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Abstract 
 

Functional brain imaging has pushed the field of neuroscience towards 

unprecedented insights into neural dynamics. These advances have come in 

tandem with developments across many areas of physics, particularly quantum 

mechanics, which has been instrumental in the creation of quantum sensors that 

enable high-precision neuroimaging techniques like magnetoencephalography 

(MEG)—a non-invasive method for measuring the brain’s tiny magnetic fields 

(~10-12 to 10-15 Tesla) generated by neural activity. Conventional MEG systems 

rely on superconducting quantum interference devices (SQUIDs) cooled to near 

absolute zero temperatures using liquid helium, which necessitates a complex 

and expensive cryogenic infrastructure. These systems require subjects to remain 

almost completely immobile within a fixed, bulky scanner, severely restricting 

natural movement and potentially introducing artifacts related to head 

positioning. Sensor-to-scalp distance is also limited due to the insulation 

surrounding the sensors, substantially reducing the spatial resolution and signal-

to-noise ratio of the recordings.  

 

In recent years, the miniaturisation of optically pumped magnetometers 

has enabled the development of novel MEG systems, capable of overcoming the 

technical challenges of cryogenic MEG. Their ability to work at room 

temperature and small footprint, has made OPMs an ideal candidate for 

revolutionising MEG hardware. Recent work has not only demonstrated the 

feasibility of such systems but has also demonstrated some of the advantages of 

OPM-MEG. Notably, OPM-MEG has enabled neuroimaging of previously 

challenging populations, including infants and young children, by overcoming 

traditional constraints of movement and scanning environment. This is 

particularly important for advancing our understanding of neurodevelopmental 

disorders such as autism spectrum disorder (ASD), where early brain 

development and functional connectivity are key areas of investigation. It also 

offers brain imaging of participants in standing positions or during ambulatory 

movement. This capability is vital for investigating the neural basis of movement 

and its disruption in neurodegenerative conditions such as Parkinson’s disease 

or multiple sclerosis, where motor disfunction is a core symptom. 

 

However, the versatility of OPMs does not come without constraints. 

Their dynamic range is limited by the inherent sensitivity of the optically 

pumped alkali vapor sensors, which can become saturated when exposed to 

magnetic fields exceeding their linear detection range. This strict requirement 

for a low-field environment means that, like SQUID-MEG, the system must be 

housed in a magnetically shielded room (MSR). Additionally, remnant fields 

inside the MSR must be cancelled out using active magnetic shielding from 

electromagnetic coil systems to obtain optimal OPM performance.  

 



 

x 
 

In this thesis, the sensitivity of OPM-MEG is demonstrated with a study 

on modulation of the beta band during visual attentional cues and tactile stimuli. 

Our results reveal significant differences in beta band power that highlight the 

ability of OPM-MEG to measure subtle neurophysiological effects. We observed 

distinct patterns of beta band (13-30 Hz) oscillatory activity in sensorimotor 

cortical regions, with notable decreases during visual cues indicating participants 

to ignore tactile stimuli on either one of their hands. Specifically, the OPM-MEG 

recordings demonstrated a temporally precise desynchronization of beta band 

activity immediately preceding and during sensory integration tasks, providing 

valuable insights into the neural mechanisms of attentional modulation. While 

previous OPM-MEG studies focused on robust, repeatable induced effects, this 

work shows that subtle attentional signals can not only be detected but also used 

to probe the individual trial dynamics underlying them. 

 

Secondly, we developed a novel active shielding system for OPM-MEG. 

Borrowing ideas from magnetic resonance imaging, we designed and 

constructed a multi-coil system for active magnetic field cancellation. The 

design follows a matrix pattern that strategically distributes compensation 

currents to create a low magnetic field nulling environment. Unlike traditional 

passive shielding methods, our active shielding approach can dynamically 

respond to changes in the background, significantly reducing background noise 

and enhancing the signal-to-noise ratio of OPM-MEG recordings. The system 

was also employed to null the field during ambulatory movement of the 

participant, via optical tracking of the sensor positions. These results open up a 

wealth of possibilities for neuroimaging experiments, especially for studies on 

neurological conditions affecting motor function. 

 

Lastly, we employed a similar matrix coil system to improve the 

calibration of the OPMs. Co-registration errors of the sensor array to the anatomy 

and gain changes can significantly impact the accuracy of source reconstruction 

in MEG. Here, we compared two different calibration methods: the matrix coil 

system and a head mounted system designed by the sensor manufacturer to 

generate dipole-like fields from a set of small coils. By producing known fields, 

we were able to calibrate and localise the sensors relative to each other. Our 

findings revealed that both calibration approaches improved the signal-to-noise 

of reconstructed sources, suggesting that the use of external known fields enables 

more accurate determination of sensor locations, orientations, and gain. This 

technical improvement represents a critical step towards enhancing the precision 

of OPM-MEG source reconstruction techniques. Together with the cognitive 

demonstrations presented, these technical advances mark an important step in 

the maturation of OPM-MEG as a neuroimaging tool, helping to pave the way 

toward realising its full potential in both research and clinical contexts. 
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Chapter 1 Introduction 

 

The human brain is one of the most complex structures in the universe. It 

has evolved to manage a wide array of functions critical to human behaviour. 

These functions encompass sensory processing, motor control, homeostatic 

regulation, memory formation, and information processing. The brain's role in 

generating consciousness and facilitating higher-order cognitive processes, 

including emotional responses and social interactions, makes it a subject of 

significant scientific interest. Understanding the brain's operational mechanisms 

is essential for advancing our knowledge of cognition, behaviour, and 

neurological or psychiatric disorders. The field of neuroscience has made 

substantial progress in elucidating many of these mechanisms, establishing 

correlations between functionality and anatomical structures. This progress has 

been facilitated, in part, by the development of various non-invasive medical 

imaging techniques, which have emerged from advancements in physics and 

engineering 

 

Neuroimaging techniques can be categorised into structural or functional 

methods. The first group includes Magnetic Resonance Imaging (MRI) 

(Lauterbur, 1973; Mansfield and Grannell, 1973) and x-ray computerised 

tomography (CT) (Hounsfield, 1973). These have been fundamental in the 

development of modern neuroscience and are utilised for their clinical 

applications in hospitals all around the world. They can produce in-vivo 

structural images of the brain with very high resolution (~1 mm) and excellent 

contrast between different tissue types. However, they only provide a piece of 

the puzzle.  While a structural image may show no hint of disease, a person may 

still be affected by disorders that tamper with brain function rather than structure. 

In order to see the bigger picture, one must also consider brain activity, governed 

by the flow of electrical currents along neurons. Functional imaging techniques 

can record the measurable effects of brain activity in an indirect or direct manner. 

The nature of the measured signals leads to broad differences in system design, 

performance and clinical or research use cases. Examples of some the functional 

brain imaging systems available today are shown in Figure 1.1. 
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Figure 1.1 Modern brain imaging systems: A) 3 Tesla Siemens Skyra MRI Scanner at the 

Hoglund Biomedical Imaging Centre, University of Kansas. B) Phillips Vereos PET-CT scanner. 

C) NTS fNIRS System from Gowerlabs. D) Brain Products EEG cap with electrode array. E) 

Megin MEG system. 

 

Starting with Functional Magnetic Resonance Imaging (fMRI), this 

technique utilises differences in blood oxygenation as an indirect measure of 

brain activity. Specifically, blood-oxygen level dependent (BOLD) contrast is a 

phenomenon that arises from oxygenated blood being delivered to active brain 

regions (Ogawa et al., 1990). Blood flow, volume and metabolic rate of oxygen 

can increase in regions where ensembles of neurons are firing repeatedly. This 

creates a difference in the magnetic properties of active brain regions compared 

to the surrounding areas. For example, in a resting brain region, the presence of 

paramagnetic deoxyhaemoglobin creates slight magnetic field inhomogeneities, 

which causes the T2* signal to decay faster. This technique detects this subtle 

increase in the T2* signal of active brain regions, which indicates a change in 

the blood oxygenation level and, by extension, neuronal activity. This method 

offers good spatial resolution; however, the nature of the BOLD response means 

fMRI operates on longer timescales. Blood oxygenation changes can occur in 

the order of seconds, lagging behind the underlying electrophysiological effects 

by which they are driven and perhaps more importantly, the behavioural effects 

that they underpin. The use of fMRI also introduces a number of constraints. As 

shown on Figure 1.1A, participants are required to stay still throughout the scan 

and lie inside the enclosed space of the magnet. This can make this approach ill-

suited for certain cohorts, such as children, older people or participants with 

movement disorders. It also prevents some experiments being carried out, since 

participants are immobile, lying down with limited space and experiencing high 

levels of acoustic noise. 
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Positron emission tomography (PET) (Fox and Raichle, 1984; Ter-

Pogossian et al., 1975) presents a different approach to obtain indirect 

measurements of brain activity. It can detect metabolic processes through the use 

of radioactive substances combined with compounds used by the human body. 

These are known as radiotracers; short-lived isotopes which undergo decay via 

positron-emission. Combined with biological molecules such as glucose, they 

accumulate in active brain regions. The annihilation event of the positron with a 

neighbouring electron emits two photons travelling in opposite directions, which 

can be detected by the scanner. This information is overlaid onto a structural 

image and can be used as a proxy to localise blood flow or compound absorption 

in the brain (Kinahan and Rogers, 1989). PET has similar drawbacks to fMRI, 

with a slightly lower spatial resolution (~ 4-6 mm) and the need to keep 

participants still within the scanner (see Figure 1.1B). In addition to that, ionising 

radiation is required for this technique. 

 

Lastly, we turn to functional near‐infrared spectroscopy (fNIRS) (Jöbsis, 

1977). Based on light absorption differences of near-infrared light by 

oxygenated or deoxygenated blood, it employs a set of light-emitting diodes that 

shine light in the near-infrared (NIR) range on to the scalp.  The light can 

penetrate the brain thanks to the low absorption posed by the scalp and the skull. 

Scattered light rays are then recorded by neighbouring photodetectors. This 

approach is analogous to fMRI, capable of measuring differences in blood flow, 

volume and oxygenation. While it presents some advantages like much lower 

cost, portability and adaptability, allowing for movement of participants (Figure 

1.1C). It has the drawback of lower spatial resolution (~ 1-3 cm) and longer 

timescales (~ 100 ms to 1 s). 

 

 

Figure 1.2: Spatial and temporal resolution of functional brain imaging techniques. 



Chapter 1 | Introduction 

1.1 Thesis aims 

17 
 

 

Direct functional neuroimaging techniques provide a more immediate 

metric of brain function without the need for intermediaries like blood flow. 

They can also overcome some hurdles posed by the methods mentioned above. 

Electroencephalography (EEG) is the most well known in this category. First 

developed in 1924 by Hans Berger, EEG is still in use in most hospitals and 

research centres around the world (Berger, 1929). As shown in Figure 1.1D, 

modern EEG employs a wearable cap holding an array of electrodes placed on 

the scalp, which are in electrical contact with the skin. These electrodes can then 

be used to measure changes in electrical potential across the scalp relative to a 

ground electrode. It offers millisecond temporal resolution. EEG systems are 

portable, can be easily adapted to different head sizes and are relatively 

inexpensive. This has made EEG the obvious choice for many clinical 

applications such as diagnosing epilepsy or sleep disorders. The electrical 

signals measured are nevertheless affected by the different conductivities of the 

brain, skull and scalp. This limits its spatial resolution to ~ 10 to 20 mm as 

electric field potentials from a small source pass through the different tissues and 

become spatially distorted. The requirement for electrical contact with the scalp 

also limits practicality and makes the setup time for EEG long. 

 

Because the magnetic permeability of nearby tissues is nearly identical to 

that of free space, magnetic fields generated by neuronal currents experience less 

distortion than electrical potentials. MEG (Cohen, 1972) takes advantage of this 

by sampling magnetic fields outside the scalp with Super Conducting QUantum 

Interference Devices (SQUIDs). Doing so can provide better spatial resolution 

(~ 1-4 mm) than EEG while still being able to measure millisecond to 

millisecond changes in brain activity. SQUID sensors, however, require 

cryogenic temperatures to operate. This involves submerging them in liquid 

helium, which in turn adds a set of technical requirements such as a dewar 

container, thermal insulation, fixed sensor positioning and, in some cases, 

helium liquifying systems to capture the evaporating helium (e.g., Figure 1.1E). 

This makes SQUID-MEG systems quite large with a fixed size sensor array. 

Coverage will vary with participants with different head sizes, especially the 

younger ones with smaller heads. Movement is also constrained; participants are 

required to remain seated and cannot move their heads. Therefore, while having 

excellent spatial and temporal resolution, SQUID-MEG still presents significant 

challenges. Existing studies have looked at the clinical utility of both EEG and 

MEG, showing that MEG can indeed provide higher spatial resolution, which 

presents an advantage when evaluating patients with epilepsy (Tamilia et al., 

2019). Concurrent EEG and MEG is already part of clinical practice guidelines 

for assessing epilepsy (Bagic et al., 2011). 

 

In conclusion, the functional neuroimaging techniques discussed offer 

complementary windows into brain function, each with distinct advantages and 

limitations. Figure 1.2 illustrates this with a diagram outlining the spatial and 

temporal resolution of all these techniques. While direct techniques may offer a 
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more detailed insight into neuronal activity, the choice of imaging modality 

ultimately depends on the specific research or clinical objectives. For clinical 

applications, considerations such as cost-effectiveness, portability, and 

operational simplicity can sometimes favour techniques like EEG or fNIRS. In 

contrast, research applications may prioritize techniques that offer optimal 

spatiotemporal resolution, such as MEG or concurrent EEG-fMRI, despite their 

increased complexity and cost. Thus, rather than seeking a single perfect 

technique, the field benefits from this diverse toolkit, allowing researchers and 

clinicians to select methods that best align with their specific requirements and 

constraints. 

 

1.1 Thesis aims 

 

In recent years, the field of Magnetoencephalography has been 

revolutionised by the introduction of Optically Pumped Magnetometers (OPMs). 

The work presented here builds on this emerging technology, which has the 

potential to surmount many of the technical challenges presented by the 

neuroimaging techniques described in the previous section. OPMs offer several 

advantages over traditional SQUIDs, including operation at room temperature, 

reduced sensor-to-scalp distance, and the potential for more flexible and mobile 

MEG systems.  

 

This thesis has two main objectives: 

 

1. Demonstrating OPM-MEG Sensitivity in Cognitive Neuroscience: 

 

   We aim to showcase the sensitivity of OPM-MEG by measuring 

attentional modulation of beta oscillations in the somatosensory cortex during a 

spatially selective tactile attention task. While similar work on attentional 

modulation has been performed in the past with cryogenic MEG, suggesting beta 

band power is modulated during top-down inhibition, our study goes further. We 

demonstrate that OPM-MEG can not only measure such subtle effects but also 

probe the underlying bursting events that drive this modulation in the beta band. 

This enhanced sensitivity and spatial resolution of OPM-MEG opens new 

avenues for investigating fine-grained neural processes, potentially leading to 

more precise diagnoses and treatment monitoring in clinical settings. 

 

2. Advancing OPM-MEG Technology through Improved Magnetic 

Shielding: 
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   We present a novel calibration method for a matrix coil system designed 

for active magnetic shielding. This technological advancement aims to 

significantly improve OPM-MEG systems by providing a more flexible 

shielding solution and achieving a lower noise floor. Capable of nulling a volume 

of choice within the magnetically shielded room (MSR), this innovation 

broadens the possibilities for experimental paradigm design, including standing 

scans, ambulatory movement, and hyperscanning. By enhancing the versatility 

and performance of OPM-MEG systems, we pave the way for more naturalistic 

and ecologically valid neuroscientific experiments, as well as potential clinical 

applications that were previously challenging or impossible with traditional 

MEG systems. For example, these may include studies where patients with 

conditions affecting motor function (e.g., Parkinsons) are allowed to move, 

offering potential new insights into how exactly the brain operates in such cases. 

 

By addressing these objectives, this thesis contributes to the ongoing 

transformation of MEG technology, bringing OPM-MEG closer to widespread 

clinical adoption. The improved sensitivity, spatial resolution, and flexibility 

offered by OPM-MEG, as demonstrated in this work, have the potential to 

revolutionize neuroimaging in both research and clinical contexts. These 

advancements may lead to earlier and more accurate diagnoses of neurological 

disorders, improved pre-surgical mapping, and enhanced monitoring of 

treatment efficacy, ultimately contributing to better patient outcomes in the field 

of neurology and neuropsychiatry. 

 

1.2 Thesis outline 

 

This thesis first covers the theoretical basis of MEG, outlining its 

underlying physics, sensor design for both SQUIDs and OPMs, and signal 

processing techniques. The experimental work that follows contributes 

significantly to pushing OPM-MEG technology closer to clinical applications, 

addressing key challenges and demonstrating its enhanced capabilities. The 

chapters are structured in the following manner: 

• Theory 

  

o Chapter 2 – Magnetoencephalography. This chapter covers 

the key concepts that MEG is based on. Starting with the 

source of MEG signals, measurables effects and 

characteristics of brain oscillations. We then cover data 

collection and analysis methods. This includes cryogenic 

MEG, along with SQUID sensor design and operation. 

Following this, the theory and implementation of MEG signal 

processing techniques is described in detail.  
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o Chapter 3 – Optically pumped magnetometers. In this 

chapter, we provide an in-depth examination of optically 

pumped magnetometers (OPMs), detailing the fundamental 

physics and principles behind their operation. The discussion 

covers the mechanisms of optical pumping and magnetic 

resonance, explaining how these processes enable the 

detection of extremely weak magnetic fields. Additionally, 

we cover the design and functionality of QuSpin's triaxial 

OPMs, used for all of the experimental work presented in this 

thesis. This chapter serves to establish a comprehensive 

understanding of OPM technology, setting the stage for the 

subsequent experimental investigations on shielding and 

sensor calibration. 

 

o Chapter 4 – Signal processing in MEG. This chapter 

outlines the key signal processing methods utilised for MEG 

data analysis. Starting with preprocessing steps including 

filtering, artifact removal, and homogeneous field correction. 

The main sections describe source signal reconstruction; 

these cover the main concepts involved in the beamforming 

such as the inverse problem and forward modelling. The 

chapter concludes with burst analysis, describing methods for 

detecting neural events using a Hidden Markov Model. 

 

o Chapter 5 – Magnetic shielding. This chapter delves into 

the magnetic shielding techniques employed in OPM-MEG. 

First describing passive magnetic shielding, which utilizes 

mu-metal—metal with high magnetic permeability—to 

attenuate external magnetic fields. Additionally, we discuss 

active magnetic shielding methods, including the use of both 

bi-planar and matrix coil systems. These are calibrated using 

a spherical harmonic model to precisely counteract residual 

magnetic fields. The use of these shielding techniques ensures 

an optimal low-field environment, crucial for the accurate 

operation of OPMs. 

 

• Experimental work 

 

o Chapter 6 – The role of beta bursts in top-down inhibition 

of somatosensory cortex: an OPM-MEG study. This study 

explores the use of OPM-MEG to measure attentional 

modulation of beta oscillations in the somatosensory cortex. 

By presenting 'braille-like' patterns to participants and 
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monitoring their brain responses, we observed significant 

decreases in beta amplitude during attended stimuli, 

especially during attentional cues. Additionally, we found 

that attention affects the occurrence of pan-spectral bursts, 

which underlie beta rhythms. These findings highlight the 

effectiveness of OPM-MEG for non-invasive 

electrophysiological measurements and enhance our 

understanding of brain function. 

 

o Chapter 7 - Compensating motion artefacts in wearable 

magnetoencephalography with matrix coil active 

magnetic shielding. Here we describe a new type of active 

shielding system for OPM-MEG which is comprised of 96 

square unit coils arranged around the inner volume of an 

MSR. We demonstrate how to compensate magnetic fields in 

regions which can be flexibly placed between coils. Through 

the integration of optical tracking with OPM data acquisition, 

field changes induced by participant movement are cancelled 

with low latency (25 ms). High-quality MEG source data 

were collected despite the presence of significant (65 cm 

translations and 270° rotations) ambulatory participant 

movements. 

 

o Chapter 8 – Novel calibration Methods for Optically 

Pumped Magnetometers in wearable MEG. In this study, 

we focus on the calibration of OPMs to enhance their 

accuracy and reliability in measuring magnetic fields. Two 

distinct methods were employed: a halo-like disc with a set of 

current dipoles and a matrix coil system designed for active 

magnetic shielding. The halo-like disc method utilizes precise 

current dipoles to generate controlled magnetic fields, 

providing a benchmark for OPM calibration. The matrix coil 

system, which uses a spherical harmonic model for 

calibration, actively mitigates external magnetic interference, 

thereby improving the precision of the OPMs in dynamic 

environments. Our findings demonstrate the effectiveness of 

both methods for calibration, highlighting their potential 

applications in various fields requiring high-fidelity magnetic 

field measurements. 

 

• Summary and outlook 

 

This section provides a summary of the experimental work 

and results. We discuss how the outcomes of the experimental 
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chapters align with the aims of this thesis. It concludes with a 

summary of the contribution to knowledge made by this thesis as 

well as a discussion of future objectives of OPM-MEG research 

within the context of the work presented here. 
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Chapter 2 Magnetoencephalography 

 

In this chapter, the key concepts and ideas involved in MEG are 

introduced. The electrophysiological basis of MEG signals, along with their 

measurable effects and characteristic behaviour in relation to brain function are 

introduced. We then cover the physics involved in detecting such signals. First 

describing the traditional cryogenic MEG sensors, their design and operation, as 

well as some of their limitations. Finally, we describe some of the signal 

processing techniques relevant to the experimental work carried out in this 

thesis. 

 

2.1 The source of the MEG signal 

 

The cortex of the human brain is made up of approximately a hundred 

billion neurons, each connected to around ten thousand others. Although there 

are many more types of cell involved, neurons and glial cells are the fundamental 

components of the brain. While glial cells provide support and sustenance, 

neurons are responsible for sending and transmitting signals. It is the interactions 

between neurons that enable complex cognitive functions, such as learning, 

memory, and decision-making. These interactions are based on the movement of 

ions between the intra and extracellular medium. Maxwell’s equations dictate 

that any movement of charges will in turn create a magnetic field. 

Magnetoencephalography (MEG) is based on the non-invasive measurement of 

these fields, which are observable outside the head if enough neurons act 

simultaneously. Here, we cover the biological and physical basis of MEG.  

 

2.1.1 Neurons and action potentials 

 

There is a large variety of neurons, with different types depending on their 

shape and function. However, their anatomy has some common features. As 

illustrated in Figure 2.1A, this includes the cell body (soma) from which the 

dendrites branch out and one axon, a long tail extending from the main body 

towards neighbouring cells. The axon is covered by a myelin sheath, which is a 

fatty layer that insulates the axon and increases the speed of electrical signal 

transmission. The myelin sheath is formed by a specific type of cell called a 

Schwann cell. The connections to other neurons are called synapses, specialized 

junctions that enable the transmission of electrical or chemical signals. The latter 

are delivered via the release of chemicals known as neurotransmitters. The soma 

contains the typical cellular components such as a nucleus, mitochondria, and 

ribosomes, as well as specialized organelles like synaptic vesicles, which are 

essential for neurotransmitter secretion. The dendrites are branch-like structures 

which connect the neuron to adjacent cells and can receive incoming signals. 
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Depending on the state of the neuron, signals can then travel down the axon and 

transferred to subsequent neurons.  

 

Figure 2.1B shows one of the first illustrations of human neurons in the 

cortex, published by Santiago Ramon y Cajal in 1904. Considered by many as 

the father of modern neuroscience, he was the first to postulate the existence of 

individual neurons, even predicting the direction in which signals travelled down 

the body of the cells, as indicated by the arrows in his drawing. In terms of 

anatomy, neurons can be identified by their shape and dendrite distribution. 

Stellate neurons have a symmetrical dendrite distribution around the cell body 

(Figure 2.1C). On the other hand, pyramidal neurons have an uneven dendrite 

distribution, with most of the dendrites perpendicular to the cortical surface and 

a long axon extending from their bodies (Figure 2.1B). It is this difference in 

symmetry that is believed to make pyramidal neurons the main contributors to 

the MEG signal. Whereas for groups of stellate neurons the magnetic fields from 

opposing dendrites cancel out, in pyramidal cells, the magnetic fields from the 

uneven distribution of dendrites add constructively, producing a net magnetic 

field at a distance. 

 

 

Figure 2.1: A) Anatomy of a typical cortical neuron. B) Ramon y Cajal’s scientific drawings of 

nervous plexuses connected to pyramidal neurons and C) large stellate neuron in the motor 

cortex, observed under a microscope using Golgi staining (Legado Cajal. CSIC). 
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It is important to clarify what “signals” mean in this context. Brain activity 

is characterised by a set of electrophysiological processes, which can range from 

microscopic signals within a single neuron to local field potentials (LFPs) which 

are measurable across large cell populations. If we consider a single neuron, we 

find the most basic of all these phenomena, the action potential. Simply put, this 

consists of rapid changes in electrical potential propagating along the neuron’s 

membrane and down its axon.  Starting with an imbalance in ion concentrations 

between the inside and outside of the neurons, this phenomenon is a consequence 

of the neuronal membrane’s unique ability to alter its permeability to different 

species of ions (Figure 2.2). Ion pumps and voltage gated channels in the 

membrane control the movement of ions such as sodium and potassium, 

increasing the number of cations outside the cell. This concentration gradient 

translates into an electrostatic potential, called the resting potential (typically ~ 

-70 mV). External stimuli can then decrease the magnitude of this potential, 

which can, in turn, open the ion channels if it meets a certain threshold (~ -55 

mV). Sodium ions can then come back into the neuron. This will trigger the 

depolarisation of the cell, which acts as a travelling signal, opening ion channels 

along the axon of the neuron. This process is depicted in Figure 2.2B, showing 

the temporal evolution of a typical action potential for a human neuron. The 

resting potential for a given ion can be estimated using the Nernst equation 

   

 𝐸𝑚 =
𝑅𝑇

𝑧𝐹
𝑙𝑛 (

[𝑖𝑜𝑛𝑧]𝑜𝑢𝑡

[𝑖𝑜𝑛𝑧]𝑖𝑛
), [2.1] 

   

where R is the ideal gas constant, T is the temperature in Kelvin, z is the valency 

of the ion (1 for potassium, 2 for sodium) and [𝑖𝑜𝑛𝑧]𝑜𝑢𝑡/𝑖𝑛 is the concentration 

of that ion outside or inside the cell. This expression holds true when the 

membrane is only permeable to one ion and there is no net flux of ions. 

Therefore, it can be a good approximation since potassium is the main 

contributor to the resting potential. In practice, the neuron’s membrane is 

permeable to more ions which contribute to the electrostatic potential along with 

several proteins and phosphates that live inside the cell. For a more accurate 

estimate, one can use the Goldman-Hodgkin-Katz (GHK) voltage equation, 

which can account for several different ion species (Goldman, 1943). This 

expression defines the membrane potential as 

   

 
𝐸𝑚 =

𝑅𝑇

𝐹
ln(

∑ 𝑃𝑀𝑖
+[𝑀𝑖

+]𝑜𝑢𝑡
𝑛
𝑖 + ∑ 𝑃𝐴𝑗

−[𝐴𝑗
−]𝑖𝑛

𝑚
𝑗

∑ 𝑃𝑀𝑖
+[𝑀𝑖

+]𝑖𝑛
𝑛
𝑖 + ∑ 𝑃𝐴𝑗

−[𝐴𝑗
−]𝑜𝑢𝑡

𝑚
𝑗

), [2.2] 

   

where 𝑃𝑖𝑜𝑛 is the permeability, which describes how well an ion channel can 

permit the passage of different ions in meters per second, 𝑀 and 𝐴 are the 

concentrations of positive and negative monovalent ion species in moles per 

cubic meter, respectively. This formula sums over the contribution of each ion 

species that the membrane is permeable to, with each contributing term being 

similar to the Nernst potential. For example, if we try to estimate the contribution 

from sodium ions alone, we find that 
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𝐸𝑚,𝑁𝑎 =

𝑅𝑇

𝐹
𝑙𝑛 (

𝑃𝑁𝑎[𝑁𝑎+]𝑜𝑢𝑡

𝑃𝑁𝑎[𝑁𝑎+]𝑖𝑛
) =

𝑅𝑇

𝐹
𝑙𝑛 (

[𝑁𝑎+]𝑜𝑢𝑡

[𝑁𝑎+]𝑖𝑛
) . [2.3] 

   

 

Figure 2.2: A) Ion concentration diagram across the neuronal membrane. Adapted from Squire, 

2012. B) Temporal evolution for a typical action potential. C) Axon segment as the action 

potential travels down the membrane. 

