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Summary

Summary
In magnetic resonance imaging (MRI), fast imaging sequences enjoy
increasing popularity. Such sequences rely on demanding gradient schemes and
long readout sections, such as echo planar imaging (EPI) and spiral scanning.
Although gradient hardware and calibration have greatly advanced over the past
decades, the prescribed dynamic field evolution during such demanding scans is
often not perfectly implemented. This hampers many advanced MRI methods,
causing image artifacts and data misinterpretation.
The subject thesis explores a novel strategy of addressing this problem. It
deviates from conventional approaches in that it does not aim to further improve
hardware components and thus to produce dynamic fields with ever higher
fidelity. Instead it is proposed to tolerate a certain degree of hardware
imperfection and rather to monitor the effective spatiotemporal field evolution
during each individual scan. Knowledge of the exact field evolution is then
incorporated at the image reconstruction stage.
Implementing this concept requires magnetic field sensors that measure the
field evolution with sufficient accuracy and temporal resolution, and which can
be operated in a strong baseline magnetic field. Due to its superior sensitivity
and tolerance to background fields, nuclear magnetic resonance (NMR) itself
was chosen as the sensing mechanism. The design of NMR probes for the
described task poses two fundamental challenges. Firstly, signals with sufficient
signal-to-noise ratio (SNR) must be obtained from a very small sample on the
order of 300 nl. Secondly, the lifetime of these signals must be very long, on the
order of 100 ms, to permit the monitoring of long MRI readouts. Consequently
9
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the magnetization of the NMR sample inside the probe must remain coherent for
100 ms, which in turn imposes stringent requirements on the homogeneity of the
static magnetic induction inside the sample. This necessity translates into
demanding criteria for the materials and geometry of the probe. In particular, the
magnetic susceptibility of certain parts of the probehead must be controlled with
great accuracy.
To this end a novel method was developed for measuring the magnetic
susceptibility of solid, liquid and gaseous samples. The method relies on MRI
and measures susceptibility with a precision of 5 parts per billion (ppb) and an
accuracy of 10 ppb (SI units). Measurements performed with this method were
used to tune the susceptibility of probehead materials and to achieve highly
accurate susceptibility matching of material interfaces. Combined with
high-sensitivity receive electronics, this approach yielded NMR probes with
suitably high signal and lifetime performance.
With an array of such probes the magnetic field can be measured in a finite
set of positions in the bore of an MR system. For using this information in image
reconstruction it was necessary to translate these local measurements into a
global field model. An analysis of the various magnetic field contributions
during an MR scan confirmed that this is possible. In a basic implementation
four NMR probes are placed around the imaging object, yielding a first-order
spherical-harmonic model of the magnetic field. This model encompasses the
temporal dynamics of one homogeneous and three linear spatial field
components at a temporal resolution in the microsecond range. The expansion to
larger probe arrays and higher-order field models is straightforward.
A first generation of field probes was based on a receive-only design,
requiring NMR excitation by an external radiofrequency (RF) transmitter. Using
such probes, a series of challenging MRI experiments with EPI and spiral
readouts were successfully monitored, enabling robust image reconstruction.
10
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One limitation of the receive-only approach is RF interference between the
monitoring and the imaging experiment. RF pulses used to excite MR in the
imaging object can perturb the nuclear magnetization in the field probes and
vice versa. Furthermore the first-generation NMR probes were prone to signal
contamination from large, nearby imaging objects. These issues are especially
limiting for in-vivo imaging, which requires maximum flexibility of the
experimental design.
In a second generation of field probes this problem was solved by mutually
isolating the imaging and monitoring experiments with respect to RF fields. This
was achieved by equipping the NMR probes with a thin copper shield that
blocks RF fields while being essentially transparent to the lower-frequency
fields that are to be monitored. NMR in the shielded probes is excited through a
separate RF transmit chain and switching electronics for operation in a
transmit/receive mode. To demonstrate the benefits of the advanced setup a
variety of in-vivo EPI scans were performed, with image reconstruction based
on concurrent field monitoring. These experiments proved the monitoring
concept by yielding in-vivo images free of artifacts. In particular the results are
free of so-called ghosting, which is typical of EPI with dynamic field
imperfections.
Based on the results of this work it is concluded that the complex
spatiotemporal evolution of the magnetic field during MRI can indeed be
monitored with sufficient sensitivity and speed. It has been demonstrated that
imperfections of the field evolution are significantly less critical when they are
accurately known and can thus be addressed upon image reconstruction. The
described monitoring technology therefore has the potential to facilitate
advanced MRI methodology in various ways. It is expected to render established
scanning schemes more robust and to enable the use of even more complex
magnetic field choreographies. More robust image reconstruction and greater
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geometrical fidelity are also expected to facilitate the fusion of MRI data
acquired with different scanning methods. This promise is of particular interest
for techniques that require spatial maps of some physical parameter for
calibration. Parallel MRI with receiver arrays is an example, requiring RF
sensitivity maps of the receiver elements. Correction for static field
inhomogeneity also relies on calibration maps, namely of the baseline resonance
frequency. Both of these approaches are especially important at high baseline
fields, indicating that field monitoring may prove to be an enabling technology
for the emerging area of ultra-high-field MRI in humans.
Finally, greater tolerance to field imperfections may help to reduce the
complexity and cost of MR hardware engineering and calibration. For example,
limitations of gradient systems could potentially be addressed by real-time
feedback of monitoring results to the gradient controllers. Combined with
monitoring-based image reconstruction, such an approach may enable the use of
less complex and expensive gradient coils and amplifiers than are required
today.
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Zusammenfassung
In der Magnetresonanztomographie (MRT) erfreuen sich schnelle
Bildgebungs-Sequenzen wachsender Beliebtheit. Solche Sequenzen beruhen auf
anspruchsvollen Gradienten-Abfolgen und langen Auslesezeiten, wie etwa in
EPI und Spiral Akquisitionen. Obwohl die Gradientenhardware über die letzten
Jahrzehnte grosse Fortschritte erlebte, folgen die dynamischen Felder häufig
nicht exakt der vorgeschriebenen Evolution. Dies führt zu Bildartefakten und
zur

Fehlinterpretation

von

Daten,

so

dass

die

Anwendung

vieler

fortgeschrittener MRT Methoden eingeschränkt wird.
In der vorliegenden Arbeit wird diesem Problem mit einer neue Strategie
begegnet. Anders als konventionelle Lösungsversuche zielt sie nicht auf eine
weitere Verbesserung der Hardwarekomponenten ab, welche dynamische Felder
mit noch grösserer Genauigkeit generieren. Stattdessen duldet sie Mängel in der
Gradientenhardware bis zu einem gewissen Grad, aber überwacht dafür die
tatsächliche raumzeitliche Entwicklung der Felder während jeder Akquisition.
Das Wissen über die exakte Entwicklung des Feldes kann dann in der
Bildrekonstruktion verwertet werden.
Um dieses Konzept umsetzten zu können, werden Magnetfeldsensoren
benötigt, welche die Feldentwicklung mit genügender Genauigkeit und
zeitlicher Auflösung detektieren. Gleichzeitig müssen sie in einem starken
Magnetfeld betrieben werden können. Aufgrund ihrer ausgezeichneten
Sensitivität und Verträglichkeit starker Magnetfelder wurde die Nukleare
Magnetresonanz

(NMR)

selbst

als

Feldmessmethode

gewählt.

Zwei

fundamentale Herausforderungen stellen sich an das Design von NMR
13
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Probenköpfen für die beschriebene Aufgabe. Die erste Schwierigkeit besteht
darin, aus einem kleinen Sample – von typischerweise 300 nl Volumen – Signal
mit genügendem Signal zu Rausch Verhältnis zu gewinnen. Zweitens muss die
Lebensdauer des Signals etwa 100 ms betragen, um lange MRT-Auslesezüge
beobachten zu können. Deshalb muss die Magnetisierung im NMR Sample über
100 ms kohärent bleiben, was höchste Ansprüche an die Homogenität des
Magnetfeldes in der Probe stellt. Daraus ergeben sich strenge Anforderungen an
die Materialien und die Geometrie der Probenköpfe. Im Speziellen muss die
magnetische Suszeptibilität gewisser Bauteile des Probenkopfes mit hoher
Genauigkeit kontrolliert werden.
Zu diesem Zweck wurde eine Methode zur Messung der magnetischen
Suszeptibilität von Festkörpern, Flüssigkeiten und Gasen entwickelt. Diese
Methode

beruht

auf

der

Magnetresonanztomographie

und

misst

die

Suszeptibilität mit einer Präzision von 5 Milliardsteln (ppb) und einer
Akkuratesse von 10 ppb (SI Einheiten). Zum Abstimmen der Suszeptibilität von
verschiedenen Probenkopfmaterialien und zur genauen Suszeptibilitätsanpassung an Materialgrenzen wurden Messungen mit dieser Methode
durchgeführt. Zusammen mit sehr sensitiver Empfangselektronik ergeben sich
so Probenköpfe mit geeigneter Signalstärke und Lebensdauer.
Mit

der

Anordung

mehrerer

solcher

NMR-Probenköpfe

an

unterschiedlichen Positionen kann das Magnetfeld im MagnetresonanzTomographen dynamisch gemessen werden. Um diese Information in der
Bildrekonstruktion verwenden zu können, müssen diese lokalen Messungen in
ein globales Feldmodell übersetzt werden. Die Analyse der verschiedenen
Magnetfeldbeiträge während einer MR-Messung bestätigt, dass dies möglich ist.
In einer elementaren Anwendung werden vier Probenköpfe um das Objekt
platziert, was den Fit eines sphärisch harmonischen Modells erster Ordnung
ermöglicht. Dieses enthält die zeitliche Dynamik einer homogenen und dreier

14
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linearer räumlicher Feldkomponenten in einer Mikrosekunden-Zeitauflösung.
Die Messung der raumzeitlichen Feldentwicklung mittels NMR-Proben soll
Monitoring genannt werden. Das Konzept kann einfach auf mehr Proben und
Modelle höherer Ordnung erweitert werden.
Feldproben

der

ersten

Generation

basierten

auf

einem

reinen

Empfangsspulen-Design, was eine NMR Anregung durch einen externen
Radiofrequenz (RF) Sender erfordert. Mit solchen Proben konnte erfolgreich
eine Reihe anspruchsvoller Monitoring-Experimente mit EPI und Spiral
Auslesezügen durchgeführt werden, was eine stabile Bildrekonstruktion
ermöglichte. Eine Einschränkung des reinen Empfangsspulen-Ansatzes ist die
RF-Interferenz zwischen Monitoring- und Bildgebungsexperiment. Radiofrequenzpulse zur Anregung des Objektes können die nukleare Magnetisierung
in den Feldproben stören und umgekehrt. Zudem sind solche Probenköpfe
anfällig auf Signalkontamination seitens grosser Objekte in der Nähe der Probe.
Dieser Sachverhalt ist speziell für die in-vivo Bildgebung limitierend, die einen
flexiblen experimentellen Aufbau erfordert.
In einer zweiten Generation von Feldproben wurde dieses Problem gelöst,
indem Bildgebungs- und Monitoring-Experiment gegenseitig isoliert wurden.
Erreicht wurde dies durch eine dünne Kupferbeschichtung der Probenköpfe,
welche RF-Felder blockiert. Für Felder tiefer Frequenz hingegen, welche
beobachtet werden sollen, ist die Beschichtung im Wesentlichen transparent.
Die abgeschirmten Proben werden über eine separate RF-Sendekette angeregt,
während die Schaltelektronik zwischen Sende- und Empfangsmodus umstellt.
Um die Vorzüge dieses erweiterten Aufbaus zu demonstrieren, wurde eine
Reihe

von

in-vivo

EPI-Scans

durchgeführt.

Die

anschliessende

Bildrekonstruktion stützte sich auf die simultan akquirierte Feldevolution ab.
Artefaktfreie in-vivo Bilder bestätigten das Monitoringkonzept; die Bilder waren
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insbesondere frei von sogenannten ‚Ghosting’ Bildartefakten, welche typisch
sind für EPI mit dynamischen Feldstörungen.
Aufgrund der Resultate dieser Arbeit kommen wir zum Schluss, dass der
komplexe raumzeitliche Verlauf des Magnetfeldes während eines MR-Scans
tatsächlich mit genügender Sensitivität und zeitlicher Auflösung beobachtet
werden kann. Es wurde gezeigt, dass Störungen im Feldverlauf signifikant
weniger

kritisch

sind,

wenn

sie

genau

bekannt

sind

und

in

der

Bildrekonstruktion berücksichtigt werden. Die beschriebene Monitoringtechnologie hat demnach das Potential, fortgeschrittene MRT-Methoden in
verschiedener Weise zu unterstützen. Es ist zu erwarten, dass sie etablierte
Aufnahme-Techniken stabiler macht und die Verwendung komplexerer
Magnetfeldchoreographien ermöglicht. Robustere Bildrekonstruktion und
verbesserte geometrische Konsistenz werden voraussichtlich die Fusion von
MRT-Daten erleichtern, welche mit verschiedenen Akquisitions-Strategien
aufgenommen wurden. Dies ist von besonderem Interesse für RekonstruktionsTechniken, die zur Kalibrierung die Karte einer physikalischen Grösse
benötigen.

Die

RF

Sensitivitäts-Karten

der

Empfangselemente

eines

Spulenarrays beispielsweise gehen in die parallele Bildgebung ein. Auch die
Korrektur

von

statischen

Feldinhomogeneitäten

beruht

auf

einer

Kalibrationskarte, nämlich der lokalen, statischen Magnetfeldinhomogenitäten.
Diese beiden Ansätze sind speziell wichtig bei hohen Magnetfeldstärken, was
darauf hindeutet, dass Monitoring eine technologische Voraussetzung sein wird
für das aufkommende Gebiet der Ultrahochfeld MRT am Menschen.
Die erhöhte Toleranz gegenüber Feldstörungen wird es schliesslich
erlauben, die Komplexität und die Kosten der Entwicklung und Konstruktion
von MR Hardware zu reduzieren. Beispielsweise kann den Ungenauigkeiten des
Gradientensystems mit einem Echtzeitfeedback der Monitoringmessung an die
Gradientensteuerung begegnet werden. Kombiniert mit monitoring-basierter
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Bildrekonstruktion ermöglicht dieser Ansatz wohl die Verwendung einfacherer
und günstigerer Gradientenspulen und Gradientenverstärker als sie heute
benötigt werden.
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18

Chapter 1

Introduction
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1 Introduction

1.1 Magnetic resonance imaging
Magnetic resonance imaging (MRI) is a biomedical imaging modality that
is widely used in medical diagnosis and research in medicine and neuroscience.
MRI utilizes the nuclear magnetic resonance that is based on atomic nuclei with
a magnetic moment. Most commonly protons – the nuclei of hydrogen atoms –
are observed due to their high abundance in biological tissues. In an external
magnetic field the nuclear magnetic moments partially polarize, creating a
macroscopic magnetization aligned along the magnetic field. This magnetization
can be manipulated by the application of suitable electromagnetic fields in a
frequency range depending on the strength of the external field. Upon
appropriate preparation this magnetization is source of an electromagnetic field
that can be picked up by detection coils placed near the body. Proper encoding
of the magnetization and corresponding signal interpretation gives insight into
the spatial organization of tissues, motion, flow, diffusivity, blood oxygenation,
etc.
Contrary to other imaging modalities MRI offers a large number of
different contrast options. In clinical applications its excellent soft tissue
contrast is of great importance. It is based on proton density and the relaxation
constants T1 and T2 that are characteristic of and vary considerably between
tissues. Other types of contrast available with MRI include diffusion and
perfusion as well as phase contrast, which permits velocity and motion
quantification. Magnetic shielding by molecular structures is the basis of MR
spectroscopy, giving insight into the metabolism, e.g., of muscle or cancerous
tissue. The slight difference in magnetic susceptibility between oxy- and
deoxyhemoglobin can modulate MR signal intensity, an effect that is widely
used in neurological research.
MRI is non-invasive, non-toxic and does not use ionizing radiation. It thus
allows for repeated patient examinations and the unimpeded assignment of
20
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volunteers for research studies, making MRI a preferred imaging modality in
clinical medicine and biomedical research.
Current methodological research continues to enhance the speed, spatial
resolution, and robustness of MRI.

However, many of these efforts are

hampered by the limited fidelity of MRI hardware. Present-day MRI
instrumentation is highly sophisticated and has reached impressive levels of
performance and accuracy. Nevertheless, residual imperfections remain and can
cause significant errors in the complex evolution of the magnetic field during
imaging procedures. The goal of the present thesis is to address this problem not
by further hardware improvements but rather by monitoring the spatiotemporal
magnetic field evolution during each individual MRI scan.

1.2 MR experiment and encoding
In an MR experiment object signal is generated by a radio-frequency (RF)
preparation pulse that flips polarized magnetization into the plane that is
transverse to the main magnetic field. This magnetization perpendicular to the
main field precesses around the latter and is the source of the signal detected in a
MR experiment. It is called transverse magnetization, denoted m and precesses
with a frequency proportional to the magnitude of the microscopic magnetic
induction and the gyromagnetic ratio γ of the nucleus. The microscopic
magnetic induction consists of the macroscopic1 magnetic induction B and a
small correction, the so-called chemical shift. The chemical shift experienced by
a nucleus depends on the position and magnetic properties of neighboring atoms
and molecules. Henceforth it is assumed that the chemical shift is accounted for

1

The macroscopic magnetic induction B – measured in tesla [T] - is henceforth called
magnetic induction. It is to distinguish from the magnetic field H – measured in
amperes/meter [A/m]. If the context is unambiguous, B is sometimes simply referred to as
‘field’.
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by suitable adjustment of γ. The Larmor equation that links the precession
frequency and the magnetic induction then reads

ω =γ B .

(1.1)

The signal as acquired in a MR experiment originates from the entire
volume that the detector coil is sensitive to and is encoded by the evolution of
|B|. The signal measured at time t is given by:
t

d (t ) =

∫

m (r , γ ) e

− iγ ∫ B ( r ,τ ) dτ
0

d 3r d γ

(1.2)

volume

where the initial transverse magnetization m(r, γ) is a complex number; the real
part is the component along the x-axis, the imaginary part the component along
the y-axis . Signal preparation varies between imaging sequences; the transverse
magnetization can be the result of a single or also a long series of preparation
pulses. An object can be composed of materials with different NMR active
nuclei or identical ones with a different chemical shift (such as protons in free
water and fatty tissue), each of them having its characteristic γ. This forms the
basis of magnetic resonance spectroscopy. Since the work presented in this text
mainly focuses on magnetic resonance imaging, where differences in γ play only
a minor role, the dependence of the transverse magnetization m(r) on γ will be
omitted.
Other forms of encoding such as by coil sensitivity or selective RF
excitation can be readily incorporated in the picture above as will be explored in
chapter 2. Here, these additional encoding terms are left out for better
readability.
The phase encoding term in Eq. (1.2) is determined by the magnitude of the
total magnetic induction. The |B| encountered in a MRI scan has a number of
contributions of very different nature and whose physical foundations will be
highlighted later. From the signal processing point of view it is desirable to

22
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separate the norm of the magnetic induction, |B|, into a dynamic and a static
component:
∞

B (r , t ) = ∑ cl (t ) fl (r ) + Bstatic (r )

(1.3)

l =0

where the dynamic component is expanded into spatial basis functions fl (r) with
their corresponding coefficients cl (t). The main function of the static magnetic
field is to polarize the atomic nuclei such that macroscopic magnetization, the
source of MR signal, is built up. In conventional MRI the static field is assumed
to be homogeneous in space, which is hardly ever seen in practice. Dynamic
fields – created by currents in gradient coils – are needed to encode the object. A
series of perturbing dynamic fields add up to the prescribed gradient field and
might end up affecting the quality of the reconstructed image. In the following,
these two components of the magnetic induction, Bstatic (r) and Bdynamic (r), are
examined more carefully, by looking at their sources, magnitude and structure in
space, as well as their intended and unintended effects in MRI.

1.3 Static magnetic induction
Sources, orders of magnitude and spatial characteristics
The two sources of the magnetic induction are electric currents and the
materials’ magnetization. Consider the magnetic field HJ produced by the
current J in a superconducting magnet, as they are typically employed in MRI.
The (mostly electronic1) magnetic dipoles of the materials placed in HJ are
polarized and build up a magnetization M according to their magnetic
susceptibility χ (for linear materials2). This magnetization in turn is the source of
1

Nuclear dipoles are typically several orders of magnitude smaller than the electronic ones. In
water the nuclear magnetic moment is about 2000 times smaller than the electronic magnetic
moment.
2

Most materials build up a magnetization that is linear with the polarizing field: M = χ H,
where the magnetic susceptibility χ is typically a small number. For water and human tissue, χ
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a far-ranging magnetic field HM in addition to HJ, altering M in turn and so on.
Details of this mechanism are discussed in chapter 3. The resulting magnetic
induction is then given by B = μ0 (H + M) where H is the total magnetic field
HJ + HM. Even when starting from a perfectly homogeneous HJ, the magnetic

induction B can exhibit substantial inhomogeneities. Usually μ0 HJ is very
homogeneous in space and large; its magnitude ‘B0‘ is on the order of 0.5 to
10 T. Typical magnitudes of the other field contributions will be given relative
to the magnitude of B0. Compared to μ0 HJ, the contribution due to the magnetic
dipoles is small [~ 10-5 B0] and can change rapidly in space depending on the
distribution of its sources. It is convenient to split Bstatic into these two
contributions: Bstatic (r) = B0 + ΔB0 (r), where B0 is dubbed the main field and
ΔB0 (r) the field offset. Changes in ΔB0 (r) are particularly pronounced at
interfaces between materials of substantially disparate magnetic susceptibility χ.
In the body this is the case for air-tissue interfaces or to a lesser extent for tissuebone interfaces. Inhomogeneities in the magnetic induction scale linearly with
the magnetic field strength, posing increasing difficulties in high-field imaging.
Effects in MRI
The rationale of placing the object in a strong B0 field is to (partially)
polarize the nuclei such that they build up nuclear magnetization. It is only
through such polarization that the nuclei and hence the object become
observable with NMR. Once the magnetization is deflected from the direction of
B0 it precesses about the direction of B0 with the frequency ω0 = γ B0 and
generates RF signal that can be picked up by detection coils. Due to the limited
bandwidth of analog to digital converters, the MR signal is demodulated by ω0.

is on the order of 10-5 (in SI units). There are, however, many exceptions such as ‘non-linear’
materials that do not follow this linear law or ‘non-isotropic’ materials whose χ is described
by a tensor. Finally there are materials that exhibit hysteresis, i.e. whose magnetic moment
does not necessarily vanish when H = 0.

