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“Today I see, for the first time, the true coast of Ithaca.”

– Riccardo Fenici

A comment made by Professor Fenici at the end of the 2018 European Workshop on
Magnetocardiography, where he gave a talk likening his nearly 4 decade journey in Mag-
netocardiography to Odysseus’ arduous journey home to Ithaca.

“Premature optimisation is the route of all evil.”

– Donald E. Knuth

A widely applicable meme. I put it here in relation to the field of magnetocardiography;
to highlight the importance of evolving the whole system, and not getting entrenched on
optimising single sensor performance.
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Abstract
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Doctor of Philosophy

A Biomagnetic Field Mapping System for Detection of Heart Disease in a Clinical
Environment

by John William MOONEY

This PhD was inspired by the clinical demand for a system to triage chest pain and the
untapped diagnostic potential of magnetocardiography (MCG) to reliably detect silent
ischaemic heart disease, which is responsible for the highest mortality rate of any single
disease category. The aim was to develop a low cost and portable biomagnetic field
mapping system capable of differentiating between healthy and diseased hearts within
an unshielded hospital environment. This entailed the development of a system based
on an array of magnetometers with sufficient sensitivity (104fT/

p
Hz at 10Hz) and noise

rejection performance (68.4� 3.9 dB) to measure the small magnetic field associated with
the heart beat, the magneocardiogram, within a much larger background noise.

The array of induction coil magnetometers (ICM) we developed had sufficient sensi-
tivity and were robust to high amplitude noise. These sensors were also cheap to manu-
facture and capable of operating on battery power, allowing a low cost, portable device
to be developed.

The key element that allowed us to achieve unshielded operation was the develop-
ment of an algorithmic spatial filter, used as a substitute to operation within a magnet-
ically shielded room. This coherent noise rejection (CNR) algorithm exploits the differ-
ence in spatial coherence between the local cardiac signals and the distant background
noise sources. The observed coherence width during a clinical trial of the system within
a hospital ward was 2.8� 0.9� 106mm2. This allowed us to capture MCG signals with
a signal to noise ratio of SNRQRS = 0.93� 4.43dB. The performance of CNR was found
to improve by 9dB per order of magnitude increase in environmental spatial coherence
width. The coherence width can be increased by changes to hospital architecture, elec-
tromagnetic field regulation and device design optimisation.

The thesis also explores a variety of approaches to obtain binary diagnostic informa-
tion from MCG, from traditional statistical learning on manually engineered features to
machine learning. I found that machine learning techniques, in particular convolutional
neural networks (CNN), were able to capture more diagnostic information than tradi-
tional techniques and achieved world class prediction accuracy of 88% on the clinical
trial dataset.

HTTP://WWW.LEEDS.AC.UK
https://physicalsciences.leeds.ac.uk/
https://physicalsciences.leeds.ac.uk/info/37/school_of_physics_and_astronomy
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Chapter 1

Introduction

The aim of this thesis is to develop a low-cost, portable magnetocardiography (MCG) sys-
tem for the acquisition of diagnostic information in an unshielded clinical environment,
using sensitive induction coil magnetometers (ICM) and digital signal processing (DSP)
to record the magnetic signals of the heart and separate them from the dominant envi-
ronmental noise. To achieve this, a multidisciplinary approach was required, spanning
physics, physiology, electronics, digital signal processing and machine learning. The key
contribution this thesis provides is a sensor agnostic algorithm for spatial �ltering of en-
vironmental noise called coherent noise rejection, which replaces the use of expensive
and immobile magnetically shielded rooms.

The resulting MCG system has the potential to bring magnetocardiography into main-
stream adoption. Our device in particular is designed for triage of chest pain in accident
and emergency departments, since it detects the presence of heart disease quickly and
without contact, and critically it is able to detect silent ischemic heart disease, which is
currently dif�cult, expensive and time consuming to triage.

This chapter provides an introduction to magnetocardiography and its signi�cance
as a clinical diagnostic tool, followed by a history of magnetocardiographic devices, in-
cluding our developmental work that began before the advent of this PhD. An outline of
the thesis is provided at the end of this chapter.

1.1 Motivation

Heart disease is the leading cause of death globally; responsible for 18.3% of deaths in
2010. Of these deaths the majority (72.5%) are due to ischemic heart disease (IHD) [1].
IHD, also known as coronary heart disease (CHD) or coronary artery disease (CAD) is
caused by a build up of fat deposits that causes a narrowing or blocking of the coronary
arteries reducing blood �ow through the heart muscle. When IHD is detected early it
can be managed by a range of treatments and lifestyle changes to improve blood �ow
and thereby prevent or minimise infarction (cell death) [2, 3]. Currently early detection
is problematic because low-level ischemic disease states, known as non-ST-elevated my-
ocardial infarctions (NSTEMI), are not detectable with electrocardiographic techniques.
Though NSTEMI can be diagnosed precisely with Angiography, this process is invasive,
time consuming and expensive[4]. Blood marker testing for Troponin is sensitive to acute
ischemic damage but requires serial monitoring over several hours to return a high speci-
�city result and is prone to false positives since it measures the presence of myocardial
injury, not the cause, which can be pericarditis, renal failure and even strenuous exer-
cise[5]. No high throughput, economical technology currently exists for the detection
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of NSTEMI. However, several studies have shown that NSTEMI can be detected using
Magnetocardiography (MCG) [6–12].

Magnetocardiography is the study of the magnetic �eld associated with the electro-
chemical action of the heart. The heart's magnetic �eld is the strongest in the body due
to its helical geometry and the sustained ion exchange required to precisely coordinate
contraction and so achieve ef�cient pumping. To capture the magnetic �eld, an array
of sensitive magnetometers are placed in proximity to the heart and their signals are
recorded at a rate suf�cient to capture the heart's dynamics. The resulting MCG signals
form a spatio-temporal magnetic �eld map (MFM) that encodes information on the mo-
tion of charges within the heart tissues, which occur due to the propagation of action
potentials (AP). AP propagation is an active process that is powered by aerobic respira-
tion. In IHD regions of cardiac tissue do not receive adequate blood supply, this prevents
aerobic respiration and removal of waste products. Thus AP propagation is disrupted
through ischemic regions. This disruption can be measured in the MFM.