 

A simple diagram of how the action potential travels down the axon is 

shown in Figure 1.3C, opening different ion channels along its path. As shown 

above, sodium ions rush in, depolarising the membrane. Following this, 

potassium ion channels open to restore the resting membrane potential. The 

movement of ions acts as two opposing current dipoles, which can be thought of 

as a current quadrupole. Unlike the magnetic field produced by a dipole, which 

is inversely proportional to the square of the distance to the source, the field 

produced by a quadrupole decreases as 1 𝑟3⁄ . In addition, action potentials only 

last around 1 ms, making it unlikely for an assembly of neurons to synchronize 

and fire together, which could potentially make the field detectable. This 

supports the notion that action potentials are not a major contributor to EEG or 

MEG signals (Hämäläinen et al., 1993). Nonetheless, they should not be 

completely removed from the picture, as some evidence suggests that 

synchronised action potentials may contribute to magnetic fields of much higher 

frequency, of the order of ~ 600 Hz (Curio et al., 1994; I. Hashimoto et al., 1996). 
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2.1.2 Beyond the action potential 

 

The action potential is the main basis for neuronal interaction. When it 

reaches the end of an axon, it prompts the release of neurotransmitters into the 

synaptic cleft. Depicted on in Figure 2.3, this is the gap between the end of the 

axon of one neuron and the dendrite or cell body of an adjacent neuron (or post-

synaptic cell). The molecules released can attach to the cell’s membrane and 

open chemically gated ion channels in the adjacent neuron. This event can 

increase the intracellular potential in the post-synaptic neuron, termed PSP, in 

which case it is called an excitatory post-synaptic potential (EPSP), or decrease 

it, making it an inhibitory post-synaptic potential (IPSP). Figure 2.3 depicts this 

process for both cases. An EPSP is characterised by the release of excitatory 

neurotransmitter such as glutamate. It binds to receptors in the post-synaptic 

membrane, opening chemically gated ion channels that allow the flow of cations 

such as sodium ions into the cell. This will slightly depolarise the membrane, 

increasing the likelihood of an action potential in the post-synaptic cell. An IPSP 

produces the opposite effect, further polarising the cell thanks to inhibitory 

neurotransmitters, such as GABA. This will make the post-synaptic cell less 

likely to fire. 

 

 

Figure 2.3: Diagram illustrating the process behind excitatory (top) and inhibitory (bottom) 

post-synaptic potentials. The uptake of neurotransmitters by the post-synaptic neuron can open 

ion channels, altering the membrane potential as show on the graphs on the left-hand side. 

 

Overall, no single post-synaptic potential can trigger the action potential. 

It is the temporal and spatial combination of all the incoming synapses that will 

dictate the state of the post-synaptic neuron. If the sum of all the synaptic 

potentials meets the critical threshold, then an action potential will be triggered. 

In this way, neurons act as integrators. 
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Post-synaptic potentials across many dendrites result in a net flow of ions 

into or out of the neuron. This flow creates electrical currents travelling along 

the dendrites and into the post-synaptic neuron, decreasing in strength the further 

they get from the synapse. These are known as dendritic or primary currents. 

Unlike the action potential, they behave like current dipoles aligned along the 

dendrite, producing a magnetic field strength that decreases in strength with the 

square of the distance to the source (1 𝑟2⁄ ). Furthermore, PSPs occur on longer 

timescales than action potentials depending on the type of neurotransmitter 

involved and the specific receptor dynamics at the synapse. With lifetimes 

ranging from 5 milliseconds up to tens of milliseconds, it becomes more likely 

for ensembles of neurons to act in synchrony, producing a stronger magnetic 

field at a distance than that from action potentials. This makes PSPs the main 

candidate for the source of the MEG signal.  

 

A simple calculation can be performed to show how plausible this is, 

giving us an estimate of the number of synapses that could be involved in the 

generation of a measurable MEG signal (Hämäläinen et al., 1993). First, we 

consider the PSP to be a current dipole pointing along the dendrite which can be 

modelled as a round wire. We define the dipole strength as  

   

 𝑄 = 𝐼𝜆. [2.4] 

   

For a PSP of voltage Δ𝑉 with a current 𝐼 going through the synapse and a length 

decay constant λ. The current is given by 

   

 
𝐼 =

𝛥𝑉

𝑟𝑠𝜆
 , 

[2.5] 

   

where 𝑟𝑠 is the resistance of the intracellular fluid per unit length.  The 

exponential decay the current source experiences as it moves further from the 

synapse is defined by   

   

 𝜆 =  (𝜎𝑚𝑟𝑠)
−1

2⁄ , [2.6] 

   

where 𝜎𝑚 is the membrane conductance (Scott, 1982). Assuming a cylindrical 

shape, the resistance of a dendrite of diameter 𝑑 is 

   

 
𝑟𝑠 =

4

𝜋𝑑2𝜎𝑖𝑛
, [2.7] 

   

where 𝜎𝑖𝑛 is the intracellular conductivity. Using all the above to make the 

appropriate substitutions into equation 2.4, we find that  
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𝑄 =

𝜋𝑑2𝜎𝑖𝑛

4
𝛥𝑉. 

[2.8] 

   

Using typical values for a single PSP,  𝑑 = 1 𝜇𝑚, 𝜎𝑖𝑛 = 1 Ω−1𝑚−1 and  Δ𝑉 =
25 𝑚𝑉 (Scott, 1977), results in a dipole of strength 𝑄 ≈ 20 𝑓𝐴𝑚. 

Experimentally, magnetic field strengths measured outside the head are normally 

in the femtotesla (fT) to picotesla (pT) range. For a 1pT measurement, a source 

with a current-dipole moment of ~ 10 nAm would be required. This tells us that 

that the source would involve around a million synapses to activate in synchrony.  

Pyramidal neurons can have thousands of synapses, and they populate the cortex 

with a density of around 105 cells per mm2. Our estimate therefore suggests that 

this would be more than enough to produce a measurable field. This, however, 

is too optimistic since the generated fields can be diminished by regions with 

current flowing in opposite directions so a larger area of activation would be 

required. Experimental data supports this, with values suggesting areas as large 

as 40 mm2 would be required to generate such fields (Chapman et al., 1984). 

 

In a similar manner to the action potential, the flow of ions induced by a 

PSP is countered by a return to resting potential. The membrane restores the ion 

concentration gradient by expelling or intaking ions. As depicted in Figure 2.4, 

the resulting electric field between the ion intake and output points produces a 

volume current in the extracellular medium. As shown in the upcoming sections, 

this distinction will prove useful when producing the models used in MEG to 

process the measured signals. 

 

 

Figure 2.4: Diagram showing how dendritic currents can induce volume currents in the 

intracellular medium. 

 

In essence, we find that differences in neuronal anatomy, geometry and 

orientation, and the synchronization of electro-chemical processes are key to 

understanding how magnetic fields are generated outside the brain. The 

quadrupole geometry of action potentials and their short lifetimes make them an 

unlikely contributor to the extracranial magnetic fields. On the other hand, post-

synaptic currents are a stronger source due to their dipole-like field pattern and 

longer lifetimes. The main source of the MEG signal is therefore likely the 

synchronous postsynaptic activity of thousands to millions of pyramidal neurons 
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in the cerebral cortex. These neurons generate primary currents that produce 

magnetic fields detectable outside the head, allowing MEG to measure brain 

activity non-invasively with high temporal resolution. Incidentally, the energy 

required for the ion pumps constitutes ~ 70% of the energy used by the brain 

(Engl and Attwell, 2015; Rangaraju et al., 2014). This ties dendritic currents to 

metabolic metrics like fMRI, showing that MEG signals are theoretically linked 

to fMRI.  Neural activity generates a range of measurable effects beyond the 

electromagnetic signals captured by MEG. For example, the influx of calcium 

ions, pivotal for neurotransmitter release, can be visualized through calcium 

imaging techniques, offering a glimpse into the dynamics of neuronal 

communication. As previously described, changes in blood oxygenation or 

glucose metabolism, provide indirect markers as well. We now discuss the 

measurable phenomena most relevant to MEG. 

 

2.1.3 Local field potentials 

 

LFPs reflect the summed electrical activity from a population of neurons 

within a specific volume in the brain, offering insights into the local synaptic 

and dendritic activity. They were first measured in the early 20th century by 

pioneers in electrophysiology such as Edgar Adrian and Richard Caton. Using 

basic amplifiers and recording equipment, they demonstrated that electrical 

activity could be recorded from the surface of the brain. In contrast to EEG, 

recording of LFPs involves the use of electrodes placed directly on or in the 

tissue of interest, allowing accurate recordings of the electrical activity within a 

very small region as shown in Figure 2.5A. The direct placement of the 

electrodes in the tissue allows the study of transmembrane current flow in 

ensembles of neurons in very small and specific regions (Eccles, 1951; Lorente 

de No, 1947). LFP measurements provide a wealth of information about brain 

activity, as they can capture subthreshold events that precede and contribute to 

the generation of action potentials (Bullock, 1997). They can provide a much 

closer and detailed look at some of the signals measured with other techniques, 

as shown in Figure 2.5B.  While there is ongoing debate about the precise 

processes contributing to LFPs and the extent of their spatial localization, their 

utility in neuroscience research remains undisputed (Kajikawa and Schroeder, 

2011; Katzner et al., 2009). For example, it has been shown that LFPs are closely 

linked to the hemodynamic changes measured in fMRI (Logothetis et al., 2001), 

with similar work showing that they also underpin MEG and EEG signals 

(Murakami and Okada, 2006).  
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Figure 2.5: A) Diagram illustrating how different recording devices (MEG, EEG, 

electrocorticography and LFP electrodes) are placed relative to the head. Adapted from Hagen 

et al., 2018. B) Typical traces obtained from a patient with drug-resistant epilepsy using different 

recording methods. Adapted from Buzsáki et al., 2012. 

 

LFP measurements are conducted through various means, depending on 

the research context. In humans, these recordings always necessitate invasive 

procedures, typically being performed during neurosurgical operations when the 

brain is exposed. A diagram of sensor placement for different direct 

neuroimaging techniques is shown in Figure 2.5A. The most common technique 

is known as electrocorticography (ECoG), since it involves placing electrodes 

directly on the cortical surface. More detailed measurements across the cortical 

layers can be obtained with depth electrodes, inserted directly into the brain. 

Invasive LFP recordings are even more prevalent in animal studies, where they 

have provided many insights the functionality of different brain regions. 

(Buzsáki et al., 2012). Although recent developments show promise for non-

invasive recording of intracranial field potentials (Seo et al., 2015), the need for 

surgery for this type of recording  presents significant practical limitations, 

making it only suitable for subjects requiring surgery or Deep Brain Stimulation 

(DBS) implants. 

 

The relationship between LFPs and MEG signals is both intricate and 

fundamental to our understanding of brain electrophysiology. While LFPs are 

typically measured invasively, MEG non-invasively captures similar neural 

dynamics at a larger scale. As shown in the previous section, MEG signals 

primarily originate from the synchronous postsynaptic currents in the dendrites 

of pyramidal neurons, which are the same events that dominate LFPs 

(Hämäläinen et al., 1993). However, MEG is most sensitive to tangential sources 

in the cortical sulci, whereas LFPs can capture activity from all cortical 

orientations. Despite these differences, studies have shown strong correlations 

between simultaneously recorded LFPs and MEG signals, particularly in the 

lower frequency bands (Zhu et al., 2009). This correlation not only highlights 

the importance of LFP research for interpreting MEG data but also emphasizes 
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the significant benefits of using multiple neuroimaging techniques in parallel to 

obtain a deeper understanding of brain function. 

 

2.1.4 Measurable effects 

 

Regardless of the technique used to capture electrophysiological signals, 

understanding the brain's response to specific events often involves analysing 

fluctuations in the measured fields or potentials. These fluctuations have been 

consistently shown to correlate strongly with various cognitive processes and 

abilities. This leads us to the study of evoked and induced responses, two distinct 

but related phenomena. These responses reveal how sensory inputs, cognitive 

processes, and motor actions are mediated by the brain's electrical activity. This 

section provides an overview of the basic characteristics of measurable brain 

signals, and how these signals relate to brain function. 

 

2.1.5 Spontaneous activity 

 

Neural oscillations represent rhythmic or repetitive neural activity in the 

central nervous system. These oscillations are crucial for coordinating different 

brain regions, facilitating communication and integration of information across 

neural networks. By studying these rhythmic changes, researchers can gain a 

deeper understanding of the mechanisms underlying cognition, perception, and 

behaviour. First observed by Hans Berger in 1924 during some of the first EEG 

experiments (Berger, 1929), these oscillations occur naturally in the brain and 

persist at all times, independent of external stimuli or specific cognitive tasks. 

Also known as “spontaneous rhythms”, these neural oscillations are typically 

categorized into distinct frequency bands. Certain cognitive states and functions 

have been shown to modulate the phase and amplitude of specific frequency 

ranges. During task or stimuli processing, the abilities linked to modulating a 

specific frequency band are what is typically used to differentiate these bands 

(Mandal et al., 2018).  For example, during some of his first EEG experiments, 

Berger observed that when subjects closed their eyes, there was a significant 

increase in the amplitude of brain oscillations in the 8-13 Hz (alpha) range 

(Berger, 1933). When subjects opened their eyes again, these oscillations 

became weaker. This effect, now known as alpha blocking, led to the 

identification of the alpha band and demonstrated how simple behavioural 

changes can modulate specific brain rhythms. These modulating effects tend to 

be very consistent and repeatable during experiments, providing reliable markers 

of specific cognitive processes. However, subtle individual variations exist, 

influenced by factors such as age (Saby and Marshall, 2012) or neurological 

conditions. The uniqueness and consistency of these patterns within individuals 

have even led to the development of 'neural fingerprinting' techniques for 

identifying individuals based on their brain oscillations (da Silva Castanheira et 
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al., 2021; Sareen et al., 2021). Work performed on this topic has led to the 

distinctive frequency bands known today: 

 

• Delta (0.5-4 Hz) - Associated with deep sleep, unconsciousness, and 

certain pathological states (Bernardi et al., 2019; Riedner et al., 

2007). It is also believed that delta modulation plays an important 

role in connectivity, inhibiting networks to help completion of 

specific tasks (Harmony, 2013). 

• Theta (4-8 Hz) - Plays a crucial role in memory, particularly in 

memory encoding and retrieval (Jensen and Tesche, 2002; Onton et 

al., 2005). It is also associated with spatial navigation and emotional 

processing. 

• Alpha (8-13 Hz) - Alpha rhythms are often linked to relaxed 

wakefulness and inhibition of task-irrelevant areas (Bauer et al., 

2014; Klimesch et al., 2007). These oscillations typically increase in 

amplitude when eyes are closed and decrease during visual 

processing or attention tasks (Klimesch et al., 1998), suggesting a 

role in gating information flow and allocating cognitive resources.  

• Beta (13-30 Hz) – Often linked to normal waking consciousness, 

active thinking, and focus. It's also associated with motor function 

and can be prominent during muscle contractions (Barone and 

Rossiter, 2021). 

• Gamma (30-100+ Hz) - Gamma oscillations are thought to be 

involved in higher-order cognitive functions such as attention, 

perception, and consciousness (Jensen et al., 2007). 

 

Abnormalities in these oscillatory patterns have been associated with 

various neurological and psychiatric disorders, making the study of neural 

oscillations not only crucial for understanding normal brain function but also for 

developing potential diagnostic tools and therapeutic interventions in clinical 

settings. A number of studies have shown how disorders like dementia, epilepsy 

or symptoms from traumatic brain injuries can affect neural oscillatory power 

and timing  (Allen et al., 2021; Park and Hong, 2019; Rier et al., 2021; Tamilia 

et al., 2019). The study of neural oscillations requires MEG systems to have 

femtotesla sensitivity in the 1-100 Hz range. Some studies have reported 

oscillations in the range of 100-200 Hz (high gamma or epsilon band) and even 

up to 600 Hz in both animal models and human recordings (Curio et al., 1994; 

Isao Hashimoto et al., 1996). These ultra-high frequency oscillations may be 

involved in precise timing of neural firing and information encoding, opening 

new avenues for understanding the complexities of brain function.  
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2.1.6 Evoked responses 

 

Evoked responses, also known as event-related potentials (ERPs) in EEG 

studies or event-related fields (ERFs) in MEG, are neural responses that are both 

time-locked and phase-locked to specific stimuli or events (Luck, 2005). These 

responses represent the brain's consistent electrophysiological reaction to a 

particular sensory, cognitive, or motor event. Figure 2.6  illustrates an example; 

we can see the amplitude change that constitutes the evoked response measured 

during a face-processing task. Due to the visual nature of the experiment, the 

field maps show the peak of this response is measured by sensors over the visual 

cortex. The first studies of evoked responses date back to the mid-20th century, 

starting with pioneering work by George D. Dawson who first recorded visual 

evoked potentials in humans using EEG (Dawson, 1947). In the realm of MEG, 

the first reported evoked responses were auditory evoked fields measured by 

Reite et al., 1978. 

 

 

Figure 2.6: Sensor-level responses obtained during a face processing task (Hill et al., 2022). 

Left: Average response across 5 runs at two different OPM-MEG labs (Sir Peter Mansfield 

Imaging Centre (SPMIC) and SickKids hospital), with error bars indicating standard deviation. 

Dashed line marks 0.1s post-stimulus onset. Right: Field maps showing distribution at 0.1s peak 

response (Z-axis left, Y-axis right). 

 

Evoked responses in both MEG and EEG are typically obtained by 

averaging multiple trials time-locked to the stimulus onset. This averaging 

process enhances the signal-to-noise ratio by emphasizing consistent neural 

activities while reducing random background noise (Picton et al., 2000). For a 

number of trials 𝑁, the reduction in noise through trial averaging can be 

estimated to be proportional to ~ √𝑁, assuming Gaussian random distribution 

of noise. While EEG and MEG evoked responses often show similar temporal 

patterns, MEG offers superior spatial resolution and is particularly sensitive to 

tangential sources in cortical sulci (Hämäläinen et al., 1993; Hillebrand and 
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Barnes, 2002). The analysis of evoked responses has proven invaluable in 

understanding sensory processing, attention, language comprehension, and 

various cognitive functions. For instance, the N400 component, observable in 

both EEG and MEG, has been crucial in studying semantic processing (Kutas 

and Federmeier, 2011). 

 

2.1.7 Induced responses 

 

Induced responses are characterized by changes in the power or amplitude 

of specific frequency bands following a stimulus or event, usually without a 

consistent phase relationship across trials (Pfurtscheller and Lopes da Silva, 

1999). As depicted on Figure 2.7A, this distinguishes them from evoked 

responses, which maintain phase consistency. These induced oscillatory changes 

can involve either increases (event-related synchronization, ERS) or decreases 

(event-related desynchronization, ERD) in power within particular frequency 

bands. For example, a tactile stimulus might induce a decrease in beta band 

power in motor cortex areas, reflecting enhanced local neural processing (Figure 

2.7B). 

 

 

Figure 2.7 A) Trial averaging diagram of evoked and induced gamma responses. The evoked 

responses exhibit the same timing and phase across trials while the induced ones may vary. 

Adapted from Tallon-Baudry and Bertrand, 1999.  B) Time-frequency spectra of neural 

oscillatory amplitude changes in left sensorimotor cortex from a single participant. Data shown 

for tactile stimulation of both fingers, extracted from the location of peak beta modulation. 

Colour indicates fractional change in spectral amplitude relative to baseline (measured 2.5-3s 

pre-stimulus). Vertical lines mark onset of first tactile stimulus. Adapted from Rier et al., 2024. 

 

Induced responses are particularly valuable for studying cognitive 

processes that may not have a fixed temporal relationship to a stimulus, such as 

attention, memory retrieval, or decision-making. They have a very reliable and 

robust effect on brain signals and therefore, are pivotal for studying how the 
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brain dynamically reconfigures its functional networks in response to tasks or 

stimuli. Conventional averaging across trials may not be effective for studying 

induced responses. Methods for analysing induced responses often involve time-

frequency decomposition techniques, such as wavelet analysis or Hilbert 

transforms. For this last method, signals are normally filtered to a specific 

frequency band, from which the amplitude envelope is obtained. The resulting 

envelope can then be averaged across trials to observe the oscillatory amplitude 

modulation induced by stimulation in the frequency band of interest. Induced 

responses can occur in multiple frequency bands simultaneously and can evolve 

over time, reflecting the complex, multi-scale nature of neural information 

processing. For instance, a cognitive task might induce an initial decrease in 

alpha power (reflecting reduced inhibition) followed by an increase in theta 

power (associated with memory engagement) and later gamma oscillations 

(linked to active information processing). Research on induced responses has 

been crucial in developing models of neural communication and information 

integration in the brain, such as the 'communication through coherence' 

hypothesis proposed by Fries, 2005. Their consistency makes them ideal to study 

certain neurological conditions; this is achieved by comparing responses 

between patients and healthy controls. For example, post-movement induced 

responses have been found to vary in people suffering from conditions such as 

schizophrenia (Gascoyne et al., 2020; Robson et al., 2016), autism (Gaetz et al., 

2020) or multiple sclerosis (Barratt et al., 2017).  

 

2.1.8 Functional connectivity 

 

Although responses to stimuli can help study functionally distinct regions, 

it is the collective behaviour of multiple regions that underpins cognitive 

function. Specifically, it is the constant formation and dissolution of brain 

networks. Functional connectivity refers to the statistical dependencies between 

spatially distinct neurophysiological events, reflecting how different brain 

regions interact and coordinate their activity in networks (Friston, 2011). It can 

be measured using various methods, including correlation or phase 

synchronization of neural signals (Bastos and Schoffelen, 2015). A seminal 

model proposed by (Fries, 2005) suggests that long-range communication in the 

brain is facilitated when neuronal populations oscillate coherently with each 

other. This 'communication through coherence' hypothesis posits that coherent 

oscillations create optimal time windows for information transfer between brain 

regions. 

 

In MEG research, functional connectivity analyses have provided 

valuable insights into brain network dynamics across different cognitive states 

and neurological conditions. For instance, Brookes et al., 2011, demonstrated the 

feasibility of detecting canonical resting-state networks (RSNs) using MEG, 

while Palva and Palva, 2012, reviewed how oscillatory synchrony supports the 

integration of distributed neural processing. Resting state networks (RSNs) are 
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patterns of functional connectivity observed when the brain is not engaged in a 

specific task. Initially discovered using fMRI these networks were further 

characterized through subsequent studies, notably by Raichle et al., 2001, who 

identified the default mode network, a “baseline” default mode of brain activity 

that seems to be consistently present during rest and suspended during goal 

oriented tasks. RSNs such as the default mode network, frontoparietal network, 

and sensorimotor network, exhibit coordinated activity even in the absence of 

external stimuli. MEG studies have provided unique insights into the temporal 

dynamics and frequency-specific characteristics of these networks (de Pasquale 

et al., 2010). The ability to study RSNs with the high temporal resolution of 

MEG has enhanced our understanding of how these networks rapidly 

reconfigure in response to cognitive demands and how they may be altered in 

various neurological and psychiatric conditions (Nugent et al., 2015). More 

recently, advanced techniques such as multivariate autoregressive models, graph 

theoretical approaches or Hidden Markov Models (HMMs) have been applied to 

MEG data to capture complex, time-varying connectivity patterns (O’Neill et al., 

2018; Quinn et al., 2018). 

 

2.2 Measuring brain signals: MEG 

 

The field of magnetoencephalography traces its roots back to the 1960s, 

with the pioneering work of David Cohen. In 1968, Cohen first successfully 

measured the magnetic fields produced by alpha brain rhythms using a 1 million 

turn copper induction coil as a detector. However, these early measurements 

were extremely noisy and required extensive magnetic shielding. The real 

breakthrough came in 1972 when Cohen, working along with James 

Zimmerman, introduced the use of Superconducting QUantum Interference 

Devices to MEG recordings. SQUIDs, which rely on the principles of 

superconductivity, offered unprecedented sensitivity to weak magnetic fields. 

This innovation dramatically improved the signal-to-noise ratio of MEG 

measurements, allowing for the detection of spontaneous brain activity and 

evoked responses without averaging (Cohen, 1972). The introduction of 

SQUIDs marked a turning point in MEG technology, paving the way for its 

development into a powerful tool for non-invasive brain imaging. Here, we cover 

the physics involved in the operation and design of SQUIDs. Starting with 

superconductivity, many of the ideas that made such sensitive devices possible 

were born out of advances in quantum mechanics. 

 

2.2.1 Superconductivity 

 

Superconductivity has revolutionized modern science and medicine by 

enabling the creation of powerful electromagnets with example applications 

including MRI machines and particle accelerators, as well as highly sensitive 

magnetic field detectors like SQUIDs, which are crucial for MEG. The 
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microscopic theory of superconductivity, known as BCS theory (after Bardeen, 

Cooper, and Schrieffer), begins with the concept of Cooper pairs (Bardeen et al., 

1957). In a superconductor, electrons can overcome their mutual repulsion and 

form weakly bound pairs called Cooper pairs. This pairing is mediated by 

phonons, the quantized vibrations of the crystal lattice. It all begins with a single 

electron moving through the material. As this electron travels, it pulls on the 

surrounding positively charged ions in the crystal lattice structure. This 

disturbance creates a phonon, which carries with it a slight increase in positive 

charge density. Now, imagine a second electron some distance behind the first. 

This trailing electron, rather than being repelled by its negatively charged 

counterpart ahead, finds itself attracted to the wake of positive charge left 

behind. This attraction can overcome the natural repulsion between the two 

electrons. It's a delicate balance, but under the right conditions, the phonon-

mediated attraction wins out. The two electrons, despite their identical charges, 

begin to move in concert, bound together by the very vibrations of the crystal 

they inhabit. This only occurs when the effect of the electron moving through 

lattice becomes larger than thermally induced vibrations, which is why the very 

low temperatures are required. 

 

Cooper pairs behave in remarkable ways. They typically adopt opposite 

spins and momenta, a configuration that allows them to maximize the benefits 

of their phonon-mediated attraction while minimizing their overall energy. This 

pairing isn't confined to a small space; it can extend over hundreds of 

nanometres, a vast distance on the atomic scale. Additionally, the formation of 

Cooper pairs is not an isolated event. As more and more electrons pair up, they 

create an environment that encourages even more pairings. It's a collective 

phenomenon, with each pair contributing to and benefiting from the overall 

effect. As this pairing occurs, a curious thing happens to the energy landscape of 

the material.  

 

This transformation from individual electrons to Cooper pairs marks a 

fundamental shift in the material's behaviour. An energy gap opens up around 

the Fermi level, a forbidden zone that gives superconductors many of their 

unique properties. The paired electrons, now behaving like bosons rather than 

fermions, can collectively occupy the same quantum state, forming a coherent, 

macroscopic wave. This is analogous to the formation of a Bose-Einstein 

condensate but occurs at much higher temperatures due to the effective attraction 

between electrons. This macroscopic quantum state is described by a single 

wavefunction, often referred to as the 'superconducting order parameter' or 

'condensate wavefunction'. The coherence of this state means that the Cooper 

pairs move in unison through the material, without scattering off impurities or 

lattice vibrations. This collective motion of Cooper pairs is responsible for the 

zero electrical resistance observed in superconductors. 
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Figure 2.8: Wavefunction diagram around a superconducting ring. The phase change around 

the loop must be continuous, this makes the example on the left side impossible, only an integer 

number of cycles can be contained in the ring, as shown on the right-hand side. Diagram adapted 

from Mercier, 2011. 

 

 The energy required to break a Cooper pair creates an energy gap in the 

electron spectrum of the superconductor. This gap is typically on the order of 

MeV and is temperature-dependent, going to zero at the critical temperature Tc. 

The existence of this gap is crucial for many of the unique properties of 

superconductors, including their ability to exclude magnetic fields (the Meissner 

effect) and the occurrence of quantized magnetic flux in type-II superconductors. 

This last phenomenon is what enables such sensitive magnetic field 

measurements with SQUIDs. As illustrated in Figure 2.8, the macroscopic 

wavefunction of the electrons in a ring of superconducting material must be 

single valued. This means that if we were to measure the phase of the 

wavefunction along the ring, the phase should match after a whole revolution. If 

the ring is placed in a magnetic field, this continuity is only possible if the 

magnetic flux threading through the loop is quantized. This phenomenon 

introduces the unit of flux quantization, Φ0 = 2.07 ∙ 10−15 Wb, also known as 

the flux quantum. The induced current (or “shielding current”) maintains a 

constant flux throughout the ring of magnitude 𝑛 ⋅ Φ0, for only integer values of 

𝑛. If this current is measured and the inductance of the ring is known, one could 

therefore estimate the flux experienced by the superconducting ring. The flux 

quantum is very small, so much so that for a small loop, the current runs from 

minimum to maximum for a very small change in field. This, however, is not 

possible in practice since such a measurement would break the ring and the 

macroscopic wavefunction would vanish. Luckily, the wavefunction can tunnel 

through a thin enough layer of electrically insulating material thanks to the 

Josephson effect.  

