay), self-inductance (SI), eddy-currents (ECC) and
oscillatory field fluctuations (OSC):

H
=
H kkSI ⋅ H kkDelay (1 + iω H kkECC + iω H kkOSC ) .
kk

[8.8]

Zeroth order fields may be caused in part by imperfect geometry of the gradient

coils thus creating not purely linear fields and in part by induced currents in other
conducting surfaces:

H 0l =
H 0SIl ⋅ H 0Delay
+ iω H 0ECC
+ iω H 0′lECC ) .
(1 + iω H 0OSC
) + H 0′lDelay ( iω H 0′OSC
l
l
l
l

[8.9]

First order cross-terms are very similar to zeroth order terms, their contribution

from the actual input gradient is much smaller than the first order self-terms and
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Fig. 8.1: Illustration
of the oscillatory

field fluctuations in
the frequency

domain for various
parameters

including amplitude

c , oscillation

frequency ω0 , initial
phase ϕ and decay
time τ .

they may additionally include terms describing induced currents because of
changing currents or fields on a different coil herein included in ECC:

H kl H klSI ⋅ H klDelay (1 + iω H klOSC + iω H klECC ) + H kl′Delay ( iω H kl′OSC + iω H kl′ECC )
=

with k ≠ l .

[8.10]

Pre-emphasis
Pre-emphasis which denotes an additional system input to create a magnetic field
designed to counterbalance certain (unwanted) features of the system’s output can

also be used to compensate for oscillatory field fluctuations. The combination of the
system’s output with some pre-emphasis results in a target output Oktarget :

Oksystem + OkPE =
Oktarget .

[8.11]

The system under consideration is assumed to be linear in its input. If linearity
holds unwanted features addressed by pre-emphasis would also be linear in the

input. Hence, pre-emphasis is defined such that a linear dependency on the
system’s input is given, that is OkPE ∝ I l .
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For a self-term response Ok (ω ) = H kk (ω ) I k (ω ) , the pre-emphasis field is generated

by the same coil, thus the pre-emphasis input will be modified according to the
system’s impulse response

PE
O=
H kk ⋅ I kPE
k

with I kPE = α PE,kk I k .

[8.12]

α PE,kk denotes the deformation of the system’s input which when convolved with

the impulse response gives the pre-emphasis field.
This implies that

and

target
O=
H kk (1 + a PE,kk ) I k
k

target
H kk=
H kk (1 + a PE,kk ) .

[8.13]

Please note that the indices at the deformation α PE,kk are used to indicate the

translation from input to output channel and Einstein’s sum convention is not used
here.

For zeroth order terms O0 (ω ) = H 0 k (ω ) I k (ω ) , the correction in the output is

achieved by a modulation of the resonance frequency, thus pre-emphasis will not

be dependent on the system’s impulse response but be translated into the preemphasis field via an identity matrix I

O0target= H 0 k ⋅ I k + I ⋅a PE,0k I k .

Hence, the pre-emphasis deformation can be calculated by
PE,0k
H 0target
.
k= H 0 k + I a

- 98 -

[8.14]

8 - Background Phase Correction Based on GIRF Pre-emphasis

For completeness, a zeroth order pre-emphasis could alternatively be achieved

with a b0 -coil. In that case, the formulation of zeroth order pre-emphasis would

have to incorporate the impulse response function of the b0 -coil. Since the scanner
under consideration has no b0 -coil but the center frequency is dynamically updated,

the approach is neglected here.

In case of cross-terms, Ol (ω ) = H lk (ω ) I k (ω ) , the pre-emphasis current will be
applied to a different coil than the coil with the “original” input, so

Oltarget = H lk ⋅ I k + H ll ⋅ a PE,lk I k

and

H lktarget
= H lk + H lla PE,lk .

[8.15]

For oscillatory pre-emphasis (of e.g. a self-term), the desired output should be free
of oscillatory field fluctuations, so, exemplarily for a first order self-term, this yields

H kktarget =⋅
H kkSI H kkDelay (1 + iω H kkECC ) .

[8.16]

H kkSI ⋅ H kkDelay (1 + iω H kkECC ) =⋅
H kkSI H kkDelay (1 + iω H kkECC + iω H kkOSC )(1 + a PE,kk ) .

[8.17]

Inserting equation [8.16] into equation [8.13] yields

In first approximation, the oscillatory pre-emphasis has the same mathematical
formulation as the oscillatory field fluctuations themselves:

α PE,kk = −iω H kkOSC .

8.3

Methods

Measurement of the impulse response function
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The impulse response function was measured on a 3T Philips Achieva System

(Philips Healthcare, Best, The Netherlands) using a third order dynamic field
camera (Skope Magnetic Resonance Technologies, Zurich, Switzerland) (39, 40) as
described in (43). As a triangular symmetric gradient blip of 31 mT/m amplitude
and a total duration of 0.4 ms was played out on all three gradient axes separately,

the system’s response was measured up to 2nd spatial order. To enhance SNR, 20
averages were acquired. The acquisition window was 50 ms long. To increase the
frequency resolution of the GIRF, 5 acquisitions shifted by 50 ms each were

concatenated to yield a total acquisition window of 250 ms and a frequency
resolution of 4 Hz. The first of the five concatenated acquisitions was timed so that

data would be sampled throughout the blipped gradient. The GIRF was calculated
by complex division of the measured system’s output and the nominal gradient
input in the frequency domain. Both the measured output and the measured GIRF
were used to calculate the parameters for oscillatory pre-emphasis.

Calculation of pre-emphasis parameters

Knowing the system’s impulse response function, for a given target output the preemphasis function α PE,kl can be calculated by solving equations [8.13] or [8.14] for
α PE,kl for a first order or zeroth order term, respectively. To do so, a target system

output or target impulse response function Oktarget / H kltarget has to be defined. Herein, a

two-step approach is described in which first an impulse response function free of

oscillatory field fluctuations is estimated and then the pre-emphasis parameters for
the compensation of oscillatory field fluctuations (oscillatory pre-emphasis) are

calculated (Figure 8.2).

For a first order self-term, the target system output is estimated from measured
data by linear regression using a model according to equation [8.16] with
- 100 -

8 - Background Phase Correction Based on GIRF Pre-emphasis
O = e
target
l

iωtDelay

N

c
⋅ 1 − iω ∑ n 1

n =1 iω +
tn



 ⋅  (Ik ) ,

 kl

where I k is the nominal input gradient waveform. Possible bandwidth limitations

of the gradient amplifiers are also modelled by damped exponential functions
similar to eddy-currents.

For zeroth order field terms, the target output can be modelled as
N

c
iωt
O0target =
e Delay ⋅  iω ∑ n 1
 n =1 iω + t
n



 ⋅1l

0l

and the parameters cn and τ n can be estimated from the measured data by linear

regression. Since bandwidth limitations of the gradient amplifiers and remaining
uncompensated eddy-currents are much larger than the shifted Lorentz peaks
caused by the oscillatory field fluctuations, a model for the target output can be
found with high confidence.

If the target output is known, the pre-emphasis function α PE,kl can be calculated

according to

for first order self-terms and

=
a PE,kk

H kktarget
−1
H kksystem

PE,0k
− H 0system
a=
H 0target
k
k

for zeroth order field terms.
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Based on the pre-emphasis function α PE,kl , the parameters amplitude c′′ , oscillation

frequency ω0 , initial phase ϕ and decay time τ ′ which characterize the field
fluctuations can be determined by linear regression using


ck′′ 
eiϕk
e − iϕk
−iω ∑ 
+
.
i (ω + ω0 k ) + 1/ τ k′ 
k =1 2 i ( ω − ω0 k ) + 1/ τ k′

M

Pre-emphasis
For oscillatory pre-emphasis the pre-emphasis software available on Philips
scanners was used and calculated parameters were fed into the scanner’s software.

To test the efficiency of the derived parameters, GIRFs were compared with and
without oscillatory pre-emphasis. The data presented here was acquired without
eddy-current compensation.

Fig. 8.2: Sketch showing the measured output and an estimated target output free of

oscillatory field fluctuations which can be used to calculate the pre-emphasis function. The
derived pre-emphasis function can then be fitted to obtain a parameterization of the
oscillatory pre-emphasis. Data is shown exemplarily for the z-gradient.

- 102 -

8 - Background Phase Correction Based on GIRF Pre-emphasis
Oscillatory Pre-emphasis α PE,xx
c′′

ϕ

ω0
τ′

10.51

-0.05

-0.21

0.11

0.19

-0.01

-0.01

-0.01

0.01

12.7

593.6

658.8

792.4

857.5

979.3

1218.7

1280.8

1574.4

268.8

0.70

13.85

4.33

116.20

1.23

317.72

1.61

55.41

1.08

40.27

13.04

48.17

8.84

304.17

8.44

29.76

6.66

Oscillatory Pre-emphasis α PE,xx (continued)
c′′

ϕ

ω0
τ′

0.02

0.01

0.06

0.03

-0.01

1747.3

1818.1

2021.7

2066.2

2973.3

6.68

7.94

34.15

6.75

308.74

1.18

119.03

1.88

84.30

1.70

Table 8.1: Parameters for an oscillatory pre-emphasis of the first order self-term of the xgradient coil. The phase is in [rad], the frequency in [rad/s] and the decay time in [ms].

Oscillatory Pre-emphasis α PE,zz
c′′

ϕ

ω0
τ′

0.013

0.021

0.028

0.026

459.5

1280.7

1489.2

2017.3

53.12

1.77

224.03

91.22

13.56

2.21

294.6

0.80

Table 8.2: Parameters for an oscillatory pre-emphasis of the first order self-term of the zgradient coil. The phase is in [rad], the frequency in [rad/s] and the decay time in [ms].
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Fig. 8.3: Comparison of the gradient impulse response functions of the zeroth order and

first order self-terms of the x-, y- and z-gradient coil of a Philips Achieva system without
and with oscillatory pre-emphasis.
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Tables 8.1 and 8.2 exemplarily present the parameters derived for an oscillatory
pre-emphasis of the x- and z-gradient coils of first order self-terms of the 3T Philips

Achieva system. The number of terms necessary for an accurate correction of
oscillatory field fluctuations ranges from 4 on the z-gradient coil to 14 on the xgradient coil. Oscillatory components with large amplitude and long decay times
can easily be appreciated in the GIRFs shown in figure 8.3 as prominent sharp

peaks. When comparing GIRFs acquired without and with oscillatory pre-emphasis

(figure 8.3) the Lorentz peaks with frequency ω0 denoting the oscillatory field

fluctuations are compensated for by oscillatory pre-emphasis leaving a smooth
course. When oscillatory pre-emphasis does not achieve a perfect compensation

small dips in the GIRFs remain (e.g. H yy between 1550 and 1750 Hz). In the time

domain, without oscillatory pre-emphasis the zeroth and first order phase response
to a triangular input pulse on the x-, y- and z-gradient axes separately shows a
complex damped oscillatory behavior which last for more than 10 ms (Figure 8.4).

With oscillatory pre-emphasis the oscillatory field fluctuations are gone leaving a

smooth exponential decay/damping of the time course.

8.5

Discussion

In this work, the theoretical model describing the effects of eddy-currents on the

gradient output (42, 46) has been expanded to also include a representation of

oscillatory field fluctuations. Based on this theoretical model, a framework for
oscillatory pre-emphasis has been presented and successfully tested on a clinical

3T MRI system. As demonstrated using the gradient impulse response function and
the gradient response to a triangular input pulse, oscillatory pre-emphasis can
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Fig. 8.4: Comparison of the magnetic field response to a triangular input on the x-, y- and zgradient coils of a 3T Philips Achieva system without and with oscillatory pre-emphasis.
t

Depicted are the zeroth and first order phase coefficients φkl = γ bkl ( t ′ ) dt ′ .