Compared to electrocardiographic techniques such as body surface potential map-
ping (BSPM), the magnetic �eld is not distorted by the inhomogeneous conductivity of
the bodily tissues. Though BSPM can meet or exceed the spatial resolution of MCG, it
only encodes information of the surface potential of the epicardium (outer surface of the
heart), not the internal cardiac currents that are observed with MCG, hence the inabil-
ity of electrocardiographic techniques to detect silent ischemic heart disease (NSTEMI).
Furthermore, to perform BSPM requires a disposable array of electrodes to be �tted to
the patients chest, a skillful, time consuming and costly ( � 1000($)) procedure. Whereas
MCG is a non-contact technique offering the possibility of high clinical throughput.

Though the cardiac magnetic �eld is the largest in the body, it is a challengingly small
�eld to measure. To reach the required sensitivity, the sensor system used for MCG must
have very low inherent noise and a high response to magnetic �elds. Typically SQUID
sensors are employed; these sensors are composed of a superconducting loop containing
one or two Josephson junctions, the voltage across these junctions is proportional to the
magnetic �ux through the loop. To maintain the superconducting state the SQUID must
be cryogenically cooled. Multi channel SQUID arrays have enabled the �eld of mag-
netocardiography to exist, however their high system cost has prevented mainstream
adoption.

The cardiac �eld is tiny compared to the Earth's magnetic �eld and the �elds gener-
ated by the human built environment. This noise is often more than a million times more
intense than the heart's magnetic �eld. Typically magnetically shielded rooms (MSR) are
used to create a measurement environment. These rooms have several skins composed of
high permeability metals to isolate external magnetic �elds and thick conductive sheets
to attenuate electromagnetic radiation down to low frequencies. The high installation
cost of an MSR makes them uneconomical to install in many hospitals.

The ideal application for MCG is the triage of chest pain, the determination of whether
or not the chest pain is attributable to an acute coronary syndrome. Currently a large
portion of patients arrive at hospitals with chest pain, in the majority of cases the pain
is of non-cardiac origin. Because no tool exists that can con�dently rule out NSTEMI, all
ECG negative chest pain patients are treated as having an NSTEMI until other diagnostic
results can be obtained [13]. This results in many patients entering an expensive, invasive
and time consuming diagnostic pathway only to �nd out they are healthy[14].

The challenge to widespread clinical adoption of MCG is achieving a suf�cient cost/
bene�t ratio. The commercial MCG devices currently available are expensive �xed instal-
lations that usually require magnetically shielded rooms (MSR) to remove environmental
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noise. This static nature reduces their throughput and makes them unsuitable for patients
in delicate conditions that cannot be moved safely. Furthermore the cost of an MSR can
be more than an MCG device. To reach a new cost/bene�t paradigm the ideal device
must be cheap (initial capital and running costs), ideally portable (capable of moving to a
patients bedside) and capable of operating outside of a MSR. This is what I have strived
to create during this PhD.

In order for MCG to be diagnostically useful, a translation is required from magnetic
�eld map to heart health state. ECG diagnostics have developed over many decades, by
a process of human pattern recognition and statistical analysis. Many people are now
skilled in analysing ECG patterns to determine the health state of the heart. Though lots
of research has been performed to �nd patterns in MCG, especially since the commercial
introduction of multichannel SQUID in the early 1990's (see �gure 1.8), the search is not
as comprehensive as ECG and it could take several more decades to discover a reliable
set of diagnostic patterns.

Recent developments in machine learning offer an alternative avenue for an MCG
diagnostic tool. In particular, convolutional neural networks have proven to be excel-
lent at image and movie classi�cation and I have found them highly suitable for MCG
diagnosis. I have focused on just a binary classi�cation of disease state, as it is suf�cient
for triage. A reliable triage device will allow true cardiac patients to be forwarded on to
the plethora of devices capable of precise classi�cation and disease localisation (tomog-
raphy, perfusion CT, MRI), whilst relieving those clinical pathways from healthy people
with non-cardiac chest pain.

1.2 Background and Review

1.2.1 The Heart

The mammalian heart evolved about 210 million years ago [15, 16], since then its basic
arrangement has not changed. It is a four chambered system with separate circuits for
pulmonary and body circulation allowing independent control; A high system blood
pressure can be achieved for oxygen and nutrient transfer whilst having a lower pressure
in the pulmonary circuit for optimal oxygen exchange in the lungs [17]. The structure of
the heart muscle has a helical shape, see �gure 1.1. Its pumping action is closer to the
wringing of a mop, than the contraction of a sack [18–20]. This enables an ef�cient vortex
blood �ow, which has a higher velocity for a given pressure than a non vortex �ow [21–
23]. This important aspect of cardiac function is just beginning to be exploited by a new
vortex �ow imaging modality that can provide an index of cardiac dysfunction based on
vorticity of intraventricular and aortic blood �ow. [24, 25].

The heart is surrounded by the pericardium, a double layered membrane that plays
a role in ion exchange modulation, mechanical mounting, lubrication and prevention of
infections. The heart is mostly composed of cardiomyocytes, specialised muscles cells,
able to reliably synchronise their contraction and perform at high power output for long
periods. To facilitate this, cardiomyocytes contain a large number of mitochondria. The
bulk of tissue formed by the myocytes is an anisotropic �brous network, with the cells
connected only at their ends, forming a branched structure. The permeable nature of this
structure allows intracellular �uid �ow and diffusion to exchange ions and respiration
components at the high rate required to sustain a coherent action potential. To enhance
ion exchange with the interior, the cells exhibit microscopic tubes called T-tubules that
penetrate the cell membrane, interfacing the extra-cellular space with the sarcoplasmic
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FIGURE 1.1: The helical arrangement of cardiac muscle tissue. [26]

reticulum, see �gure 1.2. The sarcoplasmic reticulum is an organelle that consists of an
internal network of tubules surrounding the myo�brils (the contractile units of the cell),
it stores calcium ions (Ca2+) that are used to trigger contraction.