 

2.2.2 Josephson junctions 
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First predicted by Brian Josephson in 1962, the concept of the Josephson 

junction paved the way for the development of SQUID sensors (Josephson, 

1962). As illustrated in Figure 2.9, this junction consists of two superconductors 

separated by a thin barrier of non-superconducting material. The barrier, often 

no more than a few nanometres thick, might be an insulator, a normal metal, or 

even a physical constriction in the superconductor itself. In quantum mechanics, 

particles can pass through barriers that would be insurmountable in the classical 

world, this also applies to Cooper pairs. The magic of the Josephson junction 

lies in its ability to allow Cooper pairs to tunnel through this barrier, usually an 

oxide layer. 

 

 

Figure 2.9: Diagram of a Josephson junction, illustrating how Cooper pairs can tunnel through 

a non-superconducting barrier generating a current. 

 

When we consider the macroscopic wavefunction of the Cooper pairs on 

either side of the junction, we find that they can be described by a magnitude 

and a phase. The key insight of Josephson was to realize that the tunnelling 

current across the junction depends on the phase difference between these two 

wavefunctions. This is described as quantum interference, in which the 

interaction of both wavefunctions leads to two fundamental Josephson effects. 

The first, known as the DC Josephson effect, states that a supercurrent can flow 

across the junction even in the absence of any applied voltage. The magnitude 

of this current is given by the first Josephson equation: 

   

 𝐼 = 𝐼𝑐 sin 𝛿, [2.9] 

   

 

where 𝐼𝑐 is the critical current of the junction and 𝛿 is the phase difference 

between the two wavefunctions on each side (known as Josephson phase). The 

critical current determines the maximum current that can flow through the 

junction, and it depends on the junction’s size, the superconducting material and 

its critical temperature. The second effect, the AC Josephson effect, comes into 

play when a voltage is applied across the junction. In this case, the phase 

difference evolves in time, leading to an oscillating supercurrent. The frequency 

of this oscillation is precisely proportional to the applied voltage, with a 

conversion factor of 483.6 MHz per microvolt (Chesca et al., 2004).  
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Figure 2.10: Experimental data obtained measuring the critical current as the applied magnetic 

field is varied through a ferromagnetic Josephson junction. Adapted from Mishra et al., 2023. 

 

These effects make Josephson junctions highly sensitive to magnetic 

fields. A magnetic field threading the junction modifies the Josephson phase, 

which in turn alters the current flowing through the junction. This is a 

consequence of quantum mechanics, specifically, the Aharonov–Bohm effect, 

which states that the phase of a particle’s wavefunction is altered in the presence 

of a vector potential (Kasunic, 2019). The current 𝐼 through the Josephson 

junction is affected by a vector potential 𝑨 so that the Josephson equation 

becomes 

   

 
𝐼 = 𝐼𝑐 sin (𝛿 +

2𝑞𝑒

ℏ
∫𝑨 ∙ 𝑑𝒔) 

[2.10] 

   

where 𝑞𝑒 is the electron charge, ℏ is the reduced Planck’s constant and the 

integral is performed across the junction (Feynman, 1965). Figure 2.10 

illustrates quantum interference with a plot showing the current measured across 

a Josephson junction as the applied magnetic field is varied, modifying the 

critical current. This is the operating principle behind SQUIDs. Moreover, 

Josephson junctions exhibit the same quantum mechanical behaviour as a 

complete superconducting ring. The phase difference across a junction in a 

superconducting loop must be quantized in units of 2π, which again means that 

the current across the junction is sensitive to the number of flux quanta threading 

through it (Φ0 = ℎ 2𝑒⁄ ). 

 

2.2.3 The DC SQUID 

 

The DC SQUID brings all the phenomena mentioned above to measure 

very small changes in the magnetic field it experiences (rather than its absolute 

value). A DC SQUID consists of a superconducting loop interrupted by two 
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Josephson junctions (Figure 2.11A). Two Josephson junctions are required since 

a single junction can only measure magnetic flux in discrete flux quanta. 

However, in a superconducting loop with two Josephson junctions (a DC 

SQUID), the situation is different. The total phase difference around the loop 

must still be an integer multiple of 2π, due to the quantization of magnetic flux. 

However, this means that the phase difference across each individual junction is 

not restricted to integer multiples of 2π. Instead, the phase difference across each 

junction can take on any value between 0 and 2π, depending on the magnetic 

flux threading the SQUID loop. This allows the critical current (𝐼𝑐) of the SQUID 

to be modulated continuously as a function of the applied magnetic flux, rather 

than in discrete steps. 

 

 

Figure 2.11: DC SQUID operation. A) Diagram showing DC SQUID design, with a bias 

current and the two Josephson junctions. B) Typical I – V characteristic for a conventional DC 

SQUID. C) Voltage modulation across the Josephson junctions as a response to increasing 

magnetic flux. Adapted from Clarke, 1994. 

 

The operation of a DC SQUID involves a specific set of steps. First, the 

superconducting loop is biased with a current I and exposed to an external 

magnetic field H =  𝐵 𝜇0⁄ . The two Josephson junctions limit the maximum 

supercurrent (𝐼𝑐) that can flow through the ring. Crucially, 𝐼𝑐 is modulated 

periodically by the magnetic flux threading through the SQUID loop, with a 

period of one flux quantum (Φ0 = ℎ 2𝑒⁄ ). For practical measurements, the 

SQUID is biased with a current. If this bias current is above the critical current 

𝐼𝑐, then a voltage is produced across the SQUID. The voltage (𝑉) across the 

junctions is then measured as a function of the applied magnetic flux (Φ𝑎). As 

shown in Figure 2.11C, the applied flux alters the critical current, reaching a 

maximum for any integer number of flux quanta, including zero. 𝐼𝑐 reaches a 

minimum for half integer numbers of flux quanta. In correspondence, this 

behaviour translates to a hysteresis curve when plotting current versus voltage, 

as shown in Figure 2.11. To measure small flux changes (𝛿Φ𝑎), the bias current 

is set to maximize the voltage modulation amplitude. The applied flux is 

typically set to (2𝑛 + 1)Φ0 (for n = 0, 1, 2, ...) to maximize the flux-to-voltage 

transfer coefficient (𝑉Φ = |𝛿𝑉 𝛿Φ𝑎⁄ |). Consequently, for a small applied flux 

signal 𝛿Φ𝑎, the net resistance of the superconducting ring changes, producing a 

change in the output voltage signal 𝛿𝑉 = 𝑉Φ𝛿Φ𝑎 (Figure 2.12C). This 

configuration allows the DC SQUID to function as a highly sensitive flux-to-

voltage transducer, capable of detecting extremely small magnetic fields. 
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In practice, DC SQUID design and operation can be even more complex. 

As discussed, the current-voltage characteristic of a Josephson junction is 

hysteretic. This can be avoided by adding a shunt resistance across the junction. 

The resistance helps to "overdamp" the junction, making the V-I curve non-

hysteretic and single-valued. It also allows the SQUID to operate at higher bias 

currents, extending its dynamic range and the range of detectable magnetic 

fields.  

 

Additionally, DC SQUIDs are normally used in Flux-Locked Loop (FLL) 

operation. This is done to achieve linear operation and extend the dynamic range 

of the SQUID while also solving the hysteresis problem. As shown in Figure 

2.12A, the external magnetic field to be measured induces a current in the input 

coil, which is coupled to the SQUID loop. The flux change in the SQUID causes 

a voltage change across it. This voltage change is then amplified by a low-noise 

preamplifier. The amplified signal is fed into the integrator circuit, which 

generates a feedback current (see Figure 2.12B). Finally, the feedback current is 

applied to a feedback coil coupled to the SQUID, generating a magnetic flux that 

exactly cancels the initial flux change. Since this is proportional to the external 

field, the feedback current is the true output of the SQUID.  

 

 

Figure 2.12: Coupled SQUID operation: A) Design diagram for a coupled SQUID. B) 

Simplified diagram of a circuit with a Flux-Locked Loop. C) Voltage response of a SQUID 

operated in FLL. 

 

The negative feedback loop maintains the SQUID at a fixed working point 

on its periodic voltage-flux characteristic, ensuring a linear response over a wide 

range of input signals. The FLL configuration allows the SQUID to measure 

magnetic fields with extreme sensitivity, changes much smaller than a single flux 

quanta. Typically achieving resolutions on the order of femtotesla (10⁻¹⁵ T) in 

MEG applications. The use of FLL in DC SQUIDs enables these sensors to 

combine high sensitivity with a wide dynamic range, making them ideal for 

detecting the weak magnetic fields generated by neural activity in MEG studies. 

The dynamic range is defined by the device's tolerance threshold for magnetic 

fields, beyond which hysteresis or noise escalates. In terms of flux quanta, 

dynamic ranges of up to 8 ∙ 104 Φ0 have been demonstrated experimentally, 

with some digital SQUID setups reaching up to 5 ∙ 106 Φ0 (Haverkamp et al., 

2011; Zimmermann et al., 1997). For other applications like MEG, the dynamic 
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range of the SQUIDs that are used is typically above 120 dB, with some 

commercially available systems going up to 192 dB (Vrba and Robinson, 2001). 

 

Lastly, it is also important to note that the DC SQUID described above is 

known as an uncoupled SQUID. Due to its low inductance and small flux capture 

area (<< 1mm), such a system has poor coupling to adjacent magnetic fields. 

This can be solved by introducing a second pickup loop, with a much larger area. 

These are typically placed in series, essentially coupling both superconducting 

loops so that any flux detected by the pickup coil will induce a current, in turn 

producing a secondary magnetic flux through the SQUID. As depicted on Figure 

2.12A, this enables measurement of magnetic flux over a much larger area than 

that of the SQUID itself. Typically, the larger superconducting circuit is called 

a flux transformer, and it couples the very small SQUID to the relatively large 

coil near the scalp. Known as coupled SQUIDs, this is the common setup for 

MEG applications, with the pickup coil being the one closest to the scalp. This 

normally yields sensitivities of around 2‒10 fT/√Hz when measuring the radial 

component of magnetic field (Vrba, 2000). 

 

2.2.4 Noise reduction 

 

Environmental magnetic noise poses a significant challenge in SQUID-

based MEG systems due to their extreme sensitivity. As shown in previous 

sections, the fields produced by the human brain are extremely weak (fT to pT 

range). These can be around 6 to 8 orders of magnitude weaker than the Earth’s 

magnetic field (~25 to 65 μT). Potential sources of noise can include fluctuations 

in the Earth's magnetic field, urban electromagnetic interference from power 

lines and electronic devices, and even magnetic fields generated by elevators or 

passing vehicles. Figure 2.13A illustrates this by showing the relative 

magnitudes of various sources contributing to background noise. Biological 

sources can also appear in the data, examples include any muscle artifact such 

as eye blinks, jaw clenching, heart beats and any form of participant movement. 

These external fields mask the brain's weak magnetic fields. Consequently, 

effective noise reduction techniques are crucial for obtaining meaningful MEG 

measurements.  

 

2.2.4.1 Magnetic shielding 

 

The magnetic shielding employed in MEG systems is a key component 

that ultimately enables adequate SQUID operation. Magnetically shielded rooms 

constitute the passive shielding of the system, acting as a protective barrier by 

attenuating the external magnetic fields by several orders of magnitude. MSRs 

are typically constructed from layers of copper or aluminium and high-

permeability materials (μ-metals) that redirect magnetic field lines around the 
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shielded volume. The mu-metal layers mitigate low frequency interference while 

the copper layers deal with higher frequency noise. There are several vendors 

that specialize in the design and construction of such rooms for use in MEG, 

namely Magnetic Shields Limited (MSL), Vacuumschmelze GmbH & Co. KG, 

Magnetic Shield Corporation and IMEDCO. The rooms provided by these 

companies can range in size and number of shielding layers. Figure 2.13B 

illustrates what a typical MSR looks like for MEG systems. While technical 

specifications may vary among vendors, MSRs generally share common features 

such as waveguides for cable passage and a projector hole for visual stimulus 

presentation. MEG systems generally require MSRs with 2 to 4 layers of μ-metal 

with varying sizes depending mainly on research needs, budget and site 

availability. Figure 2.13C shows a photo the construction process, which 

requires the precise alignment and contact required between metal sheets in each 

layer. 

 

 

Figure 2.13: A) Magnetic field strength magnitude scale for different environmental and 

biomagnetic sources. Adapted from Vrba, 2000. B) Computer rendering of the MuRoom MSR, a 

product of Magnetic Shields Limited C) Photo showing the construction of the MuRoom located 

at the Sir Peter Mansfield Imaging Centre in Nottingham. 

 

2.2.4.2 Gradiometers 

 

Gradiometers are designed to measure the spatial gradient of the magnetic 

field rather than the field itself, effectively suppressing distant noise sources 

while retaining sensitivity to nearby brain signals. There are two main types of 

gradiometers used in MEG: axial gradiometers and planar gradiometers. As 

illustrated in Figure 2.14A, axial gradiometers consist of two coils wound in 

opposite directions, typically separated by a baseline distance of a few 

centimetres. They measure the difference in the magnetic field between these 

two points along the axis of the device. Planar gradiometers, on the other hand, 

measure the tangential derivatives of the magnetic field and consist of two coils 

in the same plane but with opposite orientations (Figure 2.14B). Both types are 

effective at reducing environmental noise, but they offer different sensitivity 

profiles and spatial resolutions (Hämäläinen et al., 1993). Some MEG systems, 

like the Elekta Neuromag TRIUX, incorporate planar gradiometers along with 
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magnetometers to provide comprehensive field measurements (Taulu et al., 

2014).  

 

 

Figure 2.14: A) Magnetometer configuration B) Axial gradiometer C) Planar gradiometer D) 

Second order axial gradiometer. 

 

The design of gradiometers capitalizes on the spatial characteristics of 

brain signals versus environmental noise. The pick-up coil, positioned close to 

the scalp, detects both the brain's magnetic fields and environmental 

interference. In contrast, the compensation coil is strategically placed farther 

from the head, where it primarily measures interference fields. This arrangement 

exploits the assumption that distant noise sources produce relatively uniform 

magnetic fields over the scale of the gradiometer, while brain signals vary more 

rapidly in space. By subtracting the signals from these two coils at the hardware 

level, gradiometers effectively attenuate homogeneous external fields while 

preserving the spatially varying fields generated by neural activity.  

 

2.2.4.3 Synthetic gradiometers 

 

Synthetic gradiometers offer an additional approach to noise reduction in 

MEG, typically implemented during post-processing (Fife et al., 1999). Unlike 

physical gradiometers, which are fixed configurations of pickup coils, synthetic 

gradiometers are implemented through software algorithms and reference vector 

magnetometers. This technique allows for flexible and adaptable noise reduction 

strategies, as researchers can adjust the virtual sensor arrangement and 

gradiometer order to best suit the specific noise profile of their data. For 

example, a first-order synthetic gradiometer is created by combining the outputs 

of two magnetometers separated by a known distance. The basic principle 

involves subtracting the output of one magnetometer from another to cancel out 

common-mode noise.  

 

Consider a reference vector magnetometer with one coil measuring each 

axis 𝑘 of the magnetic field. Assuming all three coils have the same gain 𝛼𝑟, its 

output can be described as 𝑹𝑘 = 𝛼𝑟𝑩𝑘, where 𝑩𝑘 is the magnetic field 
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experienced by each coil. Similarly, the primary magnetometer near the 

participant’s head outputs 𝑚𝑝 = 𝛼𝑝(𝒑 ∙ 𝑩𝟎), where 𝛼𝑝 is again the gain of the 

sensor, 𝒑 is the unit vector normal to the pickup coil and 𝑩𝟎 is the field at the 

centre of the sensor. If we project the reference output to the primary sensor’s 

vector 𝒑, then we can subtract the reference signal to obtain a first order synthetic 

gradiometer given by 

   

 𝑔 = 𝑚𝑝 −
𝛼𝑝

𝛼𝑟

(𝒑 ∙ 𝑹) = 𝛼𝑝𝒑 ∙ (𝑩𝟎 − 𝑩) = 𝒑𝑮𝒃𝟏, [2.11] 

   

where  𝑮 represents the primary gradient tensor, while 𝒃𝟏 denotes the baseline 

vector of the first-order gradiometer. Higher order gradiometers extend this 

concept by using more sensors and more complex subtraction schemes. The 

difference between the measurements from different pairs of sensors within this 

array can be combined to create a higher-order gradient. 

 

 

Figure 2.15: Noise floor level at different stages of noise reduction, lines a) and b) show 

unshielded and shielded magnetometer data, respectively. Lines c), d) and e) showcase the effect 

of hardware and synthetic gradiometers. Adapted from Vrba, 2002. 

 

The primary advantage of synthetic gradiometers lies in their ability to 

enhance data quality by effectively reducing both environmental and 

physiological noise. Figure 2.15 demonstrates how much of an improvement in 

noise floor levels this technique can obtain, especially when employed along 

with shielding and hardware gradiometers. By combining signals from multiple 

sensors in software, synthetic gradiometers can achieve noise cancellation 

similar to that of hardware gradiometers, but with the added benefit of being able 

to optimize the noise reduction for each specific dataset or experiment. This 

flexibility makes synthetic gradiometers particularly useful in situations where 

hardware gradiometers may be limited or unavailable, such as in some types of 

OPM-MEG systems. Moreover, the ability to apply synthetic gradiometers 
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retrospectively allows researchers to experiment with different noise reduction 

strategies without the need for additional data collection. On the other hand, it is 

important to note that the subtraction process used in creating synthetic 

gradiometers can actually amplify random noise. If we consider the random 

noise in each sensor to be independent and have a standard deviation of 𝜎, then 

for a first-order gradiometer the resulting noise is √2𝜎. This increase is usually 

outweighed by the benefits of reducing other types of noise, leading to an overall 

improvement in data quality. 

 

2.2.5 Available SQUID-MEG systems 

 

The market offers various MEG systems that employ SQUID technology. 

These devices commonly incorporate a helmet-shaped sensor array designed to 

envelop the participant's cranium. Figure 2.16A illustrates a typical setup, 

featuring the sensor-equipped dewar housed within an MSR. External to the 

room, the diagram depicts key components of the system. These include the 

MEG console, which performs the analog-to-digital conversion of the measured 

signals, as well as the acquisition and stimulus computers. To illustrate this, 

Figure 2.16B provides a photograph of an actual SQUID-MEG system built by 

CTF Technologies, Inc and housed in a room built by Vacuumschmelze. Some 

of the most widely used MEG system providers include: 

• Elekta Neuromag TRIUX: This company, now part of MEGIN 

(Helsinki, Finland), offers systems with 306 channels, combining 

204 planar gradiometers and 102 magnetometers. This provides 

high sensitivity and spatial resolution, making it suitable for both 

clinical and research applications. 

• CTF MEG (Coquitlam, Canada): CTF systems typically feature 

275 axial gradiometers, known for their excellent noise 

cancellation properties. They also offer optional reference 

channels for additional noise reduction. 

• Yokogawa/KIT (Tokyo, Japan): These systems offer various 

configurations, with their latest models featuring up to 440 

channels. They are known for their compact size and high 

sensitivity. 

• Compumedics (Victoria, Australia): Compumedics offers a range 

of MEG systems, including the Orion Lifespan system, which 

features two separate sensor arrays of different sizes for scanning 

paediatric and adult populations (86 and 138 sensors, 

respectively). This also enables simultaneous scanning of two 

participants (hyperscanning).  

• 4D-Neuroimaging (San Diego, USA): Now acquired by CTF 

systems, the company typically used magnetometers rather than 

gradiometers. Their system included 248 magnetometer system. 
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Figure 2.16: A) CTF SQUID-MEG system diagram. Adapted from Rhodes et al., 2023 Picture 

of a CTF SQUID-MEG system installed at the Brain Imaging Center, Goethe University, 

Frankfurt. Photo credit to Vacuumschmelze. 

 

These SQUID-based systems operate at extremely low temperatures, 

typically around 4 Kelvin, requiring liquid helium cooling. While they offer 

excellent sensitivity and have been the gold standard in MEG for decades, the 

need for cryogenic cooling presents logistical challenges and ongoing 

operational costs.  

 

2.2.6 Limitations 

 

SQUID-MEG systems have, for over 4 decades, been the gold standard 

for MEG neuroscience research. With over 150 systems worldwide, they provide 

ideal spatial resolution and SNR. Despite their usefulness, these systems come 

with a number of limitations, mainly introduced by the controlled environment 

required for SQUID operation. As the example on Figure 2.16B shows, MEG 

systems require housing inside a magnetically shielded room. MSRs will be 

covered in detail in Chapter 4, but it is important to note that they can be difficult 

to site and add significant costs. As we will discuss later, active shielding can 

alleviate some of the shielding requirements, offering a more flexible solution 

for on-scalp systems. The cooling of the SQUIDs introduces some additional 

constraints. The thermal insulation limits the sensor to scalp distance, typically 

anywhere between 1.5 to 3 cm. Additionally, the SQUID array housed inside the 

dewar cannot be rearranged, which means the scanner is a one-size-fits-all 

solution. Scanning participants with varying head sizes can affect data quality, 

significantly reducing coverage, especially for those with smaller head sizes 

such as children. Since the fields generated follow the inverse square law, these 

limitations on the sensor to scalp distance can result in decreased SNR and 

reduced coverage over certain brain regions. Lastly, the sensor array remains 

fixed within the central volume of the MSR, normally requiring the participants 

to be seated and still. This restriction on participant movement makes the study 
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of motor function or social interactions difficult. The study of certain cohorts can 

also be affected by this, especially children or people with neurological disorders 

affecting motor function. Participant comfort is another consideration, as the 

confined space and requirement for minimal movement can be uncomfortable 

for some individuals, potentially affecting data quality or limiting study 

populations. 
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Chapter 3 Optically pumped 

magnetometers 

 

This chapter offers a detailed overview of OPMs, with a focus on the 

physical principles underlying their design and operation. To contextualize 

OPMs, we first examine alternative technologies showing promise in 

biomagnetism applications, particularly MEG. We then introduce OPMs, tracing 

their historical development and subsequent practical applications. The physics 

sections delve into the working principles of OPMs, specifically exploring how 

light-matter interactions probe and manipulate atomic energy levels. Our 

discussion centres on magnetometry techniques employing high-density 

rubidium vapor cells, which form the core of OPMs manufactured by QuSpin 

Inc. These sensors were exclusively used in all experimental work presented in 

this thesis. 

 

3.1 Emerging technologies 

 

SQUID-MEG systems remain the most widely used and validated 

technology for high-precision neuromagnetic measurements. Regardless, the 

limitations discussed in the previous chapter have spurred the search for 

alternative approaches. Several promising alternatives have emerged over the 

years, which we discuss below. 

 

3.1.1 High Temperature SQUIDs 

 

High-temperature superconducting (HTS) SQUIDs have emerged as a 

promising technology for on-scalp MEG measurements (Zhang et al., 1993). 

Unlike their low-temperature counterparts, HTS SQUIDs can operate at 

temperatures achievable with liquid nitrogen cooling, typically around 77 K 

(Öisjöen et al., 2012). Compared to the 4 K used for conventional SQUIDs, this 

higher operating temperature offers several advantages, including reduced 

thermal insulation requirements and the potential for closer sensor-to-scalp 

distances. Figure 3.1 shows examples of early experimental work with small 

numbers of channels, and reported sensor-to-scalp distances as low as 1 mm 

(Pfeiffer et al., 2019). The development of HTS SQUIDs for MEG applications 

has been driven by advances in materials science and fabrication techniques. 

These devices are typically based on yttrium barium copper oxide (YBCO) thin 

films, which exhibit superconductivity at relatively high temperatures (Faley et 

al., 2001). The use of simpler cryogenic systems could potentially reduce the 

overall size and cost of MEG systems. 
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Figure 3.1: A) 7-channel HTS SQUID array in a cryocooler, developed at Chalmers University 

in Gothenburg. B) On-scalp MEG recording system captured at the Swedish National Facility 

for Magnetoencephalography (NatMEG). Both adapted from Pfeiffer et al., 2019. 

 

One of the key advantages of HTS SQUIDs is the possibility of creating 

more flexible sensor arrays. The reduced cooling requirements allow for the 

development of smaller, more modular sensor units that can be positioned closer 

to the scalp. This closer proximity can help increase signal-to-noise ratios and 

spatial resolution in MEG measurements (Andersen et al., 2017; Riaz et al., 

2017). However, HTS SQUIDs face several challenges that have limited their 

widespread adoption in MEG systems. The intrinsic noise levels of HTS 

SQUIDs are generally an order of magnitude higher (~ 50 fT/√Hz at 10 Hz) than 

those of low-temperature SQUIDs, which can impact the detection of weak 

neuromagnetic signals (Öisjöen et al., 2012). Additionally, the fabrication of 

high-quality, reproducible HTS junctions remains a technical challenge. Despite 

these challenges, ongoing research continues to improve the performance of 

HTS SQUIDs for MEG applications. Recent studies have demonstrated the 

feasibility of using HTS SQUID-based systems for on-scalp MEG 

measurements, showing promising results in terms of spatial resolution and 

signal quality (Xie et al., 2017). 

 

3.1.2 Hybrid SQUIDs 

 

In 2016, researchers at Royal Holloway University introduced a novel 

SQUID variant called the HyQUID™ (Shelly et al., 2016). This device may offer 

enhanced performance and simplified manufacturing compared to traditional 

SQUIDs. The key distinction in a HyQUID's design is the use of a normal 

conductor for the weak link within the superconducting loop, as opposed to the 

conventional SQUID structure (Petrashov et al., 1995). The HyQUID's field 

detection mechanism relies on Andreev reflections occurring at the interface 

between superconducting and normal metal components (Petrashov et al., 2005). 
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York Instruments Ltd. used this technology to develop the MEGSCAN™, 

a MEG system based on HyQUIDs. This company held the exclusive rights to 

utilize the HyQUID technology. The system design used a cryogenic solution 

provided by Oxford Instruments, employing pulse tube refrigeration to maintain 

superconductivity. The MEGSCAN™'s dewar design closely resembles that of 

conventional SQUID-based MEG systems, featuring a fixed sensor array and 

maintaining a space between the sensors and the subject's head. Despite showing 

great initial promise, a complete HyQUID MEG system is yet to be built. The 

need for extremely low operating temperatures below 2 K—even colder than 

conventional SQUIDs—may have presented additional technical challenges that 

hindered its implementation. 

 

3.1.3 Nitrogen vacancy centre magnetometry 

 

Nitrogen vacancy (NV) centres in diamond offer a novel approach to 

magnetometry with potential applications in MEG. These quantum defects, 

created when a nitrogen atom replaces a carbon atom in the diamond lattice, can 

be manipulated using lasers and microwaves to create a magnetically sensitive 

state at room temperature (Rondin et al., 2014). NV centres have demonstrated 

high spatial resolution in magnetic resonance experiments, enabling spin 

resonance measurements of proteins and imaging of molecules within single 

cells (Shi et al., 2015; Wang et al., 2019) . Nonetheless, current sensitivities 

exceeding 100 pT/√Hz are insufficient for practical MEG applications (Dale and 

Morley, 2017). Additionally, the requirement for a microwave source near the 

participant's head poses technical challenges. Despite these limitations, ongoing 

research in NV centre magnetometry may lead to future breakthroughs in on-

scalp MEG technology, potentially eliminating the need for a microwave source 

(Dhungel et al., 2024). 

 

3.1.4 Tunnel magneto-resistive sensors 

 

Tunnel magneto-resistive (TMR) sensors have received some interest in 

the literature for use in MEG at room temperature. These sensors are based on 

magnetic tunnel junctions (MTJs) that utilize quantum mechanical effects to 

detect magnetic field changes through electrical resistance variations. Work by 

Kanno et al., TMR sensors achieved sensitivity levels of 940 fT/√Hz at 1 Hz and 

50 fT/√Hz at 1 kHz through the integration of magnetic flux concentrators and 

optimized amplifier circuits (Kanno et al., 2022). This approach has some 

promise since the sensors can be positioned as close as 2.6 mm from the scalp 

surface. However, low sensitivities and the lack of three-axis detection are 

technical drawbacks that have kept this technology from developing a 

widespread use in MEG. 
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3.2 OPMs: An introduction 

 

At the time of writing, Optically Pumped Magnetometers present the most 

promising alternative to SQUIDs for magnetoencephalography. The foundations 

of OPM technology stem from pioneering research into magnetic resonance in 

alkali vapours. During the 1950s and 1960s, the study of light-matter interactions 

saw significant advancements, driven by groundbreaking work from physicists 

such as Nobel Prize winners Alfred Kastler and Hans Dehmelt, as well as Jean 

Brossel and William Bell, among many other notable researchers in the field 

(Bell and Bloom, 1957; Dehmelt, 1958; Kastler, 1951). Their work showed that 

it was possible to manipulate and probe the atomic energy level structure using 

light of certain frequencies. These results opened new research avenues for 

applied quantum physics, and, most notably, have led to the development of 

atomic clocks and magnetometers (Bloom, 1962; Markowitz et al., 1958). When 

combined with progresses in material science (laser diodes, optical filters, glass 

cell fabrication, etc), these advancements have enabled the production of 

miniaturised magnetometers of very high sensitivity. This type of technology 

has a wide range of applications, including detection of nuclear magnetic 

resonance, space magnetometry, biomagnetism, geophysical navigation and 

mapping as well as fundamental science research (Boto et al., 2018; Corsini et 

al., 2011; Dang et al., 2010; Korth et al., 2016; Rosner et al., 2022; Savukov and 

Romalis, 2005a; Xia et al., 2006).  