24
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This is unproblematic, given that the signal modulation by ω0 does not carry
serviceable information.
The effect of the static field offset ΔB0 is a signal phase exp( − i γ ΔB0 (r) t )
that varies in space and therefore cannot be globally accounted for by
demodulation. Every portion of magnetization accrues a phase according to its
local ΔB0 and the time elapsed since excitation. This phase offset causes signal
misinterpretation when assuming that only gradient fields affect the phase.
Without correction this leads essentially to image warping in Cartesian scans
(when signal is only acquired in one direction, e.g., excluding EPI) due to a local
shift of the point spread function (PSF). In spiral or radial scans the PSF is
smeared out, causing blurring that is particularly pronounced for long readouts
and when ΔB0 is large. Another, more troublesome effect is signal de-phasing,
where the transverse magnetization inside a voxel acquires phase differences on
the order and above 2π, such that the signal stemming from this voxel cancels
out and is lost. Signal de-phasing can be partially recovered in spin echo (SE)
imaging, but not in gradient echo (GRE) imaging.

1.4 Dynamic magnetic induction
Sources, orders of magnitude and spatial characteristics
Dynamic magnetic induction has the same types of sources as its static
counterpart. It is again dominated by components that carry large electric
currents. The currents flowing in the gradient coils create a magnetic induction
[~ 10-2 B0] that by design is mostly linear in space, but often also exhibits slight
higher (2nd, 3rd) order components inside the imaging volume. Apart from the
prescribed gradient fields there are a number of further current-driven dynamic
field perturbations: Switching gradient currents induce eddy currents in all
conducting structures that share a mutual induction with the gradient coil,
including the gradient coils themselves. These eddy currents create fields
25
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[~ 10-2 B0] in addition to the intended gradient field. When the gradient coils
heat up, the mutual coupling between different gradient channels changes,
involving altered relative delays. Also, if the current J changes its path, e.g.,
when the cryostat is slightly compressed due to a pressure change, HJ and the
corresponding magnetic induction change. Other deviations from the prescribed
dynamic fields are due to unknown gradient chain delays, finite fidelity of
gradient amplifiers, and manufacturing variability of gradient coils. In a typical
MRI experiment (e.g. a head scan), the current sources of the dynamic magnetic
induction are located at some distance of the object and hence are of relatively
low order in space.
Magnetic dipoles, the ones responsible for the static field inhomogeneities,
are another source of dynamic fields. That is when the magnetic dipoles are in
motion. If a patient breathes or moves a limb, the changing magnetic
susceptibility distribution causes dynamic changes in B [~ 10-5 B0]. Such field
changes have been noticed in MR spectroscopy at high fields [Katz-Brull2004,
Ebel2005]. In the region where the motion takes place this can lead to drastic
focal field changes, whereas the generated perturbations are of low spatial order
when being located at some distance from the moving object. Temperature
changes in passive shim elements (‘shim irons’) which can give rise to changes
in magnetic susceptibility, leading to a low-order field drift that is particularly
pronounced in scans with a high gradient duty cycle.
There are small terms of |B| that change fast, in both space and time.
However, as discussed in chapter 5, their phase effects are negligible in most
MR experiments.
Effects in MRI
Gradient fields are fundamental in MRI since they encode the spatial object
information in the signal frequency and phase. Reliable knowledge of the

26
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evolution of these gradient fields permits recuperation of the spatial object
information.
Dynamic field contributions other than the prescribed gradient fields are
undesired. Their effects can be split into two groups. One kind of perturbation
causes phase incoherence that spoils the NMR signal in such a way that cannot
be recuperated by means of signal processing. An example is improper gradient
re-phasing in balanced (SSFP) sequences which spoils the steady state condition
and infers signal loss. Long-lived gradient eddy currents can lead to (throughplane) de-phasing in imaging and spectroscopy or reduce the information
content by altering the covered k-space area.
The second, more benign kind of field aberrations, leads to image artifacts
that can be corrected for if the underlying field errors are known. The related
image artifacts are multifaceted and depend on the acquisition and
reconstruction strategy. A survey of only the most common ones shall be given:
Gradient delays lead to the rotation of images obtained with spiral readouts and
ghosting of EPI images. Ghosting designates the repeated occurrence of shifted
versions of the image. In EPI, gradient delays lead to ghosting in the phase
encoding direction due to incoherent k-space traversals. A drifting main field
shifts EPI images in the phase encode direction, a phenomenon often observed
in gradient intensive fMRI imaging. In spiral and radial scans the same field
shifts can lead to severe image blurring. Strong eddy currents – encountered in
diffusion imaging as a reaction to the strong diffusion gradients – commonly
lead to skewed images.

1.5 Suppression and determination of field contributions
Suppression of static field perturbations
Static field perturbations may be reduced by adopting hardware (HW)
measures. In MRI this approach is referred to as ‘shimming’. Shim coils enable
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active shimming; a procedure that needs to be repeated for every patient. Shim
coils typically create fields that are efficiently spanned by the basis of spherical
harmonics [Romeo1984]. In state-of-the-art human MRI scanners shim coils
allow for corrections of up to the 3rd order in spherical harmonics. For
compensating higher order inhomogeneities, passive shims can be employed
[Wilson2002]. Passive shimming is done by pieces of material of suitable
magnetic susceptibility and shape. Both active and passive shimming are
imperfect means of addressing field inhomogeneities caused by sources inside
the object to be imaged. Perfectly counterbalancing such sources would require
shim sources inside the object, which is usually not possible.
Signal loss due to de-phasing (as caused by static field inhomogeneities)
can be limited by using SE sequences or short readouts, a strategy that is
frequently pursued. The spatial misinterpretation caused by a static field induced
phase can finally be tackled by the image reconstruction as discussed in
chapter 2.
Determination of static fields
The magnitude of the main magnetic induction B0 is usually determined in
a preparation scan: after selective excitation of some central part of the object
the signal is acquired in the absence of gradient fields.
The determination of ΔB0 (r) is more intricate. In principle, ΔB0 could be
determined from its sources, i.e. the 3D distribution of magnetic susceptibility, if
the latter is known [Marques2005]. However, the measurement of the
susceptibility distribution is an unresolved problem. For this reason static field
maps are determined by its effect on the image phase. Scans with two different
echo times (TE) are acquired and their phase difference is translated into a map
of the static field [Maudsley1984, Sekihara1985]. A problem with this method is
that lipid MR signals need to be suppressed. Otherwise a phase accrued due to
static field aberrations ΔB0 cannot be distinguished from a phase due to
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chemical shift, the γ-difference of, e.g., water and fat. A proper fat suppression
requires a good shim which cannot always be achieved. In the presence of
species with different chemical shift more than two scans with different TE can
help to disentangle static field from chemical shift [Glover1991]. The precision
of this method is limited by the broad fat spectrum and its T2* different from the
one of water.
Another difficulty in ΔB0-mapping with MRI is that the most critical
regions (where ΔB0 changes quickly, i.e. in the neighborhood of air or bone)
often suffer from partial volume effects. The signal of such interface-voxels is
inherently weaker than from a ‘fully filled’ voxel. Since a typical MRI point
spread function (PSF) is far from a perfect Dirac peak, the signal leaking in from
neighboring pixels can change the pixel phase significantly. Finally, ΔB0 can
jump at tissue boundaries, because the magnetic induction B normal to the
interface is continuous and hence the tangential component must jump, given the
different magnetizations of the two compartments [Jackson1998]. Such jumps
confound the phase in pixels at the interface and impede low pass filtering of the
ΔB0-map, which would improve the SNR. Robust and accurate mapping of ΔB0
remains an open problem that has not been approached in the scope of this
thesis.
Suppression of dynamic field perturbations
A state-of-the-art MR system is built such that the actually produced
dynamic fields closely follow those prescribed by the sequence used. The
engineering of MRI systems and, especially, of gradient hardware has advanced
continuously over the past decades. It was revolutionized by the introduction of
gradient

shielding,

which

substantially

reduces

eddy

current

effects

[Mansfield1986]. The shielding approach is typically accompanied by gradient
pre-emphasis [Jensen1987, Papadakis2000] and numerous further measures of
performance optimization. As a result, gradient systems are much more reliable
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today than they were in earlier days of MRI. Nevertheless, residual hardware
imperfections remain and continue to hamper advanced MRI methods.
One way of addressing the remaining system limitations is by designing
gradient sequences such that eddy current effects are minimized or inherently
canceled ([Ahn1991], [Zhou1998], [Elshafiey2002], [Wider1994], [Reese2003],
[Alexander1997]). This approach is limited to suitable types of sequences and
often reduces the flexibility of choosing sequence parameters.
Determination of dynamic fields
Various groups have proposed ways of measuring eddy current effects
([Ordidge1986], [Crozier1992], [Block1997], [Gurney2005]) and effective
k-space

trajectories

[Lee1996],

([Onodera1987],

[Duyn1997],

[Mason1997],

[Boesch1991],

[Takahashi1995],

[Papadakis1997],

[Alley1998],

[Börnert1999], [Josephs2000], [Beaumont2007]) in a calibration scan on a
phantom or in-vivo. While being quite successful, such calibration methods
ultimately yield only approximations of the field evolution present in the
eventual scan, for two main reasons. Firstly, to extract calibration data they
require changes to the gradient sequence and/or the experimental setup, which
will generally cause differences in gradient and eddy current behavior.
Secondly, separate calibration measurements are inherently incapable of
revealing effects that do not reproduce identically with each run of the sequence.
Particularly, they miss longer-term field drifts, heating effects, and field changes
caused by the subject, e.g., by breathing. A further downside of separate
calibration measurements is the additional time that they require.
The present work aims to overcome these limitations, i.e., to measure
actual dynamic field evolution without requiring it to be reproducible and
without taking additional scanning time. The method capitalizes on the
discussed property of the dynamic fields encountered in MRI: they are of
relatively low order in space, at least over a typical imaging region. This
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circumstance allows the series expansion in Eq. (1.3) to be truncated after a few
terms which in turn opens up the possibility to fit the magnetic induction over
the imaging region from the knowledge of the magnetic induction in a few
positions around it. The (integral over the norm of the) magnetic induction is
measured by an array of miniature field probes that are operated simultaneously
with the imaging scan but do not interfere with it ([Pruessmann2005],
[DeZanche2005], [DeZanche2006], [Barmet2008], [Barmet2009]), chapters 5
and 6.

1.6 Outline
Chapter 2 provides a brief introduction to MR image reconstruction,
discussing the conventional reconstruction approach as well a more general
modern strategy. This chapter is intended to illustrate the possibility and
limitations of correcting for known perturbations of a nominal encoding scheme.
The construction of NMR probes for dynamic magnetic field measurements
is discussed in chapter 4. A fundamental requirement of such probes is that they
sustain phase coherence over long acquisition intervals. This is possible only
with highly homogeneous static magnetic induction inside the probe samples,
which can be attained with passive shimming. The latter can be achieved by
tuning the magnetic susceptibilities of probe materials.
To facilitate the choice and susceptibility tuning of probe materials,
chapter 3 introduces a MRI susceptometry method that enables high-precision
susceptibility measurements of solid, liquid and gaseous samples. It is used in
the construction of the NMR probes as presented in chapters 4 and 6.
Magnetic field monitoring as such is described in chapter 5. Phase
measurements with a small number of NMR probes are performed
simultaneously with the actual imaging scan. From the NMR probe phases a
field model is fitted to reveal the spatiotemporal magnetic field evolution inside
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the object. On the basis of these fitted fields images are reconstructed that were
acquired with EPI, spiral and conventional spin-warp trajectories.
Magnetic field monitoring with externally excited receive-only NMR
probes has certain limitations, which especially hamper in-vivo applications. In
chapter 6 it is shown to be advantageous to isolate the monitoring experiment
from the actual imaging scan with respect to RF. The chapter describes a
monitoring system based on RF-shielded transmit/receive NMR probes that
implement this separation. It renders field monitoring substantially more flexible
and robust, enabling routine in-vivo uses, as demonstrated by first in-vivo
monitoring results.
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Image Reconstruction
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2 Image Reconstruction

2.1 The various terms of signal encoding
During an MRI experiment the object information is encoded to a vector of
signal samples. The goal of the image reconstruction is to decode this signal,
resulting in an image that is a copy of the original object. This mapping from the
object to the image space involves two stages: the encoding MR experiment and
the decoding image reconstruction. For reliable mapping there is a key
requirement in every stage. The encoding needs to be well conditioned, or else
minor perturbations in the data will lead to major image artifacts, whereas the
decoding needs to be based on correct assumptions regarding the encoding
terms, otherwise one cannot expect the image to be a faithful copy of the object.
This chapter sheds light on conventional and advanced image
reconstruction and the encoding terms they can cope with.
Consider a typical encoding as experienced by the transverse object
magnetization during an MRI scan. Let nK denote the number of samples
(1,…, κ,…, nK) acquired in k-space, using an array of nΛ coils (1,…, λ,…, nΛ),
having the complex spatial sensitivities sλ(r). Be the magnitude of the magnetic
induction given by |B(r, t)|. Then a sample value d obtained from the λth coil at
the κth position in k-space is given by:
t

d λ ,κ = ∫ m(r ) sλ (r ) p (r ) e

− iγ ∫ B ( r ,τ ) dτ −tκ / T2* ( r )
0

d 3r d γ

(2.1)

V

where m is the transverse object magnetization resulting from tissue and
sequence parameters. A potential signal modulation due to RF encoding is
denoted by p(r) and signal loss due to de-phasing is incorporated by the
amplitude term exp(−t / T2* ) . The detector coils integrate the signal over the

entire volume V they are sensitive to. Using the field expansion of Eq. (1.3) the
κth sample value of coil λ reads:
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d λ ,κ = ∫ m(r , γ ) sλ (r ) p (r ) e

t
L −1
⎡
⎤
− iγ ∫ ⎢ Bstatic ( r )+ ∑ cl ,κ fl ( r ) ⎥ dτ −tκ / T2* ( r )
⎥⎦
3
l =0
⎣
0 ⎢

d r d γ . (2.2)

V

Any system of basis functions fi (r) is admitted in the expansion of the
dynamic field term. In the MRI context the basis of spherical harmonics is the
most appropriate [Romeo1984]. This basis is used throughout this work in
Cartesian coordinates. Limiting the field model to the 0th and 1st order, as usually
done in MR imaging, the spherical harmonic basis functions are f0 = 1, f1 = x,
f2 = y, and f3 = z. Then the encoding equation (2.2) reads:
d λ ,κ = ∫ m(r ) sλ (r ) p(r ) e

− i ⎡⎣γ B0 tκ +γ ΔB0 ( r ) tκ +φ 0,κ + kκ ⋅r ⎤⎦ −tκ / T2* ( r ) 3

d r dγ

(2.3)

V

t

where the position in k-space kκ = k (tκ ) is defined by k (t ) = γ ∫ G (τ ) dτ such
0

t

⎡ 3
⎤
that k (t ) ⋅ r = γ ∫ ⎢ ∑ cl (τ ) fl (r ) ⎥ dτ . The B0-phase, the 0th order component of
⎦
0 ⎣ l =1
t

the dynamic field expansion, is given by φ 0 (t ) = γ ∫ c0 (τ ) f 0 dτ . As the MR
0

signal acquired by the spectrometer is directly demodulated by the demodulation
frequency ω0 = γ B0, the phase term due to the main magnetic field,

exp(−i γ B0 t ), is omitted in the following.
Equations (2.1-2.3) are discrete in the time domain, but continuous in
space. For formulating the encoding as well as the reconstruction problem in
terms of linear algebra, it is useful to discretize the encoding equation also in the
spatial domain. Choosing a suitable spatial grid with grid points rρ and defining
the encoding matrix
E( λ ,κ ), ρ = sλ (rρ ) p (rρ ) e

− i ⎡⎣γ ΔB0 ( rρ ) tκ +φ0,κ + kκ ⋅rρ ⎤⎦ −tκ / T2* ( rρ )

(2.4)

Eq. (2.4) can be rewritten as:
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d λ ,κ = ∑ E( λ ,κ ),ρ m ρ

(2.5)

ρ

where the discrete magnetization vector m has nP entries mρ, the object
magnetization in rρ; be m a column vector. Note that by adjusting nP, the
equation can be discretized to an arbitrarily fine degree. Omitting the indices,
Eq. (2.4) writes

d = Em.

(2.6)

2.2 Signal decoding – image reconstruction
Starting from Eq. (2.6), the reconstruction problem consists of finding a
reconstruction matrix F such that the reconstructed image
mrec = FE m

(2.7)

is a meaningful copy of the object. FE is sometimes called spatial response
function (SRF) matrix since the nth row of FE is the discrete SRF of the nth pixel.
Ideally the SRF is one in the position of the voxel to be reconstructed and zero
elsewhere. Since every sample in m should be reconstructed to a different voxel
in mrec, consecutive SRFs are shifted, and the ideal FE-matrix takes the form of
the identity matrix  . This approach of finding the reconstruction matrix F will
be resumed towards the end of the chapter. First, conventional techniques of
image reconstruction are introduced together with the encoding matrix that they
assume for decoding. But before performing an actual reconstruction, the most
benign encoding term, the B0-phase, shall be removed from the data.

Correction of the B0-phase term
The correction of the B0-phase term (cf. Eq. (2.4)) is straightforward, since
it is restricted to the time domain and has no spatial dependence. A
multiplication of the measurement data with the conjugate B0-phase corrects for
it:
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Φm

(2.8)

where the diagonal matrix Φ contains the conjugate B0-phase: Φκ ,κ = e

+ iφ 0 ( tκ )

.

In principle this is a demodulation by a time varying frequency.

Fourier reconstruction including gridding
In conventional Fourier imaging the encoding matrix is assumed to be
E( λ ,κ ), ρ = e

− i kκ ⋅rρ

(2.9)

using mere plane-wave encoding by the gradient fields; the k-space formalism
[Twieg1983] affords a geometrical interpretation of this matrix. As a
consequence of Eq. (2.9), image encoding is a pure Fourier transform and image
reconstruction reduces to an inverse discrete Fourier transform (IDFT):
mrec = IDFT (W d ).

(2.10)

For non-Cartesian k-space trajectories – where the density of k-space
sampling is uneven – a density correction by k-space weights is necessary. The
diagonal matrix W contains a weight for every k-space sample. The weight
corresponding to a sampling point has a value that roughly corresponds to the
inverse of the k-space sampling density. The goal of the density correction is to
achieve a sharp point spread function (PSF). Several heuristic approaches for
finding these weights have been proposed ([Hoge1997], [Pipe1999],
[Rasche1999]), and in general the weights are complex numbers. For Cartesian
sampling, W is the identity matrix. The computational effort coming along with
a straightforward discrete Fourier transform is enormous; the number of
operations is on the order of nP2. Thus it is attractive to replace it by a fast
discrete Fourier transform (FFT) that only takes on the order of nP log(nP)
operations. FFTs work on a Cartesian grid, hence they are straightforward to
apply on Cartesian k-space trajectories. Otherwise, the sample values must be
interpolated to Cartesian k-space positions. This interpolation step is usually
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performed by gridding ([Jackson1991], [Beatty2005]), which leads to the
Gridding-Fourier reconstruction:
mrec = IFFT ⎡⎣G (W d ) ⎤⎦

(2.11)

where IFFT denotes the fast discrete inverse Fourier transform and G denotes
gridding. Mere (Gridding) Fourier reconstruction is limited to datasets with fully
sampled k-space that rely exclusively on gradient fields for spatial encoding.
More sophisticated reconstruction methods allow for incorporation of additional
terms of the encoding matrix (2.4). A method that takes into account ΔB0 (r) and
mono-exponential amplitude loss is now introduced.
Conjugate phase reconstruction including amplitude de-phasing

In this case, the encoding matrix includes a phase term due to static field
inhomogeneities and an amplitude term due to de-phasing:
E( λ ,κ ), ρ = e

− i ⎡⎣ kκ ⋅rρ +γ ΔB0 ( rρ ) tκ ⎤⎦ −tκ / T2* ( rρ )

.

(2.12)

In conjugate phase reconstruction [Maeda1988], the measurement data is
corrected by the conjugate phase of the field offset term, hence its name. It is
easily extended by an inverse amplitude term, correcting for amplitude loss. On
thus prepared data, Gridding-Fourier reconstruction is performed:
mrec (rρ ) = IFFT ⎡⎣G (W O d ) ⎤⎦
where the diagonal matrix Oκ ,κ = e

i γ ΔB0 ( rρ ) tκ +tκ / T2* ( rρ )

(2.13)
contains the conjugate

phase and amplitude correction term of voxel rρ. From the full image
reconstruction in Eq. (2.13) only the voxel rρ – whose encoding term was
undone – is picked out and the reconstruction is continued for all other voxels.
Performing nP Gridding-Fourier reconstructions makes the conjugate-phase
reconstruction prohibitively slow. To speed it up, reconstructions have been
proposed where the conjugate phase is segmented either in the time or the
frequency domain ([Noll1991], [Noll1992]). Multifrequency interpolation (MFI)
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[Man1997] is an even faster related algorithm that expands the conjugate phase
into a series of L frequencies ωl that span the objects offset range:
L −1

ei ω t ≈ ∑ bl (ω ) ei ω l t

(2.14)

l =0

where the coefficients bl minimize the least squares error in Eq. (2.14) over all
acquisition times t and offset frequencies ω present in the imaged object. Similar
to the conjugate phase term that makes up for static field induced phase errors,
an amplitude correction can be included. To correct for mono-exponential signal
decay, the inverse of the encoding term exp(-t/T2*) is applied to the measurement
data. This inverse term is expanded in a way identical to MFI:
e

t / T2*

Q

= ∑ uq (T2* ) e

t / Tq

(2.15)

q =1

where the time constants Tq span the T2* range involved. Consequently terms that
vary in time, exp(t /Tq), are separated from terms that vary in space, uq, which
allows for an efficient insertion of the conjugate phase term into a GriddingFourier reconstruction:
Q

L

(

)

mrec (r ) = ∑U q ∑ B l IFFT ⎡G W Ωl Y q d ⎤
⎣
⎦
q =1

l =1

(2.16)

with the diagonal image domain matrices Bρl ,ρ = bl (rρ ), U ρq ,ρ = uq (rρ ) and the
diagonal time domain matrices Ωκl ,κ = e + iωl tκ , Yκq,κ = e

+ tκ / Tq

. Since L and Q are

reasonably small numbers (typically on the order of 10), MFI reconstruction is
an efficient implementation of the conjugate phase approach. It works well if the
field offset varies slowly in space. In regions where Δω0 is steep, the conjugate
phase approximation breaks down. Consider two neighboring voxels (1 and 2)
with substantially different off-resonance values Δω0. If the data are
demodulated according to Δω0(r1), the neighboring voxel is off-resonant by
Δω0(r1) − Δω0(r2) and has an accordingly broadened PSF that overlaps with
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voxel 1. Therefore a signal contribution from voxel 2 adds up to the one in
voxel 1, leading to errors as intensity distortions. This results from the fact that a
conjugate phase reconstruction does not aspire FE =  , it rather sets the
reconstruction matrix F = EH. A more general reconstruction approach that also
copes with situations of steep Δω0, will be presented in the next paragraph.
Inversion of the encoding matrix E
Applying the Hermitian adjoint of the encoding matrix (EH) to the data
vector not only fails to deliver a faithful image in the event of steep Δω0. Also in
case of sub-sampled k-space data, EH m yields an image corrupted by some sort
of aliasing artifacts. Combining the two situations deteriorates the situation even
further.
In this paragraph a general reconstruction approach is presented that can
cope with such situations. Instead of applying the Hermitian adjoint of the
encoding matrix, the pseudo-inverse of the encoding matrix (E+) is applied to the
data. A benefit of this strategy is that arbitrary encoding terms can be integrated
into the encoding model while the reconstruction accounts for all these terms in
a simultaneous manner. For instance sensitivity encoding can be combined with
the correction of static field offset terms [Barmet2005]. A consecutive approach
of sensitivity decoding followed by field-offset correction or vice versa would
not lead to a successful image reconstruction.
The main obstacle of this approach is the enormous size of E (nΛ ⋅ nK x nP),
hence the challenge is to efficiently compute the solution:

(

mrec = E H E

)

−1

E H d.