The importance of Ca2+ ion exchange is highlighted by the lethal mechanism of hy-
dro�uoric acid toxicity[27]. Following exposure to hydro�uoric acid, it quickly dissolves
into the blood where it reacts with with Ca 2+ ions causing hypocalcaemia. If the exposure
is suf�cient (>2.5% of skin surface) and not treated promptly, the result is fatal following
cardiac arrest.

Interspersed with the myocyte tissue is an insulated network of specialised conduc-
tive tissues called the purkinje �bers, that distribute and help coordinate the pacemaker
action potential; they also function as a backup pacemaker system, able to spontaneously
generate action potentials. The initial pacemaker signal originates in the sinoatrial node
(SAN), though capable of spontaneous pacemaking, the native rate is modi�ed by the
autonomic nervous system in response to demand. The autonomic response takes into
account many factors including dissolved oxygen and carbon dioxide levels in the blood,
arterial blood pressure, body temperature and emotional state. The pacemaker signal
is divided into two distinct phases, the �rst phase initiated by the SAN is responsible
for depolarising the atria. Then the atrioventricular node (AVN) momentarily delays the
propagation, allowing blood to �ll the ventricles, before relaying it to the ventricles via
the purkinje �bers.

The Cardiac Cycle

The cardiac cycle describes the sequence of actions that occurs during a heart beat, see
�gure 1.3. At the start of the cycle the heart muscle is in a relaxed state. Pressure in
the venous network causes blood to �ow into the major chambers of heart; the atria and
ventricles. Then the SAN produces an action potential it spreads �rst to the atria causing
atrial systole; the contraction of the atria, which forces blood into the ventricles. See �gure
1.4. After a delay in the AVN, the action potential continues to propagate through the
purkinje �bers into the ventricles, causing them to depolarise and contract; ventricular
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FIGURE 1.2: Illustration of a section of myocyte. The myo�brils are the
contractile elements, they are surrounded by extensive ion exchange net-
work called the Sarcoplasmic Reticulum, which is connected to the extra-
cellular space by T-tubules. A large number of Mitochondria are present,
which provide the chemical energy necessary for contraction in the form

of ATP. [28]
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FIGURE 1.3: The phases of the cardiac cycle, relating mechanical dynamics
with electrophysiological presentation. During the depolarisation phase,
atrial contraction occurs and a P-wave can be observed in ECG, followed
by ventricular contraction with observation of QRS wave. Then the re-
polarisation phase occurs, where the muscle relaxes and a T-wave is ob-

served. [26]
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FIGURE 1.4: The conduction network of the heart and corresponding ac-
tion potential timeseries shown relative to the ECG in the bottom right.
The action potential propagates from the sinoatrial node, through the atria
to the atrioventricular node, then after a delay, into the purkinje �bers for

precise distribution into the ventricles.

systole. A resting phase follows (atrial and ventricular diastole) where the muscle relaxes
and repolarises in preparation for the next cardiac cycle.

Cardiac Action Potential

The action potential is an evolved biological mechanism for communicating information
between cells, it is responsible for the transmission of signals along nerve cells and for
coordinating the contraction of cardiomyocytes across the heart. The precision of syn-
chronisation is critical for ef�cient cardiac output. Many heart diseases manifest in the
disruption of this action potential, including IHD and arrhythmias. A measurement of
the heart's magnetic �eld can reveal action potential abnormalities and therefore detect
disease.

The action potential is a change in voltage across the cell membrane, due to the �ow
of ions between the intra and extra-cellular spaces. These �ows are controlled by a set of
membrane channel proteins. The coordinated action of these membrane channels drives
the voltage impulse to travel along the cell. In the resting state an imbalance of ions stores
energy in electrochemical potential, which is used to power the next impulse. The power
for this is provided by membrane pumps, which use the chemical energy stored in the
ATP molecules created by the mitochondria by (under non-ischemic conditions) aerobic
respiration.

At rest a cardiomyocyte has a negative resting membrane potential of � 90mV due to
the existence of large negatively charged proteins within the cell, and the action of the
Na+/K +-ATPase Pump, which actively pumps sodium ions (Na +) outside the cell whilst
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FIGURE 1.5: The action potential of a cardiac myocyte, showing the stages
ionic current �ow and the membrane channels involved. The duration

from initial spike to return to resting potential is approximately 200ms.

bringing in potassium ions (K +). If the membrane potential is increased above the thresh-
old potential ( � 70mV); such as by the action of a pacemaker cell, the voltage sensitive
membrane channel Nas opens allowing Na + ions to �ow in down the concentration gra-
dient causing a further rise in membrane potential to around + 25mV.

Once inside the cell these ions are free to diffuse transversely, and do so, spreading the
region of increased membrane potential and triggering further Na s channels to open. The
depolarised region propagates along the cell. This positive membrane voltage triggers
the Nas to close and a K+ voltage sensitive channel to open, causing an out�ux of K +,
reducing the membrane potential.

In a nerve cell this would cause repolarisation, a return to the resting state, within
a few milliseconds. However, in a cardiomyocyte a plateau phase is maintained by the
in�ux of Ca 2+, which balances the K+ out�ow. This plateau can last for 200ms allowing
synchronisation of the entire ventricular tissue. The Ca 2+ bind to ryanodine receptors
on the SR, causing the SR to release more Ca2+, creating a 'calcium spark'; a simultane-
ous increase in Ca2+ across the cell that binds to the protein Troponin causing myo�bril
contraction.

Eventually the L-type Ca 2+ channels close, and a number of K+ channels open, caus-
ing the repolarisation of the cell. The Na +/Ca 2+ Exchanger and the Na+/K + pump then
work to restore ion concentrations to the resting state con�guration. As the Ca 2+ concen-
tration within the cardiomyocytes decreases the myo�brils relax.