 

OPMs exploit the spin properties of alkali atoms, using optical pumping 

to create a gas whose opacity to laser light is sensitive to local magnetic fields 

(Dang et al., 2010). These sensors do not require low temperatures, eliminating 

the need for cryogenic cooling, and can be placed directly on the scalp. 

Additionally, the theoretical sensitivity of OPMs surpasses that of SQUIDs, with 

a bandwidth (0-150 Hz) and dynamic range (±5 nT) suitable for MEG 

acquisition (Sander et al., 2012; Shah and Wakai, 2013). Recent miniaturization 

and commercialization have brought OPMs closer to practical MEG 

applications, with several studies demonstrating their ability to capture brain 

signals (Boto et al., 2017; Colombo et al., 2016; Johnson et al., 2010; Kamada 

et al., 2015; Kim et al., 2014; Xia et al., 2006). Due to these advantages, this 

thesis aims to demonstrate OPM capabilities for MEG applications. 

 

3.3 The atomic energy level structure 

 

The working principles of OPMs are based on the interaction of atoms 

with electromagnetic fields. The fundamental phenomena that arise from such 

interaction can be described with the equation 
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 𝝉 = 𝝁 × 𝑩, [3.1] 

   

which states that atoms with a magnetic moment 𝝁 will experience a torque 𝝉 

when placed in a magnetic field 𝑩. By applying light of specific frequencies, 

atoms can be polarized, which means aligning their magnetic moments. When 

an ensemble of atoms is polarized in this way, the atomic medium gains a bulk 

magnetisation, which behaves according to equation 3.1. This bulk 

magnetisation is sensitive to any external magnetic field and ready to interact 

with it. Then the atomic medium starts to act like a sort of compass. This 

interaction leads to the well-known phenomenon of Larmor precession, where 

the bulk magnetic moment rotates around 𝑩 at a frequency Ω𝐿 = 𝛾𝑩, 

proportional to the atom’s gyromagnetic ratio 𝛾. This precession can be probed 

by observing the outcoming light. With a carefully designed experimental setup, 

this technique enables precise optical measurements of Larmor precession, 

which can be used to infer the magnetic field strength. This type of experiment 

also allows for extremely accurate determination of atomic energy levels. 

Probing such light matter interactions requires an understanding of the 

relationship between an atom's magnetic moment and its possible energy levels. 

Here, we cover the internal atomic interactions that give rise to the energy level 

structure. 

 

3.4 Fine structure 

 

For brevity's sake, we will focus our discussion on alkali metals, 

specifically, on rubidium-87 (87Rb). With a half-life of 48.8 x 109 years, this 

weakly radioactive isotope is commonly used in magnetometry applications. 

While optical pumping is also possible in diamagnetic atoms such as mercury, 

barium, or helium, their distinct energy level structure presents unique 

challenges. These elements typically require more complex pumping schemes 

and exhibit slower pumping rates (Budker and Kimball, 2013). Among 

diamagnetic atoms, helium-4 has emerged as a particularly successful candidate, 

achieving performance comparable to alkali vapours in practical applications as 

we will discuss later. The magnetometers used in this thesis employ rubidium, 

which, like all alkali metals, has a single valence electron. This electron 

contributes to the atom’s total angular momentum 𝑭 as given by the vector sum: 

   

 𝑭 = 𝑱 + 𝑰, [3.2] 

   

where 𝑱 is the electron’s total angular momentum and 𝑰 is the nuclear angular 

momentum. The electron’s total angular momentum 𝑱 is equal to the sum of its 

orbital angular momentum 𝑳 and its spin 𝑺: 
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 𝑱 = 𝑳 + 𝑺. [3.3] 

   

These vectors are quantized, and therefore, defined by dimensionless quantum 

numbers such that 

   

 
|𝑺| = ℏ√𝑠(𝑠 + 1) , for 𝑠 ∈ {

1

2
}, [3.4] 

   

and 

   

 |𝑳| = ℏ√ℓ(ℓ + 1) , for ℓ ∈ {0,1, … , 𝑛 − 1}, [3.5] 

   

where ℏ is the reduced Planck’s constant (ℏ = ℎ 2𝜋⁄ ), 𝑛 is the principal 

quantum number (i.e. the electron’s energy level), 𝑠 is the electron’s spin 

quantum number and ℓ is the azimuthal (or orbital) quantum number. All of these 

quantities determine the atom’s angular momentum 𝑭, which is proportional to 

its total magnetic moment as expressed by 

   

 𝝁 = 𝑔𝐹𝜇𝐵𝑭, [3.6] 

   

where 𝑔𝐹 is the Landé factor dependent on 𝐹, and 𝜇𝐵 is the Bohr magneton (≈
(2𝜋ℏ) ∙ 1.4𝑀ℎ𝑧/𝐺), which corresponds to the magnetic moment of the electron. 

If we consider only the valence electron’s orbital angular momentum, as is the 

case in the Bohr model, then the orbital energy levels are described by  

   

 
𝐸 ≈

−13.6𝑍2

𝑛2
, [3.7] 

   

where 𝑍 is the proton number. The diagram in Figure 3.2 shows an example 

energy level structure for an alkali atom. Here, we consider the subshells ℓ = 0 

and ℓ = 1, given by the principal quantum numbers 𝑛 = 1 and 𝑛 = 2. 
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Figure 3.2: Fine structure splitting diagram. Starting with the orbital structure on the left, the 

electron’s spin-orbit interaction leads to splitting of the higher energy level.  

 

In reality, the electron’s orbital angular momentum 𝑳 creates a magnetic 

field that interacts with its own spin angular momentum 𝑺. From the electron's 

perspective, the nucleus appears to be moving in a circular orbit around it, 

creating an effective magnetic field 𝑩 that interacts with the electron's intrinsic 

magnetic moment associated with its spin 𝑺. The fine structure splitting occurs 

because of this spin-orbit interaction, which can be described by introducing 

relativistic corrections to Schrödinger’s equation (Fermi, 1930). Ultimately, this 

results in an energy difference between the electrons possible orbital states as 

visualized on the right hand side of Figure 3.2. From equation 3.3, we can see 

that the electrons total angular momentum number 𝐽 can only take values that 

depend on 𝐿 and 𝑆, given by the range 

   

 |𝐿 + 𝑆| ≥ 𝐽 ≥ |𝐿 − 𝑆|. [3.8] 

   

The valence electron has 𝑠 = 1 2⁄ . For every possible value of 𝐿 we obtain a 

new set of energy levels. That is, 𝐽 = 1 2⁄  for the ground state, and 𝐽 = 1 2⁄  or 

𝐽 = 3 2⁄  for the first excited state. 

 

As shown in Figure 3.2, the energy gap between the fine structure 

sublevels gives rise to the D1 and D2 transitions, which can be exploited through 

photon absorption to selectively populate specific energy sublevels. We can 

estimate the required photon energy with the Planck relation: 

   

 
𝐸 = ℎ𝜐 =

ℎ𝑐

𝜆
, [3.9] 

   

where 𝜈 and 𝜆 are the photon’s frequency and wavelength, respectively, and 𝑐 is 

the speed of light. For 87Rb, we can obtain the specific laser wavelengths: 794.98 

nm for the D1 transition and 780.24 nm for the D2 transition (Steck, 2003). 
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3.5 Hyperfine structure 

 

While the electron's spin-orbit interaction gives rise to the fine structure, 

introducing the nuclear spin reveals additional complexity: each fine structure 

sublevel hides a number of degenerate states. To obtain a more complete picture, 

we need to account for the nuclear spin 𝑰. Analogous to the case of the electron, 

the nuclear spin is tied to a nuclear magnetic dipole moment, which interacts 

with the magnetic and electric field produced by the presence of electrons. Using 

electromagnetism alone, this system can be described in full, resulting in energy 

shifts much smaller than those induced by fine structure splitting. Referring back 

to equation 3.2, we can find a range of possible values for the atom’s angular 

momentum number: 

   

 |𝐼 + 𝐽| ≥ 𝐹 ≥ |𝐼 − 𝐽|. [3.10] 

   

For atoms with an even-even nucleus, the nuclear spin is zero, whereas for odd 

numbered nuclei, 𝐼 takes half-integer values. For our isotope of interest, 87Rb, 

𝐼 = 3 2⁄ . Using this, we find a new set of energy levels, which is illustrated in 

Figure 3.3 for the 𝐿 = 0  and 𝐿 = 1 states. 

 

 

Figure 3.3: Hyperfine structure diagram. Splitting of the fine structure levels occurs due to the 

nuclear spin interacting with the electron’s angular momentum, introducing a new set of levels 

for every possible value of 𝑭.   

 

3.6 Zeeman splitting 

 

Having discussed the hyperfine structure, we now have a more complete 

picture of what the atomic energy level structure looks like, with 87Rb as our 

particular example. This, however, can change in the presence of an external 



Chapter 3 | Optically pumped magnetometers 

3.6 Zeeman splitting 

59 
 

magnetic field. Dutch physicist Peter Zeeman first discovered this phenomenon 

in 1897, when he observed the splitting of spectral lines of sodium when placed 

in a 10 kilogauss magnet. This result was later explained by considering the 

interaction between the external magnetic field 𝑩 and the electron’s orbital 

angular momentum 𝑳. In essence, if one tries to find a solution for each spherical 

coordinate (𝒓, 𝜃, 𝜙) in Schrödinger’s equation, the solution to the azimuthal 

equation shows that the z-component of 𝑳 must be quantized such that 

   

 𝐿𝑧 = 𝑚ℓℏ [3.11] 

   

where 𝑚ℓ is known as the magnetic quantum number. Following separation of 

Schrödinger’s equation, the coupling between the equations describing the 𝜃 and 

𝜙 components constrain 𝑚𝑙 to be integer values equal or less than 𝐿. If we 

describe the system in terms of the atom’s total angular momentum, then the 

atom’s magnetic quantum number 𝑚𝐹 can only be:  

   

 𝑚𝐹 = [−𝐹,−𝐹 + 1,… , 𝐹 − 1, 𝐹]. [3.12] 

   

This demonstrates that in the presence of a magnetic field, the hyperfine structure 

levels, which would otherwise be degenerate, split according to the atom’s 

possible 𝑚𝐹 states. For example, the ground state with 𝑙 = 0, 𝐽 = 1/2 and 𝐹 =
1 can contain the Zeeman sublevels 𝑚𝐹 = −1,0,1 . As depicted on Figure 3.4, 

the Zeeman effect splits these otherwise degenerate states into 2𝐽 + 1 equally 

spaced states. These correspond to different orientations of 𝑳 relative to the 

external magnetic field orientation, with those states opposing the field direction 

having the highest energies.  

 

 

Figure 3.4: Zeeman splitting diagram. Hyperfine structure levels 𝑭 = [𝟏, 𝟐] split when the atom 

is exposed to an external magnetic field.  

 

Using the terms discussed previously, the energy difference between these 

new states is given by 
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 Δ𝐸 = 𝑚𝑙𝜇𝐵𝑩. [3.13] 

   

It is important to note this energy difference only applies to the weak-field 

Zeeman effect, which holds when the atom’s internal magnetic field is much 

larger than the external one (𝑩𝑒𝑥𝑡 ≪ 𝑩𝑖𝑛). For larger 𝑩𝑒𝑥𝑡, the relationship in 

equation 3.13 becomes non-linear. In such a case, Zeeman shifts are larger than 

the energy differences introduced by the hyperfine structure. The atom’s 

magnetic moment 𝝁 becomes dependent on 𝑩𝑒𝑥𝑡, and its time evolution will also 

be affected by Larmor precession. The energy difference can then be estimated 

with an expansion: 

   

 
Δ𝐸 = ℏΩ = ∑ 𝛾𝑛𝑩

𝑛

∞

𝑛=0

, [3.14] 

   

where Ω is the time evolution frequency of 𝝁, and the coefficients 𝛾𝑛 depend on 

which states are being mixed due to Zeeman splitting. 

 

As it is normally the case in quantum mechanics, transitions between 

states are restricted, following a set of selections rules. Transitions between all 

possible pairs of Zeeman states are not equally likely, with some of them termed 

as “forbidden” due to their very small probabilities. This is also a consequence 

of angular momentum conservation and restrictions on the way each quantum 

number can change. In terms of 𝑚𝐹, the only transitions allowed follow: 

   

 Δ𝑚𝐹 = ±1, 0. [3.15] 

   

This constraint ensures conservation of angular momentum and can also be 

expressed in terms the uncoupled quantum numbers: 

   

 Δℓ = ±1, 

∆𝑚ℓ = 0,±1, 

Δ𝑚𝑠 = 0, 

Δ𝐽 = 0, ±1, 

[3.16] 

   

where 𝑚𝑠 is the electron’s magnetic quantum number, and the remaining 

quantum numbers having been defined in equations 3.4, 3.5 and 3.8.  
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3.7 Optical pumping 

 

Having discussed the atomic energy level structure, we can now explore 

how this knowledge is leveraged with the technique of optical pumping. This 

technique consists of selectively populating specific energy levels in atoms by 

exciting them from lower to higher energy levels using light. This process allows 

us to leverage the atomic energy level structure, the principle behind OPMs. 

Here, we focus on the method most relevant to the QuSpin sensors. 

 

 

Figure 3.5: Experimental setup diagram for optical magnetometry. 

 

As we have seen previously, transitions between Zeeman sublevels 

require a change in the atom’s angular momentum. This can be achieved via 

absorption of circularly polarised laser light which results in transitions: 

   

 𝜎+ 𝑝ℎ𝑜𝑡𝑜𝑛 → ∆𝑚𝐹 = +1, 
𝜎− 𝑝ℎ𝑜𝑡𝑜𝑛 → ∆𝑚𝐹 = −1, 

[3.17] 

   

where 𝜎+ and 𝜎− are right and left hand polarisation, respectively. In Figure 3.5 

we illustrate the system, with the light propagating through the atomic medium 

along the z-axis. The polarisation is described using the source as reference, that 

is, right polarisation 𝜎+ refers to a clockwise rotation of the light’s electric field 

vector and 𝜎− corresponds to an anticlockwise rotation. Figure 3.5 depicts a 

typical setup for optical pumping, where the atoms exposed to the laser are 

contained in a glass vapour cell.  

 

Using the appropriate wavelength, the atoms absorb the photons and 

transition to a higher energy level. As we mentioned earlier, a laser wavelength 

of 795 nm induces the D1 transition in 87Rb (ℓ = 0, 𝐽 = 1 2⁄ → ℓ = 1, 𝐽′ =
1 2⁄ ). Following excitation, spontaneous emission of randomly polarised 

photons then leads to atoms returning to the ground state. If hyperfine levels 
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were unresolved, this excitation and return to the ground state (ℓ = 1, 𝐽 =
1 2⁄ → ℓ = 0, 𝐽′ = 1 2⁄ ) would be a closed transition. However, the presence of 

hyperfine and Zeeman sublevels means that atoms do not necessarily return to 

the same ground state sublevel that they started in. This is classed as an “open” 

transition, and it is one of the main reasons why circularly polarised laser is used 

in rubidium magnetometers (Auzinsh et al., 2010). By using a circularly 

polarised laser, the atoms not only undergo the D1 transition but also gain 

angular momentum. When returning to the ground state, they now have 𝑚𝐹 + 1, 

skewing the population to the 𝑚𝐹 = 2 state. This process is illustrated in Figure 

3.6 for atoms being excited from the 𝐹 = 1 and 𝐹 = 2 hyperfine sublevels. 

 

 

Figure 3.6: Optical pumping process diagram for 87Rb. Following excitation, the atoms return 

to the ground state having gained angular momentum as indicated by the red arrows. The 

process is repeated until the atoms can no longer absorb any more photons. 

 

According to the selection rule 3.15, the atoms’ angular momentum may 

only increase by 1. However, for the 𝐿 = 0, 𝐹 = 2 state, there are no remaining 

Zeeman sublevels with higher angular momentum (𝑚𝐹 > 2). The system 

saturates and it now becomes impossible to transfer more angular momentum to 

the atomic ensemble. These atoms now enter what is known as a "dark" state 

(ℓ = 0, 𝐽 = 1 2⁄ , 𝐹 = 2,𝑚𝐹 = 2), where they cease to interact with the laser 

light.  The time-dependent atomic population distribution among the possible 

Zeeman sublevels can be described using rate equations. If we consider the 8 

Zeeman sublevels of 𝐽 = 1 2⁄ , the probability 𝑝𝑘 of finding an atom is the 𝑘th 

sublevel is given by 
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 𝑑𝑝𝑘

𝑑𝑡
= −∑′

8

𝑗=1

(𝑏𝑘𝑗 + 𝑤𝑘𝑗)𝑝𝑘 + ∑′

8

𝑖=1

(𝑏𝑘𝑗 + 𝑤𝑘𝑗)𝑝𝑖, [3.18] 

   

where 𝑏𝑘𝑗 is the probability per unit time that an atom has moved from ground 

state sublevel 𝑖 to 𝑗 via photon absorption and re-emission (∆𝑚𝐹 = +1), and 𝑤𝑘𝑗 

is the probability per unit time that an atom has undergone that same transition 

via relaxation (∆𝑚𝐹 = −1) (Franzen and Emslie, 1957). This yields 8 

simultaneous equations, which can be solved numerically if one has the 

coefficients 𝑏𝑘𝑗 and 𝑤𝑘𝑗 as shown by Franzen and Emslie, 1957. Simulation 

results for similar pumping of sodium atoms results are shown in Figure 3.7, 

which demonstrate how the probability of atoms being in the 𝑚𝐹 = 2 state (𝑝8 

in the graph) grows following optical pumping compared to the other sublevels. 

On the other hand, relative light absorption sharply decreases (labelled as 𝛽 𝛽0⁄  

in the graph). This redistribution of the population leads to a net bulk 

magnetisation 𝑴, given by 

   

 

𝑴 = ∑ 𝑭𝑛

𝑁

𝑛=1

 [3.19] 

   

where 𝑁 is the number of atoms in the ensemble.  

 

 

Figure 3.7: Simulation of occupation probabilities for the 8 ground state Zeeman sublevels of 

a sodium atom. Each line was produced by obtaining a numerical solution to the simultaneous 

equations 3.18. Curves are labelled in order, from the lowest sublevel to the highest possible one 

(starting from 𝑭 = 𝟏,𝒎𝑭 = −𝟏 up to 𝑭 = 𝟐,𝒎𝑭 = 𝟐). The line labelled as 𝜷 𝜷𝟎⁄  is the relative 
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light absorption for each atom per unit time. Note the increase in the excited ground state 

occupation as the light absorption decreases. Figure adapted from Franzen and Emslie, 1957. 

 

3.8 Spin polarisation and magnetic field interaction 

 

The bulk magnetization vector 𝑴 is directly proportional to the atomic 

polarization vector P, which represents the average atomic spin orientation. In 

the presence of a magnetic field 𝑩, the polarisation vector will evolve in time 

according to the Bloch equation 

   

 𝑑𝑷

𝑑𝑡
=

1

𝑄(𝑃)
[𝛾𝑷 × 𝑩 −

1

𝑇
(𝑷 − 𝑷0)], [3.20] 

   

where 𝑄(𝑃) is the nuclear slowing down factor dependent on the polarisation 𝑃 

and 𝑇 combines the optical pumping rate 𝑅 and the transverse spin relaxation 

time 𝑇2, as given by 

   

 
𝑇 = (𝑅 +

1

𝑇2
)−1. [3.21] 

   

 

Following optical pumping, the interaction between the laser beam and 

the atomic medium is proportional to (1 − 𝒔 ∙ 𝑷), where 𝒔 is the photon spin 

(Happer, 1972; Shah and Romalis, 2009). The outcoming light therefore 

contains information about the atomic ensemble, such as the Larmor precession 

frequency. An analytical solution of the Bloch equation can then be used to infer 

this information. In our example from Figure 3.5, the laser light propagates along 

the z axis. Using the steady state solution (
𝑑𝑷

𝑑𝑡
= 0), we obtain an expression for 

each component of 𝑷: 

   

 

𝑃𝑥 =

𝐵𝑦

𝛾𝑇 + 𝐵𝑥𝐵𝑧

(
1
𝛾𝑇)

2

+ 𝐵𝑥
2 + 𝐵𝑦

2 + 𝐵𝑧
2

𝑃0
′  

 

𝑃𝑦 =
−

𝐵𝑥

𝛾𝑇 + 𝐵𝑦𝐵𝑧

(
1
𝛾𝑇)

2

+ 𝐵𝑥
2 + 𝐵𝑦

2 + 𝐵𝑧
2

𝑃0
′ 

 

[3.22] 
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𝑃𝑧 =
(

1
𝛾𝑇)

2

+ 𝐵𝑧
2

(
1
𝛾𝑇)

2

+ 𝐵𝑥
2 + 𝐵𝑦

2 + 𝐵𝑧
2

𝑃0
′ 

 

   

where 𝑃0
′ = 𝑃0𝑅𝑇. These expressions can be further simplified if we assume that 

we are only interested in measuring 𝐵𝑥 and that 𝐵𝑦 and 𝐵𝑧 are zero. This gives 

us: 

   

 𝑃𝑥 = 0 

 

𝑃𝑦 =
−𝛾𝑇𝐵𝑥

1 + (𝛾𝑇𝐵𝑥)2
𝑃0

′ 

 

𝑃𝑧 =
1

1 + (𝛾𝑇𝐵𝑥)2
𝑃0

′ . 

[3.23] 

   

 

We now have a model of how the polarisation vector will evolve as 𝐵𝑥 

changes. When plotted with typical values (1 𝛾𝑇⁄ = 30 𝑛𝑇), we obtain the graph 

shown in Figure 3.8. The 𝑃𝑦 component follows a dispersive Lorentzian shape 

which crosses zero to then reach an asymptote, note the nearly linear behaviour 

at the zero crossing. The 𝑃𝑧 component shows an absorptive Lorentzian peak, 

with a maximum at 𝑃0
′.  
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Figure 3.8: Components of the atomic polarization vector P as a function of the applied 

magnetic field (𝑩𝒙) using typical values for a QuSpin sensor (𝟐 𝜸𝑻⁄ = 𝟑𝟎 𝒏𝑻) and assuming 

𝑩𝒛 and 𝑩𝒚 are zero. The plot shows the longitudinal (𝑷𝒛) and transverse (𝑷𝒚) components of the 

polarization, illustrating the characteristic zero-field resonance behavior. The sharp resonance 

feature near zero field demonstrates the enhanced sensitivity of the atomic system to magnetic 

field changes in this region. 

 

The behaviour of 𝑷 visualised above is known as zero-field resonance. 

This effect arises from the quantum coherence between Zeeman sublevels in the 

atomic ground state. As the magnetic field decreases, the energy separation 

between Zeeman sublevels in the ground state becomes smaller than the natural 

linewidth of the atomic transitions. This condition allows quantum coherences 

to develop between previously distinct sublevels, leading to dramatic changes in 

the optical properties of the atomic vapor. These changes manifest as a sharp 

resonance feature in both the absorption and dispersion of light passing through 

the medium. The width of this resonance at half maximum is 2 𝛾𝑇⁄  for 𝑃𝑧.  

 

3.9 Optical detection 

 

Having established how atomic populations can be manipulated through 

optical pumping and how these polarised atoms interact with external magnetic 

fields, we can now discuss how these phenomena enable magnetic field 

detection. As previously mentioned, the key lies in monitoring changes to the 

probe light as it passes through the atomic vapor. A semiclassical model of the 

system can help illustrate how this works (Fabricant et al., 2023). First, the laser 

can be thought of as a classical electromagnetic field propagating through a 

medium in which the valence electrons act as oscillating dipoles. The medium is 
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then said to have a complex index of refraction 𝑛(𝜔), dependent on the laser’s 

angular frequency 𝜔, as defined by 

   

 𝑛(𝜔) = 𝑛𝑅𝑒(𝜔) + 𝑖𝑛𝐼𝑚(𝜔). [3.24] 

   

This expression relates two distinct phenomena: dispersion and absorption. The 

real component 𝑛𝑅𝑒 describes how the medium alters the light's phase velocity 

(dispersion), while the imaginary component 𝑛𝐼𝑚 characterizes the attenuation 

of the light (absorption) (Milonni and Eberly, 2010). Both quantities are 

dependent on the spin polarisation of the atomic ensemble.  

 

 

Figure 3.9: Diagram of optical detection of Larmor precession: The diagram illustrates two 

methods for optical magnetometry. The optical properties of the spin polarised vapour depend 

on the magnetic field magnitude. This can be probed either by looking at the absorption of a 

circularly polarised laser, or by measuring the Faraday rotation of a linearly polarised laser. 

 

The relationship in equation 3.24 demonstrates that the same information 

can be obtained by measuring either the polarisation of the laser or its absorption. 

The concept is illustrated in Figure 3.9, which shows how one can measure 

dispersion using linearly polarised light or absorption, by monitoring the 

pumping laser with a photodiode. Direct laser absorption measurements have 

proven more practical in some cases, as implemented in QuSpin sensors, which 

use a single laser beam for pumping and probing. This also greatly reduces the 

cost of the sensor and makes it easier to miniaturise (Shah et al., 2007; Shah and 

Romalis, 2009). 
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3.10 Spin exchange relaxation-free regime 

 

In the example discussed so far, we have ignored the presence of any 

major relaxation processes. Nevertheless, it is important to consider any factors 

that may destroy spin coherence, either due to sharp changes in the background 

magnetic field or internal processes within the atomic ensemble. From Figure 

3.8, we can see that a magnetic field increase can destroy spin coherence. QuSpin 

sensors overcome this issue by countering the background field with a set of 

coils surrounding the glass cell (Shah and Hughes, 2015). This type of 

magnetometer is called a zero-field magnetometer, which keeps the atomic 

ensemble in a low field regime to maintain polarisation and obtain a near linear 

response to changes in 𝑩. For QuSpin sensors this range is normally kept around 

±1.5 nT. In contrast, total field magnetometers do the opposite, measuring the 

Larmor precession frequency to estimate the total field magnitude. 

 

Presuming the system to be in a low magnetic field regime, the main 

culprits behind spin-relaxation in atomic magnetometers are spin-exchange 

collisions and spin-destruction collisions (Budker and Kimball, 2013). These 

processes influence the fundamental sensitivity limit of an OPM, defined as 𝛿𝑩. 

Known as spin projection noise, this limit can be estimated with the general 

expression 

   

 
𝛿𝑩 =

1

𝛾√𝑛𝑇2𝑉𝑡
, [3.25] 

   

where 𝛾 is the gyromagnetic ratio of the atoms, 𝑛 is the atomic density, 𝑇2 is 

again the spin relaxation time transverse to 𝑩, 𝑉 is the glass cell volume, and 𝑡 

is the measurement time (Allred et al., 2002). This expression presents a number 

of ways in which we may increase sensitivity. Increasing cell volume would 

help, but this would have its drawbacks like having a lower spatial resolution 

and having to account for larger numbers of atoms outside of the laser beam. 

Similarly, increasing measurement time could also help but would reduce our 

ability to measure fast changing magnetic fields. As we will discuss later, 

QuSpin sensors address this issue by operating at higher densities (higher 𝑛) 

(Shah and Wakai, 2013). 

 

As we discussed at the start, we are assuming that our atomic ensemble is 

in a low magnetic field environment (±5 nT). Under these conditions (high 

density, low field), spin-exchange collisions start to dominate as the main 

mechanism for relaxation. This is due to spin-exchange collisions having much 

larger cross section (~2 × 10−11 cm2) when compared to spin-destruction 

collisions (~9 × 10−18 cm2) (Allred et al., 2002; Shah et al., 2007). This 

phenomenon is consistent across multiple alkali atoms, including 87Rb, 39K and 
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133Cs. Additionally, it is common for atomic magnetometers to use a buffer gas, 

typically a noble gas, which further diminishes the effect of spin-destruction 

collisions with the walls of the glass cell (Savukov and Romalis, 2005b; Wang 

et al., 2022). QuSpin sensors use nitrogen as a buffer gas, with a pressure of 

around 100 torr (Osborne et al., 2018; Shah et al., 2020). 

 

 

Figure 3.10: Spin-exchange collision diagram: A) Depicts spin-exchange collisions between 

atoms, where the spins of the colliding atoms are exchanged.  B) Vector diagram showing the 

angular momentum of two atoms (𝑭𝒂 and 𝑭𝒃) initially aligned in space, resulting in 𝑭𝒂+𝒃. 