(2.17)

It was proposed to invert EHE iteratively [Pruessmann2001] using a
CG-algorithm [Golub1996] which converges after a few iterations for
reasonably well conditioned problems. Therefore solving Eq. (2.17) boils down
to multiple multiplications of E and EH with some intermediate vectors; in doing
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so the inverse (EHE)-1 is neither explicitly computed nor stored. Be v an imagedomain vector of the same dimensions as m. When assuming the following
encoding matrix
E( λ ,κ ), ρ = sλ (rρ ) p (rρ ) e

− i ⎡⎣γ ΔB0 ( rρ ) tκ +φ 0,κ + kκ ⋅rρ ⎤⎦ −tκ / T2*

(2.18)

an efficient implementation of E v is given by
⎛ L
Φ H ⎜ ∑ Ωl
⎜ l =1
⎝

H Q

( ) ∑( )
Yq

H

G

H

q =1

( ) ( )

⎡
⎛ λ
q
⎢⎣ FFT ⎜⎝ S P U

H

Bl

H

⎤⎞
v ⎟⎞ ⎥ ⎟
⎠ ⎦ ⎟⎠

(2.19)

with the diagonal matrices S ρλ,ρ = sλ (rρ ), and Pρ ,ρ = p(rρ ) . The reverse gridding
step G

H

performs an interpolation of the sample values on a Cartesian grid to a

non-Cartesian grid ([Rasche1999], [Pruessmann2001]).
Similarly EH d is efficiently computed by
nΛ

∑(S )
λ =1

λ H

P

H

Q

L

∑U ∑ Bl IFFT ⎡⎣G ( Φ Ωl Y q d )⎤⎦.
q =1

q

(2.20)

l =1

Alternatively, the B0-phase can be taken care of by one initial
demodulation, as mentioned in Eq. (2.8). Contrary to the Gridding Fourier
reconstruction based methods (2.10, 2.16), no weights are needed in (2.20). This
is due to the fact that (2.19) and (2.20) are naïve clones of the actual encoding
matrix E and its’ Hermitian adjoint, as required by (2.17). In (2.10, 2.16)
however, the operation F applied to d is complemented by the (heuristic)
weighting matrix W such that FE is a better approximation of  .
Control of noise- and artifact power
Every measurement sample d°l,k not only contains encoded image
information (E m l,k), but also noise stemming from the object and the detection
coil circuitry (h l,k). Alongside the ‘pure’ object signal (E m) also the noise
contribution (h) is reconstructed. In case the reconstruction greedily minimizes
the image artifact (i.e. finding the F such that FE =  ), it might well be that noise
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is amplified to intolerable levels. Hence it is necessary to regularize the
reconstruction, optimally having the possibility of weighting the power of
reconstructed noise versus the power of remaining image artifact.
To quantify signal artifact, we have a closer look at Eq. (2.7). The mapping
FE (the spatial response matrix) determines how the object signal is projected
onto the image pixels. Image artifact can be defined as the difference between
FE and a target SRF matrix T. A typical choice for T is the identity matrix.
Moreover the difference (FE − T) can be weighted by an arbitrary linear mapping
A which allows for weighting the image artifact individually for every voxel.
An optimal reconstruction matrix minimizes a weighted sum Δtot of
reconstructed noise power and image artifact on a pixel by pixel basis:
H
Δtot = α ⎡⎣ F ΨF H ⎤⎦ + ⎡( FE − T )θ ( FE − T ) ⎤
⎣
⎦

(2.21)

where Ψ is the noise covariance matrix [Pruessmann1999] and θ = AAH is the
image covariance matrix; the reconstructed noise power is scaled by a scalar α.
The following reconstruction matrix F minimizes this cost function
[Pruessmann2004]:

(

)

+

F = Tθ E H Eθ E H + α Ψ .

(2.22)

A priori the image covariance is unknown, hence θ can be set, e.g., equal to
the support of the image that might be known from preparation scans. A more
advanced option is to set θ equal to the diagonal of (mrec mrecH) where mrec
results from a first reconstruction. θ can thus be refined iteratively. For reasons
of computational efficiency θ should preferably be diagonal.
Figures 2.1 and 2.2 depict the implementation of the iterative algorithm
(2.22) that solves the encoding problem as given by (2.18), neglecting the
magnitude term [Barmet2005].
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2.3 Conclusion
The described iterative reconstruction algorithm can cope with a large
number and variety of encoding terms, cf. Eq. (2.18). When performing an
image reconstruction on a measured dataset two fundamentally different
situations are encountered.

Fig. 2.1: The computation of the pseudo-inverse in Eq. (2.22) is accomplished
by using the conjugate gradient (CG) method. In every iteration it determines
the k-space vector that is multiplied by

( Eθ E

H

+α Ψ

)

+

( Eθ E

H

)

+ α Ψ . After convergence

d is multiplied by Tθ E H , resulting in the image. The single

coil E and EH are efficiently evaluated by the multifrequency interpolation, for
details cf. Fig. 2.2.
In the first situation the image reconstruction fails to return a proper image,
since essential information was never acquired. Prominent examples include
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signal de-phasing or pathological k-space sampling. The fundamental lack of
information manifests itself in an ill conditioned encoding matrix. Its inversion
must be heavily regularized, which might lead to major image artifacts. In these
situations there is no way around changing the acquisition strategy such that the
encoding terms generate a reasonably well conditioned encoding matrix.
The second situation is encountered more often in MR-experiments: the
image reconstruction fails to return a decent image since the encoding terms and
in particular the spatiotemporal field evolution are not known with the required
accuracy. Then the encoding matrix assumed for reconstruction is erroneous and
the reconstruction fails not due to ill conditioning but due to misinterpretation of
the data. The resulting images may show a variety of defects that reduce or
corrupt anatomical and physiological information. Prominent examples are:
i) The analysis of time series – such as fMRI scans – is aggravated by slow
dynamic field changes that lead to image shifts (EPI) and artifacts: increased
EPI ghosting, spiral blurring, etc.
ii) Image skewing as a response to eddy currents caused by strong diffusion
gradients hampers image fusion and subsequent computation of diffusion values
or tensors. Given that the images for different diffusion directions suffer from
individual skewing, image combination leads to a loss in resolution.
iii) Image phase errors in phase contrast imaging lead to erroneous
quantification of flow and motion.
iv) Images that are acquired with different scanning strategies (EPI, spiral,
radial, FFE, etc.) are geometrically inconsistent if dynamic and static fields are
not known precisely. Reconstruction strategies that rely on prior knowledge
(such as coil sensitivity maps or ΔB0-maps) are particularly affected since static
field information is often gathered using conservative scan strategies (FFE)
while the actual scans are acquired using more advanced schemes (EPI, spiral,
etc.). Slow dynamic field changes such as field drifts also lead to inconsistency
with the prior knowledge.
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In all these situations image reconstruction would greatly benefit from a
more accurate description of the effective encoding process and particularly of
the actual spatiotemporal field evolution. This reasoning was the motivation for
the technical and methodological developments described in the following
chapters, aiming to monitor the magnetic field evolution during each individual
MR scan.

Fig. 2.2: The MFI allows for an efficient evaluation of the static field offset term
exp(+i γ Δω0(r) t). Blending spatial and temporal dependencies, this phase term
eludes a simple correction in either k-space or image domain.
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Chapter 3

High Precision MRI Susceptometry
of Solid, Liquid and Gaseous Samples
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3.1 Magnetic susceptibility and susceptometry
Magnetic susceptibility plays a prominent role in both NMR and MRI.
Controlling the susceptibility of external materials is essential when bringing
them close to or into the sample under investigation (e.g. RF coils, sample
holders, implants, interventional devices). Susceptibility effects can also be
exploited and deliberately introduced, e.g., in functional brain MRI with blood
oxygenation contrast and with T2* contrast agents. The magnetic volume
susceptibility1 of materials used in MR ranges typically from -9 ppm (water and
tissue) to + 21 ppm (aluminum) with much larger values only for contrast
agents. Note that susceptibility values are given in SI units, which are
exclusively used in this text. They describe the magnetization behavior of these
materials in static external fields or in fields of low frequency. At higher
frequencies, e.g. at the radiofrequencies (RF) used in MR, susceptibility
becomes frequency-dependent. However, high-frequency susceptibility is of less
concern in MR because the RF fields used are much smaller in amplitude than
the static main field and the low-frequency gradient fields.
Many early and common methods of magnetic susceptometry rely on the
force or the torque experienced by a sample when brought into a magnetic
gradient field [Felten1980] [Davis1993]. Magnetic susceptometry by measuring
magnetic force is widespread to the present day. A second group of
susceptometry methods rely on the measurement of the magnetic field in the
vicinity of a magnetized sample by any kind of magnetometer. The
magnetometers used employ various mechanisms and sensors such as
superconducting quantum interference devices (SQUID), Faraday induction,
flux gates, magneto-resistance, the Hall effect, magneto-optical effects,
1

The magnetic susceptibility χ is unit-less. Since χ is very small in many materials, it is often
quoted in ‘ppm’ (= 10-6). Some texts use the cgs-unit which can be converted as follows:
χ [SI] = 4 π χ [cgs].
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magneto-elasticity, among others [Fiorillo2004, Ripka2001]. Exploiting its high
sensitivity to susceptibility effects NMR itself has also been used for measuring
the susceptibility of solutes, liquids and solid state samples [Zimmerman1957],
[Engel1973],

[Fuks1992],

[Hopkins1997],

[Zens1985],

[Doty1998],

[Hoffman2006].
Many of these magnetic susceptometry methods are well established and
reliable but also exhibit certain limitations and difficulties. Simple methods are
often limited in precision, while more sophisticated approaches require
advanced instrumentation and complex experimental setups. Many methods are
also limited with respect to the variety of suitable sample materials. For MR
research and development it is therefore desirable to be able to perform highprecision susceptibility measurements with a simple method that involves only
the common MR equipment.
In response to this need a variety of MRI-based susceptometry methods
have been proposed in the past [Weisskoff1992], [Holt1994], [Beuf1996],
[Wang1999], [Li2001], [Li2003], [Fernandez-Seara2006]. A common difficulty
of these methods is rooted in the fact that they rely on precise knowledge of the
sample geometry for calculating magnetic fields or demagnetization factors
[Weisskoff1992],

[Holt1994],

[Beuf1996],

[Li2001],

[Li2003].

While

[Fernandez-Seara2006] assumes perfectly cylindrical geometry of a blood
vessel, [Wang1999] requires the knowledge of the angle between a material
interface and the direction of the main field. Some of these methods require
NMR signal from the sample for extracting geometry or phase information
([Weisskoff1992],

[Holt1994],

[Wang1999],

[Li2001],

[Li2003],

[Fernandez-Seara2006]). One of them relies specifically on examining material
interfaces [Wang1999], which is hampered by partial volume effects. The
methods reported in ([Li2001], [Li2003]) assume that the phase observed in MR
images is a solution of the Laplace equation. These methods also involve the

49

3 High Precision MRI Susceptometry
strong requirement that the image phase is measured on a shell of homogeneous
susceptibility around the sample.
Requirements concerning the geometry of a susceptometry setup are a
major practical complication and, when unmet, limit the accuracy of the
measurement. Measuring or strictly prescribing the geometry of a sample and
setup is difficult and time-consuming. Many sample materials of interest do not
yield an NMR signal in the accessible frequency range or exhibit complicated
NMR spectra. Modeling the phase of an MR image as a solution of the Laplace
equation is appropriate only if the net magnetic induction is strictly parallel
throughout the imaged region. This assumption can be substantially violated in
an extended experimental setup. And finally, the elaborate computation of
magnetic fields and demagnetizing factors and the solution of boundary
problems are numerically demanding.
In response to these issues the present work proposes a novel method of
MRI susceptometry that achieves high precision with minimal geometric
constraints and simple image acquisition and processing. The new method
overcomes many of the complications of previous approaches by the use of two
reference materials of known susceptibility. It is feasible on standard MRI
instruments and accommodates a large variety of solid, liquid, and gaseous
materials irrespective of their NMR properties.

3.2 Magnetic induction and magnetic field
Principle, setup and measurement entity
When placed in a magnetic field H, a sample of non-zero magnetic
susceptibility χ changes the magnetic field inside itself and in its surrounding as
a consequence of the magnetization that is built up in the sample as a reaction to
the external field. If the sample is homogeneous the reaction field has a spatial
pattern that is characteristic of the sample shape. Another homogeneous sample
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of identical shape but different χ creates a reaction field with the same spatial
variation but of different amplitude, which is indicative of its relative χ. This
concept forms the basis of the proposed method for magnetic susceptibility
measurement and is formalized in the following [Vlassenbroek1996],
[Landau1984].
The subsequent analysis addresses static macroscopic magnetic fields, i.e.
it neglects field variations on the molecular scale that are reflected by the
chemical shift. The macroscopic magnetic induction B has two sources:
i) electrical currents described by the current density J and ii) the magnetization
M, i.e. the magnetic dipole moment per unit volume:

B (r ) =μ0 ( H (r ) + M (r ) )

(3.1)

where the magnetic field H is given by:
H (r ) =

1 J (r ') × (r − r ')
dv ' − ∇U (r )
4π V∫
r −r'3

(3.2)

with the magnetic scalar potential U:
U (r ) =

1
(r − r ')
M (r ')
dv '
∫
4π V
r −r'3

(3.3)

The first term of the magnetic field (3.2), which shall be called HJ, in the
following, is driven by the currents J. The second term, -—U, reflects field
contributions from magnetic dipoles distributed in space and vanishes only in
indefinitely extended samples or samples of very specific geometry
[Osborn1945], [Stoner1945]. H is the (magnetically) polarizing force to which
materials react by creating a magnetization M.1 In isotropic and linear materials,
the magnetization M is proportional to the local field, M = χ H, the
proportionality factor being the magnetic susceptibility χ ∈ [ −1, ∞ ] . Unlike the
magnetic field H, the magnetic induction B contains both a distance contribution
-μ0—U and a direct contribution μ0M of this magnetization. It is important to
1

Or changing M in case of hard magnetic materials whose magnetization M does not
necessarily vanish when H = 0, depending on the materials history.
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note that H and M influence each other mutually via Eqs. (3.2) and (3.3), and
via the linear law of magnetization. This interdependence constitutes the key
difficulty of computing B. However, in the following it is shown that a very
good approximation of B can be readily found for the MRI situation considered
here.

Fig. 3.1: Robust and reproducible sample positioning is guaranteed by a setup
that tightly clamps the sample holder, a glass vial in this case. Additionally, a
flag attached to the glass vial allows for a well defined and repeatable
orientation of the vial. This setup is mounted on a strong PMMA ground plate
that is taped down in the scanner bore. For optimal SNR, the detection coil is
mounted in the imaging plane.
The current in the (usually superconducting) main field magnet generates
the field HJ into which the measurement setup (Fig. 3.1) is placed. In this
consideration the entire MRI system is regarded as part of the setup, excluding
only the material sample to be examined. In response to HJ the setup builds up a
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magnetization Msetup. According to Eqs. (3.2) and (3.3) this magnetization adds
the following term to the magnetic field H:
1 ⎡
(r − r ') ⎤
⎢
⎥ dv '.
−∇U setup (r ) = − ∇ ∫ M setup (r ')
3
4π ⎢V setup
r − r ' ⎥⎦
⎣

(3.4)

When brought into this setup the sample experiences the net field
HJ -—Usetup and reacts by building up a magnetization Msample, which in turn

again contributes to H:
−∇U sample (r ) = −

1 ⎡
(r − r ') ⎤
⎥ dv '.
∇ ⎢ ∫ M sample (r ')
3
4π ⎢V sample
r − r ' ⎥⎦
⎣

(3.5)

Strictly speaking this change of magnetic field will alter the magnetization
in the setup and thus give rise to a cascade of mutual adjustments to the eventual
magnetization.
However, assuming that the setup and sample materials respond only
weakly to the applied field (i.e. |χ| << 1) the total magnetic induction is very well
approximated by (Appendix A):

(

)

B ≈ μ0 H J − ∇U setup + M setup − ∇U sample + M sample .

(3.6)

Note that Msample is non-zero only inside the sample, but its distance effect
(-—Usample) reaches into the setup, changing the magnetic induction there. For
linear and isotropic samples1, the magnitude of -—Usample scales with that of
Msample. However, its spatial distribution depends only on the shape of the

sample and thus does not change when one sample is replaced by another of
identical shape. Let F denote the normalized field created by a given sample
shape:

χ sample F (r ) = −∇U sample (r )

(3.7)

where -—Usample is given by eq. (3.4) and
1

Strictly speaking this is true only for samples whose magnetization is small and scales with
the magnetization of a linear sample. For instance, when H is constant over the samples
support, χsample can also be non-linear.
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M sample (r ) = χ sample H base (r )

(3.8)

H base (r ) = H J (r ) − ∇U setup (r ).

(3.9)

with the baseline field

In the presence of the sample the total magnetic induction is

(

)

B = μ0 H base + M setup + χ sample F + M sample .

(3.10)

Considering only the volume outside the sample, where Msample(r) = 0, and

(

)

defining Bbase = μ0 H base + M setup , Eq. (3.10) simplifies to
B = Bbase + μ0 χ sample F.

(3.11)

In other words, when replacing one sample by another, the magnetic
induction outside the sample changes by a field proportional to F, and the
proportionality factor reflects the magnetic susceptibility difference of the two
samples.
At this point Bbase and the normalized field F are still unknown. However
they can be determined by measuring the magnetic induction around two
reference samples of known susceptibilities χ1, χ2. Adding the same
measurement of the unknown target sample yields a system of three equations
B1 (r ) = Bbase (r ) + μ0 χ1 F (r )
B2 (r ) = Bbase (r ) + μ0 χ 2 F (r )

(3.12)

Bsample (r ) = Bbase (r ) + μ0 χ sample F (r )
which determine the three unknowns Bbase(r), F(r) and χsample.
While measuring the full induction vector requires a three-axis
magnetometer, χsample could in principle also be determined by measuring only
one component of B and solving the corresponding system of scalar equations.
However MR does not permit measuring the components of B but only its
magnitude |B| whose time integral is reflected in the signal phase. After
demodulation and standard image reconstruction of the MR signal, the image
phase is:
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ϕ (r ) = γ B (r ) TE + ϕcoil (r )

(3.13)

where TE is the echo time of the image acquisition and φcoil(r) is a function
of the transmit coil’s B1+ field and the receive coil’s B1− field. According to
Appendix B the magnitude of the net induction can be approximated as
|B| = |Bbase| + χ F up to errors on the order of χ2, where F is the projection of F
along the direction of Bbase (Fig. 3.4). Using this approximation Eq. (3.13)
modifies to

(

)

ϕ (r ) = γ Bbase (r ) + χ F (r ) TE + ϕcoil (r ).

(3.14)

Defining the baseline phase

ϕbase (r ) = γ Bbase (r ) TE + ϕcoil (r )

(3.15)

and the characteristic phase footprint due to the sample

f (r ) = γ F (r ) TE

(3.16)

one obtains the MR phase equivalent of the system of equations (3.12)

ϕ1 (r ) = ϕbase (r ) + χ1 f (r )
ϕ 2 (r ) = ϕbase (r ) + χ 2 f (r )
ϕ sample (r ) = ϕbase (r ) + χ sample f (r )

(3.17)

determining the three unknowns φbase, f, and χsample.

3.3 Signal processing
For each sample the imaging experiment yields a complex-valued image
whose phase will often vary by more than 2π. Extracting the image phase must
therefore include phase unwrapping using a suitable 2D unwrapping algorithm
[Ghiglia1998]. The sample susceptibility χsample is then obtained in two steps
(Fig. 3.2):
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1.

Determine f and φbase:

ϕ1 (r ) − ϕ2 (r )
χ1 − χ 2
ϕbase (r ) = ϕ1 (r ) − χ1 f (r ).
f (r ) =

2.

(3.18)

Determine χsample by fitting the phase map obtained with the target
sample to the linear model

ϕ sample (r ) = ϕbase (r ) + χ sample f (r ) + a + bx + cy.

(3.19)

This phase model is based on the third equation of the system (3.17),
complemented by three terms for absorbing uncertainties in the spatially
constant and linear components of the phase map. The constant a accounts for
an uncertain global phase shift by a multiple of 2π, which remains after phase
unwrapping. The linear terms bx and cy absorb linear image phases which can
result from small k-space shifts, e.g. due to slight timing inconsistencies in the
imaging experiments. It is important to note that fitting χsample is not biased by
these additional terms since the equations (3.17) hold independently for all
spatial orders of the phase functions. With Eq. (3.19), fitting χsample neglects the
potentially flawed 0th and 1st orders and relies only on spatial components of 2nd
and higher order.
For performing the fit, equation (3.19) can be written in matrix vector form

ϕ sample (r ) − ϕ base (r ) = A ( χ sample , a, b, c )

T

(3.20)

where the column vector ϕ lists the phase values of all image pixels at positions
r1 to rN. The superscript T denotes the transpose and the matrix A contains the

basis functions of the fit:

⎛
⎜
A=⎜
⎜
⎜
⎝

f (r1 )
f (r2 )

1
1

x1
x2

...
... ...
f (rN ) 1 xN

y1 ⎞
y2 ⎟⎟
.
... ⎟
⎟
yN ⎠

The least-squares fit of Eq. (3.20) is given by:
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(3.21)

Fig. 3.2: The signal processing steps leading from the raw phase images to the remainder are shown, together with typical
experimental data. Masking is essential to limit the fit to reliable data. Unwrapping is performed only on the phase difference
image, leading to the maps used for fitting. The key fitting result is χsample. The quality of the fit can be judged by examining its
residual, which turns out to be very small on the scale of the fitted phase data (bottom right). Looking at the remainder in zoomed
scale, its noise-like structure becomes apparent; the remaining structure does not resemble f and is of very low amplitude.