The Cardiac Magnetic Field

The heart's magnetic �eld is generated by the movement of ions during AP propagation
through the cardiac tissues. There is also a magnetohydrodynamic component due to the
�ow of blood, since blood is a conductive �uid, however this component is much smaller
than the AP induced magnetic �eld.

The electromagnetic �eld of our universe has two components; the electric �eld and
the magnetic �eld. When we treat the electric and magnetic components separately we
invoke Helmholtz's theorem, which states that a vector �eld can be decomposed into two
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components a divergent component (electric) and a curl component (magnetic). In gen-
eral the electric �eld is effected by the distribution of charged particles and the magnetic
is effected by the movement of charged particles.

However, the two �eld components also interact directly, forming electromagnetic
waves. The energy in an electromagnetic wave oscillates between the electric and mag-
netic �elds. Though the energy in each component is equal, in the far-�eld, the force
that acts on a charged particle due to an electromagnetic wave is predominantly due to
the electric �eld, the magnetic force is weaker by a factor of c. The distinction between
far-�eld and near-�eld is approximately characterised by being more or less than one
wavelength from the wave source. In the near-�eld (especially < l /2 p ) the relationship
between E and B is more complex, and in general the magnetic force is increased.

In bio-electro-magnetism, the organ-scale electromagnetic waves generated have fre-
quencies of <1kHz. Therefore wavelengths (l = c/ f ), on the order of 107m (@ 30Hz).
Thus the measurement of bio-electro-magnetic signals is always near-�eld and the mag-
netic components are signi�cant.

The inhomogeneous conductivity of the body tissues causes a distortion in the sur-
face electric potential measured by ECG. There is no signi�cant distortion of the magnetic
�eld, though there will be an extremely small distortion due to the inhomogeneous dis-
tribution of paramagnetic (oxygen, iron, magnesium...) matter within the body.

The electromagnetic �eld is described by Maxwell's equations. The perturbation of
the magnetic �eld due to the motion of charges is described by Maxwell's 4th equation
(Ampere's Law):

r � B = m0

�
J+ #0

¶E
¶t

�
(1.1)

Which states that the curl of a magnetic �eld around an axis is proportional to the com-
ponent of the current density plus the change in electric �eld along the axis. Gauss's Law
states that the magnetic �eld forms closed loops (since r � B = 0), a measurement of
B outside the heart contains information on the current density within the heart, that is
revealed by the curl operator ( r � B).

The complex 3D helical cardiac structure results in a complex, subtle magnetic �eld,
which has an unknown micro/nano structure, as no mapping has been performed below
a spatial resolution of 100µm [29, 30]. Such nano-scale measurements are needed to cre-
ate and validate the next generation computational cardiac models, which will take into
account cardiomyocyte �ber anisotropy[31].

The measured �eld outside the torso is usually dipolar unless there are serious con-
duction abnormalities, see �gure 1.6. The information content available is determined
by the number and distribution of sensors. Some work has been done to calculate opti-
mal sensor positions, speci�c for localisation of current distributions [32]. A planar array
in front of the chest with magnetometers aligned to the superior-posterior axis (normal
to the chest), is reasonably well aligned with the principal current vector. For example,
Fenici's 37 channel planar array device is able to localise arrhythmic regions to within
6-7mm [33]. My aim is not to maximise localisation accuracy; as this is suited to a spe-
ci�c use case of MCG as an aid to ablation of �brillation regions, but to capture suf�cient
information to reliably determine the presence of cardiac disease.

The amplitude of a dipole �eld decreases with radial distance from the source as 1/ r3.
Therefore it is essential to position the sensors as close as possible to the heart. In the case
of a living animal, this is usually limited to placement outside the torso/thorax. Though
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FIGURE 1.6: A MFM of a healthy volunteer during the depolarisation
phase of the cardiac cycle. The small dark blue circles show the position of
the sensors used to acquire the MFM; the false colour MFM is interpolated

from these discrete sensors measurements.

the development of magnetrodes, sharp electrodes with micron scale magnetometer ar-
rays on the tip, or mounted to a catheter probe, could be placed extremely close, even
within the heart.

Cardiac Diagnostic Information

In general, the aim of MCG is to maximise the mutual information I (X;Y) between the
set of digital voltage time series that constitute the MCG Y and the cardiac magnetic �eld,
X.

I (X;Y) = H (X) � H (X jY) (1.2)

Where H (X) is the entropy of the magnetic �eld and H (X jY) is the entropy (or uncer-
tainty) of X given knowledge of the magnetic �eld via the MCG, Y.

To increase the mutual information, H (X jY) can be decreased by the addition of extra
magnetometers to capture spatial information, increasing the sampling rate to capture
more temporal information and reducing environmental noise. H (X jY) is decreased by
reducing the noise in the sensor system.

The broader aim of this PhD is to consider Y to be the disease state of the heart (my
concern at this point is binary; healthy or not). The diagnostic algorithm would then be
considered part of the channel.

1.2.2 History of Magnetocardiography Devices

The �rst sensor used to detect the heart's magnetic �eld was a planar gradiometer com-
posed of two 30cm long induction coils each containing two million turns of copper wire,
Baule and McFee 1963. They conducted measurements in a �eld, "several dozen yards
from the nearest source of interference"; mainly the 60Hz hum of the electrical energy
distribution grid. This allowed them to observe an MCG albeit with a lot of noise, even
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FIGURE 1.7: The mutual information of two variables across a noisy chan-
nel. [Image attribution: Jvstone]

after signal averaging. Cohen set out to improve the signal quality. He began by employ-
ing shielded rooms for his measurements, initially with copper coils and slightly lower
noise electronic ampli�ers[34, 35]. Then in 1969 he performed the �rst measurement with
a SQUID sensor, and achieved an unprecedented signal to noise ratio (SNR) [36].