∫
0

successfully compensate for oscillatory field fluctuations in the time domain and
the corresponding Lorentz peaks in the Fourier domain.

To achieve full compensation of both eddy-current fields and oscillatory field
fluctuations which is desirable for clinical applications, both pre-emphasis
approaches would have to be combined. A combination of both compensations

approaches is straightforward since separate sets of parameters for the eddycurrent compensation and the oscillatory pre-emphasis are implemented in the
scanner software and the two compensations do not interact by implementation.

As a next step, oscillatory pre-emphasis can be applied during a PC-MRI sequence

to test its efficiency in compensating oscillatory field fluctuations and associated
residual background phase errors. This would include monitoring of the PC-MRI

sequence, PC-MRI measurement on stationary phantom data and eventually an
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application to in-vivo PC-MRI measurements. Since in first approximation, the

assumption of linearity of the gradient system appears to hold, a translation of the
oscillatory pre-emphasis to PC-MRI applications should be straightforward.

However, oscillatory pre-emphasis as presented can only compensate for zeroth
and first order self-term oscillatory phase errors. Neither background phase errors

of higher spatial order nor first order cross-term effects will be corrected for by

this approach and might still negatively affect the background phase. Moreover,

field fluctuations other than oscillatory fields stemming from vibrations of the

gradient coil are not described by the model in equation [8.7] and will hence not be

compensated for.

Furthermore, all analyses so far have been done on a gradient system at room

temperature. The current model does not include thermal heating of the gradient
support and would thus result in decreased performance if applied to a gradient

system at higher temperatures. Recent studies (61, 64) have shown that gradient
performance with high gradient duty cycle can result in heating of the gradient

support which effects gradient characteristics such as mechanical vibrations of the
gradient coil structure and thus the parameters of oscillatory field fluctuations.

Since PC-MRI measurements are usually performed with high gradient strength and
slew rate and short echo (TE) and repetition times (TR), they exhibit a very high
gradient duty cycle and as such are prone to heating of the gradient support. As a

result, the pre-emphasis framework for an oscillatory pre-emphasis would need to
be expanded to continuously update the parameters used during heating of the
gradient system.
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Reconstruction of Divergence-Free Velocity Fields from Cine 3D PhaseContrast Flow Measurements
9.1

Introduction3

Phase-contrast (PC) MRI can be used to calculate hemodynamic parameters critical

in the evaluation of cardiovascular disorders (29–31, 67). Despite the potential, PCMRI is often compromised in a clinical setting due to its vulnerability to

inaccuracies and the limited robustness (20). Inaccuracies mainly arising from
system imperfections include eddy-current related phase offsets, phase errors due

to concomitant gradient fields and gradient field non-linearities. In addition, partial
volume effects and noise can impact the accuracy depending on protocol settings

and scan duration. If only noise as a source of error is considered, statistical

methods of streamline generation lead to an overall increase in the confidence of

flow visualization (89). Eddy-current related phase offsets can be compensated for
by baseline estimations (55, 60) and magnetic field monitoring (62). Phase errors

arising from concomitant gradient fields and gradient field inhomogeneities can be

corrected by simulation of the additional phase accumulated due to non-linear field
effects (49, 54). Related to the 4-point encoding of velocity vector fields in 3D PC-

MRI (38), overall scan times can become very long and range between 15 and 30
3 Published

in: Busch J., Giese D., Wissmann L., and Kozerke S., Reconstruction of divergence-

free velocity fields from cine 3D phase-contrast flow measurements. Magn Reson Med 2013;
69(1):200–10.
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minutes for typical protocols. There have been several approaches to significantly
reduce the acquisition time by using undersampling strategies. TSENSE (90), k-t
GRAPPA (91), PEAK-GRAPPA (92), k-t BLAST, k-t SENSE and k-t PCA (93, 94) are

examples of reconstruction algorithms which aim at unfolding overlapping signal
replica caused by data undersampling in k-t space. Although these methods

accomplish the recovery of the flow structure and image details for smaller
acceleration factors, an increase in acceleration goes along with temporal
smoothing and amplification of noise. Depending on the reconstruction method,

image reconstruction may also result in an increase in correlated systematic errors
such as non-uniformly distributed noise and residual aliasing (95, 96). One

approach for reducing residual errors is the incorporation of physical prior
knowledge into processing of 3D PC-MRI data. The physical constraint of
approximate incompressibility of blood results in an additional condition on the

resultant flow field to be divergence-free. The approximate incompressibility
assumption has previously been exploited by the method of projections onto

convex sets (97–99). While this method leads to very good results for low signal-tonoise ratios (SNR < 10), its efficiency declines for higher SNR values. An iterative

least-squares algorithm to locally reduce the gradient of the divergence and to
enforce zero flow across the vessel wall in combination with local velocity offset

correction has been proposed (100). Streamline visualization of carotid flow was

found to be in better agreement with physical conditions upon correction indicating
the value of incorporating the divergence-free condition.

In the present work a method is proposed which not only incorporates the physical
knowledge of approximate incompressibility of blood flow but also constrains the

flow to obey physical boundary conditions and physical behavior such as continuity
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and smoothness. The method is based on a synergistic combination of normalized
convolution and divergence-free basis functions.

Normalized convolution (101, 102) is a method, which is based on a localized
expansion into basis functions. Hence, the neighborhood around each central
volume element (voxel) can be expanded into adequately chosen basis functions.

Moreover, the velocity vector of each volume element can be assigned some degree
of certainty, reflecting its accuracy and precision, and thereby enabling the

incorporation of additional information such as anatomical domains and boundary
conditions. Haraldsson et al. (103) applied the concept of normalized convolution

to two-dimensional phase-contrast images of the myocardium using linear and

quadratic basis functions along all directions. Improved estimation of velocities and

velocity gradients could be achieved and used to calculate myocardial strain rates.

Furthermore, normalized convolution has been successfully used for tensor field
regularization of PC-MRI data (104, 105). Although normalized convolution has

been applied to three-dimensional PC-MRI data, processing of all three velocity
components was performed using various non-divergence-free basis functions

making it unfeasible to achieve divergence-free resultant flow fields. Divergence-

free radial basis functions (RBF) are a new type of basis function introduced
recently (106). The RBFs are divergence-free by definition and hence allow for a
simultaneous processing of all three velocity components and permit incorporation

of physical prior knowledge. RBFs have been successfully used for interpolating
scattered flow data (107) and myocardial motion fields (108).

The objective of the present work was to synergistically combine normalized
convolution and divergence-free radial basis functions for improving velocity

vector fields obtained from fully sampled and undersampled 3D PC-MRI
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measurements. The method was tested on and applied to data from computational
fluid dynamics and in-vivo PC-MRI measurements of the aorta in healthy subjects
and a stenotic valve patient demonstrating an overall decrease in noise and phase
errors and hence improved visualization of flow pattern, stream- and pathlines.

9.2

Theory

Due to friction between neighboring fluid layers, blood velocities can be
represented by a smooth and continuous function, which maps the volume of the

vessel Ω ⊂ R 3 to some vector field v ( r ) ∈ R 3 , v : Ω → R 3 . Besides, friction in blood

causes the outermost fluid layers, which are in contact with the vessel wall, to be
stationary. Thus, blood flow exhibits boundary conditions v ∂Ω = 0 . According to the

continuity equation ∂ ∂t ρ + ∇j = 0 where ρ is the density of blood and j = ρ v is the
flux, the approximate incompressibility of blood results in zero divergence of the
velocity vector field.

Noise and phase errors can be considered an erroneous offset field, which

superimposes the velocity vector field. According to the fundamental theorem of
vector calculus each vector field can be decomposed into a gradient field and a curl.

Since the divergence of the curl equally vanishes, each vector field can be separated
into a divergence-free part and a part with divergence different from zero. By
“filtering” the part of the erroneous vector field, which has non-zero divergence, the

difference between the original blood flow and the error corrupted flow can be
reduced.

The principle of normalized convolution (101, 102) allows to locally approximate

data using dedicated basis functions. The expansion into basis functions is achieved
by using convolution and consequently the basis functions may be regarded as
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convolution kernels. A so-called applicability function is used to define the

localization and spatial extent of the convolution kernel, the set of basis functions,

and hence the size of the neighborhood under consideration. In addition, an

estimate of certainty for each data point must accompany the image data. By using
a certainty function the weight associated with missing or unreliable data points
can be reduced. For example, the certainty function may be used to incorporate
anatomical knowledge of vessel structure and hence allows excluding voxels at
vessel borders subject to partial volume effects.

Let f (r ) be some arbitrary function in R and Β a finite set of basis functions

β1 (r ), ββ
( r ),..., m ( r ) with
2

r ∈ R 3 . We call

m

f ′(r ) = ∑ βi (r )qi

[9.1]

i =1

the best approximation of f in Β if the coefficients qi are chosen such that the

supremum norm

| f − f ′ | ≡ sup( f ′(r ) − f (r ))
r∈R

is minimal. By incorporating the normalized convolution principle the expansion

into basis functions is performed locally for a restricted volume.

For a local

expansion into basis functions the applicability function α ( r ) ∈ R is defined which
localizes the basis functions to a specific neighborhood of a given point.

Furthermore, the function f (r ) is considered to contain errors. Thus, a function

χ ( r ) can be introduced which contains positive scalar values assigning certainty of

function f (r ) . Accordingly, equation [9.1] is modified and reads as follows
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α (r ) χ (r ) f ′(r ) = α (r ) χ (r )∑ βi (r )qi .
i =1

[9.2]

A scalar value is assigned to each lattice point proportional to the voxel velocity.

This subset of R 3 will be denoted by Z R hereafter. Let f be the discrete image
3

under consideration where f i represents the image value at position i on a regular
lattice. Β is a discrete form of the set of basis functions where Βij is the value of the

j -th basis function at position i . The applicability function α ( r ) and the certainty

function χ ( r ) need to be restricted to Z R as well and their values at the i -th lattice
3

point are denoted α i and χ i , respectively. Thus two matrices Wα and Wχ are

introduced containing the scalar values of α ( r ) and χ ( r ) , respectively, with the

positions of the lattice points on the diagonal.
Equation [9.2] can now be rewritten as

Wα Wχ f ′ = Wα Wχ Β q .

The coefficients of q are chosen such that | f − f ′ | is minimal with respect to the

Euclidean norm. Accordingly, a direct solution is obtained by

q = (B* ( Wα Wχ ) 2 B) −1 B* ( Wα Wχ ) 2 f

[9.3]

where the star denotes the complex conjugate (101). To permit handling of large

data sets, coefficients of q may also be calculated by convolution using applicability
function α ( ri ) and certainty χ ( ri )

q=
c (ε j )

∑ α (r )B(r ) ⋅ c (ε
i

i

Normalization yields
- 114 -

j

− ri )f (ε j − ri ).

9 - Reconstruction of Divergence-Free Velocity Fields from Cine 3D Phase-Contrast
Flow Measurements

q nc =(α B × c f ) N =N −1q c

with

N = α BB* × χ .

A set of Radial Basis Functions (RBF) is defined based on the Gaussian function ψ
| r |2
ψη =
( r ) exp( − 2 )
2η

where η determines the size of the support. The divergence-free RBFs are given by

(106)

=
ξ (r )
i

∂2

∑ ( ∂r ∂r

j =1,2,3

i

ej −
j

∂2
∂rj ∂rj

ei )ψ η ( r )

where i counts the spatial dimension. It follows that the sum

∑ (ξ

1

( r − ri ) q1i + ξ 2 ( r − ri ) q i2 + ξ 3 ( r − ri ) q 3i )

i

is dense in the space of divergence-free functions where qi1 , qi2 , qi3 denote the

coefficients for the expansion. This implies that, in theory, any divergence-free
function can be approximated arbitrarily well by a linear combination of RBFs.
Using

Ξ = (ξ 1 ξ 2 ξ 3 )

the radial basis matrix can be written as (107)


| r |2
1
| r |2
T
Ξ(r ) =
I
(1
−
)
+
exp(
−
),
rr


2η 2
2η 2
2η 2
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where I is the identity matrix. Finally, using matrix notation the vector field is
expanded into basis matrices according to

=
v(r )

∑ Ξ(r − r )q
i

i

i

[9.4]

and the coefficients qi1 , qi2 , qi3 are summarized into a vector qi = (qi1 qi2 qi3 )T .