3.3 Signal processing
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( χ sample , a, b, c )

T

(

= (AT A)-1 AT ϕ sample (r ) − ϕ base (r )

)

(3.22)

yielding χsample along with the other model coefficients.
For maximizing the robustness of this procedure several additional
measures are taken. Unwrapping is applied only to the relatively small phase
differences in Eqs. (3.18) and (3.22) rather than to the more strongly varying
individual image phases. The phase maps are coarsely masked to exclude pixels
whose phase behavior violates the underlying physical model. This is the case
for pixels that suffer from significant through-plane signal de-phasing in any of
the phase images, pixels without MR signal content (e.g. in the sample holder),
and pixels in the sample. Only the remaining pixels are contained in the
ϕ vectors.

3.4 Implementation
Sample holder, container, coil: A rigid construction on a solid base plate
ensures the essential reproducibility of the sample position. For best fixation, the
base plate was mounted directly in the bore of a human MR system rather than
on the patient table. Reliable positioning of the sample is indeed crucial. Sample
shifts between scans corrupt fitting results, giving rise to fitting residua with a
typical ‘tri-pole’ structure (the difference between two shifted dipole fields). The
setup (Fig. 3.1) was made from PMMA (polymethylmethacrylate), a rigid,
non-conductive, low-susceptibility material. The imaging liquid was contained
in a vessel of 940 mm inner diameter and 120 mm height. The sample was
contained in a cylindrical Pyrex (borosilicate) glass vial (diameter = 10.5 mm,
length = 155 mm). A small flag at the top of the vial ensures that its orientation
is reliably reproduced when placing it in the vessel. A closely fitting circular coil
(diameter = 135 mm) was used for MR signal reception while MR excitation
was performed with a whole-body volume resonator.
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Imaging liquid: H2O was used as the imaging liquid, doped with 1 mM
Gd-DOTA (Dotarem: Guerbet, Aulnaysous-Bois, Frankreich) to improve the
MR signal yield at short repetition times. Water has a reasonable magnetic
susceptibility χ in the same range as typical samples under consideration.
Keeping the setup including the imaging liquid at the temperature of the scanner
room prevents temperature drifts of Msetup and Larmor frequency. The
temperature of the scanner room was kept constant by air-conditioning.
Sequence and scan parameters: A 2D spin-warp gradient-echo sequence
with large readout bandwidth (420 Hz/pixel) was chosen to minimize image
warping by field inhomogeneity and to limit spatial shifts due to the chemical
shift of NMR-active samples. A long echo time of TE = 40 ms was used for high
field sensitivity. The flip-angle (45°) and the repetition time (43 ms) were
chosen to optimize signal yield. A high in-plane resolution of 0.4 mm was used
to limit de-phasing in regions of steep magnetic induction changes and PSF
contamination from neighboring pixels. A relatively thin slice of 3.6 mm was
excited to limit through-plane de-phasing. Three dummy scans were performed
at the beginning of every scan to avoid transient effects. The coronal imaging
slice was perpendicular to the sample vial and placed at half its height such that
slight changes in the filling level of the sample had a small effect. For each
sample the imaging results of 32 scan repetitions were averaged. All
measurements were performed on a 3T Philips Achieva system (Philips
Healthcare, Best, The Netherlands).
Reference materials: Water and air were chosen as reference materials due
to their straightforward availability and well-studied magnetic susceptibility,
ensuring accurate reference values [Davis1998], [Philo1980]. The literaturebased reference susceptibility values were corrected for effects of pressure,
temperature and humidity.
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The water susceptibility in function of the temperature as used in this work
was described by [Philo1980]. For a temperature T in degrees Celsius [°C], the
water susceptibility is:

χ (T ) = χ (20°C ) ⎡⎣1 + 1.38810 ⋅ 10−4 (T − 20) ...
−7

2

... − 1.2685 ⋅ 10 (T − 20) + 8.09 ⋅ 10

−10

3⎤

(T − 20) ⎦ .

(3.23)

The value of χ (20°C) = -9.032 ppm is chosen according to [Schenck1996].
The air susceptibility in function of the pressure p [Pa], temperature T [°C],
and relative humidity h [∈ (0,1) ] is given by [Davis1998]. In this work, the effect
of varying carbon dioxide concentration is not taken into account; instead a CO2
mole fraction of 0.00040 is assumed. Then the air susceptibility is given by:

χ air = α

p

(T + 273.15)

2

(1 − δ ⋅ xν ) ⋅ ⎡⎣1 − γ ⋅ (T − 20 )⎤⎦

(3.24)

with the mole fraction of water
2
exp ⎡ a ⋅ (T + 273.15 ) + b ⋅ (T + 273.15 ) + c + d / (T + 273.15 ) ⎤
⎣
⎦ (3.25)
xν = h
p

where

α = 3.1149 ⋅ 10−7
γ = 4.635 ⋅ 10−5
δ = 1.018
a = 1.2378847 ⋅ 10−5 K −2

(3.26)

b = − 1.9121316 ⋅ 10−2 K −1
c = 33.93711047
d = − 6.3431645 ⋅ 103 K .

Sample materials and limitations: For proving the proposed measurement
principle a dilution series of manganese(II)chloride tetrahydrate (MnCl2) in
purified water was studied. In addition the susceptibilities of a range of other
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liquids of interest were measured, namely of ethanol, cyclohexane, D2O and
several perfluorinated hydrocarbons that are frequently used for susceptibility
matching in MR (FC 40, FC 70, FC 72, and HFE 7200, all from 3M, St. Paul,
MN). Two-component epoxy polymers were studied as examples of solid
samples. Finally, the method was also applied to measure the magnetic
susceptibility of enameled Cu-wire, i.e. a conducting material. To avoid
difficulty with excessive conduction in the sample the wire was cut into small
pieces and immersed in a liquid ambient material of low viscosity (HFE 7200,
3M, St. Paul, MN) to prevent captured air bubbles.

3.5 Susceptibility measurements
MnCl2 dilution series: Samples of 5 different concentrations of MnCl2
(2.5 mM to 56 mM) in purified H2O were prepared by weighing the salt with a
precision balance and measuring the H2O volume with a precision pipette. The
resulting susceptibility values are shown in (Fig. 3.3), including a linear (leastsquares) fit through the 5 data points. According to these results the
susceptibility of the samples ranged from -8.57 ppm to +1.21 ppm. The
maximum deviation of the measured susceptibility values from the expected
linear behavior is 0.0056 ppm, which is a first estimate of the precision of the
proposed method.
Vacuum: In a second experiment the proposed approach was validated by
measuring the magnetic susceptibility of vacuum. A glass tube was evacuated
using a vacuum bell jar. Once evacuated the vial was sealed with a rubber plug
and brought into the MR setup. Phase imaging was repeated 120 times and the
susceptibility of the evacuated vial was computed for each repetition. The
resulting mean susceptibility was 0.0079 ppm with a standard deviation of
0.005 ppm. The susceptibility of vacuum is zero. Therefore it is concluded that
the accuracy of the proposed method is on the order of 0.01 ppm. The inter-scan
61

3 High Precision MRI Susceptometry
standard deviation of 0.005 ppm suggests that the method’s precision is of this
order, confirming the result from the MnCl2 dilution series.
Various liquids: The susceptibility of a number of liquids was measured at
21°C. A compilation of all measured values is given in Table 3.1. For ethanol
and cyclohexane the measured χ is compared to the corresponding literature
values [Lide2008], -7.26 ppm and -7.86 ppm respectively, given at room
temperature and atmospheric pressure. The differences between measured and
literature values are substantial: 0.04 ppm for ethanol and 0.17 ppm for
cyclohexane. Potential sources for these disparities are paramagnetic impurities
in the liquids and temperature differences.

Fig. 3.3: χ of water doped with five different MnCl2 concentrations is shown.

A least squares linear regression over the five measurement points is plotted in
blue; the largest deviation of a measured point from the linear regression is
0.0056 ppm.
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Solid-state samples: Epoxy samples were studied as examples of solid-state
samples. Filling a glass vial directly with an epoxy resin leads to air inclusions
due to significant curing shrinkage. Therefore the epoxy was rather cast into a
PMMA tube, cured, removed from the tube and then lathed to just fit into the
actual vial. The resulting epoxy cylinder was then tightly fitted into the vial by
surrounding it with very little epoxy resin and hardener for a second curing
phase. The samples were cured at room temperature. Table 3.2 lists the
susceptibility values measured for a number of epoxies.

liquid
cyclohexane
ethanol
D2O
FC 40
FC 70
FC 72
HFE 7200

χ

Table 3.1 (left): Liquid samples: The magnetic

-7.69
-7.22
-8.99
-8.85
-9.14
-7.96
-7.65

susceptibility of a number of common liquids is listed,
as determined with the proposed method.
Table 3.2 (below): Solid state samples: Compilation of

the magnetic susceptibility of a series of epoxies,
measured with the proposed susceptometry method.

epoxy

vendor

resin/hardener ratio

kristallklar
L with LC hardener
L with VE hardener
L1000 with EPH 294
L1000 with EPH 295
EPO 301
EPO 353 ND

Swiss Composite, CH
Swiss Composite, CH
Swiss Composite, CH
Swiss Composite, CH
Swiss Composite, CH
Epotek, Billerica, MA
Epotek, Billerica, MA

10 / 4.4
10 / 5.5
10 / 2.5
10 / 3.0
10 / 3.0
10 / 2.5
10 / 1.1 / 1.0 flexibilizer

χ
-9.4
-9.4
-9.7
-9.6
-9.6
-9.7
-9.7

The accuracy of the solid-state measurements is generally somewhat lower
due to the need to change the physical vial between reference and target samples
and a greater risk of minor inhomogeneity of the samples, e.g., of minimal gas
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inclusions in the epoxy. From repeated measurements of certain epoxies their
precision was estimated as 0.05 ppm.
Wire: The finally measured copper wire had a diameter of 0.4 mm and was
enameled with modified polyurethane (Polysol 155, Elektrisola Feindraht,
Switzerland). It was cut into pieces of approximately 3 mm using ‘nonmagnetic’ titanium cutters. For the measurement, the wire pieces were immersed
in 4.08 ml HFE 7200, which exhibits similar magnetic susceptibility as copper.
The resulting total sample volume was 8.76 ml. Assuming a homogeneous
mixture of the two materials, the wire susceptibility was computed as:

χ wire =

χtotal Vtotal − χ HFE 7200 VHFE 7200
Vwire

(3.27)

which resulted in χwire = -8.8 ppm. Due to the imperfection of the material
mixing this number’s accuracy is expected to be yet somewhat below that of the
epoxy values.

3.6 Discussion and conclusion
A very precise (0.005 ppm) and accurate (0.01 ppm) method has been
presented for the measurement of the magnetic susceptibility of a large variety
of liquid, gaseous and solid samples. It is easily implemented on a standard MR
scanner and requires only simple data acquisition and processing.
The proposed method differs fundamentally from previous methods of MRI
susceptometry in that it measures the spatial pattern of the magnetic field
induced by sample magnetization rather than computing or constraining it.
Unlike previous methods it therefore does not require knowledge of the exact
sample geometry and of applicable boundary conditions. Instead it just requires
that the target and reference samples are of equal but arbitrary shape. The
relative ease of fulfilling this requirement and the lack of further idealizing
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assumptions are expected to substantially benefit the accuracy of susceptometry
results.
At several ppb the precision of the proposed method is already very high.
Further improvements are certainly possible. One straightforward means of
improving the precision is enhancing the baseline SNR of the underlying
imaging scans, e.g., by longer acquisitions, 3D scans, more sensitive receive
coils or coil arrays, and higher baseline fields. The latter will increase not only
the SNR of the raw MR data but also the magnetization of the samples, giving
rise to greater phase differences and hence even more robust fits.
To reach a high accuracy a number of measures were taken. These include
particularly reproducible sample positioning, imaging in the steady state,
exclusion of pixels that likely violate the phase model, high-bandwidth highresolution imaging, and the correction of reference susceptibilities for ambient
conditions. Yet higher accuracy can likely be achieved by even better matching
of the physical model and the experimental process. 3D imaging with 3D
unwarping correction for B0 inhomogeneity [Jezzard1995] will render image
data obtained with different samples more geometrically consistent. Future
implementations should also strive to identify reference materials with more
accurately known susceptibility that is less sensitive to changes in variation in
ambient temperature, pressure and humidity. The experimental setup should
ideally be constructed to have itself a susceptibility of χsetup = 0, such that Bbase
does not change its orientation for different samples. Another potential source of
inaccuracy concerns the RF fields involved in exciting and receiving MR
signals. These fields and their effect on the net signal phase can vary slightly
with the dielectric properties of the sample, especially at very high Larmor
frequencies. The proposed method can be generalized to address this issue by
expanding the system of equations (3.17) to six equations, performing the
original three measurements at two different echo times. This will permit
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eliminating the phase contribution of any radiofrequency effects, which does not
vary with the echo time.
MRI susceptometry was successfully performed on a conductive material
by immersing small units of it in a liquid of known susceptibility. Given the
susceptibility difference between the sample and the liquid, the vial filling was
magnetically heterogeneous which violates the model. Iteratively approaching
the filling liquid’s susceptibility (e.g. by mixing different matching liquids) to
the sample susceptibility would improve the accuracy. The same technique
allows to measure non-soluble samples such as bone [Hopkins1997].
Not all types of solid samples can be tightly fit into a glass vial. In addition
the use of different vials for different samples may degrade the measurement
accuracy. One alternative solution is the use of solid reference samples, which
could be prepared once inside and once without a vial. Using the vial samples
the magnetic susceptibility of the solid reference materials could be determined
once and for all, starting from water and air. Other solid-state samples could
then be prepared without a vial and examined with the help of the vial-less solidstate reference samples. For hard, non-brittle materials that can be lathed this is
a time-saving option.
One important area of application of susceptometry is susceptibility
matching in the design of MR instrumentation. It is important to note that
susceptibility matching poses significantly lower requirements than determining
magnetic susceptibility on an absolute scale. In fact, for identifying materials
whose magnetizations match at a given external field strength one needs neither
reliable reference values nor the validity of the linear model M = χ H. The
proposed method does not measure χ directly but determines the magnetization
of a material relative to the magnetizations of the reference materials. Therefore
saturation effects are detected at the field strength of the scanner which is
particularly important for susceptibility matching or the determination of the
power of contrast agents. Note that in case of non-linear materials the
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magnetizing field Hbase needs to be homogeneous over the entire sample for the
magnetization distribution to match the one of a linear material.
In its present implementation the proposed method does not permit
susceptometry of bulk conductive samples and non-isotropic materials.
Non-linear isotropic materials can be studied, yet the method yields only the
magnetization of the material at the operating field strength but no further
information on the functional dependence of M on H. Finally, as discussed in
the appendices the model underlying this method neglects terms of the order of
χ2, incurring inherent accuracy limits of the same order.

Appendix A
Finding the magnetic field H involves a self-consistent solution to a partial
differential equation boundary problem:
H (r ) = H J (r ) − ∇

1
(r − r ')
M (r ')
dv '
∫
3
4π V
r −r'

(3.A1)

where the magnetization is itself a function of the magnetic field: M(r) =
M(H(r)). Apart from a few specific geometries in a uniform HJ [Stoner1945],

[Osborn1945], [Beleggia2006], the solution requires numerical methods
[Bhagwandien1994].
However, when looking at linear materials of low susceptibility (χ << 1),
the solution can be found iteratively using the Banach fixed point theorem that
approaches the solution by a contraction mapping [Debnath1990]. H is found
starting from an initial guess:

H0 = H J

(3.A2)

and applying the iterations (i = 0, 1, 2, ...)

H i+1 = H J − ∇U ( M i )

(3.A3)
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with the magnetic scalar potential U as defined in Eq. (3.3) and Mi = Mi(Hi).
Using Mi+1 = χ Hi and given the smallness of χ, Eq. (3.A3) contracts and the
iteration quickly converges to the actual magnetic field H. Be χsample and χsetup
functions of space that are zero outside their support. Stopping (3.A3) after the
first iteration leads to:
H1 = H J − ∇U ( χ H 0 )
= H J − ∇U ( χ sample H 0 + χ setup H 0 )
= H J − ∇ ⎡⎣U ( χ sample H 0 ) + U ( χ setup H 0 ) ⎤⎦

(

)

(

= H J − ∇U χ sample H 0 − ∇U χ setup H 0

(3.A4)

)

= H J − ∇U sample − ∇U setup
from where eq. (3.6) follows when assuming B = μ0 (H1 + M1), M1 = χ H1 and
using the definitions (3.4) and (3.5). Consecutive corrections will be on the
order of χ2.

Appendix B
The model assumed in Eqs. (3.17,18) is exactly true only, if the sample’s
field contribution F points in the same direction as Bbase (Fig. 3.4). For a general
F, the amplitude of B is given by:

B=
≈

(B

base + F + O ( χ sample χ setup )

) + (F
2

⎛
2F
( F )2 + ( F ⊥ )2 ⎞
Bbase ⎜1 +
+
⎟
2
⎜ Bbase
⎟
B
base
⎝
⎠
2

⊥

+ O( χ sample χ setup )

)

2

(3.B1)

( F )2 ( F ⊥ )2
≈ Bbase + F +
+
2 Bbase Bbase
where Bbase cancels by subtraction in Eqs. (3.18), F obeys the model by being
proportional to χsample, and all following terms are on the order of χ2. In places
where F vanishes, Eqs. (3.17) are violated since the sample contribution is not
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proportional to χsample anymore. Pixels where F is zero do not harm the fit since
there f ≈ 0 and hence χsample f is still zero. Since these pixels do not support the
fit, their number should be minimized.
Fig. 3.4: Bbase is the magnetic
induction in the absence of a
sample. It has a contribution from
the applied external field, μ0 HJ,
and a contribution from the setup:
Bsetup = μ0 (Msetup − ∇ Usetup).
Bringing in the sample adds a
further
induction
component
μ0 χsample F. Of this sample
contribution only the component
parallel to Bbase affects the
magnitude of the net induction,
forming the basis of the linear
analysis described in Appendix B.
Therefore it is recommended to choose a reasonable imaging region where
F is substantial. A safe approach is to select a slice that goes through the center
of the sample and is perpendicular to the sample’s magnetization axis. For
certain geometries Bsample is along z only, e.g. for a slice through the middle of
and perpendicular to a cylinder.
Note that contrary to Eqs. (3.12), in Eqs. (3.17) only one axis is probed: the
axis parallel to Bbase which can change for each voxel. However, in a typical MR
scanner and with small χsetup, Bbase is very parallel to the z-axis and therefore the
probed axis similar for all pixels in the image.
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Chapter 4

NMR Probes for Measuring Magnetic Fields
and Field Dynamics in MR Systems
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4.1 Measurement of dynamic magnetic fields
In many situations it is desirable to probe the magnetic field with full
dynamics as occurring during actual MR procedures. This is challenging to do
for several reasons. Firstly, such measurement needs to be sufficiently fast to
reveal the rapid dynamics of gradient fields, imposing a temporal resolution in
the microsecond range. Secondly, the method of measurement must be
compatible with the substantial spatial inhomogeneity of the net field as well as
with its large baseline. Finally, to reveal all relevant dynamic details the
measurement must exhibit very high sensitivity, which is prescribed basically by
the sensitivity of actual MR experiments. In 1H experiments, for instance,
noticeable signal alterations can be caused by field perturbations as small as
10-9 Ts, e.g., a field offset of 1 μT lasting for 1 ms. The sensitivity of the field
measurement should hence be of the same order.
Most types of magnetic field sensors [Lenz1990] have significant
limitations that preclude their use for this purpose. Commonly used Faraday
induction coil sensors [Tumanski2007] respond only to the rate of change of the
magnetic field, thus requiring an integration of the voltage at the loop’s
terminals to obtain a field measurement. Such integration is noise-prone and
sensitive to DC offsets in the electronics which would likely accumulate
excessive error over extended measurements. Sensing only field change,
induction coil sensors are also relatively insensitive to slow field drifts. Their
sensitivity can be increased in principle by increasing the number of turns, but
the resulting inductance and parasitic capacitance introduce confounding
changes in such a probe’s frequency response.
Other magnetometers exist [Lenz1990], but many have characteristics that
saturate in fields beyond a few millitesla (e.g., magnetoresistive, optical
magnetostrictive), or do not provide sufficient sensitivity (e.g., Faraday
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magneto-optic effect, Hall effect). Flux gate magnetometers are based on
ferromagnetic effects and feedback control and therefore have limited
bandwidths as well as the potential to create strong mechanical forces or
distortions in the B0 field. Josephson junction (SQUID) magnetometers are
highly sensitive and can readily perform differential measurements, but require
cryogenic cooling and are unproven in strong static background fields. Methods
based on electron spin resonance (e.g., YIG filter magnetometer) work at
prohibitively high microwave frequencies in fields of several tesla encountered
in modern MR equipment, while optically pumped (Zeeman) magnetometers are
limited to weak fields [Hartmann1972].
One established magnetometry approach that exhibits none of these
limitations is NMR itself [Pound1950]. NMR probes are not only naturally
compatible with MR conditions. Relying on the same physics as the MR
experiments to be analyzed, NMR probes also exhibit the same sort and high
degree of sensitivity to magnetic field. Like an actual MR experiment they are
sensitive to field magnitude rather than individual field components, hence
obviating the use of probe triplets. The correspondence of the underlying
physics also ensures that NMR probes offer sufficient temporal resolution.
When used in a pulsed mode, their resonance signal can be sampled at very high
frequency, with the signal phase reflecting the time integral of the magnetic field
magnitude [Duyn1998], [Lee1996], [Mason1997]. NMR experiments with test
samples have previously been used for studying eddy current behavior in MR
systems [Liu1994]. However, these studies relied on the signal yield of
relatively large samples (13 mm diameter), which are not suited for
measurements in the presence of substantial gradient fields.
To achieve greater robustness against field inhomogeneity the probe
sample must be miniaturized. Boero et al. [Boero2001] described an NMR probe
with a solid sample of about 1 mm in diameter, integrated on a silicon chip.
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With this device a field resolution of 1 ppm was reported, however requiring
signal averaging over 1 second. Both of these values conflict with the temporal
and field resolution requirements described above. The use of this design for
continuous monitoring of field evolutions would also be hampered by the short
T2 of the solid poly-isoprene sample which is on the order of 1 ms.
Substantially inhomogeneous fields can also be measured with current
commercial NMR magnetometry systems [Keller2007], which may even use
multiple probes in parallel to achieve spatial field mapping. However, the
temporal resolution of these systems (currently quoted at up to 100
measurements per second) is also not sufficient for capturing the full field
dynamics of MR procedures. Field mapping with an array of NMR probes was
also described in Ref. [Hammer1996], using multiplexing for acquiring
multiple-probe data. Designed for static field measurements, this system was
reported to obtain individual probe signals at a rate of 2 per second, relying on
relatively large samples 5 mm in diameter.
These previous implementations illustrate the intrinsic challenge of
reconciling high sensitivity, high temporal resolution, and tolerance to field
inhomogeneity in the same NMR probe. In the present work this problem is
reconsidered with special respect to field measurements in MR systems: suitable
NMR probes based on pulsed liquid-state NMR in mm-scale samples are
described. It is shown that such probes can both capture field dynamics at a
temporal resolution on the order of 1 μs and measure static fields with very high
precision. This is achieved with samples that are sufficiently small to tolerate
typical gradient operation, combined with highly sensitive detection, yielding
suitable measurements in single runs, i.e. without data averaging.
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4.2 Principle and performance requirements
Pulsed NMR magnetometry works by acquiring free induction decay (FID)
signals from a small NMR-active sample inside a suitable probe [Lee1996],
[Liu1994]. Incorporating standard quadrature demodulation of these FIDs
[Chen1989] the Larmor equation may be rewritten to obtain a direct measure of
the time integral of the magnetic field magnitude:
t

γ ∫ B(r,τ ) dτ = φ (t ) + ωd t ,

(4.1)

0

where γ denotes the sample’s gyromagnetic ratio, τ and t denote time, r denotes
the position of the sample, ωd is the demodulation frequency and φ (t) is the
resulting signal phase.1
For such measurements to enable the observation of field dynamics in MR
systems the probes need to fulfill a set of performance requirements. The first
requirement is sensitivity to phase accrual on the order of 10-9 Ts, as discussed
in the Introduction. It translates into the fundamental need for sufficient signalto-noise ratio (SNR) of probe signals, which is challenging when targeting large
acquisition bandwidths up to hundreds of kHz. The second key requirement is a
sufficient lifetime of probe FIDs after RF excitation. It is often important to
consider the field evolution continuously over 100 ms or more, e.g., in echoplanar imaging (EPI) [Mansfield1977] or spectroscopic applications. To cover
these situations, the probe signal lifetime should be in the same range. In
particular it must be made sure that the probe magnetization is not de-phased by
externally applied gradient fields. To avoid such de-phasing the size of probe
samples must not exceed roughly the inverse magnitude of the k-space vector
that accrues during an experiment. In MRI this limitation translates into a
1

Throughout this chapter, all phase angles, precession frequencies, and gyromagnetic ratios

are understood to be based on radian units, while sampling frequencies and bandwidths are
expressed in Hz, referring to full cycles per second.
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maximum sample diameter just under twice the pixel size. Hence for typical
target resolutions of 1 mm and below, the diameter of probe samples should be
well below 2 mm. To maximize the sample volume within the size limit, probe
samples should ideally be spherical, corresponding to isotropic robustness
against field gradients. For ensuring long signal lifetimes it is also essential to
minimize line broadening induced by the magnetic susceptibility of materials in
the sample’s vicinity. A third important requirement is that the output of a probe
reflect exclusively MR signal from this probe’s own sample. Due to potential
RF crosstalk this is challenging when field measurements are to be performed
concurrently with MR experiments and when using multiple probes in parallel.