In 1982 induction coils were brie�y revisited by Estola & Malmivuo who optimised an
induction coil to capture the cardiac �eld [37]. They realised that advances in instrumen-
tation ampli�ers could allow comparable noise performance to SQUIDs, and achieved
this with a sensitivity of 130fT/

p
Hz at 20Hz. However, their coil had a diameter of

112mm, making it impractical for forming a multichannel device.
A few years later the �rst magnetic �eld maps were recorded, by moving a single

sensor to an array of positions over the chest [38]. However, these single sensor systems
required precise repeated movement of the sensor, which was error prone and took a
long time to acquire a magnetic �eld map, since the sampling time was a function of the
spatial resolution. This made them impractical for clinical or deeper research use, so the
�eld of magnetocardiography stagnated, awaiting the development of a multichannel
system. The �rst commercially available multichannel device was developed by Siemens
in 1990[39]. Following this, and a quick succession of other multichannel devices, the
�eld of magnetocardiography grew. This can be seen by the sharp increase in the number
of MCG papers published since 1990, see �gure 1.8.

There are now approximately 50 papers published per year. A wealth of medical
knowledge has been created regarding how to harness MCG for clinical diagnostic use.
Multichannel SQUID devices for MCG are commercially available, however their eco-
nomic paradigm has not changed signi�cantly since the 1990's. They still have a high
initial capital outlay in the millions of dollars and high running costs due to their liquid
helium cryogenics. This cost is comparable with magnetic resonance imaging and x-ray
computed tomography machines, which are useful for both diagnosis and treatment of
heart disease; currently MCG cannot compete with the cost to bene�t ratio of MRI and
CT. However, if the cost of MCG can be lowered it has the potential to become a widely
used clinical technology.
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FIGURE 1.8: The number of papers published per year that are concerning
magnetocardiography. From 1967 to 2015, data from WebofScience. Before
the introduction of commercial multi-channel SQUID MCG in 1992 less
than 5 papers per year were published. It is currently approx50 per year.

1.2.3 Magnetometer Development at Leeds

Our research began back in 2011, in the experimental quantum information lab where I
was an undergraduate student.

Our �rst attempts at measurement involved a digital storage oscilloscope (DSO) and
some commercially available coils. We also created our own coils, I 3D printed a bob-
bin with a square section centre bore in which we mounted a soft iron laminate for �ux
concentration. We wound the bobbin by hand with the aid of a winding machine in the
departments mechanical workshop. It was extremely dif�cult to achieve a reasonable
winding precision, which meant the resulting coils had a high variance in inductance,
severely reducing performance when used for gradiometry. Our attempts to observe
cardiac �elds with these coils failed. Although we were deceived for a while by ballisto-
cardiographic signals from the swivel chair we sat in during testing.

We needed better coils with a higher inductance and greater manufacturing precision.
Ben devised an analytical procedure for optimal coil design [40] and arrived at a proposal
geometry, which we had manufactured by Mundorf GmbH. These were the 7cm induc-
tion coils that are discussed most extensively in this thesis (see �gure 2.1). To improve the
data acquisition precision we employed a National Instruments DAQ (USB-6216), which
could achieve 16-bit measurement, which was an improvement over the 12-bits we were
getting from the DSO. To control this device Edward Reade-Banham and I wrote an ac-
quisition program using Labview, including a user interface.

The ampli�ers were designed by Phillip Thornton, based on his expertise in audio
electronics he designed a circuit based around a low impedance ampli�er, the INA217.
In order to minimise the signal path to the ampli�er input the ampli�ers were mounted
as close as possible to the coil sensors. Shima soldered the boards to the coils and we had
our �rst useful induction coil magnetometers (ICM).

Since gradiometer arrangements are the typical approach for background noise sup-
pression in MCG, we attempted to create a gradiometer with a pair of ICM. The coils
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were held coaxially with a 160mm separation between the coil centroids; within an acetal
plastic tube, which had a thread machined into its outside surface as a guide for winding
a global coil. Signals could be fed through this global coil, which, because of its symmet-
rical arrangement, would be picked up by both coils equally. Chris Symmonds created
an active coil matching setup using a signal generator to create a 1khz signal, which was
fed through the global coil, and a DSO to capture the detection coil signals and perform
FFT. The idea was to modify the individual coil gain until measured amplitudes of the
1kHz global �eld were matched. However, this approach was not fruitful; the relative
gain changed too quickly to allow a stable match and the resulting background noise
suppression performance was poor.

The next evolutionary step was the creation of a planar array. Four ICM were mounted
in a close packed square arrangement within a block of engineering plastic. Our lab was
an adversely noisy environment, which made capture all the more dif�cult. However,
this was as much a blessing as a curse, since we were forced to confront noise mitiga-
tion early on. To determine the performance of the ICM in the absence of environmental
noise, we journeyed to York Neuro-imaging centre (YNIC) to test our 4-coil device in
their Magnetically shielded room (MSR). The results were fantastic and unambiguous;
with these coils, ampli�ers and ADC system we could observe the heart's magnetic �eld
in real time. From this point on, development became mostly a matter of handling the
external noise.

Based on the work of others it was clear that we needed a higher spatial resolution to
achieve useful magnetic �eld maps. We acquired a 16 channel ADC from national instru-
ments and created a 15 channel detector array; leaving one channel for the synchronous
recording of an ECG. I suggested a hexagonal packing arrangement since this achieves
the highest packing ef�ciency for the cylindrical sensors, a schematic representation of
the result is given in �gure 1.9. Brian from the mechanical workshop then designed an
array, which he created by milling 19 bores into a chunk of acetal plastic, including ac-
commodations for wiring. This block was capped off underneath with a 5mm sheet of
acetyl that supported the coil's mass. The assembly was covered with a custom acrylic
hood manufactured by Barton Plastics, Leeds. This assembly rested on aluminium angle
brackets connected to a �oor mounted frame constructed from square section (t-slot) alu-
minium extrusion that rolled on lockable castor wheels to allow positioning. As seen in
�gure 1.10.

We began to extract MCG's reliably in our lab. Though it was a dif�cult environment
due to the presence of a large mains distribution board and un-interruptible power sup-
ply in the same room, and a series of high power (10-100KW) switch mode power sup-
plies in the room opposite. We focused more on environmental noise removal routines,
and created a user interface. A second trip to YNIC yielded some excellent 12 channel
signals (faulty wiring causing the loss of some sensors)

After preliminary pilot studies in our lab with young healthy volunteers, the next step
was to perform a clinical trial, which included cardiac patients.