Following a spin-exchange collision, the Larmor precession around a magnetic field 𝑩 rotates 

the two vectors in opposing directions. 𝑭𝒂 becomes 𝑭𝒂
′  and 𝑭𝒃 becomes 𝑭𝒃

′ . The resulting total 

angular momentum 𝑭𝒂+𝒃
′ = 𝑭𝒂

′ + 𝑭𝒃
′  is rotated.. 

 

Spin-exchange collisions occur when atoms in the vapour interact during 

random collisions (see Figure 3.10A). Their electron spins can be exchanged 

without changing the total angular momentum, causing a randomization of the 

atomic angular momentum orientations. As illustrated in Figure 3.10B this 

process reduces the spin polarisation of the atomic ensemble, effectively 

redistributing populations between the two sets of ground-state hyperfine 

sublevels 𝐹 = 𝐼 ± 1 2⁄  and limiting sensor sensitivity. In this regime, where 

spin-exchange collisions dominate relaxation, the transverse relaxation time 𝑇2 

can be approximated to be: 

   

 𝑇2
−1~ 𝑇𝑆𝐸

−1 = 𝑛𝜈̅𝜎𝑆𝐸 , [3.26] 

   

where 𝑇𝑆𝐸 is the spin-exchange relaxation time, 𝜈̅ is the relative velocity of the 

atoms and 𝜎𝑆𝐸  is the spin exchange cross section. It then follows that equation 

3.25 can be rewritten as 

   

 

𝛿𝑩𝑆𝑁𝐼 ≈
1

𝛾
√

𝜈̅𝜎𝑆𝐸

𝑉𝑡
, [3.27] 
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giving us an expression for the fundamental sensitivity of an alkali vapour OPM 

(Allred et al., 2002). It is important to note that in theory, the sensitivity of OPMs 

is also affected by quantum fluctuations in the circularly polarise laser (photon 

shot noise) and the AC Stark effect. These quantum effects are normally 

considered negligible compared to spin relaxation processes in the literature, 

especially in practical applications like the one discussed here. A full theoretical 

treatment by Auzinsh et al., 2004, describes these phenomena, showing that 

techniques such as spin squeezing can overcome the sensitivity limit. 

 

Although we consider the system to be in a low magnetic field 

environment, Larmor precession of the atomic magnetic moments is always 

present. If we consider the two possible hyperfine ground states that the atoms 

can end up in (either due to pumping or spin-exchange relaxation), the Larmor 

precession occurs in opposing directions: 

   

 
𝜔𝐹=𝐼±1 2⁄ = ±

𝑔𝑠𝜇𝑩𝑩

(2𝑰 + 1)ℏ
, [3.28] 

   

where 𝑔𝑠 is the Landé factor for the valence electron. This result shows how 

spin-exchange collisions can cause decoherence by changing 𝐹. 

 

However, something surprising happens if one tries to obtain an analytical 

solution describing the time evolution of the atom’s magnetic moment 𝝁 in terms 

of the electron and nuclear angular momentum (𝑑〈𝑺〉) 𝑑𝑡⁄  and 𝑑〈𝑰〉) 𝑑𝑡⁄ ). As 

shown by Happer and Tang, 1973, for spin exchange rates well below the Larmor 

frequency (𝑇𝑆𝐸
−1 ≪ 𝜔0), atomic moments may preces in opposing directions as 

per equation 3.28. On the other hand, if the spin-exchange rate exchange is 

greatly increased 𝑇𝑆𝐸
−1 ≫ 𝜔0, then the negative frequency resonance (𝜔𝐹=𝐼−1 2⁄ ) 

spreads over a much larger frequency range, effectively leaving only the positive 

frequency as a measurable signal. This is known as the spin-exchange free 

(SERF) regime, and it used in a range of sensors to obtain higher sensitivities 

(Savukov and Romalis, 2005a; Shah et al., 2007).  
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Figure 3.11: Spin-exchange free regime: rapid switching between states due to increased 

exchange rate leading to a net Larmor precession. 

 

In the case of QuSpin sensors, reaching the SERF regime involves heating 

of the glass cell to over 150 ⁰C to obtain the desired vapour density. This is done 

by driving a high frequency voltage through a set of resistive coils which 

surround the glass cell. Although some research suggests that the fields 

generated by the heating coils contribute to decoherence of the spins, this is 

considered to be negligible (Colombo et al., 2016).  The voltage frequency used 

is ~400 kHz, so that it does not interfere with the polarisation process.  As 

depicted in Figure 3.11, the atoms in the SERF regime are switching back and 

forth between the 𝐹 = 1 and 𝐹 = 2 levels at a higher rate, while still processing 

due to the presence of a magnetic field. Since there are more Zeeman sublevels 

in 𝐹 = 2 than in 𝐹 = 1, the system exhibits a net positive precession due to the 

imbalance of atom populations between both hyperfine states. This precession 

occurs at a reduced Larmor precession frequency in this case defined by: 

   

 
𝜔0 =

𝛾𝑒𝐵

𝑄(𝑃)
, [3.29] 

   

where 𝛾𝑒 is the gyromagnetic ratio of the electron (Walker and Happer, 1997). 

 

In conclusion, by operating in this regime, SERF-OPMs can reach very 

high sensitivities, up to 5 fT/√Hz (Shah and Romalis, 2009; Tierney et al., 2019; 

Zhao et al., 2023). While a SERF-OPM presents significant advantages, it is 

important to remember that the equations described here neglect other aspects of 

the OPM. Sensitivity is still limited by additional factors including photon shot 

noise, relaxation due to spin-destruction collision with the walls of the cells, laser 

amplitude and frequency noise, and various sources of electronic noise. 

 

3.11 Signal equations 
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Having now discussed all the physical principles that make OPM 

operation possible, we can now bring together all of these concepts to discuss 

practical operation of the QuSpin OPM. In Section 3.8, we showed the steady 

state solution to the Bloch equation describing the behaviour of the polarisation 

vector that defines the optical properties of the vapour. Performing 

magnetometry with the setup discussed so far would be possible. However, there 

are some practical issues to be addressed. First, we have talked about our 

measurement axis 𝐵𝑥 being orthogonal to the direction of the laser beam (𝒛̂ axis). 

This constraint allows 𝐵𝑥 to be measured along any direction as long as it is 

perpendicular to the laser. Therefore, the sensor does not have a defined 

measurement axis, as changes in both 𝐵𝑥 and 𝐵𝑦 would induce a measurable 

response. Additionally, Osborne et al., 2018, demonstrated that such a 

magnetometer would be highly susceptible to 1 𝑓⁄  noise. Lastly, it is also 

important to note that the polarisation along the laser axis is symmetrical around 

0 nT, meaning that positive or negative changes in 𝐵𝑥 would yield the same 

measurement. These issues can all be tackled with relatively simple solution: 

introducing a modulation field 𝐵𝑚 along the axis of interest (𝒙̂) using a set of 

Helmholtz coils surrounding the cell (Kastler, 1973). With the addition of this 

oscillating field, the Bloch equation describing the system now becomes: 

   

 𝑑𝑷

𝑑𝑡
=

1

𝑄(𝑃)
[𝛾𝑷 × [𝑩 + 𝑏𝑥 sin𝜔𝑡 𝒙̂] −

1

𝑇
(𝑷 − 𝑃0𝒛̂)], [3.30] 

   

where 𝜔 is the modulation field frequency (Cohen-Tannoudji et al., 1970). 

Solving for this case becomes more complex, as the steady state solution no 

longer holds. Fortunately a solution exists, as shown by Cohen-Tannoudji et al., 

1970, for the case where 𝐵𝑦 = 𝐵𝑧 = 0. The polarisation along the 𝒛̂ direction is 

then given by: 

   

 
𝑃𝑧 =

𝛾𝑇𝐵𝑥

1 + (𝛾𝑇𝐵𝑥)2
𝐽0 (

𝛾𝑏𝑥

𝑄(𝑃)𝜔
) 𝐽1 (

𝛾𝑏𝑥

𝑄(𝑃)𝜔
)𝑃0

′ sin𝜔𝑡, [3.31] 

   

where 𝑏𝑥 is the modulation field amplitude and 𝐽𝑛 are Bessel functions of the 

first kind. At this point, using a photodiode or polarimeter to measure the 

outcoming laser would yield an oscillating signal with a frequency close to 𝜔. 

Any deviation in the phase of the output signal would suggest the presence of an 

additional field other than 𝐵𝑥. One could use this phase difference to infer the 

change in field along 𝒙̂. This is where the method of phase sensitive detection 

becomes incredibly valuable.  

 



Chapter 3 | Optically pumped magnetometers 

3.11 Signal equations 

73 
 

 

Figure 3.12: Setup used to generate an error signal in the 𝒙 direction. The coil driver (CD) 

drives the onboard coils by generating a sine wave of frequency 𝒇𝒙 and phase 𝜱𝒙. This generates 

a bias field along 𝒙, which modulates the photodiode output. The error signal 𝑬𝒙 is obtained by 

demodulating the photodiode output with a lock-in amplifier using the CD signal as reference. 

Figure adapted from Shah et al., 2020. 

 

First demonstrated by Slocum and Reilly, 1963, phase sensitive detection 

has been widely adopted to perform optical magnetometry (Dong et al., 2012; 

Huang et al., 2016, 2015; Osborne et al., 2018; Schwindt et al., 2007). The setup 

used to implement this in a QuSpin OPM is illustrated in Figure 3.12. A 

photodiode produces a voltage signal, which is amplified by a lock-in amplifier 

(Scofield, 1994). The coil drivers (CD) are connected to both the coils and the 

lock-in amplifier. The measured photodiode voltage can be demodulated using 

synchronous phase detection with the lock-in amplifier, with the CD signal as 

reference. The resulting demodulated output is known in the literature as the 

error signal (𝐸𝑥), as it essentially tells us the difference between CD signal and 

the measured photodiode signal. This is the true output of the QuSpin OPM 

(Shah et al., 2020). A small change ∆𝐵𝑥 will slightly change the Larmor 

precession frequency, this will be reflected as a voltage change in the error 

signal.  

 

We can now use equation 3.31 to find the relationship between the error 

signal and the field (𝐵𝑥) transverse to the coils. To avoid confusion, we will 

simply refer to the error signal as the sensor output 𝑉𝑥. For the sake of simplicity, 

the Bessel function in 3.31 can be evaluated to a single proportionality constant 

(𝐴0). This constant 𝐴0 also incorporates the 𝑃0
′ term (Tierney et al., 2019). 

Lastly, demodulation removes the sine term. As a result, the final form of the 

equation becomes easier to interpret, with both the Bessel functions and sine 

terms removed, the output voltage 𝑉𝑥 is given by: 
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𝑉𝑥 =

𝛾𝑇𝐵𝑥

1 + (𝛾𝑇𝐵𝑥)2
𝐴0. [3.32] 

   

 

 

Figure 3.13: Demodulated voltage response over a 40 nT range. A linear fit around the zero-

crossing region is shown on the right hand side. This exhibits a less than 1% change from the fit 

around zero field resonance, for magnetic field values smaller than 2 nT. Figure adapted from 

Tierney et al., 2019.  

 

The introduction of a modulation field therefore provides a solution to the 

previously discussed issues. Plotted in Figure 3.13, the voltage measured at the 

modulation frequency follows a dispersion curve, allowing for distinction 

between negative and positive magnetic field changes. Additionally, rather than 

being susceptible to low-frequency dynamics, modulation reveals a clean linear 

voltage response regime around the zero crossing. In this operational window, 

defined by the condition 𝛾𝐵𝑥𝑇 ≪ 1, the sensor's output voltage can be 

approximated using Taylor expansion, giving us 

   

 𝑉𝑥 = 𝛾𝑇𝐵𝑥𝐴0, [3.33] 

   

which directly tracks the magnetic field strength with a simple proportionality 

constant 𝐴0𝛾𝑇, known as the sensor gain. The resulting linear correspondence 

between field and voltage is very valuable for practical applications, with 

QuSpin devices maintaining this linear behaviour over a ±5 nT range. As shown 

by Tierney et al., 2019, we find that a linear fit within the 1 nT range does not 

deviate more than 1% from the voltage response. Regardless, sharp increases in 

the magnetic field (±1.5 nT) result in a non-linear response from the sensor, at 

which point equation 3.33 no longer applies (Boto et al., 2018). This highlights 

the need for precise magnetic field control to keep a constant sensor gain (Rea 

et al., 2021a). Lastly, we now have a clearly defined axis of measurement, 

determined by the orientation of the sensor onboard coils. 
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Finding an appropriate modulation frequency for each axis has been a 

subject of discussion in the literature (Huang et al., 2015; Shah et al., 2020). 

Additionally, inhomogeneities in the field produced by onboard coils can lead to 

crosstalk, where the modulation field of one axis inadvertently affects other 

sensitive axes. To mitigate this issue, researchers typically optimize modulation 

frequencies and signal phases to minimize inter-axis interference (Nardelli et al., 

2019). For instance, in QuSpin sensors, all coils are uniformly driven at 923 Hz 

with a 90⁰ phase shift; additional parameters such laser power, cell temperature 

or modulation depth are tuned during the calibration process. 

 

3.12 Sensor bandwidth 

 

Having described the sensor output and sensitivity in detail, it is also 

important to consider its frequency response. As stated in Chapter 2, MEG 

signals can range in frequency from approximately 0.1 Hz to 300 Hz, with the 

most relevant signals typically concentrated between 1 Hz and 100 Hz. As shown 

by Allred et al., 2002, the frequency response 𝑠(𝑓) of an OPM is equivalent to 

that of a first-order low pass filter. The response magnitude over a range of 

frequencies 𝑓 is then described as the square root of a Lorentzian function: 

   

 𝑠(𝑓) =
𝑠0

√1 + (2𝜋𝑓𝑇)2
, [3.34] 

   

where 𝑇 is again the spin coherence time (or spin relaxation time) (Shah and 

Wakai, 2013). The fundamental limit on sensor bandwidth is therefore set by 𝑇 

- longer relaxation times allow for higher bandwidth. The spin relaxation time 

essentially dictates how long we should wait before taking a new independent 

measurement. From equation 3.33 we can see that increasing 𝑇 would make for 

a steeper voltage response, increasing sensitivity. This creates a trade-off 

between sensitivity and bandwidth. Since sensitivity is also directly proportional 

to the atoms’ relative velocity (equation 3.27) this can be alleviated by increasing 

the vapour temperature. It is common practice to characterise sensors by their 3 

dB bandwidth, which corresponds to the bandwidth where the output signal does 

not deviate more than 3 dB from its maximum power. The QuSpin sensor has a 

3 dB bandwidth of around 150 Hz with spin coherence times of around 1 to 2 

ms, well within our frequency range of interest (Shah and Wakai, 2013). 

 

3.13 Cross-Axis projection errors 

 

As shown in Figure 3.13, the linear behaviour of the voltage equation 

around zero is ideal to measure small changes in the magnetic field as long as 

the sensing volume is kept within the sensor’s dynamic range. It is important to 

consider, however, that the assumption that the transverse components of the 
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magnetic field are zero is not practical. Even with the use of passive and active 

magnetic shielding remnant field will always be present, which means that 𝐵𝑦 =

𝐵𝑧 = 0 is unlikely to be true. Deriving a new solution to equation 3.30 yields: 

   

 
𝑉𝑥 ∝ −𝐽0 (

𝛾𝑏𝑥

𝑄(𝑃)𝜔
) 𝐽1 (

𝛾𝑏𝑥

𝑄(𝑃)𝜔
) 

×

1
𝑇 𝛾𝐵𝑥 + 𝛾2𝐽0

2 (
𝛾𝑏𝑥

𝑄(𝑃)𝜔
)𝐵𝑦𝐵𝑧

1
𝑇2 + 𝛾2𝐵𝑥

2 + 𝐽0
2 (

𝛾𝑏𝑥

𝑄(𝑃)𝜔
)𝛾2𝐵𝑦

2 + 𝐽0
2 (

𝛾𝑏𝑥

𝑄(𝑃)𝜔
)𝛾2𝐵𝑧

2
. 

[3.35] 

   

This new expression shows that the sensor output for measuring the magnetic 

field along the x-axis is dependent on the transverse magnetic field components 

𝐵𝑦 and 𝐵𝑧. Simulation results for increasing magnitudes of 𝐵𝑦 and 𝐵𝑧 are shown 

on Figure 3.14. Non-zero values for these transverse components change the 

slope of the linear region of 𝑉𝑥, effectively introducing error into our 

measurements by changing the sensors output gain.  

 

 

Figure 3.14: Bloch equations solution under different magnetic field conditions: A) Solution 

incorporating a non-zero transverse magnetic field (𝑩𝒚 ≠ 𝟎), contrasted with B) The solution 

when both transverse and longitudinal magnetic fields are present (𝑩𝒚 = 𝑩𝒛 ≠ 𝟎), revealing the 

limitations of the initial simplified case where 𝑩𝒚 = 𝑩𝒛 = 𝟎. Figure adapted from Schofield et 

al., 2022. 

 

Known as cross-axis projection error (CAPE), this phenomenon has 

garnered significant attention in the literature due to its impact on OPM 

performance (Borna et al., 2022; Robinson et al., 2022). Fortunately, there are 

effective methods to address this problem. The implementation of negative 

feedback loops offers one solution, this involves using onboard coils to offset 

fields that could alter the voltage response. Additionally, creating an 
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environment with extremely low magnetic fields through passive and active 

magnetic shielding can essentially eliminate CAPEs altogether (Boto et al., 

2018). Nonetheless, the influence of CAPEs indicates the critical importance of 

three-axis sensors in OPM systems (Brookes et al., 2021; Rea et al., 2022). 

Without three-axis sensing, CAPEs could go undetected and uncorrected, 

potentially leading to significant measurement biases due to changes in the 

sensor gain. In addition to that, three axis sensors can also provide the spatial 

information required for very powerful noise removal techniques (Holmes et al., 

2023a). 

 

3.14 Alternative approaches 

 

Over the years new methods have been developed to perform optical 

magnetometry, this has led to a great range of different types of OPMs. They 

may differ in atomic species, pumping schemes, light polarisation and many 

more. While SERF-OPMs using circularly polarized light with rubidium vapor 

make for highly sensitive sensors several alternative methods offer unique 

advantages. Modulation-based techniques like 𝑀𝑥 and 𝑀𝑧 magnetometers use 

linearly polarized probe light combined with RF field or amplitude modulation, 

enabling operation in Earth-field environments with reduced heading errors, 

though typically achieving lower sensitivities than SERF systems (Budker and 

Kimball, 2013). These approaches often prove more practical for field 

applications despite their reduced sensitivity, offering robust operation and 

simpler implementation in array configurations. Light modulation of linearly 

polarised light can also be used to pump the atoms, as demonstrated by Bell and 

Bloom, 1961. Other implementations use elliptically polarized light, combining 

pumping and probing capabilities in simplified optical setups, though 

maintaining stable polarization states presents its own challenges (Shah and 

Romalis, 2009). 

 

Alternative atomic species and polarization schemes provide different 

trade-offs. Helium-4 magnetometers, operating with metastable atoms, offer 

lower operational temperatures and longer coherence times due to their simpler 

electronic structure, though they require more complex pumping schemes (Beato 

et al., 2018; Slocum and Reilly, 1963). This type of OPM has become 

increasingly popular and has been adapted for use in MEG by Mag4Health, a 

French based company producing Helium-4 based OPM systems. Caesium 

based systems, with their larger magnetic moment, operate in different 

temperature ranges and can provide better spectral resolution  (Budker and 

Kimball, 2013). They are very common in geophysical or defence applications, 

normally implemented in portable systems. The choice between all of these 

options ultimately depends on specific application requirements, balancing 

sensitivity needs against operational constraints like magnetic shielding, 

temperature control, and system complexity. In the context of MEG, 

miniaturisation and the ability to operate at room temperature are key, making 

the rubidium based QuSpin OPMs the ideal tool for studying brain function. 
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3.15 Commercially available sensors 

 

Although the work carried out in this thesis has exclusively utilised 

QuSpin OPMs, there are still a few emerging companies producing similar 

products with potential for MEG applications. These include: 

 

• Fieldline Inc. offers the HEDscan system, which has been used for 

MEG with arrays of up to 128 single axis rubidium OPMs (Alem 

et al., 2023). Fieldline sensors have a noise floor of around 15 

fT/√Hz with a 3 dB bandwidth of up to 200 Hz in a single axis 

configuration.  

 

• Mag4health produces an OPM-MEG system based on Helium-4 

OPMs, which offer a higher bandwidth in exchange for lower 

sensitivity (noise floor at 25 ft). Their system can house up to 96 

tri-axial sensors in a flexible helmet configuration which can adapt 

to different head sizes.  

 

3.16 The QuSpin triaxial OPM 

 

The experimental work carried out in this thesis utilised an array of 

QuSpin Zero-Field Magnetometers (QZFM) Gen-3 triaxial sensors. While 

QuSpin’s most popular product remains the QuSpin Total-Field Magnetometer 

(QTFM), used in geophysical applications, their zero-field magnetometers, 

designed to operate in low field environments, have proven to be key to the 

development of OPM-MEG. Shown in details in Figure 3.15A, C and D, their 

triaxial variant has a noise floor of 15 fT/√Hz with a bandwidth of 3-100 Hz. 

Three axis measurements are achieved with the use of a second laser beam (along 

𝒙̂), perpendicular to the first beam (Figure 3.15B).  The initial beam (sensitive 

in the 𝒙 and 𝒚̂ directions) is split using a beam splitter. The two resulting beams 

are then redirected into the glass cell using mirrors, ensuring they are orthogonal. 

It then follows that the resulting orthogonal beam (along 𝒙̂) can measure changes 

in 𝒛̂ and 𝒚̂. This means the sensor samples the same atomic ensemble twice, 

which slightly lowers sensitivity in the other axes. Overlap between the beams 

can destroy spin coherence, reducing sensitivity. QuSpin effectively eliminated 

the overlap volume by separating the beams with a gap of ∼0.65 ± 0.25 mm. The 

use of buffer gas also helps alleviate this issue, since it limits the atoms from 

diffusing from one beam to the other while they maintain polarisation (~ 1 ms) 

(Shah et al., 2020).  The resulting sensitivity is 13.5 ± 0.8 fT/√Hz in 𝒙̂, 9.9 ± 1.4 

fT/√Hz in 𝒚̂ and 14.9 ± 2.0 fT/√Hz in 𝒛̂ which is still very similar to its dual-axis 

counterpart with a sensitivity of 11.3 ±1.5 fT/√Hz in 𝒚̂ and 13.8 ± 1.1 fT/√Hz in 

𝒛̂ (Boto et al., 2022). 
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Figure 3.15: The QuSpin Gen-3 QZFM triaxial sensor. Left: A) 3D model showing the X, Y, 

and Z sensitive measurement axes; C) close-up photograph of the sensor head. Right: B) 

Schematic diagram showing the laser beam configuration for three-axis measurements; D) 

Physical dimensions of the sensor head and ribbon cable connector in millimetres. 

 

Three axis sensors present major advantages over single or dual axis 

designs. As previously discussed, CAPEs can be addressed if one has 

information about all three axes of the magnetic field, reducing such systematic 

errors. Additionally, tri-axial sensors provide better coverage over the cortex as 

demonstrated by Boto et al., 2022. Simulations results are shown on Figure 3.16, 

highlighting the dramatic increase in coverage. This could also reduce the overall 

cost of MEG systems, as smaller numbers of sensors can have the same coverage 

as a bigger array of single or dual axis sensors. 

 

 

Figure 3.16: Brain coverage simulations. Adult template brain renderings showing coverage 

as the norm of the lead fields for sources aligned in the 𝜽 and 𝝓 spherical directions. The left-

hand panel shows results for single-axis radial sensors and the right-hand panel shows results 

for to triaxial sensors. Figure adapted from Boto et al., 2022. 
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Figure 3.17A shows the triaxial QZFM package, which includes control 

electronics, a power supply, cables, and software to interface with the sensor. 

The control electronics manage both the modulation field and the laser systems, 

while providing precise temperature regulation for optimal sensor performance. 

A dedicated digital signal processing board processes the output signals from all 

three axes, able to implement real-time filtering and signal conditioning. The 

accompanying software suite enables users to interface with the sensor via USB 

serial commands. This is used to configure measurement parameters, visualize 

magnetic field data in real time, and export results for further analysis.  

 

 

Figure 3.17: QZFM electronics package. Panel A) includes : 1) QZFM sensor head, 2) 

electronic box, 3) 6.5mm aux cable, 4) 6.5mm BCN splitter cable, 5) micro-USB to USB cable, 

6) Shorting cap to protect the sensor head electronics, 7) 19V power supply. Panel B) shows the 

sensor control electronics box. Includes: 1) Power switch, 2) LED sensor status indicators, 3) 

sensor head connection port, 4) modulation signal outlet, 5) modulation signal inlet, 6) master 

modulation outlet, 7) Analog signal outlet, 8) micro-USB port, 9) DUNNO, 10) 19V power 

adapter inlet. 

 

3.17 Field-zero and calibration 

 

In order to start taking measurements, a set of steps are performed to turn 

on, calibrate and field zero the sensors, as required by the manufacturer. These 

steps are initiated through serial commands sent by QuSpin’s software running 

on a Windows machine. The device diagram in QuSpin’s patent shown on Figure 
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3.18. The schematics show the glass cell, surrounded by the onboard coils, along 

with optical path of the laser going through a set of lenses before reaching the 

photodiode. The photodiode output is amplified and filtered using low noise 

signal processing electronics. The startup procedure begins by sending a voltage 

to a set of resistive coils surrounding the glass cell. This rapidly heats up the cell, 

increasing atomic density until the vapour reaches 150 ⁰C, at which point the 

SERF regime can occur. Secondly, the laser is switched on and tuned to the D1 

transition of 87Rb. At his point, the sensor is turned on and ready to be calibrated. 

 

 

Figure 3.18: QuSpin QZFM diagram: Onboard coils surround the glass cell. A set of lenses 

polarises the and coliumates the laser beam. A photoiode measures the laser intensity and the 

signal is sent to the lock-in amplifier on the electronics control box. 

 

The next step aims to find the parameters required to produce zero field 

resonance. This can be quite a complex task, as it normally requires knowledge 

of the background field. This is normally done with an additional non atomic 

magnetometer such as a fluxgate (Seltzer, 2008; Seltzer and Romalis, 2004). 

QuSpin implemented a much simpler approach (Shah and Hughes, 2015), which 

we describe here. If we consider a single axis, for example, axis 𝒙̂ in Figure 3.15, 

then a range of values of 𝐵𝑥 can be produced using the onboard coils transverse 

to this axis. The error signal from the lock-in amplifier is monitored over a range 

of input parameters. These parameters may not only include the voltage to the 

coils, but also laser tuning values and photodiode amplifying or filtering 

parameters. The firmware on the control electronics repeats this procedure 

iteratively for every axis, effectively minimising the width and maximising the 

height of Lorentzian voltage response from Figure 3.13. The algorithms used for 

this procedure are normally a type of control loop, such as a proportional-

integral-derivative (PID) loop. Once a “field zero” voltage has been found for 

all three sets of coils, the control electronics will fix the modulation fields to be 

proportional to this value, effectively countering the background field to induce 
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zero field resonance. This configuration is known as “open loop”, where the 

nulling voltages are fixed throughout the measurement process. “Closed loop” 

configurations continuously update the field zero voltages to counter for field 

changes that would destroy the linear voltage response. In this case, voltage 

changes are effectively the magnetometer output. The experimental work carried 

out in this thesis used an “open loop” configuration, along with active magnetic 

shielding to ensure appropriate sensor operation. 

 

The last step is the sensor calibration. Briefly put, it aims to obtain a linear 

response from small changes in 𝑩 while minimising crosstalk between the 

sensitive axes of the sensor. As we will discuss in Chapter 8, this procedure is 

crucial, as it ensures a fixed sensor output gain and orthogonality between the 

measurement axes. First, the lock-in amplifier isolates the output signal to the 

CD modulation frequency. Then, crosstalk between each axis is minimised by 

tuning the modulation signal parameters iteratively for each axis while 

monitoring response of the other measurement axes. Once this step is completed, 

the parameters (such as phase and amplitude) for each modulation field are fixed, 

and the sensor is ready to acquire data. The output gain can be changed from 

QuSpin’s interface. Values available are 2.7 V nT-1, 3 V nT-1 or 0.33 V nT-1 

depending on the desired dynamic range for the experiment, exceeding the 1.5 

nT range will still results in a nonlinear response if used in open loop mode. 

 

3.18 OPM array for MEG 

 

MEG requires an array of sensors surrounding the participant’s head to 

simultaneously record the magnetic fields produced by the brain. The closer 

these sensors are to the brain, the larger the measured signal and the better the 

data quality, thus an array that can conform to the head shape is favourable. 