9.3

Methods

The combined approach of normalized convolution with divergence-free radial
basis functions according to equations [9.3] to [9.4] was implemented in Matlab

(The MathWorks, Natick, USA) on standard computer hardware. To determine

applicability and certainty functions providing an optimal balance between
smoothness and local approximation of the velocity vector field, simulations were

performed. Certainty functions with different slopes at the vessel border were

analyzed and results revealed that a binary certainty function with a uniform nonzero weight inside the vessel volume and zero outside provides most accurate

results given the limited spatial resolution achievable with 3D PC-MRI in a practical
setting. Accordingly, a simple semi-automated threshold based algorithm applied to
the complex difference image was used to derive the binary certainty function. The

threshold was set semi-automatically. To ensure continuity between neighboring

volumes an overlap of 85% was set by choosing the size of the applicability
function to have a radius of 5 volume elements. The size of the support of the RBFs
was adapted to the position of the RBF within the vessel such that outside of the

vessel the RBFs assume values smaller than 10-3 m/s. By doing so flow outside of
the vessel is prohibited and the boundary condition is actively preserved.
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Computer simulations

Three-dimensional steady and pulsatile flow through a planar U-bend tube was
simulated using computational fluid dynamics (CFD). Noise was added to the
complex data in image space to obtain SNR values of 10 and 30. SNR values were

estimated based on the signal magnitude inside the tube relative to the standard
deviation of the noise added. A six-element coil array was included with
corresponding sensitivity maps. To simulate measurements from reduced sets of k-

space samples, data of SNR 30 were subsampled according to 75% partial Fourier
sampling and 2x and 4x k-t undersampling schemes (93). The asymmetric partial

Fourier k-space shutter was applied to both the phase-encode and slice-select

directions. Data from k-t undersampling were reconstructed using TSENSE (90).

Fig. 9.1: Streamline visualization (upper row) and illustration of in-plane velocity
components (lower row) of the CFD data with SNR 10. The color scale corresponds to
velocity ranging from 0 (dark blue) to 100 cm/s (dark red). In-plane velocity vectors are
superimposed onto corresponding phase images encoding through-plane velocities.
Application of the certainty function results in zero flow outside vessel lumen.
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Fig. 9.2: Comparison of vortex patterns of the CFD data after partial Fourier sampling
(middle) and after additional divergence-free processing (right) relative to the reference.

In-plane velocity vectors are superimposed onto phase images encoding through-plane
velocities. Application of the certainty function results in zero flow outside vessel lumen.

In-vivo experiments

In-vivo data of the aorta were acquired on a 3T Philips Achieva system (Philips

Healthcare, Best, The Netherlands) in 3 female and 2 male healthy volunteers

(mean age: 27, range: 20-45). Informed consent was obtained prior to the exams

according to institutional guidelines. Twenty-four heart phases and 26 to 34 slices

covering the entire aortic arch were recorded at a spatial resolution of
1.43x1.43x1.75 mm3 and a temporal resolution of 42 ms using a 3D segmented cine

gradient-echo PC sequence. The field-of-view was 320x257x40-60 mm3 depending

on the number of slices. The flip angle was 10° and TR/TE were 4.7/2.4ms.

Navigator gating was applied to reduce breathing motion artifacts. Scan times

ranged between 15 and 30 min depending on heart rate and respiratory gating
efficiency. A standard six-element cardiac coil array was used for signal reception.

To assess clinical feasibility of the method a seventy-one year old patient with
aortic valve stenosis and a dilated aorta was examined on a 1.5T Philips Achieva

system upon written informed consent was obtained. Twenty-four heart phases and
32 slices were acquired at an isotropic spatial resolution of 2 mm. The FOV was
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272x320x64 mm3, flip angle 10° and TR/TE were 4.8/2.2ms. A five-element cardiac

coil array was used.

The fully sampled data were subsampled to simulate 2x, 4x and 8x k-t

undersampling. Images were reconstructed with TSENSE (2x, 4x) and with k-t PCA
(2x, 8x). For k-t PCA the central 55 fully sampled profiles were used as training data
(94).

Data analysis
Velocity vector fields from CFD data after divergence-free processing were
compared relative to the fully sampled noise-less reference with regard to relative

error in velocity magnitude and the directional error of velocity. The error in
Fig. 9.3:

Relative error
in flow

magnitude a),
absolute

error in flow
direction b)
and

comparison

between flow
patterns of

fully sampled,
2x and 4x

TSENSE data
after

standard and
divergencefree

processing c).
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Fig. 9.4: Pathline visualization and illustration of in-plane velocities at the position of the

black contour in the aorta in the original data a), masked data b) and data after divergencefree processing c). The color scale corresponds to velocity ranging from 0 (dark blue) to
100 cm/s (dark red). In-plane velocity vectors are superimposed onto through-plane phase
images.

velocity magnitude was defined as

∆v
v

=

v ∆v

| v |2

,

where v denotes the velocity of the reference data and ∆v the difference in the
velocity between the processed data and the reference.

The absolute error in flow direction ∆ (cos θ ) was defined as
|v⋅w |
∆ (cos θ ) =
1−
| v | ⋅ |w |

where v is the reference velocity and w is the velocity of the processed data for
comparison.

For the in-vivo data, volume flow, deviation in peak velocity over various aortic
cross sections and divergence was assessed relative to the fully sampled reference.
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Pathline and streamline visualization was performed using dedicated software
(GTFlow, GyroTools, Zurich, Switzerland).

9.4

Results

Computer simulations
For the CFD data, divergence-free processing of noisy data resulted in improved
visualization of velocity patterns (Figure 9.1). Errors in velocity magnitude were
reduced from 4.3% to 2.4% relative to the noise-less reference. Likewise, errors in

velocity direction were reduced from 0.0039 to 0.0002 upon divergence-free

processing. Average divergence in the vessel lumen decreased by 87% when

comparing noisy data before and after divergence-free processing. Using 75%

partial Fourier sampling, errors in velocity directions were decreased by 80% when

using divergence-free processing and overall confidence in the visualization of
velocity components was found to be improved (Figure 9.2). Figure 9.3 compares
results of 2x and 4x TSENSE relative to the fully sampled data before and after

divergence-free processing. For 2x and 4x TSENSE divergence-free processing
resulted in a 61 and 49% error reduction in velocity direction, respectively. The

improvements are exemplified for in-plane velocity components shown in Figure
9.3c. While 78% and 67% of the simulated particles emitted from one end of the
Pathline statistics

Contour 1 (red) - Contour 2 (black)
Contour 2 (black) - Contour 3 (blue)
Contour 3 (blue) – Contour4 (yellow)

Standard

Divergence-free

30%

35%

49%

56%

64%

67%

Table 9.1: Percentage of pathlines passing through segments of the aorta for divergence-

free processing relative to the standard reconstruction for contours indicated in Figure 9.4.
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Fig.

9.5:

Divergence

along

a

longitudinal cross section through the
aortic

arch

after

standard

reconstruction a) and divergence-free
processing b).

tube for streamline visualization were traceable for 2x and 4x TSENSE, divergencefree processing resulted in improved tracking with 81% and 82% of all particles
arriving at the outlet.
In-vivo experiments

In-vivo data acquired in the aortic arch are presented in Figure 9.4. Table 9.1

compares the fraction of pathlines passing the outlet contour when emitted from
various locations along the aortic arch in the same volunteer. Divergence-free

processing was found to consistently improve particle tracking results. Divergence
of the velocity field was reduced by 87% after divergence-free processing in

comparison to the standard reconstruction (Figure 9.5). Prior to divergence-free

processing, average vector field divergence for the fully sampled, 2x and 4x TSENSE

data were 9.9 ± 1.5, 14.1 ± 2.0 and 34.5 ± 7.2 1/s, respectively. Upon divergencefree processing, divergence was reduced by 50 ± 2%, 57 ± 2% and 64 ± 3% (Figure

9.6a) while volume flow was maintained within 5% error. Errors in maximum
velocity introduced by 2x and 4x TSENSE were reduced by 35 ± 12% and 47 ± 4%
when using divergence-free processing (Figure 9.6b).

Figure 9.6c shows cross

sections through the ascending aorta in one volunteer after standard and
divergence-free processing for fully sampled, 2x and 4x TSENSE data. Profiles of
axial velocities for standard and divergence-free processing at different positions in

the aorta are given in Figure 9.7. It is noted that deviation in the axial velocity
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profiles increases with decreasing vessel diameter when moving along the

descending aorta. For 2x and 8x k-t PCA reconstruction vector field divergence
increased by 31 ± 4% and 44 ± 7% when compared to the fully sampled reference.

On average, the maximum velocity per flow cross section deviated by 5 ± 1% and 7
± 1%, respectively. Divergence-free processing resulted in a decrease in divergence

by 46 ± 4% and 49 ± 4% when compared to 2x and 8x k-t PCA with standard
reconstruction (Figure 9.8). The deviation in maximum velocity per flow cross

section was reduced to 4 ± 2% and 5 ± 2%. The comparison of in-plane velocity

Fig. 9.6: Average divergence over the aorta of 5 healthy volunteers a) and average error in
maximum velocity per slice b) for standard and divergence-free processing of fully
sampled, 2x and 4x TSENSE data. In-plane velocity pattern in the ascending aorta of one

volunteer for fully sampled, 2x and 4x TSENSE before and after divergence-free processing
c).
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Fig. 9.7: Visualization of axial velocity profiles along the aorta in one volunteer.

Comparison between standard reconstruction and upon divergence-free processing of
fully sampled, 2x and 4x TSENSE data.

patterns for fully sampled, 2x and 8x k-t PCA shows improved visualization after
divergence-free post-processing when compared to standard reconstruction

(Figure 9.8c). The error in volume flow was maintained within 5% error for all
undersampling factors. In the patient, average divergence in the fully sampled data
was 39.5 1/s. For 2x TSENSE and 2x and 8x k-t PCA average divergence was 66.6,

65.7 and 51.7 1/s, respectively. Data from 4x TSENSE was dominated by noise given
the lower field strength and the limited number of array coil elements on the
system available for the patient scan. Accordingly, 4x TSENSE data was not

included in further analysis. Upon divergence-free processing, average divergence
was reduced by 87.2, 87.2 and 87.0% for 2x TSENSE, 2x k-t PCA and 8x k-t PCA

while the error in volume flow remained smaller than 4% for all undersampling
factors. Figure 9.9 shows in-plane velocity pattern of the fully sampled data, 2x
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TSENSE, 2x k-t PCA and 8x k-t PCA before and after divergence-free processing.

Consistent visualization of the vortex pattern is observed upon divergence-free
processing in all cases.

9.5

Discussion

In this work, an approach to divergence-free processing of 3D PC-MRI data based

on the combination of normalized convolution and tailored divergence-free radial
basis functions has been presented. A reduction in errors and noise has been

achieved by postulating that the resultant flow is divergence-free in a local

Fig. 9.8: Average divergence over the aorta of 5 healthy volunteers a) and average error in
maximum velocity per slice b) for standard and divergence-free processing of fully
sampled, 2x and 8x k-t PCA data. In-plane velocity pattern in the ascending aorta of one

volunteer for fully sampled, 2x and 8x k-t PCA before and after divergence-free processing
c).
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Fig. 9.9:

In-plane velocity pattern acquired in a patient with aortic stenosis before (top

row) and after (bottom row) divergence-free processing of fully sampled, 2x TSENSE, 2x kt PCA and 8x k-t PCA data.

neighborhood and obeys boundary conditions. The processing algorithm was

applied to and tested on fully sampled and undersampled CFD data of a U-bend and
in-vivo data of the aortic arch.