1.2.4 Clinical Trials

The �rst clinical trial was carried out at Leeds General In�rmary. Permission to use hu-
man subjects in the collection of data was granted by the University of Leeds ethics com-
mittee (ref. no. MEEC 12–034). This trial is known as the 6060 trial since 60 patients
and 60 healthy volunteers participated, each having four scans, creating a total of 480
scans. The aim of the trial was to assess the predicitive capability of the device and to
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FIGURE 1.9: A �owchart showing the capture of MCG signals. The false
colour map over the sensor array demonstrates the approximate scale of
the magnetic �eld relative to the torso. MCG and ECG signals are syn-
chronously recorded by an ADC and sent to a computer (blue box) for
digital signal processing. The end result is a series of magnetic �eld maps,

one for each sample acquired in the cardiac cycle.
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FIGURE 1.10: The MK1 device in operation during the �rst clinical trial at
Leeds General In�rmary. Research Nurse Lorraine Falk can be seen operat-
ing the device. While the scan subject lies supine underneath the detector

array.

understand the variability between multiple scans of the same person. Each person was
scanned twice by Loraine and twice by Roo, allowing the inter-operator variability to be
assessed. The scans were performed on two separate occasions, separated by a week or
more. The trial took over a year to complete, since the patients were recruited from the
cardiology clinical pathway at the hospital and had to commit to a second scan one week
later. A second trial was carried out in the QIX lab, taking scans of 50 healthy young stu-
dents. This trial was known as the young healthy controls (YHC), and provided a highly
polarised view of healthy cardiac condition; in comparison with the age-matched healthy
volunteers of the 6060, many of whom were not in optimal health.

Shima Ghasemi-Roudsari was responsible for managing the data collection process,
which she writes about in her thesis and a recently published paper [41, 42]. The de-
vice operation was performed by two research nurses, Loraine and Roo. I was there for
backup and provided the technical support. A couple of years later, with this dataset in
hand I began this PhD.

1.3 Thesis Outline

The thesis is divided into three main chapters, plus a �nal discussion chapter. The �rst
chapter documents the development of induction coil magnetometers, their optimised
integration into a detector array and the formation of a complete magnetocardiography
device including user interface. The second chapter details the environmental noise en-
countered by an MCG device in a clinical environment and develops techniques for anal-
ysis and �ltering; A strong focus is given to the spatial coherence of environmental noise
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and coherent noise rejection. The third chapter covers the extraction of diagnostic infor-
mation from the obtained MCG signals, using a spectrum of techniques from classical
parameter extraction to convolutional neural networks.

1.3.1 Criteria for success

A successful thesis will document the creation of a low cost, portable MCG system suit-
able for unshielded operation in a clinical environment. The performance of this system
will be determined primarily by the overall diagnostic performance. In particular, the
thesis focuses on environmental noise rejection performance and will provide an under-
standing of the speci�c noise handling requirements for MCG, and effective techniques
for noise rejection.
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Chapter 2

Device Development

This chapter covers the architecture of the MCG system, from the individual magnetome-
ters through their assembly into a magnetic �eld mapping array to a complete medical
device, including software for capture and analysis.

The development of the device would not have been possible without the technicians
in the electronics and mechanical workshops of the physics department. In particular,
Phil Thornton created the pre-ampli�er circuits and their power supplies; choosing to use
a low-impedance ampli�er that was ideally suited. The printed circuit boards (PCB) were
populated by Shima Ghasemi and myself. Initial testing of the ICM was performed by
Chris Symmonds, including gradiometer con�gurations. The array mounting hardware
was designed and built by Brian Gibbs. The COMSOL modelling of the sensor array was
performed by Nick Pawlowski and myself. The Acquisiton user interface was coded by
Edward Reade-Banham and myself. The rest of the work was carried out by myself in
collaboration and under the supervision of Prof. Ben Varcoe.

2.1 The Induction Coil Sensor

Induction coils were the �rst sensors employed for magnetocardiography, by Baule and
McFee in 1963. They used a pair of 30cm long coils, each with 2 million turns, wired to-
gether in a gradiometer con�guration. These coils needed to be large in order to achieve
a high response, so that the signals could be observed with the electronics available at
the time; the magnetocardiographic coil voltages were around 30µV before ampli�cation.
However, the large individual detector size made the devices impractical; due to the high
mass and the distortion caused by the permeable cores. Also the hardwired planar gra-
diometer con�guration was not suited to magnetic �eld mapping. Induction coils were
soon superseded by superconducting quantum interference detectors (SQUID), which
can achieve excellent spatial resolution and sensitivity. However, their requirement for
cryogenics and shielding makes SQUID sensors unattractive.

Due to advances in electronic technology since the 1960's, ampli�ers and analogue
to digital converters (ADC) are now capable of operating in the nanoVolt regime. This
capability allows the operation of induction coil magnetometers with a lower response
and therefore smaller size. It also allows signal processing to be performed digitally,
allowing virtual gradiometer arrangements, zero-distortion �ltering and advanced noise
removal algorithms.

To design a new induction coil magnetometer we �rst determined the response re-
quired to match the cardiac signal to the electronic detector system. Then with the re-
sponse as a constraint, we optimised the geometry to achieve suf�cient response with
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minimal inherent noise, high directionality and small diameter (for high spatial resolu-
tion). The inherent noise determines the sensitivity limit of a detector. For real-time signal
capture the sensitivity limit must be smaller than the signal of interest. When signal av-
eraging the inherent noise reduces in proportion to the number of averages, n, by

p
n. In

the case of a typical 10 minute scan containing 600 heart beats, the inherent noise is atten-
uated by a factor of 25x. This could potentially relax the sensitivity requirement. But to
operate in an unshielded clinical environment, the averaging must be used to attenuate
the superimposed environmental noise, therefore the sensitivity must still be a fraction
of the signal amplitude.