4.3 Implementation
Probe samples
Sufficient signal lifetime and SNR for this application can be readily
achieved only with liquid samples that exhibit a high density of chemically
equivalent nuclei with a high gyromagnetic ratio. These requirements are met
especially well by water (H2O), cyclohexane (C6H12), and hexafluorobenzene
(C6F6). Further desirable features include a low ability to dissolve gases to avoid
the formation of gas bubbles, a low permittivity to minimize stray capacitance
with a detector coil, and a low loss tangent to minimize RF losses. In these
respects the latter two compounds are superior choices. The present work
focuses on 1H probes based on water and cyclohexane. For exciting a probe in
rapid succession it is desirable to reduce its T1 without excessively reducing its
T2. A suitable cyclohexane dopant for this purpose is Cr(III)(tmhd)3 [i.e.
tris (2,2,6,6-tetramethyl-3,5-heptanedionato) chromium(III)].
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Sample container
The container for the probe droplet must provide a long-lasting seal against
leakage or diffusion of the liquid through its walls. It must not give any
confounding NMR signal and remain chemically stable without interacting with
the sample droplet. Ideally the container should be an ellipsoid or long cylinder
because the field induced by the container’s magnetic susceptibility is then
homogeneous across its lumen [Landau1984]. Our implementation utilizes
cylindrical Pyrex capillaries (Wilmad, Buena, NJ) having inner diameters of
1.3 mm and a thin wall (0.2 mm) which facilitates bringing a receiver coil close
to the sample for maximal SNR.

Sample confinement
Within the capillary tube, the probe droplet must be confined by
surrounding material to prevent it from moving or losing its shape, and to
prevent the ingress of gas bubbles. In the present implementation this is
accomplished with another liquid, forming two plugs between which the probe
droplet is suspended [Behnia1998]. Similarly to the sample container, the plug
liquid must not give any NMR signal at the observation frequency. It must also
not be miscible with the droplet or react chemically with or diffuse through the
droplet or container. An additional important requirement for the plug liquid is
that its magnetic susceptibility be equal or at least very similar to that of the
droplet.

Such

‘susceptibility

matching’

[Burum1979],

[Schenk1996],

[Stoll1982] ensures that the interfaces between the two liquids do not give rise
to susceptibility broadening.
It is difficult to meet all of these requirements on the basis of a water
droplet. The main reason for this difficulty is the relatively strong diamagnetism
of water, which cannot be readily matched using liquids with which is does not
mix. Another disadvantage of a water sample is related to surface tension. As
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mentioned earlier the probe droplet should exhibit an approximately spherical
shape. Surface tension forces at the liquid interfaces will help towards this goal
only if the surface tension of the droplet liquid is significantly higher (or lower)
than the surface tension of both the plugs and the sample container. Contrarily, a
water droplet between, e.g., hydrocarbon plugs in a Pyrex capillary assumes a
shape that is concave. A successful use of surface tension is achieved instead by
suspending a cyclohexane droplet between heavy water (D2O) plugs (Fig. 4.1).
Heavy water also readily dissolves numerous paramagnetic salts that allow the
susceptibility of the solution to be adjusted to that of cyclohexane. To avoid the
formation of bubbles in the heavy water plugs, dissolved gases are eliminated by
heating before filling the capillary.
A summary of relevant material properties is provided in Table 4.1.

Fig.

4.1:

NMR

probehead

consisting of a sample droplet
suspended

between

liquid

susceptibility plugs within a
capillary,

inserted

into

a

solenoid detector coil.

Detector coil
Maximizing the probe SNR requires the use of a closely coupled detector
coil with a large filling factor [Abragam1961]. To achieve this, a solenoidal
microcoil [Olson1995] is wound tightly on the capillary tube. Minimal coil
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resistance is achieved by using high-purity copper or silver-plated copper wire.
Coil parameters such as optimal number of turns, wire diameter, winding pitch,
etc., are subject to the same design considerations used for NMR microscopy
coils [Peck1995], [Li2006]. Solid silver or gold wire is not recommended due to
these materials’ large diamagnetic susceptibilities [Doty1998]. Enameled copper
wires (Elektrisola, Escholzmatt, Switzerland) with diameters in the range of
0.4 – 0.8 mm have been used to reach inductances of approximately 20 to
100 nH.

Fig. 4.2: Probehead based
on a cyclohexane droplet
with doped D2O plugs and
epoxy casing. The SNR yield
of this design is on the order
of 2 × 105 Hz . For instance,
at

a

sampling

rate

of

100 kHz its initial SNR is
approximately 630.
Casing
The close proximity of the coil’s conductors to the droplet creates further
potential field inhomogeneities due to susceptibility mismatch. The coil must
consequently be immersed in a material whose susceptibility is very close to that
of the copper wire, while giving negligible proton signal, being chemically inert,
and having a dielectric constant low enough to avoid self-resonance of the
solenoid [Webb1997]. The outer shape of such a casing should again have a
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cylindrical or ellipsoidal shape to avoid field inhomogeneities due to the
susceptibility mismatch between it and the surrounding air.
An approximate match to the copper wire can be performed by using
perfluorinated hydrocarbons such as those of the Fluorinert® family (3M,
St. Paul, MN, USA) [Olson1995]. However, being liquids makes the handling
awkward due to potential spills, leaks, and evaporation. Depending on the
specific wire used the susceptibility match that can be achieved with available
fluorocarbons may also not be sufficient. Further susceptibility-matching
approaches are based on altering the susceptibility of copper wire by combining
and/or plating it with other metals, such as rhodium, aluminum, gold, and
titanium [Dechow2003], [Soffe1995], [Zelaya1995]. However, these approaches
imply demanding manufacturing and restrictive assumptions about coil
geometry.
Alternatively, the problems of handling and susceptibility matching can be
overcome by encasing the probeheads into a castable solid material. A twocomponent epoxy system (Swiss Composite, Jegenstorf, Switzerland) was used
for this purpose. The susceptibility of the epoxy resin was adjusted by dissolving
an appropriate concentration of a paramagnetic salt [Anderson1963],
[Barmet2007] (0.224 mg of dysprosium (III) nitrate pentahydrate per gram of
epoxy). According to Wiedemann’s law [Kuchel2003], this allows precise
adjustment of the epoxy susceptibility to that of the wire being used. The
formation of gas bubbles during curing [Morita1993] was prevented by prior
degassing of the epoxy resin under vacuum.
A schematic drawing and a photograph of the complete probehead are
shown, respectively, in Figures 4.1 and 4.2.
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material

air

susceptibility

surface

proton

gas / salt

(bulk, SI)

tension

density (a)

solubility

0.36 ppm (20°C, 50%

–

0

–

high

111 M

high /

rel. -humidity, 105 Pa)
(b)
water (H2O)

9.03 ppm (20°C)(c)

high
cyclohexane

-7.68 ppm (a)

low

110 M

low / low

heavy water

-8.99 ppm (e)

high

0

high /

(D2O)

high

fluorinert ®

-9.14 to -7.96 ppm (e)

low

0

low / low

pyrex glass

-11 ppm (d)

high

0

–

copper wire

-8.8 ppm (e)

–

0

–

silver

-24 ppm (d)

–

0

–

gold

-34 ppm (d)

–

0

–

epoxy

-11.5 (d) to-9.4 ppm

–

short-lived

modest /

signal

modest

(enameled)

(e)

Table 4.1: Summary of the properties of materials used in probe construction.
(a) [CRCHandbook2004], (b) [Davis1998], (c) [Schenck1996], (d) [Doty1998],
and (e) measured using the method described in chapter 3.
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Preamplifier board
The detector coil was connected to a low-noise preamplifier via a
2.5-cm-long balanced shielded transmission line and an impedance matching
network (Fig. 4.3). The length of the transmission line was chosen short enough
to make the resulting parasitic capacitance to ground negligible, while placing
the probehead at a sufficient distance from the board to avoid the static field
inhomogeneities it produces. Field perturbations could otherwise be caused by
relatively large, albeit not ferromagnetic, components (e.g., trimmer capacitors)
as well as by the DC currents required for preamplifier power and PIN diode
bias. Board layout was optimized and inductors were avoided in the signal path
to minimize the pickup of signal from locations other than the droplet.
Noise matching was accomplished by choosing the ratio of the two
capacitors in series with the pickup coil (C1 and C2) such that the preamplifier
transistor (BF998, NXP Semiconductors) sees an impedance equal to its optimal
source impedance (approximately 500 Ω). The nominal noise figure for this FET
under these conditions is 0.8 dB. All probes were tuned to 127.8 MHz by
adjusting capacitor C2. A ~10 cm2 fiberglass-epoxy (FR4) circuit board was
used to house all components with a ground plane below to provide a stable
ground and shielding against crosstalk. Further miniaturization is, of course,
possible [Boero2001], [Dechow2003] but was not necessary for the present
implementation.
Non-ferromagnetic components were used throughout, with the exception
of the MOSFET preamplifier whose leads (estimated to have a combined mass
of less than 1 mg) were slightly ferromagnetic due to iron and nickel content.
Coil detuning during transmission pulses was provided by a PIN diode switch
controlled by the spectrometer in the same way as receive-only surface coils for
regular MR applications.
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Fig. 4.3: Electronics schematic of the field probe connected to the preamplifier
board.
Connections
Cross-talk and unwanted signal coupling was managed by reducing
inductive pickup. At both ends of the balanced transmission line between the
probehead and preamplifier board care was taken, e.g., by keeping terminals as
close as possible, to minimize flux linkage with nuclear spins in other probes or
a potential imaging (or spectroscopy) object. Between the preamplifier and the
MR spectrometer the probe’s coaxial cable was fitted with a bazooka balun
[Kraus2001] and routed through a connector box [DeZanche2006] that allows
other probes or surface coils to be used simultaneously. This balun has the effect
of limiting parasitic pickup, as well as cross-talk between channels. Cross-talk
between field-measurement channels was found to be negligible under these
conditions. Some signal pickup from large imaging objects is nevertheless
possible with thick-slab excitations. All MR experiments were performed with a
Philips

3T

Achieva

MR

system

(Philips

Medical

Systems,

Best,

The Netherlands).
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4.4 Demonstration of susceptibility matching
To demonstrate the importance and effectiveness of susceptibility
matching, a variety of field probes were built using different material
combinations. Each probe separately was placed vertically (i.e. transversely to
the B0 field) in the center of the magnet and connected in the fashion described
above. Excitation of the probe droplet was performed using the system’s body
transmit coil.
To study the probes’ signal lifetimes, FIDs were generated by 0.5 ms hard
pulses and acquired for 200 ms with an acquisition bandwidth of 100 kHz. The
probes were located near the magnet’s isocenter and no shimming was
performed since this operation would be impossible in the intended
magnetometry application without affecting the primary MR experiment. To
study the corresponding field homogeneity inside the probe droplets, sagittal
images were acquired with a spin-warp GRE sequence (TE = 40 ms), using the
probes as receive coils. The results of these experiments are shown in Fig. 4.4.
In the images, displaying only the real part of the complex image values,
banding indicates phase variation due to magnetic field inhomogeneity. Strong
field inhomogeneity corresponds to fast signal decay observed in the FID, or a
correspondingly large linewidth.
In the first four probes (a-d) a water droplet was surrounded by
combinations of air and FC 70 Fluorinert inside and outside the capillary tube.
With air only, i.e. no susceptibility matching at all (a) a very short FID is
produced due to rapid de-phasing, which also causes large signal voids and
distortion in the image. Improvements are achieved with FC 70 plugs inside the
capillary (b). However, the effect of the mismatch between air and the copper
solenoid persists and is visible in the image and in the decay of the FID.

84

4.4 Demonstration of susceptibility matching

Fig. 4.4: FIDs, spectral linewidths and corresponding images (real parts) of the
sample droplet with various degrees and materials combinations of magnetic
susceptibility matching (a-h). The original situation (a) – water droplet without
matching inside and outside – yield a short FID due to the excessive de-phasing
which also causes large signal voids and distortions in the image. Considerable
improvement (b) can be achieved using an approximate matching using
Fluorinert as susceptibility plugs in the capillary; however, the effect of the
mismatch between air and the copper solenoid is visible in the image, where the
positions of the solenoid windings are readily identified. Matching only the
solenoid (c) removes its effects, and additionally using the susceptibility plugs of
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(b) delivers, as desired, an FID with a lifetime of more than 200 ms (d). Similar
performance is achieved using a cyclohexane droplet and D2O susceptibility
plugs (e-h). The imperfect matching seen in the menisci of (e) is corrected by
doping the D2O with manganese chloride, (f). After introducing a relaxation
agent in the cyclohexane to reduce its T1, the concentration of manganese
chloride in the D2O must be adjusted to produce the result in (g). In (h) an
epoxy resin doped with DyNO3 was used in place of the FC 70 Fluorinert as the
external matching medium to improve the handling and durability of the
probehead. The performance is equivalent to that achieved using all-liquid
susceptibility matching.

Removing the plugs and matching only the solenoid (c) is virtually as
unfavorable as no matching at all. To obtain sufficient signal strength for more
than 200 ms it is necessary to combine inner and outer susceptibility
matching (d).
In the following three probes (e-g) a cyclohexane droplet was contained
between D2O plugs, with the solenoid matched by FC 70. The susceptibility of
D2O can be tuned to that of cyclohexane by dissolving MnCl2 to achieve a
concentration of 7.5 mM, thus improving the imperfect matching seen in the
menisci of e) to that seen in f). A minor mismatch remained nevertheless, likely
due to slight inaccuracy in the amount of salt. After introducing the
T1-shortening agent (Cr(III)(tmhd)3) in the cyclohexane, thus increasing its net
susceptibility, the MnCl2 concentration in the D2O was further increased to
produce the result in g). In h) a solid-state epoxy casing was used in place of
Fluorinert to match the solenoid’s susceptibility. The performance is equivalent
to that achieved using all-liquid susceptibility matching, with a significant
improvement in the handling and durability of the probehead.
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Despite highly accurate susceptibility matching the longest lifetimes
observed in these experiments were still significantly smaller than the T2 of the
sample liquids. The discrepancy is attributed to residual inhomogeneity in the
background field, which was evident from significant variations in signal
lifetime when changing probe positions within the magnet bore.

Thermal noise
The sensitivity of the probes is limited by thermal noise that contaminates
the probe signals. With small samples as used here thermal noise is dominated
by contributions from the solenoid and the circuitry. Within the concerned
frequency range it can be modeled as white Gaussian noise, whose standard
deviation can be readily determined from probe data obtained without MR
excitation. The noise standard deviation is proportional to the square root of the
acquisition bandwidth, BW, while the signal strength is independent of the latter.
Therefore

ξ = SNR BW

(4.2)

is a useful sensitivity measure for these probes. Taken at maximum
excitation (90° flip angle in the fully relaxed state) it provides a single quantity
with which to compare the performance of probes of differing materials and
dimensions, including their respective signal conditioning and amplification
circuits. With the design described above, sensitivities of ξ = 2 × 105 Hz were
achieved, still yielding an initial SNR of 200 at a bandwidth of 1 MHz, which is
amply sufficient for studying relevant field dynamics in MR systems. Due to
signal decay the probe SNR typically drops to approximately 1/3 of its initial
value within 100 ms. To account for this fact an intermediate value of

ξ = 105 Hz is used for resolution estimates in the following.
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Thermal noise in probe data causes random error in the signal phase, which
is the relevant quantity for field measurements. Except for very low SNR it is
predominantly the out-of-phase component of the primary noise that perturbs the
signal phase. The standard deviation of the resulting phase noise, σ φ , expressed
in radians, can then be well approximated as

σ φ (t ) =

σs
2 s (t )

=

1
,
2 SNR(t )

(4.3)

where s(t) denotes the complex-valued probe signal and σ s denotes the standard
deviation of its equally complex noise content.
Unlike noise in the raw data the strength of the phase noise depends on the
signal level and increases as probe signals decay over long acquisition times. It
is important to note, however, that phase noise does not accumulate over time as
it would when performing numerical integration of direct field measurements.
The phase uncertainty of the FID measurement depends only on its SNR at the
sampling instant. This observation illustrates a fundamental advantage of using
NMR for measuring field integrals. With NMR the time integration of the field
magnitude as such is performed by the spin system and is hence practically
unaffected by thermal noise.
Based on Eq. (4.3) and using the sensitivity parameter ξ, Eq. (4.2), a given
probe’s phase fidelity can be conveniently characterized in rad / Hz as

σφ
BW
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=

1
.
2ξ

(4.4)
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4.5 Data processing and field sensitivity
The processing of probe signals generally starts by extracting and
unwrapping the signal phase. The latter is necessary to reconstruct continuous
phase time courses from the measured phase values, which are determined only
modulo 2π [Axel1989]. If the probe signal were sampled near the Nyquist
sampling limit for the NMR signal content there is a risk of unwrapping errors
due to phase noise. This problem can be addressed by initial Fourier
interpolation of the complex signal to a higher sampling rate, which is
conveniently performed by zero-filling in the frequency domain. For the
following considerations it is assumed, however, that the resulting phase time
course exhibits the original temporal resolution and no noise autocorrelation
(i.e., white noise of full bandwidth). If interpolation is used this property can be
readily recovered by resampling the unwrapped phase at the original sampling
frequency.
The continuous phase time course is the desired measure of magnetic field
integral according to Eq. (4.1), with its precision given by Eqs. (4.3) and (4.4).
For the probe sensitivity achieved in this work, ξ = 105 Hz , Eq. (4.4) yields a
phase resolution of σ φ / BW = 7.1 × 10−6 rad / Hz . Dividing by the gyromagnetic ratio for protons, γ = 267.5 × 106 rad / Ts , yields the corresponding
intrinsic resolution of field integrals of 2.6 × 10−14 Ts / Hz . Hence, at an upper
bound of 1 MHz for the sampling rate the resolution is still 2.6 × 10−11 Ts and
thus well within the targeted limit of 10−9 Ts .
The phase measurement as such can serve for various purposes, such as
reconstructing k-space trajectories in MRI, as shown later in this work. The
underlying time course of the magnetic field magnitude is obtained by taking the
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derivative of the phase, adding the demodulation frequency, and dividing by γ.
Assuming straightforward differentiation using two successive points and a
sampling period equal to Δt , the standard deviation of noise in field values, σ B ,
is hence given by

σ B (t ) =
Here the factor

2 σ φ (t )

γ Δt

.

(4.5)

2 reflects the fact that two uncorrelated instances of

phase noise superimpose in the two-point differentiation (provided that σ φ (t )
does not vary significantly between the two points). In the absence of noise
autocorrelation, as assumed above, the acquisition and noise bandwidths are
equally given by BW = 1/ Δt . Substituting the phase noise level according to
Eq. (4.4) into Eq. (4.5), yields the field resolution

σB =

BW 3/ 2

γξ

.

(4.6)

This equation illustrates that the precision of dynamic field measurements
using NMR probes scales with the bandwidth of the measurement to the power
of 3/2. Therefore it is convenient to express a probe’s field resolution capability
in terms of σ B / BW 3/2 . For the probes built in this work ( ξ = 105 Hz ) Eq. (4.6)
yields σ B / BW 3/ 2 = 0.11 pT / Hz3/ 2 .
More precise field values can be obtained in static conditions, where the
signal phase is linear throughout a probe’s FID. It can then be modeled as

φ (t ) = φ0 + γ Bt , where the parameters B and φ0 are obtained by linear
regression. Assembling the discrete set of sampled phase values in the column
vector Φ , the phase model can be written in matrix-vector form as

⎡φ ⎤
Φ = T⎢ 0⎥ ,
⎣B⎦
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where the matrix T consists of one column filled with ones and one column
containing the sampling instants at which the phases were measured, multiplied
by γ. Using weighted least-squares theory [Poularikas1999] the best estimates of

φ0 and B are obtained by
⎡φ0 ⎤
T −1
⎢ B ⎥ = T Cφ T
⎣ ⎦

(

)

−1

TT Cφ−1Φ ,

(4.8)

where Cφ denotes the noise covariance matrix of the phase values comprised in

Φ and the superscript T indicates matrix transposition. In the absence of noise
correlation Cφ reduces to a diagonal matrix containing the phase noise variances

σ φ2 (t ) according to Eq (4.3). If the SNR of the probe data does not vary
substantially a nearly optimal estimate is obtained by replacing Cφ in Eq. (4.8)
by the identity matrix. Figure 4.5 shows a typical phase fit obtained with
Eq. (4.8), along with the underlying measured signal and the fitting residuum.
Application of the error propagation law [Weise1987], [Arras1998] yields
the following expression for the noise covariance matrix of the fitted parameters

⎡ σ φ2
⎢ 0
⎢σ Bφ
⎣ 0

σ φ0 B ⎤

(

⎥ = TT Cφ−1T
2
σ B ⎥⎦

)

−1

.