If fully sampled and undersampled CFD data are considered, comparison of vector
field accuracy before and after divergence-free processing improved significantly.

Streamline and velocity vector visualization showed an overall improvement upon

processing. Ringing artifacts and increased noise as introduced by partial Fourier

sampling or TSENSE reconstruction could be significantly reduced when skipping
up to 50% of the acquired data. Despite the great improvement in flow direction

the error in flow magnitude increased for fully sampled and 2x TSENSE simulations
on the CFD data. Since alteration of the flow magnitude by a constant does not

induce divergence, divergence-free processing imposes a stronger constraint onto
the flow direction than on the flow magnitude. In order to address this issue,

additional constraints on the velocity magnitude may be introduced to enforce
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magnitude consistency. At 4x TSENSE, noise amplification was already found to be

too severe to fully recover the original vector field. In this case the magnitude error
was reduced upon divergence-free processing but remained at a high level. While
flow patterns were reconstructed accurately in the vessel lumen, relatively large

errors remained at the vessel border. The latter finding is primarily related to
lower velocity-to-noise ratios at the vessel border in conjunction with overall noise

amplification with 4x TSENSE. This leads to the conclusion that noise is a limiting
factor for the efficacy of divergence-free processing.

In-vivo, comparison of vector field data acquired in the aortic arch revealed
improvements similar to those found with the simulated CFD data. In general,

vector field divergence could be effectively reduced inside vessel lumens. However,

errors at the vessel wall remained. This finding is related to the limited spatial
resolution in the in-vivo data relative to the vessel structures under consideration.

Discrepancies in velocity profiles before and after divergence-free processing
increased with decreasing vessel diameter as demonstrated for the aortic arch. As

fully sampled data were required to compute error metrics, data undersampling
was simulated and hence actual reductions in scan time could not be applied. In

future work, prospective undersampling will be used to increase the spatial

resolution and hence improvements in the accuracy of divergence-free processing
in particular near vessel borders can be expected. The local approach to

divergence-free processing allows handling and reconstructing large data sets. It is

noteworthy that despite the locality of the approach and hence some remaining
discontinuities, divergence was decreased across the entire flow domain. However,

correlated errors such as aliasing, which affect entire areas cannot be fully

removed. Normalized convolution is a localized image post-processing method and
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hence each volume element is reconstructed based on the knowledge of

neighboring volume elements. Consequently, a correlated corruption of smaller
volumes leads to erroneous information about the neighborhoods used for postprocessing. To this end, it is noted that the efficacy of this algorithm is limited to
flow data corrupted by uncorrelated noise and errors at the scale of the

neighborhood. One type of phase errors affecting single voxels or larger volumes is
phase aliasing. If the number of aliased voxels is smaller than half of the support of

the applicability function, divergence-free processing results in un-aliased voxels.

In general, however, pre-processing algorithms to correct for phase aliasing (109)

should be used prior to divergence-free processing. For the in-vivo data presented
in this work, phase unwrapping was implemented according to (109). Systematic
phase errors of low spatial order affecting both velocity magnitude and direction
such as concomitant field effects and eddy-current related phase errors will not be

corrected for using our local divergence-free processing approach. Divergence-free
processing depends on appropriate definition of vessel boundaries and hence relies

on vessel segmentation. While a simple local thresholding approach initiated on the
complex difference images of 3D PC data was implemented in this work, more

sophistication may be introduced by using active appearance or shape models
(110–112), for example. Another limitation of the current approach relates to its
software implementation. The computational load using our non-optimized Matlab
code is significant, requiring 10 minutes per cardiac phase. To this end,

parallelization of code, usage of GPUs and more efficient implementations are
required to offer clinically practical processing times. In addition, the applicability

function may be chosen according to the principle of partition of unity. Accordingly,

if α ( ri ) denotes the applicability function centered at the i-th node, then the sum of
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applicability functions centered at all processing nodes is equal to 1 everywhere,

∑ α (r ) . Initial implementation showed that such a scheme can decrease processing
i∈Z

i

times by 90% relative to the current algorithm.

9.6

Conclusions

The combination of normalized convolution and radial, divergence-free basis
functions has been demonstrated to permit significant reductions of divergence in

3D velocity vector field data acquired with 3D PC-MRI. Noise amplification

introduced by image reconstruction from undersampled data was effectively

addressed resulting in improved representations of velocity vector field
information including vector and streamline visualizations. Hence there is

considerable potential for using divergence-driven processing approaches to

compensate for increased noise and local data inconsistencies in conjunction with
prospective undersampling techniques used for reducing the long scan times
associated with 3D PC-MRI.

- 129 -

- 130 -

10

Cardiac Metabolism
10.1 Overview - Glucose and Fatty Acid Metabolism
For contractile function, the heart uses energy in the form of the high energy

phosphate bond in adenosine triphosphate (ATP) which is produced by
metabolizing free fatty acids and carbohydrates in the muscle cells.

The predominantly metabolized carbohydrate is glucose, a molecule consisting of

six carbon atoms binding to oxygen and hydrogen at each of the remaining binding
sites of each carbon atom (Figure 10.1). Glucose enters the cytosol of the heart

muscle cell via the GLUT4 or GLUT1 transporter. In the cytosol, glucose is
converted to a three carbon pyruvate molecule (Figure 10.1) during glycolysis. This
process produces two molecules of pyruvate for each glucose molecule (113).
During glycolysis, phosphate groups are taken up and temporarily bind to glycolytic

intermediates until in an exergonic reaction the phosphate is released and binds to

adenosine diphosphate (ADP) to form ATP. Further, hydrogen is released which
Fig. 10.1: Fischer projection of the
glucose, pyruvate, lactate and acetyl-

CoA molecules. In case of lactate and
acetyl-CoA the molecules necessary for

enzymatic conversion to pyruvate are
noted on the side.
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binds to nicotinamide adenine dinucleotide (NAD+) and forms NADH/H+ which can

be converted to ATP in the electron transport system in a later step. Glycolysis does
not rely on oxygen and can thus also be performed under anaerobic conditions, i.e.

in the absence of oxygen in the cell. Under anaerobic conditions pyruvate is

converted in an enzymatic reaction to lactate (Figure 10.1) under conversion of
NADH/H+ to NAD+. Under aerobic conditions, pyruvate is transported into the
mitochondria

where

it

undergoes

oxidative

decarboxylation.

Oxidative

decarboxylation is an irreversible enzymatic reaction in the presence of NAD+
during which one carbon unit is chopped off leaving a two carbon acyl unit. The one

carbon unit dissociates into hydrogen which binds to NAD+ to form NADH/H + and

carbon dioxide (CO2) which is transformed to bicarbonate (HCO3-). The acyl unit

binds to coenzyme A (CoA) (Figure 10.1) to form Acetyl-CoA which enters the citric

acid cycle. The citric acid cycle is a multistep biochemical reaction in which energy

in the form of ATP, NADH/H + and flavin adenine dinucleotide (FADH 2) are

produced from the two-carbon acyl units (6, 7, 113–115). Additionally, CO2 is
produced which leaves the mitochondria as a waste product. Coenzyme A is not
consumed during metabolism and can be reused to bind to the next acyl unit
entering the citric acid cycle.

The electron transport chain consists of mitochondrial proteins that are located in

the inner mitochondrial membrane. When NADH/H+ and FADH2 are converted to

NAD+ and FAD, respectively, electrons are released which enter the electron

transport system. During movement of the electrons through the electron transport

system H+ ions are pumped from the mitochondria into the intermembrane space

which results in a concentration gradient across the inner mitochondrial
membrane. The energy stored in the concentration gradient is released when the H+
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Fig. 10.2: Overview of fatty acid and carbohydrate energy metabolism in the cell.

ions move back across the inner mitochondrial membrane and is used to form ATP

from ADP. The electrons recombine with the H+ ions to hydrogen and bind to

oxygen to form water (H2O).

On the fatty acid side, free fatty acids enter the cytosol and are transported into the

mitochondria where the long chain fatty acids are disassembled during β -oxidation

and acyl units are formed. The acyl units then bind to coenzyme A and enter the

citric acid cycle for energy production. During starvation lipids are the primary fuel
storage which is broken down into fatty acids and glycerol during lipolysis. While

fatty acids are metabolized to acetyl CoA, glycerol feeds into glycolysis and forms

pyruvate (Figure 10.2) (6, 7, 113). Besides glycerol, proteins can also be catabolized
to form pyruvate. In this case, proteins are broken down into individual amino
acids. During deamination amino acids are converted into an ammonia molecule
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and an organic acid which includes pyruvate, acetyl-CoA and other intermediates of
the citric acid cycle that can be used for energy production.

10.2 Energy Balance in Anaerobic and Aerobic Metabolism
During glycolysis, for each pyruvate molecule being produced one ADP and one
NAD+ are converted to one ATP and one NADH/H+ molecule, respectively. Since one

glucose molecule is metabolized to two pyruvate molecules, this yields two ATP and
two NADH/H + molecules per glucose molecule metabolized. When pyruvate is

converted to lactate under anaerobic conditions, NADH/H+ is transformed back to

NAD+. Thus the total energy balance for anaerobic metabolism is two ATP
molecules per glucose. If, however, pyruvate undergoes oxidative decarboxylation

and enters the citric acid cycle for energy production, one NADH/H+ is formed
during oxidative decarboxylation and further three NADH/H +, one FADH2 and one

ATP molecule are produced in the citric acid cycle per pyruvate molecule. Thus,

four ATP, ten NADH/H+ and two FADH2 molecules are produced per glucose

molecule. In the electron transport system, on average 2.5 ATP molecules per

NADH/H+ and 1.5 ATP molecules per FADH2 are formed. This yields a total energy
balance for aerobic metabolism of ~30 ATP molecules per glucose. Hence, aerobic
metabolism is about 15 times more efficient than anaerobic metabolism (113).

Fatty acids are also metabolized via the citric acid cycle and thus yield a high

energy balance. Additionally, the long chain fatty acids can be chopped into
numerous acyl units during β -oxidation which results in a total energy balance
double that of carbohydrates.
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Fig. 10.3: Sites of conversion resp.
production

of

NADH/H +,

ATP

and

FADH 2 in the anaerobic and aerobic

carbohydrate metabolism and total ATP
production in anaerobic and aerobic
carbohydrate metabolism.

10.3 Transporters and Enzymes - Regulation
Glucose is transported into and if necessary also out of the cell by the GLUT

transporters. There are several types of glucose transporter throughout the body;
in the heart GLUT1 and GLUT4 are present. The GLUT transporter is a passive
transporter which implies that the direction of transport is determined by the

concentration gradient. Translocation of the GLUT transporter from intracellular

vesicles to the sarcolemmal membrane is stimulated by an increased work load and
ischemia and results in an increased glucose transport and glucose uptake across

the cell membrane (113). Furthermore, the GLUT4 transporter also translocates to

the sarcolemmal membrane in response to insulin.

Pyruvate and lactate are both transported by the monocarboxylate transporters

(MCT) which like the GLUT transporter are passive and transport substances along
the direction of their concentration gradient. The MCT1 transporter is
predominantly found in the heart (116). The MCT transporters rely on the proteins
basigin or embigin for proper translocation into the sarcolemmal membrane. The
- 135 -

Cardiac Metabolism

MCT1 transporter in the heart has a higher affinity for pyruvate which implies that
pyruvate is more readily transported across the cell membrane in the presence of a

concentration gradient than lactate (117). Translocation into the sarcolemmal
membrane is enhanced by intracellular carbonic anhydrase and inhibition of the
transporter can be achieved by various drugs not normally occurring in the
mammalian body (118, 119).