An induction coil magnetometer will have an output voltage determined by equation
2.1.

V = AN
dB(t)

dt
= ANB2p f (2.1)

Where N is the number of windings, A is the effective cross sectional area of the coil,B(t)
is the time varying magnetic �eld with magnitude B and f is the frequency of oscillation
of the �eld. We know approximate values for B and f , this provides a constraint on A
and N.

The sensitivity limit Sof the coil is determined by the Johnson-Nyquist noise resulting
from the thermal distribution of the electrons within the windings[43, 44]):

S =
p

4KBTRw

2p f NA
(2.2)

Where KB is Boltzmanns constant, T is the temperature, Rw is the winding resistance
given by 2.3:

Rw =
2Nr rcoil

a2 (2.3)

Where a is the wire radius and r the resistivity of wire used for the windings of a
circular coil of average winding radius rcoil. A combination of equations 2.1 and 2.2 can
be used to determine the coil structure with the lowest noise level given the design con-
straints.

If the coil parameters are length L, the coil outer diameter D, and the coil inner diam-
eter D i , the dimensions that give the lowest noise level have the ratio D i : D = 0.425 : 1.
In addition to minimising the noise we primarily want to measure the component of the
magnetic �eld aligned to the axis of the coil. This is because the radial magnetic �eld com-
ponents are larger than the tangential, and correspond to tangential EMF that are mostly
silent in ECG [45]. The optimal structure to measure the axial component is achieved
when L/ D = 0.69 for the above ratio D i / D. The absolute value of the coil diameter is
determined according to the desired device resolution, leaving the radius of the wire as
the only remaining free parameter in the coil design.

We chose a 7cm coil diameter, which allowed a hexagonal arrangement of 19 coils
over the active area of the torso. This resulted in a coil of 5.4cm length, 2cm core diam-
eter, with approximately 4000 turns and weighing about 1kg, as seen in �gures 2.1 and
2.2. The soft iron core used gave a gain in response of about 3x. The resulting coil had
an inductance of 1148� 15mH, a resistance of 60� 2W and a theoretical sensitivity of
197fT/

p
Hz

�
@10Hz

�
.

The coil was connected directly to a pre-ampli�er circuit with the INA217 integrated
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FIGURE 2.1: Annotated rendering of the induction coil sensor with pre-
ampli�er circuit board, showing an exploded view along the coil's length.

FIGURE 2.2: Photograph of the (7cm diameter) induction coil sensor. The
2cm diameter core is visible in the centre of the plastic coil bobbin. The pre-
ampli�er PCB is mounted to the coil bobbin with three silicone feet and its
perimeter taped securely with kapton tape. DC battery power is provided
via the white 4-way header. The ampli�ed signals are output via the gold

plated SMB connector into a coaxial cable.
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FIGURE 2.3: Diagram of detector system circuit. A complete diagram in-
cluding the power supply components is located in the appendix A.1

circuit (IC) at its core, see �gure 2.3. Current induced in the coil creates a potential dif-
ference across the high impedance ampli�er input. This input voltage is magni�ed by
the ampli�er, which creates an output signal with a 1000x gain. In order to minimise the
un-ampli�ed signal path the pre-ampli�er was located on top of the magnetometer. The
output signals were carried by shielded coaxial cables to the ADC inputs.

The ampli�er was powered using batteries and a linear regulator IC (LM7805), which
provided a stable, low noise voltage with an estimated 40µV of output noise, equivalent
to 40nV of input noise. This noise level is about equal to the ADC input noise and a frac-
tion of the sensing coil noise (see section 2.1.2), though this is acceptable, there are now
equivalent IC available with an order of magnitude lower noise, such as the TPS7A4700.
A 10µF capacitor was used in parallel with the output, increasing this capacitance reduces
the regulator noise but increases the inrush current. This capacitance should be increased
as much as possible within the stable operation of the circuit. Also capacitors should be
chosen that are immune to acoustic noise, that can occur via piezo-electric transduction.

We developed a 2nd generation smaller sensor that had a 4.6cm diameter, see �gure
2.4. Each sensor weighed 330g, which considerably reduced the total mass of the array.
This smaller diameter allowed us to create a device with 36 sensors in the same area as
19 large coils, which matches the typical resolution used by conventional SQUID MCG.
The same pre-ampli�er circuit was used, with a compressed PCB layout to �t the smaller
area. I re�ow-soldered the surface mount components, then tested each circuit before
soldering the through hole connections to the coils. The PCBs were af�xed to the coil in
the same manner as the large coils; with three silicone pads between the board and the
coil and kapton tape around the circumference. These sensors had a reduced response,
but also a lower inherent noise. We have found them suf�cient for mapping the QRS
MCG, though the achievable SNR makes T-wave observation infeasible.
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FIGURE 2.4: Photography of the "small coil" Induction Coil Magnetometer;
4.6cm diameter.

2.1.1 Calibration of Sensor Response

The sensor outputs a voltage proportional to the change in magnetic �eld. In order to de-
termine the magnetic �ux density from this voltage we must know the sensor response.
All of my diagnostic research has used sensor voltage units, because I have not had to
transfer a diagnostic algorithm between different device datasets. Knowing the absolute
magnetic �eld magnitude is useful for creating device agnostic diagnostics and compar-
ing the sensor performance with different sensor technologies.

The induction coil outputs a signal proportional to the number of coil turns, its ef-
fective cross sectional area and the gradient of the magnetic �eld, see equation 2.4. The
effective cross-sectional area is dif�cult to calculate accurately since it is dependent on
permeability of the core and the relative angle of the incident magnetic �eld. Also there
is a non-linear frequency dependence due to the resonance between the inductance and
parasitic capacitance, however the response is constant in the typical frequency range
used for MCG. Therefore, to determine the magnetic �ux density from the measured
voltage time series the coil response, R, must be mapped out.