Fortunately, miniaturised, commercial OPMs, such as QuSpin’s QZFM, offer a 

great deal of flexibility for assembling a multi-channel array that meets these 

requirements. Their compact form factor and lightweight cabling provide 

researchers with significant freedom in sensor placement and array 

configuration. 

  

Early work on OPM-MEG employed bespoke head casts, created using 

each participant's anatomical MRI scan and manufactured via 3D printing 

techniques (Boto et al., 2017; Holmes et al., 2018a; Tierney et al., 2018). The 

casts enabled optimal sensor proximity to the scalp and provided precise 

information about sensor positions and orientations relative to the participant's 

head, effectively resolving the co-registration problem. Despite these 

advantages, this approach is not easily scalable for larger participant cohorts, for 

which making bespoke casts would quickly become costly and time consuming. 

Therefore, subsequent iterations have pivoted towards generic rigid helmets 

designed for specific age groups (Boto et al., 2022; Hill et al., 2020).  



Chapter 3 | Optically pumped magnetometers 

3.18 OPM array for MEG 

83 
 

 

This approach has proven to be versatile, with each helmet designed to fit 

a specific age group based on a set of anatomical MRIs. A template MRI volume 

is generated from each age group, and the scalp surface is then expanded to 

obtain the inner surface of the helmet. Figure 3.19 shows a typical setup, with an 

array of QuSpin triaxial OPMs arranged in a rigid, adult-sized helmet which can 

hold up to 64 sensors. The sensor slots secure the OPMs near the scalp and are 

arranged to provide even coverage across the brain. The bulk of the helmet is 

filled with an inner lattice that significantly reduces the helmet's overall weight 

making it more comfortable for participants to wear (~650 g when empty, ~900 

g with sensors). These helmets, manufactured by Cerca (Nottingham, U.K.), 

have been successfully produced in multiple sizes to accommodate both adults 

and children as young as 1 year old. The design has been employed for several 

research studies, demonstrating its versatility (Boto et al., 2022; Rier et al., 2024; 

Seedat et al., 2023). 

 

 

Figure 3.19: OPM-MEG helmet by Cerca Magnetics, Ltd. 

 

The entire experimental setup is illustrated in Figure 1A. Each sensor head 

in the array is connected to its dedicated electronics box, located outside the 

MSR, via a 6.5-meter flexible ribbon cable. The electronics boxes are 

strategically arranged in a server rack to ensure easy access and prevent 

overheating through careful spacing. 

 

As previously discussed, each sensor requires two distinct signals: one for 

heating and another for producing the modulation field. While each sensor's 

electronics box can generate its own modulation signal, this approach can 

introduce complications. Specifically, small variations in the phase or frequency 

of individual sensors may create beat frequencies in the sensor output. Two 

potential solutions exist to address this issue. The first approach involves 
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deliberately spacing the heating frequencies to ensure that any resulting beat 

frequencies fall outside the range of interest. However, this method becomes 

increasingly complex with a growing number of sensors, as identifying heating 

frequencies that don't induce noise in the 0-100 Hz range becomes challenging. 

A more practical alternative is to implement a common clock reference. This can 

be accomplished using an external signal generator or one of the existing 

electronics boxes. As shown in Figure 2B, this method involves creating a daisy-

chain connection between the boxes, utilizing buffer amplifiers to prevent signal 

degradation. A reference sensor electronics box is selected to share its 

modulation frequency with all other sensors through this daisy-chain 

configuration. 

 

 

Figure 3.20: A) Diagram of an OPM-MEG system. Sensor electronics are setup outside the MSR 

and connected to the sensor array in the helmet. B) Daisy chain setup to share a reference 

modulation signal between two sensor electronics boxes. 
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Chapter 4 Signal processing in MEG 

 

Signal processing plays a crucial role in extracting meaningful 

information from the complex neurophysiological data acquired in MEG studies. 

These techniques are essential for enhancing signal quality, reducing noise, and 

isolating neural activity of interest from the raw MEG recordings. The following 

sections cover key signal processing methods employed in MEG research, 

particularly those relevant to the experimental work presented in this thesis. 

These include preprocessing steps, up to source localisation techniques. 

 

4.1 Filtering and artifact removal 

 

As previously discussed, MEG signals are susceptible to various artifacts, 

such as eye blinks, muscle activity, and environmental noise. Artifact removal 

techniques aim to identify and eliminate these unwanted signals from the MEG 

data, improving the signal-to-noise ratio and facilitating subsequent analysis. 

Artifact removal techniques, such as Independent Component Analysis (ICA) or 

Signal Space Separation (SSS), are typically employed to eliminate 

contamination from eye movements, heartbeats, and external magnetic sources. 

Such techniques can make a big difference during the data analysis steps as 

demonstrated in Figure 2.16, which shows artifact rejection results from SQUID-

MEG data.  

 

 

Figure 4.1: Noise-reduced raw MEG signals from channels containing eye blink and heartbeat 

artifacts before (left) and after (right) artifact removal.  Figure adapted from Rong and 

Contreras-Vidal, 2006. 
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Frequency filtering is also commonly used to isolate specific bands of 

interest (e.g., alpha: 8-13 Hz, beta: 13-30 Hz) relevant to the research question. 

This is usually performed using digital filters in post-processing. A common 

example is the notch filter, designed to remove a very narrow frequency band, 

often used to eliminate specific interference sources like power line noise 

(typically 50 or 60 Hz and their harmonics). Bandpass filters are then used to 

obtain signals from specific frequency bands. 

  

4.2 Homogeneous field correction 

 

In contrast to cryogenic systems, available OPM-based MEG systems can 

lack in spatial oversampling, necessitating a simpler approach to model and 

remove external interference. Tierney et al., 2021, proposed using a first-order 

spherical harmonic model, effectively treating interference as a constant, 

homogeneous magnetic field. This method, called homogeneous field correction 

(HFC), uses the sensors' sensitive axes to model interference. It can be easily 

implemented in the data processing pipeline. In summary, we define a matrix of 

unit normals 𝑁, which essentially corresponds to our channel orientations in 

space. From this, the homogeneous field components 𝑩ℎ𝑜𝑚𝑜𝑔𝑒𝑛𝑒𝑜𝑢𝑠 can be 

estimated with 

   

 𝑩ℎ𝑜𝑚𝑜𝑔𝑒𝑛𝑒𝑜𝑢𝑠 = 𝑁+𝑩𝑚𝑒𝑎𝑠𝑢𝑟𝑒𝑑 [4.1] 

   

where 𝑩𝑚𝑒𝑎𝑠𝑢𝑟𝑒𝑑 contains the measured field components and 𝑁+ is the 

pseudoinverse of 𝑁. This background field estimate can then be removed from 

the data through linear regression. 
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Figure 4.2: Homogeneous field correction for empty room noise: B) Power spectral density 

and B) representative time segments for raw (left) and corrected data (right). Figure adapted 

from Tierney et al., 2021. 

 

Exemplified with real data in Figure 4.2, HFC can effectively reduce 

external interference across various frequencies in OPM recordings. An 

advantage of this approach is its reliance only on sensor orientation, not position, 

reducing the need for highly accurate sensor calibration compared to higher-

order Signal Space Separation (SSS) methods. The simplicity and effectiveness 

of HFC make it a valuable tool for improving OPM-MEG data quality. 

 

4.3 The inverse problem 

 

Having obtained a set of MEG measurements, researchers ultimately need 

a way to infer the strength and spatial distribution of neural currents that 

produced the measured fields. This is known as the inverse problem. This 

problem is inherently ill-posed (Hadamard, 1902), as there could be an infinite 

number of current distributions producing the same field pattern. To address this, 

we can make certain assumptions about the brain. A forward model can be 

derived, which predicts the magnetic field distribution outside the head from a 

known brain current source. This well-defined solution, based on Maxwell's 

equations, forms the foundation for subsequent inverse problem approaches. 
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4.4 Forward model 

 

As is the case for all electromagnetic phenomena, the fields produced by 

a current distribution in a volume conductor can be described using Maxwell's 

equations: 

   

 ∇ ∙ 𝐄 =
ρ

ϵ
 

 

∇ ∙ 𝐁 = 0, 
 

∇ × 𝐄 = −
∂𝐁

𝜕𝑡
, 

 

∇ × 𝐁 = 𝜇0 (𝑱 + 𝝐
𝝏𝐵

𝝏𝒕
), 

 

 

[4.2] 

   

where 𝜖 is the medium permittivity, 𝜇0 is the permeability of free space and 𝜌 is 

the charge density in the medium. As described in Hämäläinen et al., 1993, we 

can use the quasistatic approximation for these equations since the brain mainly 

operates in the 1-100 Hz range. This allows us to remove the time varying terms, 

giving us 

   

 ∇ × 𝐄 = 0, 
 

∇ × 𝐁 = 𝜇0 𝑱. 
[4.3] 

   

If we consider the head to be a volume conductor, with a current density 𝑱 at 

position 𝒓′(𝑥, 𝑦, 𝑧) and volume 𝐺, then we can use the Ampere-Laplace equation 

to define 𝐁 at any position 𝒓(𝑥, 𝑦, 𝑧) outside the conductor as 

   

 
𝑩(𝒓) =

𝜇0

4𝜋
∫ 𝑱(𝑟′)
𝐺

×
𝒓 − 𝒓′

|𝒓 − 𝒓′|3
𝑑𝑉′. [4.4] 

   

 

Following from the discussion in Chapter 1, we can decompose the 

current density into primary (𝑱𝑝) and volume (𝑱𝑣) currents such that 

   

 𝐉(𝐫′) = 𝑱𝑝(𝒓
′) + 𝑱𝑣(𝒓

′). [4.5] 

   

As indicated by Sarvas, 1987, the volume current arises from the interaction 

between the macroscopic electric field and charge carriers within a conducting 

medium. Considering Ohm's law, the induced current is proportional to the 

electric field strength. Assuming the conductivity (𝜎) of the medium is uniform 
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throughout, we can express the volume current density 𝑱𝑣 at a given position 𝒓′ 
as 𝑱𝑣 = −𝜎∇𝑉(𝒓′), where 𝑉 is the electric potential. Equation 4.5 thus becomes 

   

 𝐉(𝐫′) = 𝑱𝑝(𝒓
′) + −𝜎∇𝑉(𝒓′). [4.6] 

   

If we substitute this into equation 4.4, then 𝑩 is given by 

   

 
𝑩(𝒓) =

𝜇0

4𝜋
∫ 𝑱𝑝(𝑟′)
𝐺

×
𝒓 − 𝒓′

|𝒓 − 𝒓′|3
𝑑𝑉′

− 𝜎
𝜇0

4𝜋
∫ ∇𝑉(𝒓′)
𝐺

×
𝒓 − 𝒓′

|𝒓 − 𝒓′|3
𝑑𝑉′. 

[4.7] 

   

 

 

Figure 4.3: Head partition volumes. Diagram showing the compartments used for forward 

modelling of a human head. Differentiating the brain, skull and scalp with volumes 𝐺𝑗, surfaces 

𝑆𝑗 and conductivities 𝜎𝑗. 

 

This last expression shows that the magnetic field produced by the 

primary current is unaffected by the conductivity of the conductor. If this 

conductivity profile changes (as is the case in a human head), we can perform 

the volume integral over a set of n partitions with their own distinct 

conductivities (𝜎𝑗). As depicted on Figure 4.3, these compartments can model 

the brain, skull and scalp. Introducing this summation of integrals over all 

partitions for the volume currents yields 
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𝑩(𝒓) =

𝜇0

4𝜋
∫ 𝑱𝑝(𝑟′)
𝐺

×
𝒓 − 𝒓′

|𝒓 − 𝒓′|3
𝑑𝑉′

−
𝜇0

4𝜋
∑∫ 𝜎𝑗∇𝑉(𝒓′)

𝐺𝑗

×
𝒓 − 𝒓′

|𝒓 − 𝒓′|3
𝑑𝑉′

𝑛

𝑗=1

. 

[4.8] 

   

We can further decompose this expression by using the vector identity 

∇𝑎 × ∇𝑏 = ∇ × (𝑎∇𝑏) on the second term by setting 𝑎 = 𝑉(𝒓′) and 𝑏 =
|𝒓 − 𝒓′| |𝒓 − 𝒓′|3⁄ . If we combine this substitution along with the generalised 

Stoke’s theorem ∫ ∇ × 𝑿𝑑𝑉′ = ∫ 𝑛̂ × 𝑩𝑑𝑆
𝑺𝐺

′ to replace the Laplace operator, 

we obtain 

   

 
𝑩(𝒓) =

𝜇0

4𝜋
∫ 𝑱𝑝(𝑟′)
𝐺

×
𝒓 − 𝒓′

|𝒓 − 𝒓′|3
𝑑𝑉′

−
𝜇0

4𝜋
∑∫ 𝜎𝑗𝑉(𝒓′)

𝑆𝑗

∙ 𝒏̂(𝒓′) ×
𝒓 − 𝒓′

|𝒓 − 𝒓′|3
𝑑𝑆𝑗

′

𝑛

𝑗=1

. 

[4.9] 

   

This is known as the Geselowitz formula, where 𝑆𝑗
′ is the surface of volume 𝐺𝑗, 

and 𝒏̂(𝒓′) is the unit vector perpendicular to that surface at point 𝒓′ (Geselowitz, 

1970). In this approximation, the volume currents are modelled as a simplified 

set of currents flowing on each conductive surface 𝑆𝑗. Rather than considering 

the full three-dimensional distribution of currents throughout the volume, this 

approach represents them as if they were confined to a two-dimensional surface. 

 

4.5 Single sphere model 

 

Having obtained an expression for the magnetic field that could be 

measured at a point 𝒓 outside the volume conductor, we can now define a 

geometry that approximates a human head shape. It is quite a common 

occurrence in physics to model many systems as spheres, and MEG forward 

modelling is no different. The single sphere model is one of the most common 

approaches used in MEG analysis (Hämäläinen et al., 1993).  

 

Here, we assume the conducting volume to be bound by a spherical 

surface S with uniform conductivity 𝜎. For simplicity, we can consider each 

magnetic field component separately. Since the pickup coils are oriented 

perpendicularly to the scalp surface, the conventional MEG systems are most 

sensitive to the radial component 𝐵𝑟(𝒓) = 𝑩(𝒓) ∙ 𝒆̂𝒓(𝒓), where 𝒆̂𝒓(𝒓) is the 

radial unit vector at a position 𝒓. Introducing 𝒆̂𝒓(𝒓) into equation 4.9 eliminates 

the volume currents’ contribution since  
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 𝒏̂(𝒓′) × (𝒓 − 𝒓′) ∙ 𝒆̂𝒓(𝒓)
= [𝒏̂(𝒓′) × 𝒓 − 𝒏̂(𝒓′) × 𝒓′] ∙ 𝒆̂𝒓(𝒓) = 0. 

[4.10] 

   

This arises from the fact, that since the centre of the sphere is the origin, 𝒏̂(𝒓′) ∥
𝒓′, giving us 𝒏̂(𝒓′) × 𝒓′ = 0. Similarly, (𝒏̂(𝒓′) × 𝒓) ∙ 𝒆̂𝒓(𝒓) = 0. This leaves the 

radial field being defined in terms of the primary current contribution (Sarvas, 

1987), so that from equation 4.9 we obtain: 

   

 
𝐵𝑟(𝒓) =

𝜇0

4𝜋
∫ 𝑱𝑝(𝑟′)
𝐺

×
𝒓 − 𝒓′

|𝒓 − 𝒓′|3
∙ 𝒆𝑟̂(𝒓) 𝑑𝑉′. [4.11] 

   

 

 

Figure 4.4: Single sphere model diagram. The human head is approximated to be a sphere of 

volume 𝐺 with a uniform conductivity 𝜎. Neuronal currents are modelled as a current dipole 𝑸 

at a point 𝒓𝑸. The currents induced by the dipole at all points 𝒓′ on the surface are considered 

to estimate the field at the sensor location 𝒓, where 𝒆̂𝒓 is the radial unit vector and 𝒏̂ is the unit 

vector normal to the surface at all points.    

 

The model is described as a diagram in Figure 4.4. Considering the 

neuronal currents to be a current dipole 𝑸 inside the volume G, at position 𝒓𝑄. 

We can then express the current density 𝑱𝑝 using the Dirac delta function 𝛿 as  

   

 𝑱𝑝 = 𝑸𝛿(𝒓′ − 𝒓𝑄). [4.12] 

   

If we substitute this expression into 4.11 and remove the volume currents’ term, 

we obtain  

   

 
𝐵𝑟(𝒓) =

𝜇0

4𝜋
∫ 𝑸𝛿(𝒓′ − 𝒓𝑄)
𝐺

×
𝒓 − 𝒓′

|𝒓 − 𝒓′|3
∙ 𝒆𝑟̂(𝒓) 𝑑𝑉′. [4.13] 
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Finally, solving the integral for a single compartment volume with a dipole at 

𝒓′ = 𝒓𝑸 yields 

   

 𝐵𝑟(𝒓) =
𝜇0

4𝜋
𝑸 ×

𝒓 − 𝒓𝑄

|𝒓 − 𝒓𝑄|
3 ∙ 𝒆𝑟̂(𝒓). [4.14] 

   

 

It is important to note that this model shows that radial sources (i.e. 𝑸 ∥
𝒆𝑟̂(𝒓)) would not contribute to this magnetic field component. Following this, 

our next task is to develop expressions for the remaining field components. 

Beyond the boundaries of 𝐺, the total current 𝑱 becomes zero. This allows us to 

apply the relationship ∇ × 𝑩 = 𝜇0𝑱 = 𝟎. Given these conditions, we can 

represent the magnetic field using a magnetic scalar potential, which we'll denote 

as 𝑈. This approach simplifies our calculations by reducing the vector field 

problem to a scalar field problem such that  

   

 𝐁(𝐫) = −𝜇0∇𝑈(𝒓). [4.15] 

   

As shown in Sarvas, 1987, we can find 𝑈(𝒓) by solving for an integral of 𝛁𝑈 

along a radial line (𝒓 + 𝑡𝒆𝑟̂) with limits 0 ≤ 𝑡 ≤ ∞ where 𝑈(𝒓) goes to 0 at 𝑡 =
∞. This results in  

   

 
𝑈(𝒓) =  −∫ 𝛁𝑈(𝒓 + 𝑡𝒆𝑟̂)

∞

0

∙ 𝒆𝑟̂ 𝑑𝑡 

=
1

𝜇0
∫ 𝑩(𝒓 + 𝑡𝒆𝑟̂) ∙ 𝒆𝑟̂ 

∞

0

 𝑑𝑡 

=
1

𝜇0
∫ 𝐵𝑟(𝒓 + 𝑡𝒆𝑟̂)

∞

0

 𝑑𝑡 

=
1

𝜇0
∫ 𝑩𝑄(𝒓 + 𝑡𝒆𝑟̂) ∙ 𝒆𝑟̂ 

∞

0

 𝑑𝑡 

=
1

4𝜋
𝑸 × (𝒓 − 𝒓𝑄) ∙ 𝒆𝑟̂ ∫

𝑑𝑡

|𝒓 + 𝑡𝒆𝑟 − 𝒓𝑄|
3 ,

∞

0

 

[4.16] 

   

where we have used equation 4.14 to substitute for 𝐵𝑟. Again, the solution to this 

remaining integral is given by Sarvas,  

   

 
𝑈(𝒓) = −

1

4𝜋

𝑸 × 𝒓𝑄 ∙ 𝒓

𝐹
, [4.17] 

   

where, for simplicity, 𝐹 = 𝑎(𝑎𝑟 + 𝒓2 − 𝒓𝑄 ∙ 𝒓), 𝒂 = 𝒓 − 𝒓𝑸, 𝑎 = |𝒂| and 𝑟 =
|𝒓|.  
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Figure 4.5: Radial magnetic field profiles generated by a tangential 1 nA m dipole within a 5 

cm conducting sphere. The left and right panels compare the field distributions for source depths 

of 1.5 mm and 3 mm, respectively. The colour scales highlight the significant variation in field 

magnitude due to the change in source depth. 

 

Lastly, we can describe the total magnetic field outside the volume 

conductor by substituting for the scalar field in equation 4.15, which gives 

   

 𝑩(𝒓) =
𝜇0

4𝜋𝐹2
(𝐹𝑸 × 𝒓𝑸 − 𝑸 × 𝒓𝑄 ∙ 𝒓∇𝐹), [4.18] 

   

where ∇𝐹 = (𝑟−1𝑎2 + 𝑎−1𝒂 ∙ 𝒓 + 2𝑎 + 2𝑟) 𝒓 − (𝑎 + 2𝑟 + 𝑎−1𝒂 ∙ 𝒓) 𝒓𝑸. This 

again shows that for a radial source, 𝑩(𝒓) vanishes. Figure 4.5 shows example 

simulation results for current dipoles placed at different depths. Note the 

significant difference in the magnitude of the colour bars between the shallow 

and deeper source locations. This suggests that MEG sensors have higher 

sensitivity for sources on the cortical surface compared to deeper sources within 

the brain. 

 

4.6 Single shell model 

 

First introduced by Guido Nolte, 2003, the realistic single shell model 

offers a more sophisticated approach compared to the single sphere model. This 

method aims to more accurately represent the complex geometry of the human 

head while maintaining computational efficiency. Unlike the single sphere 

model, which approximates the entire head as a perfect sphere, the realistic 

single shell model uses a single closed surface that more closely follows the 

actual shape of the inner surface of the skull. This surface is typically derived 

from individual MRI data, allowing for subject-specific modelling. The 

mathematical formulation of the realistic single shell model is based on the 

boundary element method (BEM). First, we need to introduce the concept of lead 

fields, key in developing these types of models. A lead field 𝑳 is a vector field 

that relates the primary current density in the brain to the magnetic field 

measured by a sensor at location 𝒓. This relationship is given by 
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𝒏 ∙ 𝑩(𝒓′) = ∫𝑑3𝑟 𝑱′(𝒓) ∙ 𝑳(𝒓, 𝒓′, 𝒏). [4.19] 

    

where 𝑳 denotes the lead fields, which characterize how a MEG channel 

responds to a neural current density 𝑱′ when oriented in direction 𝒏 and 

positioned at 𝒓′. Note that here we follow Nolte’s notation, in which he uses 𝑑3𝒓 

instead of 𝑑𝑉. For practical applications, the brain is normally split into a set of 

voxels as potential dipole locations. The equation above can then be expressed 

in a discrete form 

   

 

𝑏𝑖(t) = ∑𝑙𝑖,𝑗 ∙ 𝑞𝑗(𝑡),

𝑀

𝑗=1

 [4.20] 

   

where 𝑏𝑖(𝑡) is the field measured by sensor 𝑖 at time 𝑡, for a dipole of strength 𝑞 

in voxel 𝑗. As demonstrated in Heller and van Hulsteyn, 1992, for sources 

oscillating at a frequency 𝜔, we can define the lead field as 

   

 
𝐋(𝐫, 𝐫′, 𝐧, ω) =

𝑬(𝒓, 𝒓′, 𝒏, 𝜔)

𝑖𝜔
 [4.21] 

   

where 𝑬 is the electric field produced by a unit magnetic dipole with position 𝒓′ 

and direction 𝒏. This definition breaks down for MEG, where the quasistatic 

approximation for Maxwell’s equations means that ω = 0. Nolte presents a 

theorem for the magnetic lead field under such quasistatic conditions for 

arbitrary conductivity distributions. This is obtained by integrating Biot-Savart’s 

law over a whole, arbitrary volume conductor. This is expressed as a more 

general form of equation 4.4 which can be applied to any current distribution, 

including non-closed paths 

   

 
𝑩(𝒓) =

𝜇0

4𝜋
∫𝑑𝟑𝒓 𝑱(𝑟′) × ∇

1

|𝒓 − 𝒓′|
. [4.22] 

   

For simplicity, the term 𝑮(𝒓, 𝒓′) is used to abbreviate the expressions used in the 

derivation such that: 

   

 
𝑮(𝒓, 𝒓′) =

𝜇0

4𝜋
∇

1

|𝒓 − 𝒓′|
. [4.23] 

   

It is also important to note that for Nolte’s derivation of the lead fields, the 

conductivity 𝜎 is described by a rank-two tensor. This captures the directional 

dependence of conductivity, since a material might conduct electricity better in 

one direction than another. In practice, the conductivity is typically assumed to 

be homogeneous, so a scalar value is used. Additionally, the lead field is 

described by a divergence-part 𝑨 and a curl-free part ∇𝑈 
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 𝑳 = 𝑮 × 𝒏 − ∇𝑈 = 𝑨 − ∇𝑈. [4.24] 

   

 

With these starting points, Nolte is able to solve the integral 4.22 to 

establish two results. First, we find that the product of the transpose of the 

conductivity tensor and the lead field results in a divergence-free vector field 

   

 ∇ ∙ 𝜎𝑇𝑳 = ∇ ∙ 𝜎𝑇(𝑮 × 𝒏 − ∇𝑈) = 0. [4.25] 

   

Secondly, the lead field in any volume conductor can be expressed as the lead 

field L∞ in an infinite, homogeneous, and isotropic medium minus the gradient 

of a scalar potential function such that 

   

 𝑳 = L∞ − ∇𝑈. [4.26] 

   

Here, the term 𝑈 encapsulates the influence of the complex conductivity 

distribution in the arbitrary volume conductor on the lead field. Nolte then aims 

to generalize the lead field equation to accommodate an arbitrary volume 

conductor. This means considering a scenario where the conductivity can vary 

spatially and might even be anisotropic (different conductivities in different 

directions). The lead field in this general case is denoted by 

   

 𝑳 = L𝑋 − ∇𝑈 [4.27] 

   

where L𝑋 represents the lead field matrix in an arbitrary volume conductor. This 

ultimately shows us that the lead field in a more accurate head model can be 

expressed as the sum of the lead field for an idealized spherical conductor plus 

a minor adjustment term 

   

 𝑳(𝒓) = 𝑳𝑠𝑝ℎ(𝒓) − ∇𝑈(𝒓), [4.28] 

   

where 𝑳(𝒓) is the full lead field for a specific sensor channel. This, however, 

remains an ideal solution. We find an ill-defined situation for the lead field 

potential in regions where the conductivity vanishes (i.e., outside a finite volume 

conductor). This is because the equations don't provide a clear solution for the 

potential in these regions. To address this, Nolte proposes an alternative 

derivation that integrates only over the volume conductor itself, yielding surface 

terms. For a finite volume conductor, boundary conditions must be introduced. 

By imposing the boundary condition that the normal component of the lead field 

vanishes at the boundary of the volume conductor and using the expression for 

the lead field in an infinite homogeneous conductor, most of the surface terms 

vanish. 
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Having summarised the lead field derivation, we can now discuss the 

practical implementation of such a model. The first step, which is independent 

of the source's location, involves estimating the coefficients of an expansion that 

represents 𝑈(𝒓) from expression 4.28. 𝑈(𝒓) is defined as a basis of harmonic 

functions 𝑈𝑚 so that it satisfies the condition that the lead field should be 

tangential to the surface of the volume conductor. Therefore, the scalar potential 

function 𝑈(𝒓), is given by 

   

 

𝑈(𝒓) = ∑ 𝑎𝑚𝑈𝑚(𝒓).

𝑀

𝑚=1

 [4.29] 

   

 

Consider a finite volume conductor with a set of normals 𝒏𝑛 at locations 

𝒓𝑟. The coefficients of this expansion are chosen to minimise the error for the 

boundary condition 𝒏𝑛 ∙ 𝑳(𝒓𝑟) = 0, which means that the lead field from a 

dipole on the surface is tangential to the surface. The error is calculated using  

   

 ∑(𝒏𝑛 ∙ 𝑳𝑠𝑝ℎ(𝒓𝑛) − ∑𝑎𝑚

𝑚

𝒏𝑛 ∙ ∇𝑈𝑚(𝒓𝑛))
2

𝑛

. [4.30] 

   

This minimization problem can be solved as a matrix equation if we define a 

matrix C given by 𝐶𝑛𝑚 = 𝒏𝑛 ∙ ∇𝑈𝑚(𝒓𝑛) and a vector 𝒃 with elements 𝑏𝑛 = 𝒏𝑛 ∙
𝑳𝑠𝑝ℎ(𝒓𝑛). The solution for a set of coefficients 𝒂 is then given by  

   

 𝐚 = (𝐶𝑇𝐶)−1𝐶𝑇𝒃, [4.31] 

   

which allows us to calculate the lead fields for any given sensor position and 

orientation.  

 

Once the coefficients are determined in this initialization step, the second 

step involves calculating the magnetic field for a given dipole source. This is 

achieved by evaluating the lead field at the source location, which now 

incorporates the correction obtained from the first step. In a similar way to the 

single sphere equation 4.14, the magnetic field can then be expressed using the 

lead field and the dipole moment 𝑸 as 

   

 𝐧 ∙ 𝐁(𝐫′) = 𝐐 ∙ 𝑳𝑠𝑝ℎ(𝒓𝑛) − ∑𝑎𝑚𝑸 ∙ ∇𝑈𝑚(𝒓).