The conversion of pyruvate to lactate is regulated by the enzyme lactate

dehydrogenase (LDH). LDH is regulated by the concentration ratio of intracellular
[NADH/H +]/[NAD+] and the intracellular concentration of [pyruvate]. An increase

in intracellular pyruvate concentration or an increase in the [NADH/H +]/[NAD+]

ratio results in increased conversion of pyruvate to lactate and vice versa. In the

case of low pyruvate concentrations in the cell, lactate is converted to pyruvate and
used in the citric acid cycle for energy production (113).

Prior to entry in the citric acid cycle, oxidative decarboxylation of pyruvate and
NAD+ to an acyl unit and CO2 is catalyzed by the enzyme pyruvate dehydrogenase
Fig. 10.4: Illustration of
the major transporters
and

enzymes

in

carbohydrate conversion
of glucose to acetyl-CoA.
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(PDH). PDH exists in two forms: a phosphorylated inactive form (PDHβ) which is

catalyzed by PDH-kinase, and the dephosphorylated active form (PDH α) whose de-

phosphorylation is catalyzed by the PDH-phosphatase. Hence, activation and

inactivation of PDH is regulated by the two enzymes PDH-kinase and PDHphosphatase. PDH is regulated by end-product inhibition of NADH/H+, Acetyl-CoA

and ATP. Thus, increased ratios of [NADH/H+]/[NAD+], [Acetyl-CoA]/[CoA] or

[ATP]/[ADP] result in an increase in the kinase and inactivation of PDH. Besides,
the intracellular fatty acid concentration has a negative feedback on PDH.

On the other side, PDH activity is promoted by insulin, glucocorticoids and an

increased intracellular concentration of calcium (C2+) as a result of increased
muscle activity.

Further, acids such as acetate, butyrate and dichloroacetate cause an inhibition of
the kinase inactivation and increased oxidative decarboxylation of pyruvate and an
increased flux through the citric acid cycle (6, 7, 114, 115).

10.4 Insulin and Glucagon

Insulin promotes both glucose uptake into the cell and oxidative decarboxylation of
pyruvate. Glucagon on the other hand, acting as an antagonist to insulin, promotes
fatty acid metabolism. In general, when glucagon levels are increased glucose levels
in the blood are very low. As a result, glucagon also stimulates glycogenolysis and

gluconeogenesis to protect the body from a decreased availability of glucose. Thus
the ratio of insulin to glucagon and their regulation is of great importance.

Throughout most of the physiological range of plasma glucose levels, glucagon

levels are low and remain fairly constant. Only if plasma glucose falls below 100
mg/dl, glucagon levels drastically increase. The major stimulus for insulin secretion
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from the islet cells in the pancreas is plasma glucose concentration with increased
plasma glucose levels causing increased secretion of insulin. Especially, at plasma
glucose levels greater than 100 mg/dl, insulin secretion strongly increases (113).

10.5 Metabolism in the Healthy Heart

Under normal conditions, the heart muscle is supplied with oxygen and the heart

relies on aerobic metabolism for energy production. About 60-90% of the acetylCoA entering the citric acid cycle is produced by β -oxidation and only 10-40%

from oxidative decarboxylation of pyruvate. As a result, most of the ATP is

produced by oxidative decarboxylation in the mitochondria either directly in the

citric acid cycle or as a result of electrons passing through the electron transport

system. The rate of ATP production is closely linked to ATP hydrolysis and only
very little of the ATP produced is actually stored which causes a complete turnover
of ATP several times per minute. As a result an increased energy demand, e.g. by an

increase in contractile function during exercise or stress, results in increased
metabolism. To account for an increased metabolism during exercise or stress, the
heart operates at 15-20% of its maximal oxidative capacity at rest (6, 7).

In principle, the heart can either produce lactate by enzymatic conversion of
pyruvate or convert lactate to pyruvate which then undergoes oxidative
decarboxylation and enters the citric acid cycle. Under aerobic conditions the

healthy heart is a net lactate consumer. In fact, while under normal conditions the
blood lactate level is too low to provide sufficient energy for contractile function,

with increasing blood lactate concentrations the heart preferentially utilizes lactate
as a source of pyruvate (120, 121).
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Cardiac metabolism is known to be altered in various diseases such as ischemia or
poorly controlled diabetes. Under these conditions, oxidative decarboxylation of
pyruvate is restricted and pyruvate is converted to lactate, hence the heart has to
rely on anaerobic metabolism and becomes a net lactate producer (6). Additionally,

studies suggest that myocardial energy metabolism changes during the progression

of heart failure, but to this end studies on substrate selection during the various
stages of heart failure are conflicting (6, 7). From recent animal and human studies,
it can be assumed that energy metabolism remains normal in early stages of heart

failure and only in end-stage heart failure is fatty acid metabolism downregulated

while carbohydrate metabolism is increased. At the same time, under normal

conditions a decrease in fatty acid uptake also occurs with aging (6, 7).

The discrepancy in study results may be related to differences in etiology,

medication or progression of heart failure between the different studies. Further,

with current approaches (positron emission tomography using 18F-deoxyglucose or
11 C-glucose

tracers; or estimates of substrate oxidation from CO2 production and

myocardial oxygen consumption) the rate of glucose, lactate and fatty acid
metabolism cannot be measured in-vivo and myocardial tissue samples to assess
substrate flux cannot readily be obtained in humans.

Pathological myocardial energy metabolism results in contractile dysfunction and
might hence worsens the progression of heart failure (7). Since the progression of
heart failure appears to be closely linked to changes in myocardial substrate
metabolism, treatment and therapy of heart failure would strongly benefit from a

more detailed understanding of normal metabolism and metabolic alterations

during the progression of heart failure. Besides, if the rate of glucose, lactate and
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fatty acid metabolism could be assessed in-vivo, the effectiveness of therapeutic
interventions could be tested and monitored.
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Dynamic Nuclear Polarization
11.1 Comparison between 1H and 13C Magnetic Resonance
While the hydrogen atom (1H) in water has a nuclear spin

1
2

and thus interacts with

magnetic fields which allows for a signal generation of the water by magnetic
resonance, the most prevalent carbon isotope (12C) has nuclear spin 0 . The stable
isotope

13 C,

however, has a nuclear spin

1
2

and would be feasible for e.g. metabolic

studies using magnetic resonance. But in contrast to 1H which has a natural
abundance of 99.99%, the natural abundance of 13C is only 1.07%. Furthermore, the

gyromagnetic ratio which scales polarization, magnetization and signal strength
(see chapter 2) according to

Polarization
Magnetization
Signal
SNR

P∝γ

z ∝ N γ 2
V
u ∝N γ3
V

SNR ∝ N γ 2
V
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Fig. 11.2: Natural polarization

according to equation [2.2] of 13C,
1H

and free electrons in a magnetic

field of 3T in dependence of the
temperature.

with

N
V

the nuclear density or molecular concentration, is 42.6 MHz/T for 1H but

only 10.7 MHz/T for

between 13C and 1H is

13 C.

As a result, the ratio of the squared gyromagnetic ratios

γ 2C
= 6.3 ⋅10−2 .
γ 2H
13

1

Moreover, assuming the water content of the human body to be 70%, the molar
concentration of 1H is ∼78M. In contrast, carbon containing molecules such as

pyruvate or lactate have a much lower molar concentrations on the order of ∼1mM

in the human body.

Taking natural abundance and molar concentration into account, the SNR of a
magnetic resonance experiment of
experiment of 1H is

13C

vs. the SNR of the same magnetic resonance

SNR13 C
SNR1 H

≈ 8.7 ⋅10−9 .

The intrinsically low sensitivity of naturally abundant

injection of

13C

13 C

could be elevated by

labelled substances, but even then the SNR would be at least five to

seven orders of magnitude smaller than for 1H depending on the concentrations

which could be achieved and tolerated. So to allow for metabolic studies using
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injected carbon substances, polarization of the injected substance has to be
increased. One way to achieve increased polarization levels is dynamic nuclear
polarization (DNP).

11.2 Principles of Dynamic Nuclear Polarization
Let’s assume an electron with spin S =

1
2

and a nucleus with spin J =

1
2

to be in an

external magnetic field b 0 = b0e z with e z being a unit vector along the z-axis, then

each particle interacts with the magnetic field according to equation [2.1], the so
called Zeeman interaction. Since the magnetic moments associated with particle

spins produce additional dipolar magnetic fields (equation [2.7]) the electron and
nuclear spin S and J interact through dipolar coupling (122, 123) with:

 SI = S AJ .
=

[11.1]

The tensor A denotes the spatial distribution of the dipolar magnetic field. The

interaction between a nucleus and an electron at close-range is often also referred

to as hyperfine-interaction. The interaction Hamiltonian [11.1] describes the spin
states and transitions between the various spin states of the coupled system which,

however, under conservation of energy are forbidden if the coupled spin system
has no interaction with its surrounding, i.e. no energy exchange with the
Fig. 11.1: Illustration of the
eigenstates

and

the

possible

eigenstates

of

the

dipolar

transitions

between

the

coupling Hamiltonian in equation
[11.1]. The spin flip-flip and flip-

flop transitions of the solid effect
are indicated.
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surrounding (Figure 11.1). By adding a microwave field

b1 = 2b1 cos (ωmt ) e x

[11.2]

perpendicular to the main magnetic field b 0 an additional interaction of the

electron spin with the microwave field has to be considered. Since the microwave
field is small compared to the main magnetic field and γ e  γ n , with γ e the

gyromagnetic ratio of the electron and γ n the gyromagnetic ration of the nucleus,

the interaction of the microwave field with the nuclear spin can be neglected. If the

microwave frequency is equal to the difference or sum of the resonance frequencies

of electron and nucleus, ωm ≈ γ eb0 − γ nb0 or ωm ≈ γ eb0 + γ nb0 , the microwave field
induces simultaneous transitions of the electron and nuclear spins and polarization
is transferred from the electron to the nucleus in a process called the solid effect
(122, 123). Besides the simple flip-flip and flip-flop transitions of the solid effect,

triple spin flips may also take place if ωm ≈ γ eb0 . Here the mutual interaction

between two electron spins couple to the hyperfine interaction and induce a

transition of one nuclear spin and two electron spin states resulting in a transfer of
polarization (123, 124). Polarization transfer through triple spin flips is often

called thermal mixing. Depending on the linewidth of the electron spin resonance

both the solid effect and thermal mixing may contribute to the hyperpolarization of
nuclear spins during dynamic nuclear polarization (DNP).
For hyperpolarization of a sample with nuclear spin

1
2

, the sample has to be doped

with free electrons, e.g. by doping with radicals. The linewidth of the electrons is
defined by the type of radical used. Since all experiments presented in this thesis

have been performed with the trityl radical (Tris{8-carboxyl-2,2,6,6-tetra [2-(1hydroxyethyl)] –benzo (1,2-d:4,5-d9) bis(1,3) dithiole-4-yl} methyl sodium salt)
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which exclusively induces polarization transfer via the solid effect, all following
consideration will be restricted to the solid effect and use of the trityl radical.

Since at temperatures below 1 K, electrons polarize to 100% (Figure 11.2), DNP is
most efficient at very low temperatures. At these low temperatures, however, the

sample to be hyperpolarized is a solid. Thus to achieve a homogenous distribution
of the radical inside the sample, the sample has to be frozen as a glass.

In contrast, for use as a contrast agent, the sample has to be at room temperature

and liquid. The combination, a solid frozen glass sample during DNP and a liquid
sample at room temperature for injection, can only be achieved by rapid dissolution
after hyperpolarization (125).