(4.9)

Field sensitivity obtained with linear regression
As further derived, a probe signal observed for a time Tobs and sampled at
full bandwidth, BW = Δt −1 = n / Tobs , results in a field resolution that is
approximately given by

σB ≈

6
.
3/2
γ ξ Tobs

(4.10)

91

4 NMR Probes for Measuring Dynamic Magnetic Fields
Consider a probe signal of n samples, spaced at Δt . Without limiting
generality let the signal be centered at t = 0 such that the sampling times are
given by

⎛ (n − 1) ⎞
ti = ⎜ i −
⎟ Δt , i = {0,1, ..., n − 1} .
2 ⎠
⎝

(4.11)

According to Eq. (4.9) the noise covariance of the fitting results, B and φ0 ,
is given by
⎛ σ φ2
⎜ 0
⎜ σ Bφ
0
⎝

σ φ0 B ⎞
σ B2

(

⎟ = TT Cφ−1T
⎟
⎠

)

−1

,

(4.12)

with T, Cφ defined as in Eqs. (4.7) and (4.8). Assuming a constant signal level,
the standard deviation of phase noise is constant and Cφ can be replaced by the
scalar σ φ2 . Due to the choice of time origin the columns of T are orthogonal and
Eq. (4.12) can be written out as
−1

0 ⎞
⎛n
σ φ0 B ⎞
⎟
n −1
⎟ = σ φ2 ⎜
⎜0 γ 2 t 2 ⎟ ,
2 ⎟
σB ⎠
∑i ⎟
⎜
i =0
⎝
⎠

⎛ σφ
⎜ 0
⎜ σ Bφ
0
⎝
2

(4.13)

allowing for the variance of B to be extracted:

σ B2

2⎛

= σφ ⎜ γ
⎝

2

n −1

∑ ti
i =0

2⎞

−1

⎟ .
⎠

(4.14)

Substituting the sampling times (4.10) and simplifying by referring to
tables of known sums [Gradshteyn2000] yields

σ B2

2⎛

−1

n3 − n ⎞
= σ φ ⎜ γ Δt
⎟ .
12
⎝
⎠
2

2

Substituting σ φ2 according to Eq. (4.4) yields
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σ B2 =

6 BW

(

γ ξ Δt 2 n 3 − n
2 2

)

.

(4.16)

Introducing the approximation n3 >> n that is valid for reasonably large
sample counts, and substituting BW = Δt −1 and the total signal duration
Tobs = n Δt , one obtains Eq. (4.10).
Hence the field resolution of the regression approach does not depend on
the primary sampling frequency, but only on the overall sampling duration.
Indeed the ability to produce FIDs with long lifetimes enables static field
measurements with greater precision. The sampling frequency must in any case
be sufficient for robust phase unwrapping, i.e., it must be large enough to
resolve the offset of the probe’s Larmor frequency relative to the spectrometer’s
demodulation frequency.
In the context of field dynamics one important application of static
measurements is probe calibration. Based on an initial precision measurement of
the static field, superimposed dynamic fields can be determined as changes
relative to this reference.

4.6 Systematic errors
Due to the high accuracy of frequency measurements and the invariability
of the gyromagnetic ratio, NMR magnetometry is highly robust. The
gyromagnetic ratio, γ, which is the calibration constant of the NMR
magnetometer, is insensitive to temperature and is determined only by the
nuclear species present in the probe droplet. Measurements of γ have been
conducted with a relative precision of approximately 10-7 [Mohr1998].
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One minor source of systematic error is the chemical shift of the droplet
material, which introduces a shift in the field strength that is seen by the
resonant nuclei. Typical chemical shifts are in the range of a few parts per
million (ppm) and if neglected they will cause measurement errors on the same
scale. If necessary the chemical shift effect can readily be accounted for by
suitable adjustment of γ.

Fig. 4.5: In static field measurements the probe yields a linear phase time
course a), which is fitted by linear regression (overlay). High probe SNR and
lifetime render this procedure highly sensitive, reaching a potential field
resolution in the pT range. On an expanded scale, the fitting residual (b)
illustrates slight phase nonlinearity due to remaining inhomogeneous
broadening of the probe signal which introduces a modeling error in the nT
range.

Another source of static field perturbation is the magnetic susceptibility of
the probe droplet itself and the surrounding materials. In probe construction it is
of key importance to ensure that the field contributions caused by material
susceptibility are homogeneous inside the probe droplet and hence do not cause
inhomogeneous broadening of the probe’s NMR response. If this is the case the
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susceptibility effects amount only to a constant offset of measured fields. Using
materials with small susceptibilities, as was done in this work, readily reduces
this benign offset to a few ppm. Accounting for susceptibility shift, e.g., to
perform absolute field measurements, will be formally easy and equivalent to
chemical shift correction. However, unlike the chemical shift of a probe liquid
the susceptibility shift of a probehead cannot be easily assessed due to the lack
of a reference. One possibility is to perform precision susceptibility
measurements of all materials involved [Barmet2007] and calculate the
susceptibility shift through geometrically accurate modeling of the probehead.
Susceptibility effects are more severe when they cause field inhomogeneity
inside the probe droplet. In this case they give rise to a certain bandwidth and
distribution of Larmor frequencies in the probe’s NMR response. Such
inhomogeneous broadening violates Eq. (4.1), which accounts only for a single
relevant field strength at any given time. The resulting error in phase is difficult
to estimate without making assumptions about the specific field distribution
inside the droplet. However, in static field measurements with regression
analysis the model violation is seen in fitting residua, reflecting non-linearity of
the net phase time course (Fig. 4.5). Based on fitting residua the related field
error is estimated to be on the order 10 nT in static measurements with the
proposed probes. Bias of this magnitude will not be critical for most MR
applications. However it will often be the dominant source of error in view of
the high intrinsic probe sensitivity observed in the previous section. Addressing
inhomogeneous broadening in these probes is therefore a main direction for
further development. One way of reducing the related bias is additional
optimization of probehead materials and geometry. Another approach may
exploit the fact that the susceptibility-induced field variation is constant over
time. Potentially, reproducible phase distortion due to susceptibility broadening
can be eliminated based on initial calibration and fitting to a nonlinear model.
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One possible source of time-varying error is change of the probe
temperature that might occur, e.g., due to RF heating or changes in ambient
temperature. While γ is independent of temperature, temperature-induced
changes in susceptibility and chemical shift may induce observable field
variations in the probe droplets. For instance, the susceptibility of water has
been reported to change with temperature at a rate of approximately 0.014% / K
[Philo1980]. In a baseline field of 3 T the corresponding field drift (in an
extended water sample) would be 3.8 nT / K. The chemical shift of cyclohexane
varies by approximately 0.0017 ppm / K [Cross1977], giving rise to effects on
the same scale.
To assess this potential problem the temperature sensitivity of the current
field probes was studied experimentally. The principle of the experiment was to
perform a series of concurrent field measurements with two NMR probes, of
which one was subject to temperature change. The probes were based on
cyclohexane droplets with D2O plugs.
In order to allow the probes’ temperatures to be readily measured and
varied the susceptibility matching to the detection solenoid was performed using
FC 70 Fluorinert. One probehead remained at room temperature while the other
one was heated to approximately 45ºC by separately heating the FC 70 and
pouring it into the probe container. The heated probehead was then allowed to
cool by natural convection while FIDs were acquired periodically and
concurrently with both probes. After approximately 30 minutes the temperature
of the heated probe reached equilibrium with the surrounding air. A Luxtron
Model 790 multichannel fluoroptic temperature measurement system was used
for simultaneous measurement of the temperature of the perfluorinated liquid in
each probe.
From each FID the underlying Larmor frequency was determined by linear
regression and the frequency difference between the two probes was plotted as a
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function of the temperature difference (Fig. 4.6). The temperature drift thus
found is approximately 0.1 Hz / K, corresponding to 2.3 nT / K, which is in fair
agreement with the considerations above. For most MR applications this degree
of temperature stability will be sufficient. However, it represents another
systematic error that is considerably larger than the intrinsic field sensitivity of
these probes.

Fig. 4.6: Probe sensitivity to temperature variations (approximately -10-9 / K in
relative terms) obtained by simultaneous measurement of the temperature of two
identical probes and their respective FID frequencies when one probe is
allowed to cool to room temperature after being heated to approximately 45ºC.
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4.7 k-space mapping
A main objective of this work was to design NMR probes that enable
capturing field dynamics in MR procedures, particularly those using strong and
highly dynamic gradient fields. To prove this capability, a cyclohexane probe as
described above was used to map effective k-space trajectories.
One of the current methods of k-space mapping is that introduced in
Ref. [Duyn1998]. In this technique each gradient chain is mapped separately by
acquiring phase data from an off-center slab selected with the respective
gradient. One downside of this approach is that rotating the slab selection
gradient amounts to a modification of the gradient sequence, which may alter
the original eddy current composition. Another difficulty is that the selected slab
can become de-phased by excursions to large k values and also by static field
inhomogeneity during long k-space trajectories. These issues can be addressed
generically with the proposed type of probe. It does not require variable
selective excitation and it is robust against gradient de-phasing as long as the
magnitude of the k vector does not reach approximately twice the inverse of the
probe droplet diameter (1.3 mm).
To measure EPI trajectories (matrix = 128×128, FOV = 83×83 mm2,
3 interleaves, acquisition bandwidth = 156 kHz) with an NMR probe the method
described in Ref. [Duyn1998] was thus suitably modified. The two gradient
chains involved in the EPI readout were mapped separately with the field probe
placed along the respective gradient axis 5 cm from isocenter. For calibration a
reference frequency measurement in the absence of gradient fields was
performed in each probe position. For all EPI acquisitions the probe was excited
by the regular slice excitation module. From the FIDs thus obtained phase time
courses were extracted, unwrapped, corrected for the reference frequencies and
translated into k-space coordinates by dividing by the respective distance from
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isocenter. The resulting EPI trajectories are shown in Figure 4.7, indicating high
precision of measured k-space positions relative to the k-space sampling
interval, which is evident in the phase encoding direction.

Fig. 4.7: EPI k-space trajectory measured with an NMR probe. Scans were
performed with the probe displaced from isocenter along the two imaging axes
by approximately 5 cm, using a method adapted from Ref. [Duyn1998].
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4.8 Discussion and conclusion
Field probes based on pulsed liquid-state NMR enable the measurement of
magnetic fields and field dynamics as typically occurring in MR experiments.
The probes described in this work meet the challenging requirements listed in
the Introduction. Sufficiently strong signals are obtained from samples small
enough to avoid de-phasing by typical gradient sequences. Careful choice of
probe geometry and susceptibility tuning of materials enable long signal
lifetimes beyond 100 ms. Even at high acquisition bandwidths up to multiple
hundreds of kHz the probe SNR was sufficient to perform measurements of
fields and field dynamics in single runs, i.e., without averaging. This is
important to perform field measurements with high temporal resolution and to
observe field dynamics that are not necessarily reproducible.
For static field measurements the described probes offer a very high
intrinsic sensitivity on the order of 100 fT / Hz3/ 2 . However, residual
susceptibility-induced field inhomogeneity accounts for the largest systematic
error of field measurements on the order of 10 nT. Thermal drifts have been
found to be on the order of 2.3 nT / K at 3 T, forming a minor error for typical
MR applications.
With respect to signal demodulation and digitization the proposed probes
pose basically the same requirements as MR receive coils. For MR applications
they can readily be connected to a standard spectrometer. If multiple receive
channels are present, multiple probes can be operated in a synchronized fashion,
enabling, e.g., field mapping analogous to existing field cameras [Keller2007],
[Hammer1996]. With respect to potential applications outside MR it must be
noted that the probeheads are tuned and hence of limited field range.
Potential applications include various forms of static and dynamic field
mapping for MR applications, especially when inhomogeneous fields need to be
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probed with high temporal resolution. Dynamic mapping is particularly
promising for observing actual field evolution during challenging gradient
sequences, such as EPI and spiral scanning. Possible uses range from the
characterization, tuning, and maintenance of gradient systems to the mapping of
k-space trajectories for improved image reconstruction.
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5.1 Motivation
MRI usually relies on spatial encoding of precessing magnetization by
magnetic fields that vary in both space and time. For common Fourier imaging
with gradient encoding, these fields should be strictly linear in space, which
permits describing the encoding process within the familiar k-space formalism
[Twieg1983]. In addition, to implement fast and efficient k-space scanning, the
gradient fields also need to be controlled with very high temporal fidelity.
In MRI practice, these requirements are often not fully met. A large
number of mechanisms cause deviations between the actual and prescribed
magnetic field evolution during MRI scans. Among the main sources of error
are the limited fidelity and bandwidth of gradient amplifiers, self-induction in
gradient coils, and coupling among gradient coils. Gradient switching can also
induce perturbing eddy currents in other parts of the system such as the cryostat,
the main magnet, and shim coils. Drifts in the spatially homogeneous field
component are frequently caused by atmospheric pressure variations, changes in
cryogen level, and environmental effects. Field perturbations of various spatial
order can also result from heating (e.g., of passive shim elements), breathing of
the subject, and limb motion [Ebel2005], [Katz-Brull2004].
Jointly, these effects violate the prescribed encoding model and thus give
rise to a variety of image defects, including ghosting, blurring, shifts, and
distortions. These problems are most common in sequences with demanding
gradient schemes and long readout sections, such as EPI and spiral scanning.
Field perturbations also tend to compromise methods that either rely on
quantifying phase changes (e.g., flow measurements, B0-mapping) or accrue
phase errors over many sequence repetitions (e.g., balanced SSFP). Timevarying field perturbations hamper experiments that rely on image congruence
across long time series, e.g., in functional brain imaging. Geometric
inconsistency is particularly adverse when fusing data obtained with different
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imaging sequences. This is often necessary, e.g., in parallel imaging with coil
sensitivity references or for off-resonance correction based on B0-maps.
In response to high fidelity requirements, the engineering of MRI systems
and, especially, of gradient hardware has advanced continuously over the past
decades. It was revolutionized by the introduction of gradient shielding, which
substantially reduces eddy current effects [Mansfield1986]. The shielding
approach is typically accompanied by gradient preemphasis [Jensen1987],
[Papadakis2000] and numerous further measures of performance optimization.
As a result, gradient systems are much more reliable today than they were in
earlier days of MRI. Nevertheless, residual hardware imperfections remain and
continue to hamper advanced MRI methods.
One way of addressing the remaining system limitations is designing
gradient sequences, such that eddy current effects are minimized or inherently
canceled [Ahn1998], [Zhou1998], [Elshafiey2002], [Wider1994], [Reese2003],
[Alexander1997]. However, this approach is limited to suitable types of
sequences and often reduces the flexibility of choosing sequence parameters.
A conceptually different approach is to allow and assess rather than
suppress residual field imperfections. If known with sufficient accuracy,
gradient errors can often be addressed ex-post by suitable means of signal
processing. Following this idea, various groups have proposed ways of
measuring eddy current effects [Ordidge1986], [Crozier1992], [Block1997],
[Gurney2005] and effective k-space trajectories [Onodera1987], [Boesch1991],
[Takahashi1995], [Lee1996], [Duyn1997], [Mason1997], [Papadakis1997],
[Alley1998], [Börnert1999], [Josephs2000], [Beaumont2007]. While quite
successful, such calibration methods ultimately yield only approximations of the
field evolution present in the eventual scan, for two main reasons. First, to
extract calibration data they require changes to the gradient sequence or the
experimental setup or both, which will generally cause differences in gradient
and eddy current behavior. Second, separate calibration measurements are
105

5 Spatiotemporal Magnetic Field Monitoring
inherently incapable of revealing effects that do not reproduce identically with
each run of the sequence. Particularly, they miss longer-term field drifts, heating
effects, and field changes caused by the subject, e.g., by breathing. A further
downside of separate calibration measurements is the additional time they
require.
In the present chapter, work is presented that aims to overcome these
limitations, i.e., to measure actual field evolution without requiring that it be
reproducible and without requiring additional scan time. This is achieved by
monitoring each individual scanning procedure in real time, using an array of
miniature field probes that do not interfere with the main experiment
[Pruessmann2005], [DeZanche2005], [DeZanche2006].

5.2 Field model
In an MR experiment, the local transverse magnetization precesses at the
Larmor frequency that is proportional to the gyromagnetic ratio γ and the
magnitude of the magnetic field B(r, t) that it is exposed to. Hence, the field
magnitude |B(r, t)| is at the root of frequency and phase manipulation and thus
forms the monitoring target in this work. In considering |B(r, t)|, it is useful to
distinguish static and dynamic field components. The static components include
the bulk of the main field and the field contributions that it induces by
magnetizing all parts of the setup according to their magnetic susceptibility.
While static in time these field components can be highly structured in space,
particularly inside the object where the magnetic susceptibility can vary
substantially. Dynamic field components originate mostly outside the object,
particularly from the gradient coils, the cryostat, and the main field coil with
potential passive shim elements. These dynamic sources have in common that
they are relatively distant from the imaging volume. Therefore, their field
contributions are spatially smooth inside this volume and can be expanded into
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relatively few spatial components.1 According to these considerations |B(r, t)|
can be approximated as

B (r , t ) =

N L −1

∑ cl (t ) fl (r ) + Bref (r )

(5.1)

l =0

where Bref (r) denotes the magnitude of the magnetic field in some initial state
that serves as a reference: Bref (r) = |B(r, tref)|. The choice of the reference time
tref is arbitrary but important with respect to calibration, which will be discussed
later in this section. Defined in this manner, Bref (r) includes all static field
components, hence a small number NL of basis functions fl (r) are sufficient to
expand the remaining smooth field components with dynamic coefficients cl (t).2
When exposed to this field, the object’s transverse magnetization with the
gyromagnetic ratio γ accrues the phase

φ (r , t ) =

N L −1

∑ kl (t ) fl (r ) + ωref (r ) t

(5.2)

l =0

where ωref (r) = γ Bref (r) denotes the Larmor frequency in the reference state at
position r and time integration of cl (t) yields the phase coefficients
t

kl (t ) = γ ∫ cl (τ )dτ .
0

Based on this formalism, the main goal of the present work can be restated
as monitoring the dynamic coefficients kl (t) during an MR sequence. To
determine them in a time-resolved fashion, we propose to monitor the phase
function f(r, t) at a sufficiently large number NP ≥ NL of positions surrounding
1

Minor dynamic magnetic fields do also originate, in principle, from within the object, e.g.,
from eddy currents induced there, from susceptibility responses to gradient fields, and from
motion of susceptible material. However, these effects are very small due to the smallness of
tissue conductivity and susceptibility. They are therefore neglected, as commonly done in
MRI.
2

Strictly speaking, the magnitude operation leading to Eq. (5.1) couples the dynamic and
static field components, causing small terms that change fast in both space and time.
However, in these terms the dynamic components occur scaled by the relative inhomogeneity
of the static field, hence their phase effects are negligible in most MR experiments.
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the imaging volume. In principle, various mechanisms may be considered for
direct or indirect probing of the phase function. Arguably the best mechanism,
however, is NMR itself. NMR probes as described in Ref. [DeZanche2005]
naturally measure accrued phase rather than components of the magnetic field,
hence obviating the three-axis probing and noise-prone integration. NMR field
probes are also highly sensitive and readily yield high temporal phase resolution
in the μs range.

Fig. 5.1: Four NMR probes were arranged in a tetrahedral fashion surrounding
a cylindrical phantom. The gray plane indicates the slice excited for imaging.
Imaging signals were received with a circular surface coil.

Consider an array of NP NMR probes, numbered by the index j and
mounted at the positions rj. For the magnetization of the j-th probe Eq. (5.2)
reads

φ j (t ) =
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γP
γ

N L −1

∑ kl (t ) fl (r j ) + ωref , j t
l =0

(5.3)
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where γP denotes the gyromagnetic ratio of the probe sample and ωref,j =
γP Bref (rj) the Larmor frequency of the probe droplet in the reference state. For
the whole probe array, Eq. (5.3) can be written in vector-matrix notation:

φP (t ) = P k (t ) + ω ref ,P t

(5.4)

with

φP (t ) = (φ1 (t ),φ2 (t ),…,φN P (t ) ) ,
T

ω ref ,P = (ωref ,1 (t ), ωref ,2 (t ),…, ωref , N P (t ) ) ,
T

(

k (t ) = k0 (t ), k1 (t ),…, k N L −1 (t )

)

T

and
⎛ f 0 (r1 )
γ ⎜
P= P⎜
γ ⎜
⎝ f0 (rN P )

f1 (r1 )
f1 (rN P )

f N L −1 (r1 ) ⎞
⎟
⎟.
f N L −1 (rN P ) ⎟⎠

(5.5)

The probing matrix P reflects the way in which the probes sample the basis
functions fl (r). It incorporates several design choices, particularly the size and
specific choice of the basis set as well as the number, positions and
gyromagnetic ratio of the probes. Based on the linear system (5.4), the best
estimate of k(t) (in the least-squares sense) is
k (t ) = P + ⎡⎣φP (t ) − ω ref ,P t ⎤⎦

(5.6)

where P+ = (PTP)−1PT denotes the Moore-Penrose pseudo-inverse of P.
The preceding derivations hold for any basis set fl (r). However, the
accuracy and compactness of the phase expansion (5.2) depend on the judicious
choice of this basis. It should be designed such that the phase evolution can be
accurately captured with few basis functions and hence determined with few
probes. One well-suited choice is the basis of spherical harmonics (Table 5.1),
which is also typically used for shimming considerations [Boesch1991],
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[Romeo1984]. For example, using this basis up to the first order one obtains
four basis functions, and the probing matrix reads
⎛1

γ ⎜
P= P⎜
γ ⎜

x1

⎝1 xN P

y1
yNP

z1 ⎞
⎟
⎟
z N P ⎟⎠

(5.7)

where x, y, z denote the Cartesian components of the position vector r.1
Neglecting static field components, the corresponding phase expansion (5.2) is
f(r, t) = k0(t) + k1(t) x + k2(t) y + k3(t) z. Assembling the first-order coefficients

in a vector, k(1)(t) = (k1(t), k2(t), k3(t)), yields the familiar k-space picture with an
additional global phase term: f(r, t) = k0(t) + k(1)(t)· r. According to this
correspondence, the symbol k(1) will be used in the following to denote k-space
position in the conventional sense. Higher-order field monitoring with more
basis functions and probes [DeZanche2006] will lead to higher-order phase
coefficients that elude familiar k-space interpretation.