𝑚

 [4.32] 

   

 

Figure 4.6B shows an example lead field map for a dipole source placed 

in the frontal lobe of a template brain. Similarly to the spherical model, deeper 
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sources will produce weaker extracranial fields. The algorithm's efficiency stems 

from the fact that the computationally intensive initialization step needs to be 

performed only once for a given volume conductor and sensor configuration. 

The subsequent field calculations for different dipole locations are relatively 

fast, making the algorithm suitable for practical MEG applications where 

numerous source locations need to be evaluated. 

 

 

Figure 4.6: A) Anatomical MRI template segmentation example, differentiating the scalp (blue), 

skull (green) and brain (red) surfaces. B) Single shell forward model showing the magnitude of 

the lead fields tangential to the sensor array for a dipole in the superior frontal gyrus. Computed 

using Nolte’s algorithm in MATLAB. 

 

The primary advantage of this model is its improved accuracy in 

representing head geometry, particularly near the temporal and occipital areas 

where the spherical approximation is least accurate (see Figure 4.6A). This can 

lead to more precise source localisation, especially for sources near the cortical 

surface. However, the realistic single shell model still has limitations. It assumes 

homogeneous and isotropic conductivity within the shell, which is not entirely 

accurate for real head tissues. Additionally, it doesn't account for the different 

conductivities of the brain, skull, and scalp. In MEG analysis, the realistic single 

shell model is widely used for its balance of accuracy and computational 

efficiency. It is particularly valuable in studies requiring precise source 

localisation or when dealing with sources in areas poorly approximated by a 

sphere. 

 

4.7 Alternative forward models 

 

Over the years, a range of different models have been developed to 

improve accuracy in MEG source localisation. While the single-shell model 

presents a good balance of computational efficiency and realistic modelling, 

researchers may choose different models depending on several criteria. This will 

depend on the goal of the study itself, the spatial resolution required, access to 
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computing resources, etc. For example, the multiple sphere model approximates 

the head using a local, single sphere for each sensor, with each sphere 

representing different tissue layers with distinct conductivity (Huang et al., 

1999). This can account for varying conductivities across the head tissues like 

the brain, skull, and scalp. The boundary element method (BEM) is another 

approach that simplifies the complex field equations by assuming the head 

consists of piecewise homogeneous compartments and reduces the problem to 

integral equations on the compartment boundaries (Stenroos et al., 2014). As 

access to increased computing power has become more common, Finite Element 

Methods (FEM) have gained prominence. They can account for complex head 

geometries and tissue conductivity variations (Wolters et al., 2006). Unlike 

spherical models, FEM can incorporate realistic head shapes and represent the 

skull's inhomogeneous and anisotropic conductivity (Güllmar et al., 2010). This 

approach discretizes the head volume into small elements, typically tetrahedra, 

allowing for detailed modelling of different tissue types. Although costly in 

computational terms, these methods present a good option if spatial resolution is 

relevant the study. For the experimental work presented in this thesis, we utilised 

a single shell model for its good spatial resolution but short execution times. 

 

4.8 Beamforming 

 

Beamforming is a powerful spatial filtering technique widely used in 

MEG data analysis for source localisation and reconstruction (Robinson, 1999; 

Van Veen et al., 1997). This adaptive method, originally developed for radar and 

sonar applications (Van Veen and Buckley, 1988), is mainly employed in phased 

array applications such as telecommunications or medical imaging (e.g. 

ultrasound scanning). For functional brain imaging, it has been adapted to 

estimate the contribution of neural sources to the measured MEG signals. As 

illustrated on Figure 4.7, beamforming works by selectively weighting the sensor 

outputs to focus on activity from a specific brain location while attenuating 

interference from other sources. For an array of 𝑁 sensors, the dipole signal 𝒒̂𝜃 

with location and orientation 𝜃 is defined as  

   

 

𝒒̂𝜃(t) = ∑𝑤𝑖,𝜃𝑚𝑖(𝑡)

𝑁

𝑖=1

, [4.33] 

   

where 𝑚𝑖 is the signal measured at a time 𝑡, and 𝒘𝑖,𝜃 is the weight for channel 

𝑖. This formulation is general to most spatial filters, the difference for each 

particular use case lays in how the weights are calculated.  
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Figure 4.7: Beamforming diagram. The weighted sum of the signals yields a source timecourse 

for a given source position and orientation, attenuating interference and increasing signal 

contribution from sensors near the source. 

 

For our use case, we minimize the variance of 𝒒̂𝜃 such that the weights 

pass the signal from the target location and orientation 𝜃 with unity gain, while 

simultaneously minimizing contributions from all other sources. This is 

expressed mathematically as 

   

 min
𝒘𝜃

|〈𝒒̂𝜃
2(𝑡)〉|  subject to  𝒘𝜃

𝑇𝒍𝜃 = 1, [4.34] 

   

where 𝒍𝜃 is the lead field for a source position and orientation 𝜃. The forward 

modelling is calculated for unit dipoles, this means that source power must 

remain at unity, hence the constraint 𝒘𝜃
𝑇𝒍𝜃 = 1. Using these initial conditions, 

we can now proceed to derive the beamformer weights. First, we substitute the 

matrix form of equation 4.33 into the expression for the variance and expand out 

the terms 

   

 〈𝒒̂𝜃
2(𝑡)〉 = 〈𝒘𝜃

𝑇𝒎(𝑡)〉〈𝒘𝜃
𝑇𝒎(𝑡)〉 

= 𝒘𝜃
𝑇〈𝒎(𝑡)𝒎𝑇(𝑡)〉𝒘𝜃 

= 𝒘𝜃
𝑇𝑪𝒘𝜃 

[4.35] 

   

where 𝑪 is the covariance matrix between each recorded channel. The elements 

of this matrix estimated as 

   

 

𝐶𝑖𝑗 =
1

𝑃
∑ 𝑚𝑖(𝑡𝑝)𝑚𝑗(𝑡𝑝),

𝑃

𝑝=1

 [4.36] 

   

where P is the number of timepoints recorded. The minimisation problem from 

equation 4.34 can be solved as a constrained minimisation problem using a 

Lagrange multiplier 𝜆. If we start with the Lagrangian 

   

 ℒ(𝑥, 𝜆) = 𝑓(𝑥) + 𝜆𝑔(𝑥), [4.37] 
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we can find the minimum of the function 𝑓(𝑥), given the additional constraint 

that 𝑔(𝑥) = 0. Let 𝑓(𝑥) = 〈𝒒̂𝜃
2(𝑡)〉 and  

   

 𝑔(𝑥) = 𝒘𝜃
𝑇𝒍𝜃 − 1 = 0. [4.38] 

   

By substituting these into equation 4.37, we find that the Lagrangian becomes 

   

 𝓛(𝒘𝜃, 𝜆) = 𝒘𝜃
𝑇𝑪𝒘𝜃 + 𝜆(𝒘𝜃

𝑇𝒍𝜃 − 1). [4.39] 

   

The partial derivatives of this expression should be zero, so it follows that  

   

 𝜕𝓛(𝒘𝜃, 𝜆)

𝜕𝑤𝜽
= 2𝑪𝒘𝜃 + 𝜆𝒍𝜃 = 0, [4.40] 

   

which should be equal to the constraint expressed in equation 4.38, giving us the 

Lagrange multiplier 

   

 
𝜆 = −

2

𝒍𝜃
𝑇𝑪−1𝒍𝜃

. [4.41] 

   

We can then use equation 4.40 to solve for the weights, and this result for 𝜆 to 

obtain  

   

 
𝒘𝜃

𝑇 =
𝒍𝜃
𝑇𝑪−1

𝒍𝜃
𝑇𝑪−1𝒍𝜃

. [4.42] 

   

Provided we have calculated the lead fields, we can use this expression to obtain 

a timecourse for any source position in the brain. In practice, the covariance 

matrix may be singular or close to singular, which can lead to problems when 

seeking a unique solution in a system of linear equations. A common approach 

in MEG signal processing is to regularise the matrix using ridge regression, also 

known as Tikhonov regularization. The new invertible matrix is defined as 

   

 𝑪𝒓 = 𝐂 + μ𝐈, [4.43] 

   

where 𝜇 a regularisation parameter and 𝑰 is the identity matrix. Parameter 𝜇 is 

normally set to be small percentage to the maximum eigenvalue of 𝑪, typically 

around 5% (Brookes et al., 2008). 

 

Unlike dipole fitting methods, beamforming does not require a priori 

assumptions about the number of active sources, making it particularly useful 

for analysing complex cognitive processes involving distributed neural 

networks. The source space analysis presented in Chapter 5 was performed using 
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the scalar variant of this type of beamforming. Vector beamformers consider all 

possible source orientations, while scalar beamformers use a fixed source 

orientation or aim to find the orientation that yields the highest power output 

from the source. The beamformer algorithm's ability to suppress external noise 

and its flexibility in handling time series data have made it a popular choice for 

both evoked and induced brain activity studies in MEG research.  

 

4.9 Other approaches 

 

The effectiveness of beamforming relies on the assumption that the 

signals of interest are distinguishable from the background noise based on their 

spatial and temporal characteristics. In the case of in-phase sources, where 

multiple sources generate signals with similar or identical time courses, 

beamforming faces challenges in separating their contributions. Thus, other 

source localisation techniques are often used, each with its own strengths and 

weaknesses. For example, minimum norm estimates (MNE) provide a 

distributed source solution by minimizing the overall source power while 

explaining the measured magnetic fields. This approach tends to produce smooth 

and widespread source distributions, which can be useful for identifying broad 

areas of brain activity but may lack spatial precision. In contrast, dipole fitting 

methods model the neural sources as a small number of equivalent current 

dipoles, offering high spatial resolution but potentially oversimplifying the 

underlying neural activity. The choice between these techniques depends on the 

specific research question and the nature of the brain activity under investigation. 

If the goal is to identify focal sources with high spatial accuracy, dipole fitting 

might be preferred. However, if the brain activity is expected to be distributed 

or if a more comprehensive picture of the neural dynamics is desired, MNE 

might be a more suitable choice. Additionally, noise background levels can also 

be an important factor. This can affect the quality of the data and worsen the 

source reconstruction results. It is therefore important to choose carefully, since 

some methods like MNE and beamforming rely on good data quality while 

others might be more resilient to noise. 

 

4.10 Source space analysis 

 

Moving from sensor level to source space is not the end of story. Most 

source reconstruction techniques generate timecourses for each potential dipole 

in the brain. This is what makes such a powerful tool for studying neural activity. 

These reconstructed signals offer a wealth of information, starting with the 

precise localisation of brain regions active during specific tasks. Beyond 

localisation, these signals enable connectivity analyses, providing valuable 

insights into how functionally distinct brain areas form networks and interact. 

This capability to map both the spatial and temporal dynamics of neural activity 

positions MEG as an invaluable method for unravelling the complexities of brain 
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function. Here we discuss some of the tools available, specifically those 

commonly used in both SQUID and OPM MEG analysis. 

 

4.10.1 Source signal envelope 

 

For analysing oscillatory activity, the Hilbert transform is often used to 

extract the envelope of band-limited signals, providing a measure of 

instantaneous amplitude. To calculate this, we start with the analytic signal for a 

given a source signal 𝑞̂(𝑡): 

   

 𝑧̂(𝑡) = 𝑞̂(𝑡) + 𝑖𝐻[𝑞̂(𝑡)], [4.44] 

   

where 𝐻 is the Hilbert transform. This is computed using the Cauchy principal 

value 𝑃 of the convolution of 𝑞̂(𝑡) with the function ℎ(𝑡) =
1

𝜋𝑡
 over the whole 

signal. In its analytical form, this is given by 

   

 

𝐻[𝑞̂(𝑡)] =
1

𝜋
𝑃 ∫

𝑞(𝜏)

𝑡 − 𝜏
𝑑𝜏

∞

−∞

. [4.45] 

   

From this definition, we can obtain the amplitude envelope of our signals with 

   

 𝐸[𝑞̂(𝑡)] = √(𝑞̂(𝑡))2 + (𝐻[𝑞̂(𝑡)])2. [4.46] 

   

 

This is a very useful tool, since the transform extracts the instantaneous 

amplitude and phase of neural signals, allowing researchers to examine how 

neural oscillations in specific frequency bands are modulated during various 

cognitive tasks. Additionally, it facilitates the calculation of connectivity 

measures between brain regions. Two common examples are Amplitude 

Envelope Correlation (AEC), which assesses the similarity in amplitude 

fluctuations between different brain areas, and Phase Difference Derivative 

(PDD), which quantifies the rate of change in phase differences between signals 

from different brain regions. 

 

4.10.2 Source localisation 

 

Contrary to our previous assumptions, the exact position and orientation 

of neural sources are unknown. To address this, we can determine the source 

orientation by maximizing the signal-to-noise ratio (SNR) at each potential 
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location. There is a wide range of source localisation techniques for MEG. Here, 

we briefly discuss the ones typically used with LCMV beamforming.  

 

Because radial sources generate smaller signals in MEG, we can restrict 

dipole orientations to the azimuthal plane relative to the head’s surface. For each 

location 𝒓, we compute beamformer weights across a range of azimuthal angles 

(0 < 𝜑 < 𝜋). We then evaluate the SNR using a pseudo-Z statistic, selecting the 

angle φ that yields the highest Z value. This value is given by 

   

 
Ƶ𝒓,𝜑 =

𝒘𝒓,𝜃
𝑇 𝑪𝒘𝒓,𝜑

𝑇

𝒘𝒓,𝜃
𝑇 𝑰𝒘𝒓,𝜑

𝑇
, [4.47] 

   

where we approximate the noise with the identity matrix 𝑰. We iterate this 

process across all brain voxels, generating a volumetric map of Z-scores. By 

superimposing this functional map onto an anatomical MRI, we can create a 

comprehensive visualization of brain activity. This can be used to identify which 

brain regions are engaged during specific tasks. This approach differs from 

traditional Z-scores, which measure deviation from the mean in standard 

deviation units. Instead, this pseudo-Z-score provides a measure of signal 

strength relative to background noise, enabling effective source localisation and 

activity mapping (Vrba and Robinson, 2001). 

 

 

Figure 4.8: Topographical maps displaying regions exhibiting highest theta band power, 

represented by pseudo-T values and averaged across all participants. Results obtained with both 

A) SQUID-MEG and B) OPM-MEG systems. Figure adapted from Rhodes et al., 2023. 
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Similarly, a pseudo-Ŧ statistic measure can also be used to localise 

sources that alter their activity during time intervals of interest (Vrba and 

Robinson, 2001). Figure 4.8 shows example results using this technique, being 

able to accurately localize theta band modulation changes. First, we define the 

power during an active time window as 𝑄𝑎 = 𝒘𝑻𝑪𝒂𝒘 and similarly, 𝑄𝑐 =
𝒘𝑻𝑪𝒄𝒘 for the control window. From this, the pseudo-Ŧ statistic is defined as 

   

 
Ŧ =

𝑄𝑎 − 𝑄𝐶

2𝑄𝐶
. [4.48] 

   

Like the volumetric map of Z-scores, this definition can be applied iteratively to 

each brain voxel to obtain a volumetric functional image during time windows 

of interest. Lastly, it is important to note that all source localisation techniques, 

including the beamforming, rely on accurate knowledge of the sensor locations 

and orientations relative to the participant’s head. The process of obtaining this 

information is known as co-registration, details about the procedure are 

discussed in the experimental chapters. 

 

4.10.3 Brain parcellation 

 

The signal processing steps described above yield dipole signals for any 

potential source position within the volume of the brain. These source positions 

are defined as the voxels from a structural MRI. For this, researchers normally 

use each individual’s MRI scan to process the data, but generic templates can 

yield similar results. For high resolution MRI scans (~ 1-2 mm), this means 

having hundreds of thousands of source positions. However, rather than focusing 

on this high resolution picture, many studies prioritize understanding the 

interactions between broader brain regions and specific tasks, or the interplay 

among these regions themselves. For instance, the occipital lobe is primarily 

associated with visual processing, while the postcentral gyrus is key in 

registering sensory information. Dividing the cortex into larger regions 

substantially reduces the computational demands compared to voxel-to-voxel 

calculations. This approach becomes particularly significant when conducting 

functional connectivity analyses. Consequently, developing consistent methods 

for partitioning the brain into functionally relevant parcellations is essential for 

efficient and meaningful MEG data interpretation. 
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Figure 4.9: Five major brain segmentation maps available overlaid onto a template MRI: A) 

AAL2 (Automated Anatomical Labelling, version 2, B) AICHA (Atlas of Intrinsic Connectivity 

of Homotopic Areas), C) Brodmann's areas, D) Jülich atlas from SPM Anatomy Toolbox, and 

E) LPBA40 (LONI Probabilistic Brain Atlas). Figure adapted from (Zimeo Morais et al., 2018). 

 

There are various brain templates available for researchers to use for data 

processing. Some of these are shown in Figure 4.9, highlighting the differences 

in parcellation between functionally distinct regions.  The MNI152 stands out as 

arguably the most renowned and widely used. This template, developed by the 

Montreal Neurological Institute for the International Consortium for Brain 

Mapping (ICBM), represents an average of structural MRI scans from 152 

healthy young adults (Mazziotta et al., 2001). The typical procedure involves 

warping each participant’s brain to the standard space and then perform the 

parcellation. This is how the Automated Anatomical Labelling (AAL) atlas was 

created (Tzourio-Mazoyer et al., 2002), which serves as the primary parcellation 

method employed in this thesis (see Figure 4.9A). 

 

4.10.4 Signal leakage correction 

 

A common issue in MEG source space analysis is signal leakage, where 

activity from one neural source can be mistakenly attributed to another. Other 

methods also have this problem due to the nature of the inverse problem in MEG. 

As a result, neighbouring dipoles may exhibit high correlations and abnormal 

connectivity values, obscuring underlying neural activity (Schoffelen and Gross, 

2009). Consequently, researchers have developed and number of methods to 

alleviate this (Brookes et al., 2012; O’Neill et al., 2015). These normally involve 

regressing the signal of a region of interest (ROI) from every other possible 

region assuming there is no time delay between them. This is performed 
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iteratively across all possible region pairs. Another notable approach is 

symmetric signal orthogonalization (Löwdin, 1950). First introduced to the field 

of MEG by Colclough et al., 2015, this method seeks to modify the entire set of 

reconstructed time-courses, making them orthogonal to each other. 

 

4.11 Bursting 

 

Bursting, characterized by brief periods of high-frequency neural 

oscillations interspersed with periods of quiescence, has been a topic of growing 

interest in electrophysiology, including MEG and EEG research. While the 

precise definition and duration of bursts can vary, these transient events are 

typically observed across a range of frequencies and brain regions. In recent 

years, burst analysis has emerged as a valuable approach for examining single-

trial dynamics in MEG studies (Jones, 2016; Quinn et al., 2019; Seedat et al., 

2020; van Ede et al., 2018). Traditionally, MEG analysis relied heavily on 

averaging across numerous trials to reduce noise and identify robust phenomena 

such as evoked responses. While effective, this method often obscured the 

underlying dynamics of individual trials that collectively produce well-known 

effects like the beta rebound (Little et al., 2019; Sherman et al., 2016; Shin et al., 

2017). Burst analysis addresses this limitation by focusing on the moment-to-

moment fluctuations within single trials, offering a more nuanced understanding 

of brain activity patterns that may be lost in averaged data. Here we discuss the 

typical approach as well as the more modern Hidden Markov Models. 

 

4.11.1 Conventional burst analysis 

 

Conventional burst analysis relies on thresholding techniques to identify 

bursts in neural activity. This involves setting a threshold on the Hilbert envelope 

of the signal (Little et al., 2019), and any activity exceeding this threshold is 

considered a burst. While thresholding methods are straightforward to 

implement, they can be sensitive to the choice of threshold and may not capture 

the complex dynamics of bursting behaviour. Moreover, thresholding is 

typically applied to signals filtered to single frequency band, this can be 

misleading as bursts may have frequency content spanning more than one band. 

Despite these limitations, thresholding methods have been widely used in MEG 

research to investigate bursting activity in various brain regions and cognitive 

processes. For example, bursts in the alpha frequency band have been linked to 

attention and working memory (Klimesch et al., 2007), while bursts in the 

gamma band have been associated with perceptual binding and object 

recognition (Tallon-Baudry et al., 1996). 

 

4.11.2 Hidden Markov Models 
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Hidden Markov Models are versatile mathematical tools used across 

various fields, including finance, speech recognition, and biomedical imaging 

(Hassan and Nath, 2005; Rabiner, 1989; Rezek and Roberts, 2005). In 

neuroscience, HMMs have gained prominence for analysing 

electrophysiological data. Rezek and Roberts, 2005,  established a general 

methodology for applying HMMs to biological signals. Woolrich et al., 2013, 

then applied HMMs to MEG data, identifying brief brain states lasting about 

100ms. This led to innovations like temporally adaptive beamforming. HMMs 

have also been used to study functional connectivity in MEG data, revealing 

interactions between the default mode network and other transient brain states 

and also showing that canonical resting state networks modulate on millisecond 

timescales (Baker et al., 2014). Recent advancements involve more complex 

HMMs using multivariate autoregression and time-delay embedding, enabling 

the investigation of whole-brain dynamic networks based on spectral content 

(Quinn et al., 2018; Vidaurre et al., 2018, 2016). 

 

4.11.3 Markov chains 

 

To understand the practical application of HMMs to MEG analysis, we 

must first cover the concept of Markov chains. Named after Russian 

mathematician Andrey Markov, they are mathematical systems that describe 

transitions from one state to another according to certain probabilistic rules. A 

key feature of a Markovian chain is that the probability of transitioning to a 

particular state depends solely on the current state and not on the sequence of 

events that preceded it. This "memoryless" property, known as the Markov 

assumption, is fundamental to the model inference. For a sequence of states 

𝑞1, 𝑞2, … . , 𝑞𝑖, this property can be formally expressed as  

   

 𝑃(𝑞𝑖 = 𝑎|𝑞1 …𝑞𝑖−1) = 𝑃(𝑞𝑖 = 𝑎|𝑞𝑖−1). [4.49] 

   

 

 

Figure 4.10: Two-state Markov chain. The arrows indicate the direction of the transition 

between states and the numbers describe the probabilities of those transitions occurring. 

 

Graph representations can be very helpful in describing Markov chains. 

As illustrated in Figure 4.10, states are depicted as nodes and the transition 
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probabilities, as edges. Here, we are using the Ice Cream Climatology example 

from Eisner, 2002. The goal of this task is to estimate the weather on any given 

day provided a set of observations. Using the key elements of a Markov chain, 

we can very easily describe this system. First, by choosing a set 𝑄 = 𝑞1, 𝑞2 …𝑞𝑁 

made up of 𝑁 states. In our case, these are hot or cold days. Secondly, the 

likelihood of each transition can be captured by a transition matrix 𝑇 in which 

each element 𝑇𝑖𝑗 corresponds to the probability of going from state 𝑖 to state 𝑗. 

In our example, this would result in  

   

 𝑇 = [
0.6 0.4
0.3 0.7

, ] [4.50] 

   

where values along the diagonal are the probabilities for remaining in the same 

state. We can use these values to calculate the probability of any given sequence 

of states. This calculation does require one more component, the stationary 

distribution vector 𝝅𝟎. For an infinite Markov chain, this vector describes how 

much time is spent of each state, which is equivalent to the likelihood that a 

given sequence will start with a certain state. These values can be derived by 

finding the normalised left eigenvector of 𝑇, formally defined as 

   

 𝝅𝟎𝑇 = 𝝅𝟎, [4.51] 

   

which for our example is 

   

 𝝅𝟎 = [0.43 0.57]. [4.52] 

   

Using these tools, we can estimate the probability of any sequence. For example, 

the probability of having two hot days and a cold one would be 

   

 𝑃([ℎ𝑜𝑡, ℎ𝑜𝑡, 𝑐𝑜𝑙𝑑]) = 0.43 ∙ 0.6 ∙ 0.4 = 0.1032. [4.53] 

   

 

4.11.4 Hidden states 

 

The Markov chain we have discussed thus far offers a very simplistic 

model. In practice, the data we are interested in is typically affected by noise and 

may not be a direct representation of the states that we want to study. To address 

this, HMMs extend the Markov chain framework by incorporating hidden states. 

Figure 4.11 shows how hidden states dictate the observed sequence of data. In 

Eisner’s example, weather data for a specific town has gone missing, and all we 

have for reference is Eisner’s diary, which details how many ice creams he ate 

each day while living there. Since the weather “states” are not directly 

observable, our goal is to use the observations at hand (in this case the number 

of ice creams consumed) to guess the underlying weather sequence. This new 

hidden layer incorporates a set of emission probabilities, which describe the 
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probability that a given state will produce each of the possible observations. As 

shown in Figure 4.11, hot days are more likely to be those on which Eisner had 

more ice creams. 

 

 

Figure 4.11: Hidden Markov model diagram. The hidden states produce the observations given 

the probabilities indicates by the arrows. 

 

Similar to the transition matrix, we can describe the probabilities of each 

observation being a result of being in any given state with an emission matrix 𝐸 

such that 

   

 𝐸 = [
0.95 0.05
0.35 0.65

]. [4.54] 

   

Here, each element 𝐸𝑖𝑗 corresponds to the probability of making an observation 

𝑌𝑖 , given that the current state is 𝑋𝑗. In our example, the possible observations 

are Eisner having either 1 or 3 ice creams. With this information, we can attempt 

to guess the weather from the information in Eisner’s diary, exemplified as the 

sequence shown on Figure 4.12.  

 

 

Figure 4.12: Example sequence of observations and active states. 

 

First, we define a sequence of observations 𝑌 = 𝑌1, 𝑌2, 𝑌3 resulting from a 

sequence of states 𝑋 = 𝑋1, 𝑋2, 𝑋3. Using Bayes' theorem. we can obtain an 

expression for the joint probability 𝑃(𝑋, 𝑌) of any sequence of 𝑇 observations 
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𝑌, induced by a specific sequence of 𝑁 active states 𝑋. Starting from the 

definition 𝑃(𝑋, 𝑌) = 𝑃(𝑌|𝑋)𝑃(𝑋) and making the appropriate substitutions 

gives 

   

 

𝑃(𝑋, 𝑌) = 𝑃(𝑋0)∏𝑃(𝑋𝑖|𝑋𝑖−1)

𝑁−1

𝑖=1

∏𝑃(𝑌𝑖|𝑋𝑖)

𝑇

𝑖=0

, [4.55] 

   

where 𝑃(𝑋0) is the initial state probability, which is contained in 𝝅𝟎 (Jurafsky 

and Martin, 2009). From this, we may calculate the probability of the sequence 

illustrated in Figure 4.12, which is 

   

 

𝑃([ℎ𝑜𝑡, ℎ𝑜𝑡, 𝑐𝑜𝑙𝑑] [3,1,1])
= 0.43 ∙ (0.6 ∙ 0.4) ∙ (0.95 ∙ 0.05 ∙ 0.65) 

≅ 0.0032 

[4.56] 

   

 

While this is a useful example, in practice, we would not necessarily know 

the sequence of hidden states that resulted in our set of observations. This 

problem could be solved by calculating all possible state sequences for this 

particular sequence of observations and finding the state sequence that results in 

the highest joint probability 𝑃(𝑋, 𝑌). Formally, this can be expressed as 

   

 argmax
𝑋=𝑥1,𝑥2,…,𝑥𝑁

𝑃(𝑋 = 𝑥1, 𝑥2, … , 𝑥𝑁|𝑌 = 𝑦1, 𝑦2, … , 𝑦𝑁). [4.57] 

   

This algorithm, however, has an exponential increase in runtime. For a HMM 

composed N hidden states with T observations, the number of possible hidden 

state sequences is 𝑁𝑇. If we were dealing with time series data with many 

datapoints, this solution quickly becomes very inefficient. There are a number 

of ways to overcome this issue, the most common one being the forward 

algorithm, which calculates the probability of a sequence of observations by 

summing the probabilities of all possible state paths. This results in a much faster 

computation time (Ο(𝑁2𝑇)) for each possible state sequence (Jurafsky and 

Martin, 2009).  

 

4.11.5 Model inference 

 

It is important to note that this last scenario hinges on a significant 

assumption: knowing of the set of hidden states, as well as their transition and 

emission probabilities. These unknowns define the HMM and fortunately, they 

can be estimated from the data alone with the help of some prior assumptions. 