11.3 Instrumentation

A polarizer for DNP consists of a vertical bore magnet typically charged to 3.35T or
5T, a cryostat fitted into the bore of the magnet, a microwave source, a

heater/pressure module for dissolution and a helium reservoir and vacuum pumps
(125, 126) (Figure 11.3).

The cryostat is inserted into the vertical bore magnet and contains the sample pot

and microwave cavity, in which the 13C samples are placed during polarization time.

The waveguide for the microwave connects the microwave cavity in the cryostat
and the microwave source outside of the cryostat with the connection through the

cryostat wall being achieved by a microwave window. The cryostat is filled with

liquid helium and connected to vacuum pumps for further cooling of the liquid
helium bath to temperatures of 0.7-1.2K. For dissolution, a heater/pressure module

is used which allows for heating of the dissolution solvent to 130-170°C and
subsequent release of the fluid with high pressure during dissolution (125, 127).
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Fig. 11.3: (A) Schematic of a DNP
polarizer with (1) the vertical bore
magnet, (2) the cryostat, (3) the
microwave

source,

heater/pressure

(4)

module

the

for

dissolution, (5) a helium dewar, (6)
vacuum pumps and (7) a DNP insert
skeleton. The insert skeleton (B)

contains heat baffles and an NMR
coil and holds the sample sticks
during polarization and dissolution.

The

13 C

Figure adapted from (129).

sample doped with radicals in the form of trityl (Tris{8-carboxyl-2,2,6,6-

tetra[2-(1-hydroxyethyl)]-benzo(1,2-d:4,5-d9)bis(1,3)dithiole-4-yl}methyl sodium

salt) is loaded into a sample cup connected to a dissolution stick or tubing. The

sample cup is then lowered into the liquid helium bath inside the cryostat and
magnet. Due to the rapid freezing either the sample substance itself or in
combination with a glassing agent forms a glass. At a temperature of 0.7-1.2K the
sample is irradiated with a microwave field which induces a transfer of the
polarization from the electrons to the

13 C

nuclei. Upon dissolution the sample is

lifted above the liquid helium surface and rapidly dissolved through a dissolution

tube using an inner and outer lumen for insertion of the dissolution solvent and
ejection of the dissolved sample. Upon dissolution the liquid hyperpolarized sample
can be transported to an MR system for analysis or injected into an animal or
human for metabolic studies.

To this end, polarizers for DNP have been built allowing for the polarization of a
single or simultaneous polarization of several 13C samples (128, 129). Furthermore,
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lately also a commercial sterile setup is available facilitating the transfer of

metabolic studies to humans (130).

11.4 Polarization and T1 values of [1-13C]Pyruvate
The multisample DNP system presented in (129) is a homebuilt DNP system

designed to polarize and operate up to four samples simultaneously in a 3.35T
magnet for the use in small animals. Hence sample size is in the range of 50 μl
resulting in a dissolved solution of up to 50 mM of 13C substance. Polarization levels
of [1-13C]pyruvate at the time point of dissolution were measured as 36 ± 5 %. On

a 9.4T Bruker Biospec scanner (Bruker BioSpin, Fällanden, Switzerland) the T1

value was 45 ± 4s.

The SpinLab Hyperpolarizer (GE Healthcare, Waukesha, WI, USA) is the first
commercial polarizer designed for sterile use intended for human applications. The

polarizer is based on a 5T vertical magnet and can accommodate up to four samples

for simultaneous polarization. The sample size can range from 100 μl to 2.5 ml and
concentrations up to 250 mM of

13 C

substance can be achieved. Polarization levels

of [1-13C]pyruvate at the time point of dissolution were measured as 54 ± 3 % with
T1 values of 71 ± 3s in a 3T Philips Ingenia system (Philips Healthcare, Best, The
Netherlands) in buffer and 36s in blood.

In the following, polarization loss and dilution of the

13 C

substance during the

timespan from dissolution to measurement in the myocardium is exemplarily
estimated for [1-13C]pyruvate polarized in the SpinLab Hyperpolarizer with a

polarization of 54 %, a T1 values of 71s in buffer and 36s in blood and a [113C]pyruvate concentration of 200 mM (Figure 11.4).
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Fig. 11.4: Visualization of
the T1 decay of

polarization and dilution

of the hyperpolarized [113C] pyruvate substance
between dissolution and
measurement in the
myocardium.

On average, the time between dissolution and injection is 20s which yields a

polarization level of 41 % at injection. If the substance is injected into the femoral

vein, it takes about 10 heart beats, which is equivalent to 10 s at a heart rate of 60
beats per minute, for the hyperpolarized substance to reach the myocardium. Thus,

the polarization level has decreased to 31 % when the [1-13C]pyruvate is

metabolized in the myocardium. Furthermore, at injection the [1-13C]pyruvate is

diluted by a factor of 10 yielding a plasma concentration of 20 mM. A further

dilution by a factor of 10 can be assumed by metabolic conversion. Thus the [113C]pyruvate is estimated to have a molar concentration of 20 mM and a

polarization level of 31 % during passage through the heart while the downstream
metabolites are estimated to have a molar concentration of 2 mM and a polarization

level of 31 %. In comparison, water has a molar concentration of 78 M and a
polarization level of 0.001 % at 25°C. As a result, the relative SNR between

hyperpolarized [1-13C]pyruvate and water and a hyperpolarized [1-13C]metabolite

and water is

SNR[1-13C]pyruvate,hyperp. 20 ⋅10-3 M ⋅ 0.31 ⋅ γ 13C
2
= =
SNR1H
78M ⋅ 0.001 ⋅10-2 ⋅ γ 1H
SNR[1-13C]metabolite,hyperp.
2 ⋅10-3 M ⋅ 0.31 ⋅ γ 13C
0.2,
= =
SNR1H
78M ⋅ 0.001 ⋅10-2 ⋅ γ 1H
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respectively. Thus, even under perfect conditions, the SNR of the downstream
metabolites of [1-13C]pyruvate is 5 times smaller than for water.
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Extension of the IDEAL Framework to EPI Readouts and its Application to
DNP Metabolic Imaging
12.1 Introduction
Glucose metabolism is of major interest in the research of progressive heart failure

(6, 7) and tumor monitoring and treatment (131). However, the measurement of
real time metabolism in-vivo is hampered by the intrinsically low sensitivity of the
carbon molecule. Dissolution dynamic nuclear polarization (DNP) of

13 C

labelled

substrates helps to overcome the intrinsically low sensitivity and provides an

injectable solution which offers a gain in signal-to-noise ratio of more than 10’000
(125). Of particular interest is hyperpolarization of [1-13C]pyruvate as it provides

an insight into glucose uptake and conversion in the cell. In the heart, monitoring
the conversion of [1-13C]pyruvate into [1-13C]lactate, [1-13C]alanine and 13Cbicarbonate allows to probe substrate utilization in the heart (132) and promises to

be a key feature in the early diagnosis of cardiac pathologies. The conversion of [113C]pyruvate into 13C-bicarbonate is of special interest since it assesses flux

catalyzed by pyruvate dehydrogenase in the heart (133). Hyperpolarized [113C]pyruvate has been repeatedly used to study cardiac metabolism in acute and
chronic infarction (134) and for ischemia reperfusion studies (135, 136) in small
animals.
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With the introduction of a polarizer which allows for sterile handling and operation
of the

13 C

labelled substrate and production of large quantity and high dose (130),

the first step towards translation into humans has been achieved (137).

To be able to monitor the conversion of [1-13C]pyruvate into [1-13C]lactate, [1-

13C]alanine and 13C-bicarbonate, a number of metabolites has to be measured and
their intensities be resolved dynamically. In the early work, metabolic imaging was

achieved either by chemical shift imaging (CSI) or using non-selective or sliceselective spectroscopy (138, 139). Since in the CSI sequence, each k-space point has

to be acquired separately, the CSI sequence is very time consuming and the full k-

space could only be acquired once during the signal decay of the metabolites, hence
the temporal information is averaged out over the k-space acquisition and cannot
be resolved. In contrast, non-selective or slice-selective spectroscopy allows for a

repeated acquisition of the spectra within several hundred milliseconds. Thus, the

metabolic conversion of [1-13C]pyruvate into [1-13C]lactate, [1-13C]alanine and
13C-bicarbonate can be resolved temporally at the expense of no spatial resolution.
Since the

13 C

spectrum is very sparse and the peaks are well separated, combining

spectral-spatial excitation pulses with fast readout trajectories such as echo-planar

imaging (EPI) or spiral readout trajectories allows for the excitation and
acquisition of one single metabolite at a time (140–142). Acquisition of metabolite
images of the different

13 C

labelled substances can be alternated and repeated

throughout the metabolic conversion. Spectral spatial excitation pulses rely on

rapidly switching gradients of high slew rate and strength and are thus very
demanding with respect to gradient performance. Inaccuracies in the gradient

waveform due to eddy-currents inevitably limit the accuracy of the pass- and
stopband. Furthermore, to achieve a sharp transition between pass- and stopband,
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the excitation profile in the frequency domain has to resemble a rectangular
function as close as possible which can only be obtained with a large number of
sub-lobes (typically > 15). Thus, the excitation pulse becomes very long (> 10 ms)
which limits its usability because of the often short T2* times. Lately, a multiecho
excitation-acquisition scheme in combination with fast imaging readout trajectories
and IDEAL reconstruction (143–145) has successfully been applied to 13C metabolic

imaging (146, 147). With this approach, the requirements for high gradient

performance during the excitation pulse and long T2* times are relaxed and a

number of echoes is acquired instead of acquiring separate metabolite images
(148). Besides, this approach makes perfect use of the sparse spectrum. Wiens et al.

(149) proposed a formulation of the IDEAL reconstruction in matrix notation and
tested it in combination with compressed sampling on undersampled multiecho 13C

data.

In the present work, the classical IDEAL framework is extended to EPI readouts and
a formulation in matrix notation is proposed which can be solved using linear or
nonlinear conjugate gradient algorithms. The framework is applied to and tested on
metabolic imaging data of the heart.

12.2 Theory

If a number of M metabolites with intensities ρ j and chemical shifts ∆υ j is present
in the imaging volume, then the signal s at location r is the superposition of the M
metabolites with a metabolite dependent complex phase
M

s ( ρρ
) = ∑ρj ( ) e

i 2π∆υ j t

j =1

ei

2π b0 ( ρ )t

,

where t is the echo time and b0 ( r ) the b0 -phase offset at position r .
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In the classical IDEAL approach (143–145), a number of N echoes is acquired with
echo times shifts tn = t + ∆tn

M

sn ( ρρ
) = ∑ρj ( ) e

i 2π∆υ j tn

ei 2

π b0 ( ρ )tn

[12.2]

j =1

which allows for the separation of the metabolites by inversion of the metabolite
dependent complex phase term. If M ≤ N and an estimation of b0 ( r ) is known, then

the linear system of equations is well determined. If M < N , then the b0 -phase

offset b0 ( r ) can additionally be estimated (145). If, however, the data is acquired
using an echo-planar imaging readout (EPI), then each metabolite undergoes a
chemical shift dependent spatial shift and equation [12.2] becomes
=
sn ( ρρρ
) ∑ ρ j ( − ∆ (∆υ j ) ) e
M

i 2π∆υ j tn

e

(

)

i 2π b0 ρρ
−∆ ( ∆υ j ) tn

j =1

.

[12.3]

In this case, for each shifted metabolite there is a shifted b0 -phase offset map

b0 ( r − ∆r (∆υ j ) ) and the inversion problem becomes much more complex.