5.3 Implementation
Demodulation
Equation (5.6) requires as inputs the signal phase time courses of the NMR
probes as well as their Larmor frequencies in the reference state. With common
spectrometer hardware and software the probe signals are obtained after
demodulation, typically by their center frequency, which has not been
considered in the preceding derivation for the sake of simplicity. However,
Eqs. (5.2-5.6) continue to hold identically as long as the same demodulation
frequency is used throughout, including the probe calibration as described later.

1

The matrix P has the same units as the basis functions, i.e., its entries are taken in radians.
Therefore, strictly speaking, the matrix entries xi, yi and zi here denote the actual coordinates in
meters multiplied by rad/m.
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The reference frequencies ωref,j are then taken relative to the demodulation
frequency.
However, interestingly, the monitoring approach is inherently robust also
with respect to changes in demodulation frequency as long as they are the same
for the probe signals and the imaging signals. Any change in demodulation
frequency will be reflected in the k0(t) coefficient and can thus be readily
addressed upon image reconstruction. Variable demodulation is practically
important, e.g., for angulated multiple-slice imaging and off-center spiral scans
[Lee2005].

Fig. 5.2: The NMR probes were excited by two consecutive slice-selective
RF pulses (1&2, exciting two probes each) prior to exciting the phantom slice
(3). Pre-phasing gradients were added to prevent de-phasing of excited probes
by subsequent gradient lobes. Data acquisition was started during the last rephasing gradient, followed by the readout gradient sequence. A spiral readout is
shown as an example; the same excitation scheme was used for EPI and singleprofile readouts. In some experiments, readout gradients were intentionally
delayed
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Probes and imaging coils will require different demodulation frequencies if
a different nucleus is used for the probes than observed in the object. In this
case, it must be ensured that the ratio of the two demodulation frequencies is
kept constant throughout. The simplest way of achieving this is again to keep
both demodulation frequencies constant.
Extraction of the probe phase time courses
The phase φj (t) of demodulated probe signals is determined only modulo
2π, requiring so-called phase unwrapping to reconstruct continuous phase time
courses [Axel1989]. Unwrapping of one-dimensional signals is straightforward
and robust provided sufficient signal-to-noise ratio (SNR) and sampling rate.
Finally, each unwrapped phase time course must be adjusted by globally
subtracting its initial value. This is necessary in order to reflect phase accrual
only during the respective acquisition interval.
Calibration
Before Eq. (5.6) can be applied, the probes’ reference frequencies ωref,j
must be measured once initially. They can be readily obtained by acquiring freeinduction-decay (FID) signals from the probe array, unwrapping the resulting
signal phase time courses and extracting each probe frequency by linear
regression [DeZanche2005]. The state in which this calibration is done defines
the reference state introduced in Eq. (5.1). It is important that the Larmor
frequencies are constant during the reference acquisition. Therefore, the
reference FIDs should be acquired simultaneously and in the absence of any
transient field contributions.
The reference state is important also with respect to static field
inhomogeneity inside the object. Such inhomogeneity can be addressed by
conventional frequency mapping [Maudsley1984], yielding ωref (r). In order to
combine such a map consistently with the dynamic phase model, as done in
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Eq. (5.2), the frequency mapping must be performed in the same reference state
as the probe calibration.
Fig. 5.3: Processing of
probe signals (EPI, Tacq =
25 ms). Top: magnitude of
one

probe

signal.

Magnitude modulation is
caused

by

partial

de-

phasing and T2* decay. The
bell-shaped

envelope

reflects

encoding

phase

gradients;

sharp

indentations are caused by
read gradients. Middle:
phase of the same signal,
varying rapidly between
+π and −π. The initial
0.72 ms of this graph are
expanded
foreground.

in

the
Bottom:

unwrapping and correction
for the probe’s reference
frequency ωref,j yield the
continuous

phase

time

course that serves as input
to Eq. (5.6).
A further calibration step is necessary to determine the probe positions,
which are required to fill the probing matrix P. A variety of methods may be
113

5 Spatiotemporal Magnetic Field Monitoring
considered for this task, including different ways of imaging the probes as well
as precision-mounting them in the first place. For the present work, the probes
were mounted without particular precision and located by acquiring probe FIDs
under static gradients in all three dimensions. After extracting the FID
frequencies in the same way as described earlier, the probe coordinates were
calculated on the basis of the nominal gradient strength and γP. To render this
method reliable, care was taken to place the probes in the linear range of the
gradient system.

5.4 NMR probes and noise propagation
Noise propagation
The dynamic phase coefficients k(t) are calculated via Eq. (5.6), which also
governs the propagation of noise from probe signals into k(t). The SNR of the
probe signals determines the standard deviation of their phase noise: σf =
1/

(

)

2 SNR . The noise standard deviation of the coefficient kl (t) is then given

by

σ kl = σ φ

∑( )
Plj+

2

(5.8)

j

i.e., the probe phase noise is scaled by the magnitude of the corresponding row
of P+. Therefore, besides maximizing the SNR of the NMR probes it is also
important to arrange them such as to minimize the entries of P+. In principle, the
entries of P+ can be reduced by increasing those of P, i.e., by spacing the probes
more generously. However, in practice this approach is limited, because it also
increases the required model order. The more effective way of controlling P+ is
optimizing the conditioning of P. Bad conditioning occurs when its columns are
substantially nonorthogonal or, in the extreme, nearly linearly dependent. A
general requirement for avoiding ill-conditioning is using at least as many
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probes as there are basis functions in the spatial model (NP ≥ NL). In addition the
probes must be suitably positioned. For moderate model orders, favorable
conditioning can be ensured by distributing the probes approximately evenly
around the object. This is illustrated by the following two examples. The first
example addresses head imaging with four probes and a first-order sphericalharmonic model (Table 5.1) with four basis functions. For a spherical volume of
interest (diameter = 30 cm), the most even distribution of the probes around this
volume is on the vertices of an inscribed tetrahedron. The tetrahedral setup
yields very favorable conditioning. Even for low-SNR probe signals (SNR = 10)
the resulting standard deviations of noise in the phase coefficients are only σk0 =
0.035 rad and σk1 = σk2 = σk3 = 0.41 rad/m. The latter value amounts to only 2%
of one k-space sampling interval for the 30-cm FOV. Extended imaging objects
and anatomies may limit the freedom of probe positioning, particularly when
targeting higher-order field models with a larger number of probes. As an
example for such a situation consider imaging of a human chest occupying a
cylinder of 40 cm in diameter. For determining a second-order sphericalharmonic model with nine basis functions, at least nine probes need to be placed
in the cylindrical shell. A fairly even distribution is obtained, e.g., by placing
three probes each in three axial planes. For a model calculation, these planes
were separated by 13 cm along the z-axis and the probe triples were assumed to
form equilateral triangles rotated against one another by ±40◦. In this more
challenging situation, probe signals with SNR = 10 still yield very low noise in
the phase coefficients: σk0 = 0.033 rad, σk1 = σk2 = 0.17 rad/m, σk3 = 0.22 rad/m,
σk4 = 2.8 rad/m2, σk5 = σk6 = 2.2 rad/m2, σk7 = σk8 = 1.2 rad/m2. Here the noise in
the first-order coefficients amounts to only roughly 1.4% of a k-space interval.
Phase error due to noise in the second-order components is largest at the surface
of the cylinder, where it reaches 0.12 rad, i.e. twice the maximum first-order
error. These examples illustrate that robust coefficient fitting is possible without
particular optimization of the probe arrangement.
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NMR probes
To be useful for field monitoring during MRI, NMR probes must comply
with a series of requirements. Besides sufficient SNR, the signal lifetime is a
key factor and must be sufficient for the acquisition windows under
consideration. In order to prevent de-phasing by the imaging gradients, the
probe droplets must not exceed a certain size. This requirement is best
understood by viewing the probe signal as sampling the Fourier transform of the
droplet’s support function. The signal will be reliable only as long as the
monitored k-space trajectory does not reach a zero of that Fourier transform.
Consider, for example, a spherical droplet of diameter d, used to monitor a
common 2D Cartesian k-space readout. The droplet’s Fourier transform has
spherical symmetry and a first zero at |k| = k0 = 2.86 π/d. The largest square
sampling range that fits within this limit extends to kmax = k0 / 2 in either
dimension, yielding a spatial resolution of Δ x = π/kmax = d/2.02. Therefore, the
droplet should be somewhat smaller than twice the targeted pixel size. As a
rough guideline, this estimate can be generalized. Note, however, that the exact
size limit will differ slightly for different shapes of the droplet (e.g. cylindrical)
and the sampled k-space region (e.g. a disk). Based on these considerations,
suitable NMR probes as described in Ref. [DeZanche2005] were chosen.
Cyclohexane was used to form droplets with a diameter of 1.3 mm and a height
of 2.0 mm inside borosilicate capillaries with a wall thickness of 0.2 mm. Hence
the

gyromagnetic

ratio

of

the

probes

was

that

of

protons:

γP =

267.52 × 106 rad/Ts. The cyclohexane was doped with Cr(III)(tmhd)3 to reduce
its T1 [DeZanche2007]. The droplets were suspended in D2O doped with MnCl2
for susceptibility matching [DeZanche2006], [Barmet2007]. Solenoid receiver
coils were formed by six turns of 0.45-mm copper wire wound on each
capillary. Each probe was equipped with tuning, matching, and preamplifier
circuitry, as well as active detuning for external RF excitation.
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Fig. 5.4: Via Eq. (5.6) the
preprocessed

phase

time

courses of the four probes
yield the coefficients of a
first-order phase expansion:
k0(t)

(the

homogeneous

component) and k1(t), k2(t),
k3(t) (the linear components).
Note that these coefficients
are per se dimensionless.
Units of rad and rad/m are
indicated only for easier
interpretation according to
the corresponding sphericalharmonic basis functions.
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5.5 Experimental setup
Experiments
Targeting a first-order spherical-harmonic model (Eq. (5.7)), four probes
were placed around a phantom, using a tetrahedral arrangement for optimal
conditioning of P. The structured cylindrical phantom had a diameter of 210 mm
and was filled with aqueous CuSO4 solution. Hence the gyromagnetic ratios of
the phantom and the probes were equal: γ = γP. For receiving imaging signals, a
circular RF coil (diameter = 200 mm) was placed on the flat top of the phantom
(Fig. 5.1). The probes and the imaging coil were connected to the 32-channel
spectrometer of a 3T Achieva system (Philips Medical Systems, Best,
The Netherlands). They were operated in receive-only mode, i.e., actively
detuned during RF transmission with the surrounding body resonator. Imaging
of a 5-mm-thick slice of the phantom was performed in coronal orientation. In
each imaging experiment, the probes were excited prior to the phantom slice by
two consecutive coronal slice excitations outside the phantom. These RF pulses
excited two probes each and were complemented by suitable gradient lobes,
such that all probes and the imaging slice were eventually re-phased. Using this
lead module, various spiral, echo-planar imaging (EPI), and conventional spinwarp gradient-echo sequences were implemented. Throughout, simultaneous
signal acquisition with all five channels was started 0.35 ms after the end of the
last RF pulse (Fig. 5.2). The acquisition bandwidth was set to 1 Hz to
generously cover all probe frequency excursions. The repetition time was TR =
1000 ms throughout. In part of the experiments, gradient delays were
deliberately introduced to strongly perturb the image encoding. FIDs for probe
calibration were obtained by disabling the phantom excitation and the readout
gradient waveforms (acquisition time = 100 ms). The probe positions were
determined by the FID-based method described earlier.
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Data processing and image reconstruction
For each imaging experiment, the probe signal phases were unwrapped and
globally offset to start at zero phase. According to Eq. (5.6) they were
subsequently demodulated by their respective reference frequency ωref,j.
Applying the inverse operation in Eq. (5.6) then yielded the dynamic phase
coefficients k(t). The model coefficients k(t) were used for image reconstruction
from the data acquired with the imaging coil. The field probes yield the effective
k-space sampling positions as k(1)(t) = (k1(t), k2(t), k3(t))T, i.e., as a series of
points in 3D k-space. For 2D image reconstruction, these sampling points need
to be translated into 2D coordinates within the encoding plane perpendicular to
the direction of slice selection. The encoding plane is known at the console level
and could be provided to the image reconstruction algorithm as side information.
Alternatively, in the present work the encoding plane was identified by a leastsquares fit of the actual sampling positions k(1)(t). 2D k-space coordinates were
then obtained by projecting k(1)(t) onto the encoding plane.
Image reconstruction was performed in a largely standard fashion by
gridding and Fourier transform [Jackson1991], [Beatty2005]. In a preceding
step, however, the dynamic global phase error exp(i k0 (t)) was removed from the
imaging data. Optionally, gridding reconstruction was expanded to also correct
for the static frequency offsets ωref (r) by multiple-frequency interpolation (MFI)
[Man1997]. The frequency map for MFI was acquired separately.

5.6 Probe signals and field evolution
Typical data from a single NMR probe is shown in Fig. 5.3 (EPI,
Tacq = 25 ms, 1 interleave out of 14 shown). The magnitude of the probe signal
varies during the readout due both to gradient de-phasing and re-phasing of the
droplet and to T2* decay. Adequate probe SNR and sufficient sampling rate
ensured robust phase unwrapping (middle and bottom row).
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Fig. 5.5: Top row: Examples of monitored k-space trajectories for spin-warp
(304 profiles, 38 shown), EPI (14 interleaves, 2 shown), and spiral scans
(52 interleaves, 4 shown) in units of Nyquist sampling intervals. 2nd and 3rd row:
Trajectory details; sampling rate = 1 MHz, all interleaves shown for spin-warp
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and EPI, 13 interleaves shown for spiral. Bottom row: Gridding reconstructions
from concurrently acquired phantom data.
The resulting phase evolution is shown in the bottom graph. Figure 5.4
shows the time evolution of the resulting coefficients kl (t). Figure 5.5 shows 2D
projections of the measured first-order coefficients k(1)(t) for selected spin-warp
(304 profiles, Tacq = 2.1 ms), EPI (14 interleaves, Tacq = 25 ms), and spiral scans
(52 interleaves, Tacq = 5 ms). Details are shown in the middle rows. Note that
varying subsets of interleaves are shown for better visibility. The straight
portions of the spiral trajectories reflect initial reverse excursions that serve, in
this particular implementation, to cross the center of k-space with finite speed.
The zoomed details illustrate high precision of the monitored trajectories,
the k-space noise amounting to only roughly 1/100 of a Nyquist sampling
interval. The probe SNR proved sufficient even in the k-space periphery and at
the end of long readouts where the probe signals are the weakest. In these data
certain deviations from the demanded, nominal trajectories are evident. For
instance, the EPI turns are slightly asymmetric, reflecting typical delays of the
read gradient due to self-induction. Small timing imperfections and eddy current
effects are also observed in the spiral trajectories, most of which slightly miss
the k-space center as they return from the initial reverse excursion.
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5.7 Monitoring-based image reconstruction
Gridding reconstructions relying on monitoring data are shown in Fig. 5.5
(bottom row). The three images are virtually flawless and identical, indicating
that any imperfections of the three different acquisition processes were
accounted for by the monitoring approach. All three images were obtained
without any of the conventional methods of phase calibration and correction,
which is noteworthy particularly for the EPI example. The only remaining
visible defects are due to static field inhomogeneity, causing mild warping in the
EPI and slight blurring in the spiral image. The low signal intensity at the top
and the bottom of the phantom stems from sensitivity drop-off of the imaging
coil.

Monitored

spin-warp

scans

with

two

different

echo

times

(TE = 2.6 ms / 3.6 ms) were performed to construct an ωref -map of the imaging
slice (not shown; frequency span = 152 Hz). Images obtained with long readouts
show characteristic warping (EPI, 14 interleaves, Tacq = 25 ms, arrows) and
blurring (spiral, 11 interleaves, Tacq = 30 ms) due to off-resonance effects
(Fig. 5.6 c, d). The same EPI and spiral data were also reconstructed with
off-resonance correction by MFI (Fig. 5.6 e, f). It is important to note that the
underlying ωref -map, which was obtained with spin-warp scanning, was
identical for the EPI and spiral cases and did not need to be warped or shifted in
any way to match the target data. Only a weak ghost of unknown origin
remained in the EPI image. Few minor dark speckles are due to small air
bubbles in the phantom that caused through-plane de-phasing. All further
reconstructions presented in this work are performed by combined gridding and
MFI.
Figure 5.6 also illustrates the effect of a potential main field drift, which
frequently occurs during extended scan sessions, particularly with gradientintense continuous EPI scanning.
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Fig. 5.6: Different levels of static field correction for an EPI scan (left column,
14 interleaves, Tacq = 25 ms) and a spiral scan (right column, 11 interleaves,
Tacq = 30 ms). a,b: gridding reconstruction with global misestimation of the
baseline field by 23 μT, corresponding to an error of ≈ 1000 Hz in the
demodulation frequency. This could, e.g., be the result of a field drift. c,d:
gridding reconstruction of the same data, relying on implicit demodulation
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adjustment with field monitoring. Static field inhomogeneity still causes warping
(EPI, left) and blurring (spiral, right) due to long readout intervals. e,f: MFI
reconstruction additionally removes these inhomogeneity effects.

Fig. 5.7: Delays of 1 μs (left) and 15 μs (right) cause ghosting in an EPI scan
(14 interleaves, Tacq = 25 ms) when reconstructed on the basis of the nominal
trajectory (a,b). The same data yield artifact-free images when reconstructed on
the basis of the concurrently monitored trajectories (c,d). Magnified details are
shown for the 1 μs delay.
If unaccounted for, it causes demodulation at the wrong center frequency
and results in shifts and ghosting (EPI) and blurring (spiral). To demonstrate
these effects clearly, a drastic error in the demodulation frequency of 1000 Hz

124

5.7 Monitoring-based image reconstruction
was introduced, resulting in the images shown in Fig. 5.6 a, b. In the EPI image,
it leads to a shift by 25 pixels and massive ghosting while the spiral image is
disfigured by blurring. By contrast, image reconstruction on the basis of the
monitoring data (middle and bottom rows) is not affected by the demodulation
error. The reason for this robustness is that main field and demodulation changes
affect the imaging and probe data intrinsically in the same way. Note that neither
event requires repeating the probe calibration step.
Clearly, a field drift on the order of 1000 Hz is more extreme than
encountered with most state-of-the-art instruments. However, it indicates that
field probing will equally master common, smaller field drifts and may indeed
greatly increase the tolerance to B0 instability.
Gradient delays
An EPI scan (14 interleaves, Tacq = 25 ms) was acquired twice with
deliberate gradient delays of 1 and 15 μs, respectively. The resulting data were
initially reconstructed on the basis of the nominal phase evolution, i.e., that
measured previously without delay. When doing so even the small delay of 1 μs
results in strong ghosting (Fig. 5.7 a), caused by phase inconsistency between
odd and even k-space lines [Mansfield1977], [Hennel1997]. By contrast, the
actual monitoring results recover a virtually flawless image, even for the
substantial delay of 15 μs (Fig. 5.7 c, d). Figure 5.8 shows analogue findings for
spiral imaging (17 interleaves, Tacq = 16 ms) with even longer delays of 10 μs
and 100 μs.
Again, the delays (top row) cause major damage when unaccounted for
while the monitoring data recover artifact-free images (bottom row). These
examples illustrate that flaws in the spatiotemporal field evolution, such as
simple delays, do not necessarily impair the information content of raw data.
They only lead to misinterpretation of the data as long as they are unknown.
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Fig. 5.8: Delays of 10 μs (left) and 100 μs (right) cause image degradation in a
spiral scan (17 interleaves, Tacq = 16 ms) when reconstructed on the basis of the
nominal trajectory (a,b). The same data yield artifact-free images when
reconstructed on the basis of the concurrently monitored trajectories (c,d).
Magnified details are shown for the 10 μs delay. Image reconstruction was
performed by combined gridding and MFI.
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5.8 Discussion and conclusion
The results presented in the previous section confirm the feasibility of the
proposed approach. Magnetic field monitoring with NMR probes reveals the
dynamic field evolution during each individual MR scan. Unlike previous
approaches the method described here monitors each MR sequence as it is and
does not require potentially confounding sequence adjustments. It does not rely
on the reproducibility of field perturbations and requires only minimal additional
data acquisition on the order of seconds for a whole imaging session.
Examples of monitored spin-warp, EPI, and spiral scanning resulted in
highly accurate image reconstruction even in the presence of massive gradient
and demodulation errors. Image reconstruction required only generic algorithms,
such as gridding and MFI, but no sequence specific data corrections as widely
used especially for EPI reconstruction. The resulting images were geometrically
consistent across the different acquisition strategies. This is illustrated by the
fact that a frequency map obtained with a monitored spin-warp scan was
straightforwardly applicable for off-resonance correction of EPI and spiral data.
These findings indicate that field monitoring holds promise for addressing
many of the hardware imperfections and artifact mechanisms listed in the
Introduction. Using basically the same physics as the actual MR experiment,
NMR field probes are naturally sensitive to all relevant spatially smooth field
perturbations from the μs scale to long-term effects evolving over hours.
Nevertheless, in considering the various types of perturbations an important
distinction must be made. Benign perturbations, such as the gradient delays
studied in this work, may change the way in which image (or spectral)
information is encoded, but they do not substantially change the available
information content. In these cases, field monitoring alone is a powerful remedy,
revealing how the data were actually encoded and hence how they need to be
interpreted. In more adverse cases, field perturbations may substantially alter or
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reduce the information content of MR data. For instance, in balanced SSFP field
perturbations may reduce and even annihilate the local steady-state
magnetization. Or in diffusion imaging gradient infidelity may cause signal loss
by residual de-phasing. Signal lost in these ways cannot be recovered even with
full knowledge of the underlying field evolution. In such situations, field
monitoring could potentially help to avoid the information loss in the first place
by adjusting the MR sequence based on iterative or real-time feedback of the
monitoring results.
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Besides immediate imaging and spectroscopic applications, the ability to
record spatiotemporal magnetic field evolution holds promise also as a tool for
the development, characterization, and maintenance of gradient systems and
entire MR systems. Another interesting area of application is the dynamic
control of shim sets [deGraaf2003]. Here the monitoring approach may support
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the choice and control of shim settings and offer a generic way of addressing
transient field effects caused by fast switching of shim currents.
It is important to note that field probing with external probes is limited to
field components of relatively low spatial order, which can be readily sensed
outside the imaging target. As discussed prior to Eq. (5.1), this is the case for all
field contributions that originate from the gradient coils, the main field magnet,
the cryostat, as well as any other sources well outside the imaging volume.
External probes are not suited for fully capturing magnetic fields that originate
inside the imaging target, i.e. from susceptibility-induced magnetization.
However, these fields are predominantly static and thus lend themselves to
separate assessment by conventional B0-mapping. The successful combination of
static B0-mapping and dynamic field monitoring has been demonstrated in this
work.
The monitoring experiments presented here are limited to first-order spatial
models, requiring only four probes. With such a setup second and higher-order
field contributions cannot be resolved. In particular, higher-order eddy-current
fields and the so-called concomitant components (or Maxwell terms) of gradient
fields are missed. However, initial investigations suggest that these effects will
be observable with extended arrays of NMR probes and higher-order models
[DeZanche2006].
The monitoring approach has been demonstrated only for 2D imaging, but
translates directly to multiple-slice and 3D imaging. Notwithstanding, one
limitation of the current setup consists in the need to use slice selection to
independently excite the probes and the sample. This will be more cumbersome
for volume imaging and thus calls for greater RF independence of the
monitoring probes. Prospective advances therefore include transmit-receive
operation and RF shielding of the NMR probes [DeZanche2007] or the use of a
different probing nucleus such as fluorine.
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The probe positions were determined by frequency measurements under
static gradients, exploiting the fact that the probes were placed in the gradients’
linear range. The lack of artifacts in reconstructed images validates this
approach for the presented experiments. More general methods of locating the
probes are an aim of further development.
In MR experiments, the variation of the magnetic field in space and time is
the fundamental link between the object to be depicted and the observable MR
signals. Revealing this spatiotemporal field evolution, the proposed probing
approach sheds light on an essential aspect of virtually all MRI experiments. So
far the need to know how exactly the field evolves in the magnet was mostly
addressed by perfecting the underlying magnet and gradient hardware. The
approach outlined here offers an alternative that mainly requires RF receive
channels, of which large numbers are currently becoming available on many
commercial MR systems.
The various potential uses of field monitoring largely remain to be
investigated. In view of highly advanced and expensive present-day MR
systems, one attractive use of this approach could be reducing hardware
demands with the help of more advanced image reconstruction. In this fashion, it
might be possible to shift some burden from the realm of MR hardware
engineering to that of signal processing, where CPU power continues to increase
in favor of demanding computing tasks.
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Chapter 6