V =
f B

R( f )
(2.4)

To map the response I applied a series of sinusoidally varying uniform magnetic �elds
of known magnitude and frequency to the sensor and recorded the resulting amplitudes
of the induced voltages. To ensure a uniform �eld the sensor was placed in the centre
of a pair of 30cm diameter Helmholtz coils. A sinusoidal voltage output from a signal
generator was applied to the helmholtz coils and current limited using a series resistor.
The resulting Helmholtz �eld was measured using a calibrated �uxgate magnetometer
(Bartington Mag-01H with B-probe). The �uxgate probe was replaced with the induction
coil sensor and its output voltage was measured at several applied frequencies using a
DSO. The measured response was 290 fTmV � 1 at 30 Hz and 813 fTmV � 1 at 10 Hz.

The response was constant up to � 350Hz, where the signal begins to resonate with
the tank circuit, as can be seen in the theoretical bode plot for this circuit shown in �gure
2.6. The tank circuit is a resonant circuit created by the C = 10nF capacitor in parallel
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FIGURE 2.5: Schematic of experimental setup used to measure the sensor
response. When measuring the response of an air core coil the �uxgate
could remain in the centre for simultaneous measurement. The two coils

are wired in series.

with the coil and pre-ampli�er, see �gure 2.3. It acts as a low pass �lter, with a cut-off
frequency equal to the resonant frequency of the circuit, f0:

f0 =
1

2p
p

LC
(2.5)

Signals above this cut-off frequency are attenuated. The inductance of the 7cm coils
is L = 1148� 15mH. Therefore they have a resonance at f0 = 1485Hz, using equation
2.5. There is also a parasitic capacitance that exists between the coil windings, which
has an associated resonance. However, I estimate it to be on the order of 10pF, with a
corresponding resonance at 225kHz, making it insigni�cant compared to the effects of
the �lter capacitor.

The frequency response of the tank circuit can be mapped with a bode plot, see �gure
2.6. The bandwidth of the resonant peak is dependent on the series resistance, which
for the large coils is 60 � 2W. Higher resistances increase the �lter bandwidth, reducing
the sharpness of the cut-off. The Q-factor for the 7cm coils is Q = 178. The response is
approximately �at up to 200Hz, which is suf�cient to capture cardiac signals without dis-
tortion, though might cause a minor ampli�cation of the highest frequency components
in QRS, which can reach 300Hz.

In the small coil sensor (4.6cm) the same 10nF capacitor was employed. However,
the coil inductance was much lower at approximately 67 4mH. This results in a higher
resonant frequency of f0 � 6130Hz. The bode plot for the small sensor can be seen in
�gure 2.7 This puts the cut-off frequency above the sampling rate of the ADC. As opposed
to the large coil, where the cut-off is within the ADC sampling frequency. Though I have
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FIGURE 2.6: Bode diagram showing the frequency response of the RLC
�lter circuit. The response is constant from 0 Hz to 200 Hz. The resonant
peak occurs at 1485Hz, which is within the frequency range of the ADC.

FIGURE 2.7: Bode diagram showing the frequency response of the small
coil sensor RLC �lter circuit. The resonant peak occurs at 6130Hz. The
response is nearly constant throughout the sampling range of the ADC

(2.4kHz).
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not directly compared the two approaches, it seems better to maintain a linear response
within the acquisition range and avoid the resonant peak, since it could reduce the useful
dynamic range by amplifying resonant environmental noise.

At higher frequencies ampli�er slew can cause distortion. The slew rate de�nes the
maximum rate at which the ampli�er output can track the input. The ampli�er chip we
used has a slew rate of 15V/µs. The maximum frequency that can be measured without
slew rate error given by equation 2.6:

f =
SlewRate

2p VoltageRange
(2.6)

Thus the maximum frequency that can be measured over the full voltage range of the
ampli�er ( � 5 V to 5 V) is 240kHz. This is well above the typical MCG frequencies and
the sampling rate of the ADC 2400Hz. Though high frequency noise is not directly mea-
sured by the ADC it can still effect the sampled voltage because the ADC input contains
capacitors that can integrate the high frequency components. Since slew distortion can be
non-linear, the distortion of high frequency noise will reduce the coherence of the high
frequency noise. However, the presence of the low pass �lter formed by capacitor in
parallel with the ampli�er input prevents the formation of slew distortion.

2.1.2 Sensitivity

The sensitivity of a detector is limited by its inherent noise. In the case of an induction
coil detector system the inherent noise is due to the thermal movement of electrons within
the conductors of the wire, pre-ampli�er and the analogue components of the ADC. This
thermal electronic noise is known as Johnson-Nyquist noise [43, 44].

The noise contribution from the ADC is 28nV/
p

Hz
�
@10Hz

�
. The pre-ampli�er noise

is a negligible 3.5nV/
p

Hz
�
@10Hz

�
. The theoretical sensitivity of the coil is 241nV/

p
Hz

�
@10Hz

�
,

as given by equation 2.2. The terms in his equation are well de�ned except for the effec-
tive cross sectional area. It is approximately equal to the cross sectional area of the coil,
but is increased by the addition of the soft iron core that has a high permeability. The
actual effective cross sectional area is dif�cult to measure, it is dependent on the presence
of neighbouring permeable material and the relative angle of the magnetic �eld to the
core. However, if the sensor is isolated from environmental noise then the inherent noise
can be measured.

The sensitivity was measured experimentally in the magnetically shielded room (MSR)
at York Neuro-Imaging Center (YNIC). This MSR is typically used for Magnetoencephalog-
raphy (MEG) measurements, its noise level is therefore very low, probably around 5fT/

p
Hz.

The sensor was recorded for 30 minutes. From this time series a FFT was computed to
determine the noise power spectral density, see �gure 2.8. The sensitivity of the detector
system was 127nV/

p
Hz

�
@10Hz

�
or converted to units of Tesla: 104fT/

p
Hz. The ADC

contributed to about 25% of the noise. This is suf�cient for MCG, since the QRS peak is
approximately 50pT.

2.2 Alternative Sensing Technologies

There are many types of magnetometers in addition to the ICM. SQUID have of course
proven themselves as excellent sensors for biomagnetism. However, their high cost, and
the cryogenic requirement is unlikely to change any time soon. If we want to see a step
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