Instead of solving the inversion problem in the image domain, equation [12.3] can

be transformed into k-space by Fourier transformation with un ( k ) =  ( sn ( r ) )
− ∆ (∆u j ) ) e
∑ eikρ ∑ ρ j ( ρρ
M

=
un ( k )

ρ

M

∑e

=

= ∑e
j =1

e

(

)

i 2π b0 ρρ
−∆ ( ∆u j ) tn

j =1

i 2π∆υ j tn

j =1
M

i 2π∆u j tn

∑e

ikρ

ρ j ( ρρ
− ∆ (∆υ j ) ) e

(

ρ

i 2π∆υ j tn

e

− ik∆ρ ( ∆υ j )

∑e

ikρ i 2π b0 ( ρ )tn

e

)

−∆ ( ∆υ j ) tn
i 2π b0 ρρ

ρ j ( ρ ).

ρ

[12.4]

By Fourier transformation, the spatial shift can be turned into a linear phase in kspace and the b0 -phase offset map b0 ( r ) is unique again.
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Fig. 12.1: Sketch visualizing the multiband mulitecho excitation acquisition scheme

consisting of a 1-2-1 binomial excitation pulse and an echo-planar-readout (A). Separation
of the metabolites is achieved by IDEAL reconstruction with echo time shifting (B).

If all N echoes are acquired with a separate excitation and the excitations occur
with minimal time delay, the signal magnitude is saturated with a factor cos n −1 (α )

where n counts the number of echoes/excitations and α is the flip angle. Using a

frequency-selective excitation, the flip angle becomes dependent on the frequency
of the metabolite α ( ∆υ j ) and each metabolite undergoes a frequency-dependent

(

)

saturation cos n −1 α ( ∆υ j ) . Incorporation of the frequency-dependent saturation
into equation [12.4] yields
un ( k )

M

∑e

i 2π∆uu
j tn − ik∆ρ ( ∆ j )

j =1

e

∑e

ikρ i 2π b0 ( ρ )tn

e

ρ

(

)

cos n −1 α ( ∆u j ) ρ j ( ρ ) .

[12.5]

For un ( k ) , equation [12.5] can be written in matrix notation as
with u = ( u1,1 ... uP ,1 ... u1, N

u = Γ Σ F Φ Α ρ,

... uP , N ) and ρ = ( ρ1,1 ... ρ P ,1 ... ρ1, M
T

[12.6]

... ρ P , M )

T

and P denotes the number of voxel elements in the image. Α and Φ are diagonal

matrices of dimension ( M ⋅ P ) × ( M ⋅ P ) with entries cos n −1 (α j ) with α j = α ( ∆υ j ) and
e

i 2p b0, p tn

with p = 1,..., P on the diagonal, respectively. The matrix F performs the

Fourier transform and has dimension

(M ⋅ P)× (M ⋅ P) .
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Fourier matrices concatenated on the diagonal. The matrix Σ encodes the spatial
EPI shift and is a diagonal

(M ⋅ P)× (M ⋅ P)

matrix with elements e − ik

p ∆r j

on the

diagonal, with ∆rj =∆r (υ j ) . The IDEAL encoding is performed last by the matrix Γ
which is a ( N ⋅ P ) × ( M ⋅ P ) matrix with entries ei 2π∆υ t .
j n

As such, equation [12.6] can be formulated as an optimization problem

(

)

arg min u − ΓΣFΦΑρ 2 + λ ρ 1 ,
ρ

where

2
2

and

1

2

[12.7]

denote the L2- and L1-norm, respectively and λ is a

regularization parameter.

12.3 Methods
Animal protocol

For all imaging procedures, healthy female pigs (N=3) of 30-35kg weight were
anesthetized using 1.5-2% of isoflurane and ventilated with 100% oxygen. Separate

venous catheters for medication and injection of hyperpolarized substances were

introduced into the femoral vein. Animals were placed in right recumbency in a 3T

Fig. 12.2: Excitation profile of the 1-2-1 binomial excitation pulse with 20 ppm bandwidth
overlayed on a spectrum of the metabolic conversion of [1-13C]pyruvate to [1-13C]lactate,
[1-13C]alanine and 13C-bicarbonate.
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Fig. 12.3: Effective number of
averages

(NSA) for 7

IDEAL

echoes for [1-13C] pyruvate, [1-

13C] pyruvate hydrate, [1-13C]
lactate, [1-13C] alanine and 13C-

bicarbonate in dependence on the
echo time shift.

Philips Ingenia system (Philips Healthcare, Best, The Netherlands) equipped with a
custom-built four-channel

13 C

transmit/receive coil (Clinical MR Solutions,

Brookfield WI, USA). For 13C-bicarbonate signal enhancement (133, 150), the

animals were treated with a glucose (20%) - insulin (50 U/L) (GI) solution (151,

152). The GI solution was infused with a loading rate of 3 ml/kg/h for 60 minute

and a maintenance rate (1-3ml/kg/h) thereafter to achieve a constant blood
glucose level between 90 mg/dl and 120 mg/dl. Heart rate, SpO2 and blood glucose

level were continuously monitored. All experiments were performed in accordance
with the Swiss Animal Protection Law and Ordinance.
Pyruvate sample preparation

0.5 ml of [1-13C]pyruvic acid (Cambridge Isotope Laboratories, MA, USA) doped
with 15mM of trityl radical (AH111501 (Methyl, tris[8-carboxy-2,2,6,6-tetrakis(2methoxyethyl)benco[1,2-d:4,5-d’]bis[1,3]dithiol-4-yl]-,trisodium

salt)

(Syncom,

Groningen, The Netherlands)) was polarized in a in a commercial SpinLab

Hyperpolarizer (GE Healthcare, Waukesha, WI, USA). Polarization time was >3.5 h
which results in polarization levels of 54 ± 3% at the time point of dissolution. The

sample was dissolved using 20 ml of buffer solution (0.1 g/l EDTA dissolved in

distilled water) and neutralized with 7.3 g of 0.72M sodium nitroxide. The solution

was further dissolved with an additional 4.5 g of buffer solution to yield a final
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pyruvate concentration of 225 mM and a pH of 6.5-8.5. The temperature of the
injectable solution was approximately 36°C. 20ml of the [1-13C]pyruvate solution
was injected into the femoral vein in 8-12 s. The T1 value is typically 71 ± 3s in

buffer and ~36s in blood.
Imaging protocol

Immediately following injection, three slices were acquired using a multiband
multiecho excitation-acquisition scheme (147) (Figure 12.1). With an isotropic in-

plane resolution of 5 mm and a slice thickness of 20 mm, a field-of-view of 220x220

mm2 was covered. Using a 1-2-1 binomial excitation pulse of 20ppm bandwidth and

maximal flip angle of 30⁰ on-resonant on pyruvate, full excitation on lactate and
bicarbonate is achieved while pyruvate is only minimally excited (Figure 12.2). For
a perfectly on-resonant excitation, the flip angles on lactate, pyruvate hydrate,

alanine, pyruvate and bicarbonate are 26°, 28°, 16°, 0° and 30°, respectively. Seven

echoes with 1.1ms spacing are obtained for IDEAL reconstruction (Figure 12.3). All
7 echoes are acquired at mid diastole within one R-R interval while the three slices

are acquired in consecutive heart beats. The echo time (TE) of the first echo was 12
ms and the repetition time (TR) 32 ms. For each animal, two multiband multiecho
Fig. 12.4: Pyruvate,

lactate, bicarbonate,
pyruvate

hydrate

and alanine overlaid
on

the

anatomical

images in the three
slices acquired in the

time frame of peak
bicarbonate signal.
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datasets were acquired within a timespan of about 30 minutes to assess
reproducibility of the sequence. For the two acquisitions the geometry was kept

constant, but all scanner preparations including shim and frequency optimization

were performed separately for the two 13C acquisitions.
Image reconstruction

Before solving the IDEAL reconstruction, EPI ghosting has been corrected for by
adding zero and first order phases in the image domain so that the signal in the
region-of-interest containing the heart was maximized. To solve the optimization

problem in equation [12.7], a nonlinear conjugate gradient approach was
implemented

using a

linesearch

algorithm.

The

iterative

implemented in MATLAB (MathWorks, Natick, Massachusetts, USA).

algorithm

was

12.4 Results

Figure 12.4 shows the metabolite maps of pyruvate, lactate, bicarbonate, pyruvate

hydrate and alanine in the time frame of peak bicarbonate signal. The metabolite
images are overlaid on an anatomical image in the three slices acquired. While

Fig. 12.5: Time course of the metabolic production and subsequent signal decay of [1-

13C]lactate over the full heart. Since all echoes are acquired in one R-R interval and slices
are acquired in consecutive heart beats, the temporal resolution from left to right is 3 heart
beats per frame.
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Slice 1

1

2

3

Slice 2

Slice 3

i.s.

i.l.

a.l.

a.s.

i.s.

i.l.

a.l.

a.s.

i.s.

i.l.

a.l.

a.s.

0.19

0.30

0.38

0.33

0.24

0.36

0.48

0.36

0.27

0.61

0.57

0.28

0.17

0.29

0.16

0.25

±0

±0.01

±0.02

±0.02

±0.01

±0.01

0.14
0.15

±0

±0.02

±0.02

±0.01

±0.01

±0.04

±0.01

±0.02

±0.03

±0.04

±0

±0.03

±0.01

±0.05

±0.01

±0.02

±0.01

±0.01

±0

±0.03

±0.03

±0.02

±0.02

±0.03

±0.04

±0.02

±0.02

±0.05

±0.05

±0.03

0.24
0.25

0.17
0.17

0.31
0.29

0.43
0.4

0.29
0.33

0.21
0.29

0.51
0.51

0.5

0.61

0.28
0.32

Table 12.1: Mean and standard deviation of the normalized lactate area-under-the-curve

between the two repeated acquisitions in the inferoseptal (i.s.), inferolateral (i.l.),

anterolateral (a.l.) and anteroseptal (a.s.) segments of the three slices (left to right) and the
three animals (top to bottom).

pyruvate and pyruvate hydrate are restricted to the blood pool of the left ventricle,

lactate, bicarbonate and alanine are produced by metabolic conversion in the

myocardium of the left and right ventricle. The anterolateral and inferolateral
segments of the myocardium show increased signal intensities in all metabolite

maps when compared to the anteroseptal and inferoseptal segments. The time

course of the metabolic production and subsequent signal decay of the [113C]metabolites is exemplarily presented for [1-13C]lactate in figure 12.5 over a

total of 11 time frames. Calculated signal intensity time curves (figure 12.6) show
the first pass of the pyruvate signal through the left ventricle of the three slices
followed by metabolic conversion into lactate and bicarbonate in the myocardium.

All signal intensities have been normalized with respect to the area-under-the
curve (auc) of the pyruvate signal in the left ventricle. Reproducibility of the

sequence has been assessed by comparison of the normalized area-under-the-curve
of the lactate signal between the two repeated acquisitions as presented in table
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12.1. On average, the lactate auc shows a deviation by 8% between the repeated
acquisitions with a maximum deviation of 14%. Since the bicarbonate signal is
hampered by the signal loss in the septal segments, a reproducibility assessment

between the repeated measurements yields strong variation over the segments and
slices.

12.5 Discussion
In this work, the standard IDEAL framework has been expanded by a term
accounting for the chemical shift dependent spatial shift occurring during echoplanar-imaging readouts. The resulting encoding matrix was formulated in k-space

and combined with the Fourier transform and solved using a non-linear conjugate

gradient approach using a linesearch algorithm. The reconstruction algorithm was
applied to and successfully tested on DNP metabolic imaging data. By IDEAL

Fig. 12.6: Signal intensity time curves show the metabolic conversion of pyruvate into
lactate, and bicarbonate in the myocardium.
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reconstruction, the signal intensities of the injected substances, [1-13C]pyruvate

and [1-13C]pyruvate hydrate, and the produced metabolites [1-13C]lactate, [1-

13C]alanine

and

13C-bicarbonate

could

be

well

uncoupled.