A Transmit/Receive System
for Magnetic Field Monitoring
of In-Vivo MRI
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6.1 Motivation
The field monitoring approach has thus far been demonstrated for phantom
imaging with fast readouts of gradient echoes [Barmet2008], using receive-only
NMR probes (Chapter 5). While proving the monitoring principle the receiveonly approach has important limitations. Firstly, receive-only probes need to be
excited by radiofrequency (RF) transmission through an external volume coil,
which may interfere with the actual MR experiment. Secondly, external RF
pulses required to manipulate the magnetization in the imaged object may
conversely perturb the probe magnetization. And thirdly, being sensitive to
external fields such probes are prone also to receiving MR signal from the object
or subject under investigation, which corrupts the monitoring result. In the
previous demonstrations these issues were addressed by exciting both the probes
and the object by suitable spatially selective RF pulses and by sufficient
geometrical spacing between NMR probes and the object. These requirements
will hamper the routine use of field monitoring for in-vivo applications,
requiring full freedom in slice and volume position and orientation. In-vivo
imaging practice also limits the freedom of placing field probes and often
requires more intricate pulse sequences with multiple and potentially strong RF
pulses during a single sequence repetition.
All of the described limitations of receive-only probes are related to RF
interference between the actual imaging experiment and the probes, be it at the
excitation or the reception stage. The goal of the work presented in this chapter
is to solve this issue by mutually isolating the main experiment and the
operation of the field probes with respect to radiofrequency fields. This is
achieved by the introduction of transmit/receive (T/R) NMR probes that
are RF-shielded and excited by autonomous RF pulses. It is demonstrated that
the T/R approach enables robust and highly accurate field monitoring of in-vivo
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scans, involving multiple slice positions and orientations as well as spin-echo
sequences.

6.2 Field probes
Sample and RF coil
Like the previously described receive-only probes [DeZanche2008] the
new probehead is based on a liquid NMR sample contained in a glass capillary
and surrounded by a solenoid detector coil [Pound1950], [Olson1995],
[DeZanche2008] (Fig. 6.1). The capillary has been miniaturized to an inner
diameter of 800 μm, enabling the monitoring of scans with higher resolution.
The resulting sensitive volume is below 300 nℓ, requiring maximum-sensitivity
detection [Peck1995]. To this end the capillary wall is very thin (100 μm) and
the solenoid fits tightly on the capillary for maximal filling factor. The solenoid
is wound from enameled copper wire 90 μm in diameter.

Droplet formation
The capillary limits the NMR sample only in two dimensions, requiring
some additional means of forming a droplet with an equally small diameter also
in the third dimension. In previous capillary probes [Behnia1998],
[DeZanche2008] this was accomplished by surrounding the active droplet with
plugs of another liquid giving no NMR signal at the probe’s operating
frequency. To prevent line broadening the magnetic susceptibility of these plugs
was matched to that of the droplet [Stoll1982]. While successful in practice, the
plug approach entails demanding manufacturing and constrains the choice of the
two liquids involved. The sample and plug liquids should exhibit surface
tensions that cause the NMR sample to form a favorably convex rather than
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concave droplet. The two liquids, with any agents dissolved therein, must also
be chemically inert and immiscible. This requirement constrains the possibility
of adjusting the relaxation rates in the droplet and the room for susceptibility
matching. The latter is difficult for water droplets, which are more diamagnetic
( − 9.05 ppm SI volume susceptibility) than most other liquids.

Fig. 6.1: a) Schematic of the T/R probehead. The sample capillary, solenoid and
ellipsoidal epoxy casing are surrounded by a 22 μm copper shield. The thin wire
forming the solenoid is connected to a thicker wire of lower resistance.
b) Photograph of a shielded probehead (rotated by 90° relative to the
schematic), including the tuning/matching box and the connection to the coaxial
cable.
The difficulties of the plug approach can be circumvented with T/R probes,
which open up an alternative way of confining the sensitive volume in the third
dimension. An effective droplet can also be formed in a homogeneously filled
capillary by the combined spatial selectivity of the solenoid’s transmit ( B1+ ) and
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receive characteristics ( B1− ). Advantages of such B1-based droplet formation are
simpler manufacturing, inherently perfect susceptibility matching inside the
capillary, and a larger choice of sample liquids and dopants since all
compatibility requirements are overcome with a homogeneous filling. In
particular, the T/R approach facilitates the use of H2O as sample liquid, offering
high proton density and a wide variety of possible dopants. Hence water samples
were used throughout this work. To implement B1 droplet formation short
solenoids of only 3 turns were used, yielding an inductance of 28 nH.

T1 adjustment
Fast target sequences and the high sensitivity demands of the monitoring
application require repeated probe excitation at a high rate and with large flip
angles. Therefore it is preferable to reduce the sample’s T1 while keeping its T2
as large as possible. For water samples this can be readily achieved by adding
copper sulfate pentahydrate (Cu(II)SO4·5H2O). Based on literature data for
63 MHz [Bozorth1951] a dopant concentration of 3.3 g/ℓ was chosen, targeting
T1 and T2 close to 100 ms.

Casing
For sealing, mechanical robustness, and ease of use the capillary and
solenoid are embedded in a solid casing. To avoid line broadening of the sample
the casing material must be susceptibility-matched to the specific copper wire
used [Olson1995], [DeZanche2008]. To this end a suitable two-component
epoxy system (Swiss Composite, Jegenstorf, Switzerland) was identified using
the susceptometry method described in [Barmet2007]. Adverse susceptibility
effects must also be prevented when choosing the shape of the casing.
According to magnetostatics any homogeneous, magnetically susceptible
ellipsoid, when placed in a homogeneous magnetic field, will give rise to a
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homogeneous net field inside itself [McClurg1956]. Consequently the net field
will still be homogeneous in the innermost of a set of nested ellipsoids as long as
each is itself of homogeneous and low susceptibility. In the described probes the
sample liquid and glass capillary form nested long cylinders, which are good
approximations of prolate ellipsoids. Following the same logic the casing should
again ideally be ellipsoidal. Therefore an ellipsoid closely fitting the length of
the capillary was used in this work (Fig. 6.1).

Tuning and matching
The solenoid is resonated at 127.8 MHz for operation at 3 T, using
balanced tuning by two variable capacitors. The capacitors are housed in a small
box several centimeters away from the probehead to prevent them from
disturbing the field homogeneity within the probe sample. The solenoid is
connected to the tuning capacitors by 1-mm-thick, silver-plated copper wire to
minimize losses (Fig. 6.1). A third variable capacitor, housed in the same box,
serves for matching to a shielded 50 Ω coaxial cable that connects to a
T/R switch.

RF shield
RF shielding [Burl1996] of the probehead is achieved by plating it with a
layer of copper. In order for external RF fields not to penetrate the shield, its
thickness must amount to at least several multiples of the RF skin depth in
copper, which is 5.8 μm at 127.8 MHz [Ramo1994]). Conversely, the
conducting layer should be as thin as possible to provide a high resistance to
low-frequency currents that will be induced by gradient switching. Such eddy
currents, if significant, will partly shield the gradient fields and thus worsen the
fidelity of the monitoring measurement. Therefore a copper shield of 22 μm
thickness was applied by electroplating. The shield encloses the probehead, the
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tuning and matching box, as well as the connection between them. It is
connected to the shield of the coaxial cable through a small connector of the
SMC family (Huber+Suhner, Herisau, Switzerland).

6.3 Driver hardware
Receive path
Integrated on a T/R board, the T/R switch is based on actively-biased PIN
diodes [Chen1989] and performs the function of switching between RF
transmission and reception. This board also includes a low-noise preamplifier
for boosting the weak probe signal. The T/R board is made of 1.5-mm-thick
double-sided fiberglass (FR4) circuit board and is enclosed within an
RF-shielded box shorted to the shield of the incoming coaxial cable.

Transmit path
The NMR probes are excited through a separate transmit path independent
from that of the imaging system. Operating the probes independently from the
imaging sequence requires very high-bandwidth RF pulses that will reliably
excite all probes irrespective of potentially strong gradient fields. Due to their
small dimension the T/R probes described here permit generating such pulses
with only small RF power. Block pulses of a few μs in duration are generated
with a pulse generator and modulated at 127.8 MHz by a frequency generator
(both Hewlett-Packard, Palo Alto, CA). The pulses are then amplified by an RF
amplifier (American Microwave Technology, Anaheim, CA). The RF amplifier
is unblanked only during a time window that just contains the respective pulse.
A maximum of 8 probes can be driven simultaneously by feeding the amplified

137

6 A Transmit/Receive System for Magnetic Field Monitoring
pulse to an 8-way splitter based on a cascade of 7 quadrature hybrids
[Hansen1998]. Individual attenuators on each output channel permit per-probe
flip angle adjustment. In the present work up to 4 probes were used
simultaneously. 50 Ω loads terminated the remaining splitter channels. With this
setup a total power of about 1 W is sufficient for 90° nutation in 5 μs.

Control
All experiments were performed on a 3 T Achieva platform (Philips
Healthcare, Best, The Netherlands). The operation of the field probes was
controlled along with the actual imaging sequence via the console of the
imaging system. The console was programmed to trigger probe excitation at
suitable times by a TTL signal sent to the additional transmit chain described
above. The TTL signal unblanks the RF amplifier and triggers the pulse
formation hardware. A separate console signal was used to control the
T/R switches.

6.4 Performance assessments
FID quality
Figure 6.2 shows a free induction decay (FID) signal obtained with a T/R
probehead, acquired after probe excitation in the fully relaxed state. After 98 ms
the signal has decayed to 27% of its initial strength. Given that T2 is
approximately 100 ms this result confirms minimal inhomogeneous line
broadening and thus a nearly perfect susceptibility match between the solenoid
wire and the epoxy casing. Using the measure ξ = SNR BW [DeZanche2008],
the FID reflects an initial probe sensitivity of ξ = 7.1 × 104 Hz . This value
compares favorably with the maximal ξ values of 2.0 × 105 Hz reported in
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[DeZanche2008] for a receive-only probehead with a sample volume about four
times larger.

Fig. 6.2: FID of a T/R field probe doped with 3.3 g/ℓ copper sulfate, acquired
for 98 ms.
T1 adjustment
Upon repeated probe excitation with repetition times (TR) below a few
multiples of T1, the probe’s sensitivity benefits from reducing its T1. Table 6.1
shows the observed initial ξ for various TR, comparing a pure H2O probe with
one doped with CuSO4 5H2O (3.3 g/ℓ). For fast repetitions T1 adjustment
improved the probe sensitivity by up to a factor of 4.
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RF shield
To assess the effectiveness of RF shielding one shielded and one
unshielded probehead were exposed to magnetic RF field in a bench test. Using
a network analyzer an S21 measurement was performed, transmitting with a
tuned and matched solenoid coil (4 loops, 14 mm diameter) and receiving with
the respective probehead. The unshielded probehead was placed 52 mm above
the solenoid coil and rotated such that the coupled signal was maximal
( − 38.1 dB). The shielded probe was then placed in the exact same position and
orientation, yielding a coupled signal of − 75.8 dB. The isolation of the shielded
probe head was thus estimated at roughly − 38 dB.

Fig. 6.3: Contamination of the probe signal by MR signal of a nearby water
bottle. The formation of a gradient echo is shown for an unshielded (gray) and a
shielded probe (black). Note the logarithmic scale.
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Isolation from object MR signal
The sensitivity of a probe to external MR signal was studied by an MR
experiment, receiving probe signals in the presence of strong precessing
magnetization in a nearby object. A shielded and an unshielded probe filled with
D2O instead of H2O were placed symmetrically close to the bottom of a 5 ℓ
water bottle. A 20-mm-thick slice at the bottom of the bottle was excited by a
90° RF pulse. The signal was then de- and re-phased by a gradient, such that a
gradient echo formed after 7.2 ms. The time evolution of the signal detected by
the two probes is compared in Fig. 6.3. The unshielded probe shows a distinct
gradient echo, reflecting substantial signal coupling from the bottle. The signal
obtained simultaneously with the shielded probe reveals no visible
contamination, suggesting effective shielding of object signals.

Gradient eddy currents on the probe shield
The switching of gradient fields inevitably induces eddy currents on the
probe shield. Due to the thin plating and small dimensions of the probeheads
these eddy currents are small and short-lived. It may therefore be expected that
their effect on the monitoring measurement is limited to a mere delay in the
probe’s phase response, an assumption that will later be tested by image
reconstruction based on probe data. The assumed delay was determined
experimentally by comparing the signal phase evolution of a shielded and an
unshielded probe under the influence of a gradient blip. The two probes were
placed point-symmetrically about the scanner isocenter in positions off-center in
all three gradient directions. Probe data were acquired for 50 ms with a gradient
blip of 0.5 ms played out at 40 ms. The initial 40 ms of these data were used to
determine and correct for the individual probe’s static off-resonance frequency.
Then their phase was extracted and unwrapped and the initial phase offset was
subtracted such that both probes’ phase evolutions started at zero. Finally the
sign of the second probe’s phase time course was inverted, due to its opposite
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position, and scaled to that of the first probe to account for slightly unequal
distances from the isocenter. From the resulting phase time courses the relative
delay of the shielded probe’s phase was determined by least-squares fitting.
Measurements of this kind were performed with blips in all three gradient
directions. The delays measured for the x, y and z gradient direction were
4.88 μs, 4.73 μs, and 4.73 μs respectively. This suggests that the delay was
essentially independent of the direction of the applied gradient. Based on these
findings, henceforth, all probe signals are corrected for a 4.8 μs delay.
Droplet formation
A gradient-echo image taken with a T/R probe head is shown in Fig. 6.4,
revealing the successful formation of an effective droplet. In the following the
behavior of such a droplet under the influence of gradient fields is examined.
Figure 6.5 illustrates the de-phasing behavior of the droplet along and
perpendicular to the capillary. A probe FID under a read gradient perpendicular
to the capillary shows the characteristic jinc-like Fourier response of cylindrical
objects. Along the capillary the droplet is not delimited by sharp physical
borders but by the solenoid’s smoothly-decaying B1+ and B1− . Applying a
gradient along this direction leads to a signal drop-off in k-space without side
lobes. However the range in k-space that can be covered with this probe is very
similar perpendicular to and along the capillary, confirming the choice of 3 turns
of 90 μm wire for the solenoid.

High-resolution trajectory mapping
The capability of the proposed probes to monitor high-resolution imaging
was tested by considering a spiral sequence with a nominal resolution of
420 μm. Four T/R probes were mounted in the magnet bore in an approximately
tetrahedral arrangement and FIDs were acquired simultaneously while playing
out the spiral gradient waveforms in the x and y directions. From the resulting
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four phase time courses the underlying k-space trajectory was computed as
described in chapter 5 (Fig. 6.6). The capillaries of all probes are oriented along
the kx -axis, which again confirms suitable sample confinement both along the
capillary axis (kx) as well as perpendicular to it (ky).

Fig. 6.4: Spin-warp gradient-echo image of the effective droplet in a T/R probe.
In-plane resolution = 40×75 μm2; projection in the slice direction. The
capillary is oriented horizontally.

Echo-planar imaging (EPI)
To show the feasibility and flexibility of concurrent imaging and T/R field
monitoring, gradient-echo EPI scans were performed in a healthy volunteer.
Four probes were arranged about an 8-channel head receive array (Invivo
Corporation, Orlando, FL), again in an approximately tetrahedral fashion. They
were excited simultaneously with slice excitation in the subject. Probe and
imaging signals were then acquired simultaneously. Images were reconstructed
from the 8-channel data, using a standard gridding algorithm based on the
k-space trajectories derived from the probe data after the aforementioned 4.8 μs
delay correction. Figure 6.7 shows a selection of the resulting data for various
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slice orientaions and positions, readout durations, and degrees of EPI
segmentation. Except for minor motion artifacts in some sagittal views, the
images are free of conspicuous errors. In particular there is no sign of ghosting
as one would expect even from very minor relative delays between the assumed
and actual k-space trajectory. This corroborates the assumption of simple delay
of probe data due to gradient eddy currents on the probe shields.
Moreover the data confirms that the delay model is generally applicable
since the same delay correction was successfully applied to data sets of various
orientations, resolutions, and degrees of EPI segmentation.

Fig. 6.5: De-phasing of the probe signal under a gradient perpendicular to the
capillary (black) and along the capillary (gray). The dash-dotted line marks a
typical SNR threshold of 10, indicating equal k-space mapping ranges in the two
dimensions shown. The dashed line plots the achievable image resolution as a
function of k.
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Fig. 6.6: Mapped k-space trajectories of a spiral scan with a nominal resolution
of 420 μm. The kx-axis points along the probe capillary, the ky-axis is
perpendicular to the capillary. Selected interleaves are shown. The detail from
the center of k-space (top left) shows initial backswings in the spiral
implementation used. The second detail (top right) demonstrates high mapping
precision even in the k-space periphery where the probe magnetization is almost
completely de-phased.
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To demonstrate the tolerance of the shielded T/R system against multiple
and strong RF pulses in the imaging sequence, a final set of tests was dedicated
to segmented spin-echo EPI in a phantom and in vivo (Fig. 6.8). In order to
maximize the probe SNR during the readout phase of this sequence the probes
were excited only after the 180° echo pulse. Again ghost-free reconstruction
confirms accurate field monitoring.

6.5 Discussion and conclusion
The proposed T/R monitoring system renders field probing during MR
procedures robust and flexible and has enabled the first in-vivo demonstrations
of MRI with concurrent spatiotemporal field monitoring. Compared with the
previous receive-only implementation the advantages of the T/R approach are
manifold. The need to fit probe excitation pulses into the imaging sequence is
overcome by the RF independence of the probe and imaging experiments. The
separate probe transmit chain also affords maximal flexibility of timing the
probe excitation, which is helped by its ability to achieve pulse bandwidths of
many hundreds of kHz. B1-based droplet formation simplifies probe head
manufacturing, removes constraints on the choice of sample liquid and
facilitates T1 and T2 adjustment, while naturally yielding perfectly homogeneous
susceptibility inside the capillary. The ellipsoidal epoxy casing preserves the
homogeneity of the external magnetic field and thus maximizes the probe signal
lifetime in conjunction with susceptibility matching to the RF solenoid. The
probeheads have also been further miniaturized, permitting the monitoring of
k-space trajectories down to a nominal image resolution of 420 μm. The use of
smaller effective probe droplets relies critically on thorough RF shielding that
virtually eliminates signal contamination by object signal. Shielding as
described in this work also enables positioning the probes in arbitrary
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geometrical positions and close to the object, imaging thick slices or 3D
volumes, arbitrary slice orientations, and spin echo scans.

Fig. 6.7: Segmented gradient-echo EPI, reconstructed based on probe data.
Transverse (left): 36 interleaves / 8 echoes, TE = 12.6 ms, Tacq = 18.9 ms,
resolution = 0.8 mm. Coronal (middle): 58 interleaves / 4 echoes, TE = 6.8 ms,
Tacq = 9.4 ms, resolution = 1 mm. Sagittal (right): 72 interleaves / 4 echoes,
TE = 7.3 ms, Tacq = 10.3 ms, resolution = 0.8 mm. Slight artifacts in the sagittal
views are due to eye motion and CSF pulsation.
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Fig. 6.8: Spin-echo EPI in a phantom and in vivo. 50 interleaves / 6 echoes,
TE = 30.3 ms, Tacq = 13.3 ms, resolution = 0.8 mm. The left phantom image was
obtained without correcting for the delay caused by the probes’ RF shields
(4.8 μs). Comparison of the two phantom images illustrates the importance and
accuracy of this correction.

Gradient eddy currents on the RF shields are per se an adverse effect.
However, due to their short lifetimes they can be modeled as causing a simple
delay of the MR phase evolution in the probe droplets. Successful correction for
this delay has been demonstrated by ghost-free EPI reconstructions. It is
noteworthy that the observed delay is practically independent on the direction of
the underlying switched fields. This is plausible considering that only eddy
currents in the transverse plane, giving rise to a magnetic field parallel to B0,
will considerably perturb the field magnitude in the probe sample. Closer
analysis may yield a more elaborate model involving anisotropic transfer
functions [Aldefeld1998].
A promising design alternative is using a different nucleus for T/R probes,
which will be naturally RF-decoupled from proton MR experiments without the
need for RF shielding. Such probes will be simpler to manufacture and free of
eddy current effects, but require multiple-frequency capability of the
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spectrometer. Otherwise the hardware and methods described here will apply
straightforwardly to non-proton probes.
Continued development of the described T/R probes should target further
miniaturization and SNR optimization. Promising uses of T/R field monitoring
include enhanced image reconstruction and real-time feedback to gradient and
shim systems. The latter will be useful for tackling field perturbations that
cannot be fully addressed at the signal processing stage.
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Table 6.1: Probe sensitivity ξ /104 Hz as a function of TR, compared for pure
and doped H2O probeheads.
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