Repeated

measurements within a reasonable short time span in the same animal showed a

variation of the extracted area-under-the-curve of the lactate signal below 14% for
all segments, slices and animals and thus good reproducibility. Reproducibility of
the bicarbonate signal could not be assessed because of the low signal-to-noise

ratio and the large variation of the bicarbonate signal over the heart. Since the

signal variation from lateral to septal myocardium is visible in all metabolites and
all datasets, it does not represent any physiological effect but can be explained by
large variations in the coil sensitivity. In principle, the decrease in coil sensitivity
with increasing distance to the coil could be corrected for by acquisition of a coil
sensitivity map or theoretical estimation of the sensitivity profile. For

13C,

acquisition of a coil sensitivity map is not feasible since the natural abundance and
sensitivity of the

13 C

carbon isotope is too low without labelling and

hyperpolarization and phantoms filled with high concentration of labelled

substances are very expensive and pose additional problems when used in

combination with a flexible coil. Furthermore, if the signal is below the limit of
detection, a correction for the coil sensitivity cannot cause a signal gain. So, besides

the large variation in coil sensitivity, the low conversion rate of [1-13C]pyruvate to
13C-bicarbonate is a problem. The conversion of pyruvate to bicarbonate is an

enzymatic conversion mediated by pyruvate dehydrogenase (PDH) and is subject to
tight regulation. Among others, PDH is stimulated by insulin which in principle is

infused with the glucose infusion and should additionally be synthesized and
released by the pancreatic beta cells in response to the glucose infusion. The low
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bicarbonate signal, however, indicates that PDH activity is promoted only very
lightly. One possible reason for the decreased PDH activity could be physiological
stress induced by the high glucose load which could result in activation of the

enzyme lactate dehydrogenase kinase (LDH) and conversion into lactate. But at this
point, the relation between a high glucose load and physiological stress is only an

assumption and remains to be tested. Nonetheless, the purpose of this work is on

image reconstruction and the expanded IDEAL reconstruction algorithm can also be
tested in the presence of low bicarbonate signal and reproducibility be assessed on

the lactate signal intensity time curve only. To this end, however, the animal

number is very low and further data has to be acquired for a reliable assessment of
the reproducibility of the method.

In the current implementation, the IDEAL framework in equation [12.5] does not

account for signal dephasing due to spin-spin-interactions and b0 -inhomogeneities

( T2* ) in later echoes due to the prolonged echo time. In principle, an additional term
accounting for T2* could easily be incorporated. Moreover, the whole acquisition
window for the 7 echoes is 231 ms long and thus only allows for data acquisition in

diastole when the heart is almost stationary. Nonetheless, small motion of the
myocardium during this time span cannot be neglected which hampers the

accuracy of the reconstruction. To reduce the sensitivity to motion of the
myocardium the acquisition window would need to be decreased which can be
achieved using a smaller FOV or a more efficient readout trajectory. In general,

spiral readout trajectories are very time efficient, however, with the proposed
spatial resolution of 5x5 mm2 and the current gradient specification (max. gradient

strength: 30 m T/m, max. slew rate: 200 T/m/s) a spiral readout trajectory would

have similar duration as the EPI trajectory used.
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To summarize, the proposed method achieves accurate uncoupling of the molecules

involved in metabolic conversion of [1-13C]pyruvate into [1-13C]lactate, [1-

13C]alanine and 13C-bicarbonate and reproducible measures of the area-under-

the-curve of the signal intensity time curves of [1-13C]lactate. As such, it allows for
the application in physiological studies such as e.g. in the assessment of metabolic
changes during ischemia and reperfusion
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13.1 Summary
In this thesis background phase errors in 4D flow PC-MRI have been analyzed with
respect to thermal stability under heating of the gradient support and their spatial
distribution over the imaging volume.

On the two MRI system used, background phase errors up to third spatial order
have been measured requiring correction with a polynomial model of appropriate

order. The residual error after subtraction of the estimated background phase error
was found to not change significantly down to an SNR of 15 independently of the
polynomial order. The minimum amount of stationary tissue, however, was

strongly dependent on the polynomial model order requiring at least 25%, 61% and
75% of stationary tissue for systems with first, second and third order offsets. As a

result, an accurate background phase correction by referencing through stationary
tissue is critical in the presence of second order spatial offsets and impossible for
spatial distributions exhibiting third order.

Due to the bipolar flow encoding gradients and short echo and repetition times the
4D flow PC-MRI sequence exhibits a high gradient duty cycle which in conjunction

with relatively long scan times results in heating of the gradient support and
associated temperature changes of 20-30K. As a consequence, the physical
- 165 -

Summary

properties of the gradient support change which affect background phase errors in
PC-MRI. The thermal instability of background phase errors in PC-MRI renders a

background phase correction by acquisition of a phase error map in a separate
phantom scan critical.

In summary, the assumptions of spatial linearity of the background phase error
which is a requirement for background phase correction by referencing through
stationary tissue and thermal stability of the background phase error which is a
requirement for background phase estimation on separate stationary phantom data

may both be violated. As a consequence, to further promote the translation of 4D
flow PC-MRI into the clinical practice, background phase errors have to be
corrected for with great care. To this end, no general recommendation on the

procedure for an accurate background phase error correction can be given, but the
suitable correction approach has to be chosen on an individual basis. It is therefore

recommended to analyze the MRI system at hand in detail with respect to thermal
stability and the spatial distribution of the background phase error and decide on
the appropriate method for background phase correction.

With the extension of the pre-emphasis software to oscillatory field terms, a new

compensation approach for background phase errors of zeroth and first spatial
order has been presented. Its efficacy on PC-MRI data remains to be tested. In the

current implementation, higher order eddy-currents are not corrected for, but

could be incorporated in the presence of higher order shim coils. Furthermore, to
include thermal variation of the oscillatory field terms, a model of the thermal
changes would be necessary and the pre-emphasis parameters would have to be
updated throughout the scan. First attempts have been made in extending the
gradient impulse response model to include thermal variations (153).
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Another large challenge in 4D flow PC-MRI is the long scan time. Undersampling

techniques can reduce the overall scan time, but often result in increased noise and
irregular errors. To address this issue, divergence-free reconstruction for 4D flow
PC-MRI measurements has been proposed based on a synergistic combination of
normalized convolution and divergence-free basis functions. It has been

demonstrated that this approach effectively addresses erroneous flow for image
reconstructions from both fully sampled and undersampled data. While the
presented reconstruction algorithm is very memory intense and time consuming, it
has further motivated the use of divergence-free basis functions for image
reconstruction of 4D PC-MRI data (154–157).

For metabolic imaging, a frequency-selective excitation pulse with a multiecho data

acquisition approach has been implemented, incorporating a fast readout EPI
trajectory and a nonlinear IDEAL reconstruction algorithm. The algorithm allows

for uncoupling of the different metabolites in reconstruction and yields signal
intensity time curves with sufficient reproducibility.

13.2 Discussion & Outlook

For a translation into the clinical routine, 4D PC-MRI has to become faster, more
accurate and the clinical meaning of hemodynamic parameters has to be evaluated.

While there is a lot of research on new undersampling and reconstruction

techniques also in conjunction with non-Cartesian sampling pattern and clinical
studies assessing hemodynamic parameters, there is no universal solution

regarding background phase errors in 4D PC-MRI. There have been promising
attempts of using magnetic field monitoring to measure the phase error
distribution of the PC-MRI sequence (62). While magnetic field monitoring allows
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for a measurement of the phase error evolution of each k-space segment and a
subsequent calculation of a very accurate map of the background phase error, it

requires repetition of the PC-MRI sequence with the field camera present in the

scanner and thus may be affected by thermal changes of the gradient mount.

Concurrent field monitoring (79, 81) allows for simultaneous acquisition of PC-MRI
imaging data and field monitoring of the background phase error using fluorine

probes, and could thus capture thermal changes of the gradient structure during
PC-MRI data acquisition. Concurrent field monitoring of PC-MRI data has
successfully been tested on phantoms (158). For its applications to the

cardiovascular system, additional challenges arise due to the much larger volume of
the thorax which would result in placement of the field monitoring probes on the
thorax and thus an uneven distribution restricted to the surface. The large distance

and uneven distribution will compromise conditioning of the linear set of equations

used to calculate the phase evolution and thus the accuracy of the derived field
map. Gradient field characterization using the gradient impulse response function
can be used to predict phase errors occurring in PC-MRI. Predictions of the k-space

trajectories of EPI and spiral readouts have been used for correction of EPI ghosts

and signal distortions and blurring artefacts in EPI and spiral imaging by various
groups (71, 72, 159). The results presented are very promising and motivate an

application to PC-MRI. To also allow for predictions of the gradient output under

thermal changes the gradient impulse response model would have to be expanded
to include a model for the thermal changes (153).

Alternatively, gradient field characterization could be used by the vendors for

optimized gradient design. By eliminating thermal susceptibility or higher order

- 168 -

13 - Summary

eddy-currents the PC-MRI community could return to their well-established
correction approaches.

Dynamic nuclear polarization and its application to metabolic studies is still a very

new technique. While the polarizer design has converged to an automated
commercial system which allows for sterile handling and operation of the

13C

labelled substrate and production of large quantity and high dose, there has not

been any agreement on best practice with respect to the imaging setup. For
example, the type of coils used range from simple Helmholtz loops (160) to 16channel surface coils for cardiac applications (161). A comparison between coils is
limited because of vendor specific connector hardware and wiring. In addition,
standards on the assessment of SNR in

13C

spectra and images have not been

established yet. Non-linear reconstruction algorithms for metabolic imaging often

suppress noise which makes a proper noise measurement on the reconstructed
imaging data challenging. To allow for better comparison, a standardized data
evaluation scheme of e.g.

13C

spectra would be beneficial. Lately, for metabolic

imaging the use of multiecho excitation acquisition schemes in combination with

IDEAL reconstruction is increasing (148), so assessing reproducibility of our

nonlinear IDEAL reconstruction algorithm for the multiband mulitecho imaging
approach could be used as a first step towards of a standardization.

The gyromagnetic ratio of the carbon nuclei is about one quarter of the
gyromagnetic ratio of protons. Hence acquisition of MRI data with the same FOV

and resolution on carbon when compared to water requires either four times the
gradient strength or four times longer gradients. Most clinical MRI scanners are

optimized for proton imaging and thus lack the required gradient strength and slew
rate for applications on

13 C.

This results in comparably long echo and repetition
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times for scans on 13C and thus very inefficient sequences. The presented multiband

multiecho excitation-acquisition scheme would further benefit from reduced
readout and repetition times and hence reduced sensitivity to motion. New
gradient inserts designed for

13C

applications could reduce echo and readout times

and help further improve sequence design for 13C applications.

Monitoring the conversion of [1-13C]pyruvate into [1-13C]lactate and 13C-

bicarbonate offers an insight into cardiac metabolism in-vivo which will hopefully
improve understanding

of pathological changes in cardiac metabolism in

cardiovascular diseases such as ischemia, reperfusion or heart failure and in

diabetes. Blood gas analysis and DNP data acquired in animals in our lab for the

past two years indicate that the heart is very sensitive to physiological stress
induced by wrong ventilation, ischemia, blood loss or high blood glucose. Thus,

assessing the metabolic response to physiological stress of the heart and other
extremities is of particular interest and necessary to establish reproducibility of
animal experiments.

Thanks to the sterile operation of samples in the SpinLab polarizer cardiac
metabolism can both be assessed in animal models of cardiovascular disease and in

human subjects. Monitoring the metabolic conversion of [1-13C]pyruvate into [113C]lactate and 13C-bicarbonate in patients offers insights into various
cardiovascular diseases.
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