For an HMM of 𝐾 hidden states and length 𝑇, the set of model parameters is 

formally defined as 𝜃 = {𝜃1, … , 𝜃𝑇}, and the set of hidden state variables, as 𝑆 =
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{𝑆0, … , 𝑆𝑇}. The model parameters 𝜃 dictate both the observation probability at 

each time point and the transition likelihood between successive steps. These 

include 𝜋, the transition probability matrix of size 𝐾 × 𝐾, made up of elements 

𝜋𝑡𝑡−1
which contain the state transition probability 𝑃(𝑆𝑡|𝑆𝑡−1). Again, 𝝅0 

determines the initial state probability 𝑃(𝑆0). Lastly, 𝜃𝑜𝑏𝑠  correspond to the 

observation probabilities 𝑃(𝑌𝑡|𝑆𝑡). The full posterior probability of the model 

including all these elements can then be defined as 

   

 𝑃(𝑌, 𝑆, 𝜃, 𝜋) 

= 𝑃(𝑆0|𝜋0)∏𝑃(𝑆𝑡|𝑆𝑡−1, 𝝅)𝑃(𝑌𝑡|𝑆𝑡−1, 𝜃)𝑃(𝜃)𝑃(𝜋),

𝑇

𝑡=1

 
[4.58] 

   

where 𝑃(𝜃) and 𝑃(𝜋) are non-informative priors, and 𝑃(𝑌𝑡|𝑌𝑡−1, 𝜃) is the 

observation model (Woolrich et al., 2013). This model relates the observations 

to the hidden states, describing how the data is distributed over each of the states. 

 

Having defined all the elements that comprise the HMM, we can now turn 

to how to best apply it to our MEG data. The problem at hand is two-fold. First, 

we need to estimate the hidden variables 𝐻 ≡ {𝑆, 𝜃, 𝜋} that most accurately 

explain our observed data. Second, we must solve what is known as the decoding 

problem: determining the specific sequence of hidden states that generated our 

observations.  

 

 

Figure 4.13: Model parameter distributions diagram. The distance between the estimate Q(H) 

and the real distribution P(H) is calculated as the Kullback-Leibler divergence and minimised 

to optimise Q(H). 

 

The first problem can be addressed by using variational Bayes inference. 

Consider the actual distribution of hidden variables 𝑃(𝐻) and our approximation 

𝑄(𝐻). As shown in Rezek and Roberts, 2005, one can use Kullback-Leibler 

divergence to calculate the distance between both distributions. Often called the 

variational free energy, it takes the form 
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ℱ = ∫𝑄(𝐻) log

𝑄(𝐻)

𝑃(𝐻|𝑉)
+ log𝑃(𝑉), [4.59] 

   

where 𝑉 is the set of observations. As shown on Figure 4.13, the real distribution 

𝑃(𝐻) may be impossible to calculate, but by minimising ℱ, we can optimise 

𝑄(𝐻) so that it best approximates the hidden variables. Arriving to such a 

solution requires making one key assumption, which is that each of the hidden 

variables is independent of each other. This means that 𝑄(𝐻) can be expressed 

as 

   

 𝑄(𝐻) = ∏𝑄𝑖(𝐻𝑖)

𝑖

 [4.60] 

   

for each separate distribution 𝑄𝑖 of each variable 𝐻𝑖. From this, the update 

formulae can be derived and applied to estimate 𝑄𝑖. This algorithm can be 

sequentially implemented for all 𝑄𝑖(𝐻𝑖), ultimately optimising 𝑄 until a 

convergence threshold is reached. The general form of the update formula is 

   

 
log(𝑄𝑖(𝐻𝑖)) =  ∫𝑄𝑗\𝑖(𝐻𝑗\𝑖) 𝑙𝑜𝑔 𝑃(𝑌,𝐻) 𝑑𝐻𝑗\𝑖 , [4.61] 

   

where 𝑗\𝑖 indicates the integral is calculated for all 𝑗 except 𝑗 = 𝑖 (Haft et al., 

1999; Rezek and Roberts, 2005). This is equivalent to fixing all variables except 

𝐻𝑖.  

 

Having established how to estimate the model parameters, we can now 

discuss the decoding task: determining the most likely sequence of hidden states 

that generated our MEG observations. One might initially consider a brute-force 

approach: use the forward algorithm to compute observation likelihoods for each 

possible hidden state sequence, then pick the sequence with the highest 

likelihood. However, this approach quickly becomes impractical. As we saw 

earlier, the number of possible state sequences grows exponentially with time, 

making exhaustive computation infeasible. The most common approach is 

Viterbi decoding. This algorithm provides an efficient way to find the optimal 

sequence of hidden states by maximizing the joint probability of the states and 

observations. Unlike forward-backward algorithms that compute probabilities 

for each state independently, Viterbi decoding finds the single most probable 

sequence of states that explains our entire observation sequence. In our case, the 

timecourse 𝑢𝑡 for each state is calculated as  

   

 𝑢𝑡 = argmax
𝑘

𝑃(𝑆𝑡 = 𝑘|𝑌), [4.62] 
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where 𝑢𝑡 is the most likely a posterior state at each time point 𝑡. The probability 

of each state at each timepoint is calculated using the Viterbi algorithm 

(Woolrich et al., 2013). 

 

4.11.6 The observation model 

 

Having discussed the learning and decoding problems, it is also important 

to consider the observation model 𝑃(𝑌𝑡|𝑆𝑡−1, 𝜃). While simple HMMs (such as 

the one we discussed initially) use an emission matrix for observations, more 

sophisticated approaches are needed for complex data like brain signals. 

Consider the Gaussian observation model: here, each state generates 

observations from a normal distribution, with state-specific mean and variance 

parameters. This approach has been applied successfully in the literature by 

defining the priors as conjugate distributions (Rezek and Roberts, 2005; 

Woolrich et al., 2013). However, this method does not come without limitations. 

The Markov property assumes each observation only depends on the previous 

moment in time. For brain signals, this assumption is often unrealistic, as neural 

activity typically shows longer-term dependencies. 

 

More sophisticated approaches have been developed over the years.  such 

as multivariate autoregressive models (Penny and Roberts, 2002; Vidaurre et al., 

2016) or the time-delay-embedded HMM (TDE-HMM). This last method, 

introduced in Vidaurre et al., 2018, offers an elegant solution. Rather than 

examining isolated time points, the TDE-HMM analyses temporal windows of 

activity, computing signal autocovariance across multiple time lags. This 

method effectively characterizes the spectral patterns within each temporal 

window, making it especially suitable for MEG data analysis. Given its 

advantages in capturing neural dynamics, we employed the TDE-HMM 

approach for the experimental investigations presented in Chapter 5. 
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Chapter 5 Magnetic shielding 

 

As discussed, optimal OPM performance requires a low magnetic field 

environment. This chapter covers the physics and design criteria of the magnetic 

shielding systems that enable OPM-MEG. We first discuss the use of 

multilayered MSRs. Key concepts describing the performance of passive 

shielding are introduced by applying laws from classical electromagnetism. 

Secondly, active shielding systems are described in detail, as they constitute a 

big part of the experimental work presented in this thesis. 

 

5.1 Introduction 

 

As previously stated, external magnetic noise sources, such as power 

lines, electronic devices, and geomagnetic disturbances, can significantly 

degrade the SNR of MEG recordings. Magnetic shielding and signal processing 

techniques aim to reduce the influence of these external sources on the MEG 

data. As detailed in previous sections, traditional cryogenic MEG systems 

primarily rely on the use of gradiometers and passive shielding. The latter comes 

in the form of MSRs, made up of multiple layers of high-permeability magnetic 

materials, such as mu-metal (Budker and Kimball, 2013). 

 

When operating in the SERF regime, even minor background field 

changes can significantly alter spin-exchange collision relaxation rates in OPMs. 

Additionally, cross-axis projection errors (CAPEs) demand extremely stable 

magnetic conditions (± 1.5 nT). Sharp field variations can compromise the 

sensor's linear response and gain, potentially introducing measurement errors 

(Borna et al., 2022). For example, when measuring along a single axis like 𝐵𝑥, 

magnetic field changes in orthogonal axes (𝐵𝑦 and 𝐵𝑧) can appear as a fictitious 

change in 𝐵𝑥. 

 

OPM-MEG is sensitive to subject movement in a unique manner since the 

sensors move along with the subject (Holmes et al., 2023b). This means 

background magnetic field magnitude can significantly influence data quality. 

Although MSRs do a lot of the heavy lifting when it comes to removing 

background interference, there are still remnant fields in the rooms. Movement 

artifacts become more pronounced when a subject moves their head in regions 

with spatially varying magnetic fields. The use of active magnetic shielding to 

suppress these remnant fields has therefore been key in realising the potential of 

OPM-MEG. The recent addition of closed loop operation to QuSpin’s QZFM 

sensors can also alleviate the same problem by keeping the sensors voltage 

response within its linear regime (Schofield et al., 2024). 
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5.2 Passive shielding 

 

Typically constructed as metallic enclosures, passive shields are 

engineered to attenuate electromagnetic radiation. The use of electromagnetic 

shielding can be dated back to the development of the first telegraph and radio 

systems, where cables had to be sleeved with a wire mesh to stop leaking of 

signals as well as reduce interference. The proliferation of consumer electronics 

has made the use of shielding quite common, normally found in mobile phones 

or around any magnetically sensitive components, like hard drives. In medical 

imaging, MRI systems employ sophisticated magnetic shielding to contain 

powerful magnetic fields generated by superconducting magnets, preventing 

stray magnetic radiation from affecting surrounding equipment and personnel 

while also attenuating external interference (Ishiyama and Hirooka, 1991). The 

performance of such shields can be simply quantified as the ratio between the 

magnitude of the field outside (𝑩0) and inside (𝑩𝑠) the shielded volume: 

   

 
𝑆𝐹 =

|𝑩0|

|𝑩𝑠|
, [5.1] 

   

where 𝑆𝐹 is known as the shielding factor (Hoburg, 1995). A larger shielding 

factor indicates greater attenuation of the background magnetic field. This is 

normally quantified in decibels, as given by: 

   

 
𝑆𝐹 = 20 log10

|𝑩0|

|𝑩𝑠|
. [5.2] 

   

 

5.2.1 Magnetically shielded rooms 

 

In the context of MEG, passive shielding is achieved through the use of 

MSRs. They are carefully designed cuboid enclosures that provide sufficient 

space to accommodate both the sensing apparatus and the research subject. The 

walls are made up of alternating layers of ferrite materials and conductive 

materials, like copper. Ferrite materials are utilised due to their high relative 

permeability. Analogous to conductivity, this quantity defines how easily a 

material can be magnetised by an external magnetic field. Normally, the flux of 

a magnetic field in free space is defined as  

   

 𝑩 = 𝜇0𝑯, [5.3] 
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where 𝜇0 is the permeability of free space and 𝑯 is the magnetic field strength 

in Amperes per meter. However, this expression is not accurate in the presence 

of a magnetised material, which alters the spatial distribution of 𝑩. In that case, 

the magnetic field flux is given by: 

   

 𝑩 = 𝜇0𝜇𝑟𝑯, [5.4] 

   

where 𝜇𝑟 is the material’s relative permeability. This is defined as  

   

 
𝜇𝑟 = 1 + 𝜒 = 1 +

𝑴

𝑯
, [5.5] 

   

where the magnetic susceptibility 𝜒 is defined as the ratio between the 

magnetisation 𝑴 of the material and the 𝑯 field. The susceptibility of a 

ferromagnetic material determines the shape of its 𝑩-𝑯 curve, also known as its 

hysteresis cycle. The plot on Figure 5.1 illustrates this phenomenon. As the 

external field 𝑯 is increased, the magnetic moments within the crystal structure's 

magnetic domains progressively align. This alignment generates a cumulative 

net magnetization that continues to intensify until the material reaches magnetic 

saturation, a state where no further magnetization is possible. As shown in the 

plot below, this behaviour is non-linear and irreversible. Decreasing the field 

yields different values of 𝑩, meaning that the material’s magnetisation not only 

depends on the applied field, but also on its previous magnetisation. 

 

 

 

Figure 5.1: Hysteresis cycle diagram: as the magnetic domains align, the total magnetisation 

of the material peaks. Reversing the applied magnetic field will yield different magnetisation 

values, following the hysteresis loop. 
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5.2.2 Flux shunting 

 

Passive shields aim to mitigate both time varying (AC) and static (DC) 

fields. Flux shunting is what makes high permeability materials ideal to mitigate 

static and low frequency (<10 Hz) fields. Rather than cancelling the external 

magnetic fields, this phenomenon redirects them. The presence of a high 

permeability material provides an alternative, low-resistance path for magnetic 

flux. This effect is depicted on Figure 5.2A for the cross-section of a cylindrical 

shield. By strategically layering materials with high magnetic permeability, 

passive shields can effectively "guide" magnetic field lines away from a 

protected region, significantly reducing the magnetic field intensity within the 

shielded space.  

 

 

Figure 5.2: Flux shinting: A)  Illustration depicting magnetic field lines around a cilynder of 

ferromagnetic material. Adapted from Celozzi et al., 2008. B) Diagram of flux shunting for a 

magnetic field 𝑯⃗⃗⃗  crossing a boundary between maediums of different magnetic permeabilities, 

where the dashed arrows represent the tangetial 𝑯⃗⃗⃗ 𝒕 and normal components 𝑯⃗⃗⃗ 𝒏. 

 

Flux shunting is a consequence of Maxwell’s equations. First, Gauss’ law 

states ensures that the magnetic field lines always form closed loops. This means 

that the component of 𝑩 normal to the surface, 𝐵𝑛𝑜𝑟𝑚, must be continuous at the 

boundary. Similarly, Ampere’s law states that the tangential component of 𝑯 

must also be continuous at the boundary. This results in two boundary 

conditions: 

   

 𝜇𝑟1𝐻𝑛1
= 𝜇𝑟2𝐻𝑛2

, 

 

𝐻𝑡1 = 𝐻𝑡2 

[5.6] 

   

where the suffix numbers 1 and 2 refer to components before and after crossing 

the boundary. A diagram of the vector fields is shown in Figure 5.2B, where the 

angle of incidence of the 𝑯 field is defined as 𝜃1. Using the boundary conditions 
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in 5.6, we can derive an expression for the outcoming angle 𝜃2, which takes the 

form: 

   

 𝜃2 = arctan (
𝜇2

𝜇1
tan 𝜃1) [5.7] 

   

where 𝜇1 and 𝜇2 are the relative permeabilities of both mediums. This 

transformation depends on the ratio of permeabilities, if 𝜇2 𝜇1⁄  is greater than 1, 

the magnetic field lines will be "compressed" or bent following the surface of 

the material. If 𝜇2 𝜇1⁄  is less than 1, the magnetic field lines will be "expanded" 

or bent away from the normal. It then follows that using ferrite materials of high 

relative permeability to enclose a volume of interest will guide the magnetic field 

lines around the space, effectively reducing the background field. 

 

5.2.3 Eddy current shielding 

 

An additional shielding mechanism is provided by eddy currents. This 

electromagnetic phenomenon provides an additional layer of protection against 

time varying fields. It is a direct consequence of Faraday’s law: 

   

 
∇ × 𝑬(𝑡) = −

𝜕𝑩(𝑡)

𝜕𝑡
, [5.8] 

   

which states that, as the external magnetic field 𝑩 oscillates, it induces an electric 

field E in the material. Lens law also tells us that in electrically conductive 

materials, the induced electric fields generate eddy currents proportional to the 

material's conductivity. These currents generate their own secondary magnetic 

fields that effectively counteract and attenuate the incident magnetic field 

(Figure 5.3A). This why MSRs are assembled of both highly permeable 

materials as well as highly conductive materials, like copper or aluminium. The 

resulting effect on magnetic field lines in depicted in Figure 5.3B. 
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Figure 5.3: Eddy current shielding: A) Diagram illustrating the currents induced in a 

conducting material by an external magnetic field 𝑩𝟎. The currents produce an opposing 

magnetic field 𝑩𝒊. B) Diagram showing the effect of eddy current shielding on magnetic field 

lines around a cylindrical shield. Adapted from Celozzi et al., 2008. 

 

The effectiveness of eddy current shielding depends on several critical 

material properties. Conductivity plays a crucial role, with highly conductive 

materials like copper and aluminium demonstrating superior shielding 

performance. The thickness of the conductive material also significantly 

influences shielding effectiveness. Throughout the material thickness, the 

induced eddy currents decay exponentially. The extent to which most of the 

current will flow within shielding material is known as the skin depth: 

   

 

𝛿 = √
2

𝜎𝜔𝜇𝑟𝜇0
. [5.9] 

   

where 𝜎 is the material’s conductivity and 𝜔 = 2𝜋𝑓is the frequency of the 

incident magnetic field (Celozzi et al., 2008). For example, at 50 Hz copper has 

a skin depth of around 8.5 mm while aluminium’s is around 10.5 mm. Although 

thicker shields can generate more extensive eddy currents, providing greater 

magnetic field attenuation, these values suggest that there's a point of 

diminishing returns. Beyond the skin depth, additional material yields only 

minor improvements in shielding performance. Meanwhile, this significantly 

increases both weight and cost of the shield. Regardless, larger continuous 

shields can also exhibit stronger shielding since the eddy current are able to 

spread over a larger volume to counter the incident fields. Lastly, it is worth 

noting that frequency characteristics are another essential consideration in eddy 

current shielding. As per equation 5.9, eddy currents are less effective at lower 

frequencies, while at higher frequencies, the induced currents become more 

pronounced and generate stronger opposing magnetic fields. This frequency-

dependent behaviour means that eddy current shielding is particularly effective 

for high-frequency electromagnetic interference. 
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5.2.4 Spherical shield 

 

Shield geometry plays a critical role in passive magnetic shielding, 

influencing the effectiveness of magnetic field attenuation and redirection. The 

shape, thickness, and configuration of magnetic shield materials determine how 

efficiently external DC magnetic fields can be redirected away from sensitive 

regions. A common example to illustrate the role of these properties is a 

spherical shield (Figure 5.4).  

 

 

Figure 5.4: Spherical shield diagram. The dimensions are indicated by 𝒂, the inner radius, 𝒃, 

the outter radius and thickness 𝜟. 

 

An analytical solution for the shielding factor of a spherical shield was 

found by Hoburg, 1995. This solution assumes the relative permeability of the 

material to be constant, which results in a constant shielding factor of 

   

 

𝑆𝐹 =
(𝜇𝑟 + 2)(2𝜇𝑟 + 2) − 2

𝑎3

𝑏3 (𝜇𝑟 − 1)2

9𝜇𝑟
, [5.10] 

   

where 𝑎 and 𝑏 are the inner and outer radii, respectively. The expression can be 

further simplified if one assumes that the thickness of the shield is much smaller 

than its radius. This means that 𝜇𝑟
Δ

𝑎
≫ 1, where we define Δ as 𝑏 − 𝑎. In this 

case, equation 5.10 becomes: 

   

 
𝑆𝐹 ≈

2

3
𝜇𝑟

Δ

𝑎
+ 1, [5.11] 
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Using this expression, we can predict the shielding factor for spherical shields 

of varying permeabilities and dimensions. As shown in Figure 5.5, higher 

permeabilities and thicker spherical shells dramatically improve shielding 

performance.   

 

 

Figure 5.5: Simulation results estimating the shielding factor for sperical shields of incresing 

thickness to diameter ratios. Each line represents results for different magnetic permeabilities. 

Adapted from Edwards, 2024.. 

 

Cylindrical and cuboid shield geometries are among the most common designs, 

with each offering unique advantages depending on the desired application. The 

efficiency of such shields is typically improved by using multiple layers, 

essentially adding concentric shells alternating between ferrite and highly 

conductive materials. For a two-layer spherical shield, equation 5.10 becomes 

   

 
𝑆𝐹 = 1 + 𝑆1 + 𝑆2 + 𝑆1𝑆2 (1 − (

𝑑2

𝑑1
)
3

), [5.12] 

   

where 𝑆1 and 𝑆2 are the shielding factors for each shell, and 𝑑1 and 𝑑2 are their 

diameters (Mager, 1970). The shielding factor of each shell can be estimated 

using 

   

 
𝑆 =

4𝜇𝑟

3𝑑
∆𝑑 [5.13] 

   

 

Lastly, it worth noting that the presence of seams or joints between the 

metal plates can affect the passing of eddy currents or the redirected magnetic 



Chapter 5 | Magnetic shielding 

5.2 Passive shielding 

122 
 

fields. Although the use of welds or joints is unavoidable, particular attention 

must be paid to joint design and implementation to ensure optimal shielding 

integrity. 

 

5.2.5 Demagnetisation 

 

As previously discussed, ferrite materials can be magnetized in the 

presence of an external magnetic field. This means that for optimal shielding 

performance, the magnetisation of the shielding material must be driven to zero, 

since any remnant magnetization worsen the shielding performance of the 

material. Fortunately, several demagnetization techniques can be employed to 

eliminate or minimize the material's magnetic memory. 

 

A common approach is alternating field demagnetization, or degaussing. 

This technique was first developed during World War II to avoid magnetic naval 

mines by essentially reducing unwanted residual magnetization in materials. As 

shown in Figure 5.6A, the process involves exposing the material to an 

alternating magnetic field of decreasing amplitude, causing magnetic domains 

to gradually randomize until reaching a state of zero net magnetization. This 

technique is particularly useful for complex-shaped shields or materials where 

uniform thermal treatment might be challenging. Since the permeability of the 

material is determined by the gradient of the 𝑩-𝑯 curve, one should aim to 

maximise 𝜇𝑟 by operating at the point where 𝑩 = 𝑯 = 0, as this corresponds to 

the steepest gradient on the curve, thereby yielding the highest possible 

permeability value. The oscillating fields employed to drive this transition can 

be produced by a set of coils which surround the ferrite layers.  A typical setup, 

shown in Figure 5.6B, uses L-shaped coils mounted on the top and bottom faces 

of a cubic-shaped shield (Altarev et al., 2015). 
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Figure 5.6: A) Demagnetisation diagram. A decaying oscillatory field can be employed to drive 

the magnetisation of a ferromagnetic material towards zero. B) Diagram of L-shaped coils used 

to demagnetise a cuboidal shield. Adapted from Edwards, 2024. 

 

Additionally, thermal processes such as annealing are typically used to 

improve shielding efficiency during the manufacturing process of the ferrite 

layers. The ferrite material is heated above its Curie temperature, a critical point 

at which thermal energy disrupts the magnetic domain alignments (Spasojević 

et al., 2024). By carefully controlling the heating and cooling process, the 

magnetic domains can be randomized, effectively resetting the material's 

magnetic state. Additionally, annealing is normally performed in a hydrogen rich 

environment which helps remove impurities and stresses, which results in a 

higher permeability (Masuzawa et al., 2013). 

 

5.3 Active shielding 

 

We have discussed how passive shielding can solve a lot of our problems 

when dealing with AC and DC fields, but it is still not perfect. Even following 

degaussing, small magnetic fields (2-10 nT) can remain inside the shield due to 

external influence or small remnant magnetisation. Although such background 

fields would be sufficient for stationary OPM-MEG operation, low-frequency 

variations in these fields can pose an additional challenge. Sources like passing 

vehicles or nearby elevators can cause field fluctuations of ±1 nanotesla over 10 

minutes or even ±5 nanoteslas in just a few seconds. Participant movement can 

also manifest as a low frequency field since the sensors may move in a non-zero 

background field. The magnitude and character of these artefacts depend heavily 

on the source and its proximity to the shield. 

 

5.3.1 Coil systems 
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To tackle these persistent magnetic field variations, electromagnetic coils 

can be utilised to generate a precisely counterbalanced magnetic field. 

Analogous to a noise-cancelling headphone system: these coils create a field that 

is exactly equal and opposite to the unwanted magnetism in the measurement 

space. Typically, this involves an array of coils - three to generate uniform 

magnetic field components and five more to produce linear spatial magnetic field 

gradients (Holmes et al., 2018a; Iivanainen et al., 2019a; Yoda, 1990). These 

magnetic field components can be described using Maxwell’s equations. First, a 

magnetic field in free space obeys the following:  

where 𝑱 is the current density. If we assume that the volume of interest is free of 

moving charges, then the latter equation can be written as 

Evaluating this expression in cartesian coordinates involves expanding out the 

following  

   

 

||

𝒊 𝒋 𝒌
𝜕

𝜕𝑥

𝜕

𝜕𝑦

𝜕

𝜕𝑧
𝐵𝑥 𝐵𝑦 𝐵𝑧

|| = 0. [5.16] 

   

The terms resulting from the expansion of 5.15 describe the spatially varying 

components of 𝑩 as: 

   

 𝛁 ∙ 𝑩 = 0, 
 

𝛁 × 𝑯 = 𝑱, 
[5.14] 

   

   

 𝛁 × 𝑩 = 0. [5.15] 
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=
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=
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𝜕𝐵𝑥

𝜕𝑥
+

𝜕𝐵𝑦

𝜕𝑦
+

𝜕𝐵𝑧

𝜕𝑧
= 0, 

[5.17] 
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Here, we find that the transverse spatial variation of each field component in one 

direction is identical to the variation of the other component in the 

complementary direction. These symmetries have important practical 

implications for magnetic shielding design, as they constrain how the field can 

vary in space. This is particularly crucial in applications such as MRI or quantum 

sensing experiments, where magnetic field control is critical. For example, 

image formation in MRI relies on spatial encoding of the Larmor frequencies 

through the use of magnetic field gradients. Design and construction of coils to 

produce such gradients has therefore been key in enabling MRI (Bowtell and 

Robyr, 1998; Turner, 1993). It follows that the theoretical principles underlying 

active shielding design overlap those used in gradient coil development. 

 

Practical implementation of coil systems can vary widely depending on 

the needs of each particular application. The simplest example are Helmholtz 

coil pairs, consisting of two parallel circular coils with equal current flowing in 

the same direction, provide uniform magnetic fields along their axis (Abbott, 

2015). Longitudinal gradients can be generated along the axis of the coil pair by 

reversing the current in one of the coils. The resulting field cancels out at the 

centre of the coils, and it increases or decreases linearly towards each coil. An 

example of this is shown in Figure 5.7B. Developed by Iivanainen et al., 2019, 

this setup consisted is a set of 8 square coil arranged in a cage around an array 

of OPMs. Using the output from the sensors, background fields of up to 70 nT 

were reduced to <1 nT. Placing coil pairs along orthogonal directions can be 

used to generate gradients 
𝜕𝐵𝑥

𝜕𝑥
, 

𝜕𝐵𝑦

𝜕𝑦
 and 

𝜕𝐵𝑧

𝜕𝑧
. Transverse gradient coils (

𝜕𝐵𝑥

𝜕𝑦
, 

𝜕𝐵𝑥

𝜕𝑧
 

and 
𝜕𝐵𝑦

𝜕𝑧
) can also be constructed using a planar projection of Golay’s cylindrical 

coils (Golay, 1958; Roméo and Hoult, 1984; Tsai et al., 2008). 

 

 

Figure 5.7: Examples of coils systems: A) Flexible PCB coil for a small cylindrical shield 

developed by Hobson et al., 2023. B) Field compensation coils for OPM-MEG developed by 

Iivanainen et al., 2019a. C) Computer rendering of head gradient coils for brain imaging in a 7 

Tesla magnet. Credit: Matthias Davids, University of Heidelberg and MGH Harvard, and David 

Feinberg, UC Berkeley (www.universityofcalifornia.edu). 

   

http://www.universityofcalifornia.edu/
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Distributed coil systems, traditionally used in MRI for generating 

homogeneous magnetic field gradients and signal detection, can be designed 

using stream functions under specific constraints (Turner, 1993). Wire paths are 

normally optimised to minimise energy usage and inductance (Carlson et al., 

1992; Turner, 1993). This approach enables the creation of intricate wire patterns 

on cylindrical surfaces that conform to MRI magnet bore geometries. An 

example application is shown in Figure 5.7C, where a head-specific gradient coil 

system was developed to generate controlled field gradients for functional brain 

studies (Feinberg et al., 2023). Beyond their conventional MRI applications, 

these distributed coil designs have been adapted for active magnetic shielding, 

particularly in quantum sensing experiments where precise background field 

cancellation is crucial. Figure 5.7A illustrates this, showing work by Hobson et 

al., 2023, who implemented flexible PCB-based cylindrical coils—a design 

particularly suited for small shields used to study OPM performance. 

 

5.3.2 Bi-planar coils for OPM-MEG 

 

Planar gradient coils have been previously used in MRI due to their 

relatively easy assembly and low inductance (Martens et al., 1991; Turner, 

1993). As shown by Yoda, 1990, planar coil designs can be employed to shield 

the superconducting magnets from the stray fields generated by gradients. For 

use in MEG, the planar design is particularly useful for MEG due to the cuboidal 

shape of MSRs. Holmes et al., 2018, demonstrated this by developing a set of 

bi-planar coils to null background fields in a volume of interest to perform OPM-

MEG measurements. Here, coil design methods as well as their operation are 

briefly described. 

 

5.3.2.1 Coil design 

 

In a similar approach to Carlson et al., 1992, the wire paths for the bi-

planar coils were derived analytically by describing the required current density 

as a stream function constrained to the |𝑥|, |𝑦| < 𝐿 region on the planes 𝑧 = ±𝑎 

and forced to be zero at the edge of these planes. These correspond to the two 

planes to both sides of the participant (Figure 5.8). The stream function is defined 

as a two-dimensional Fourier series: 
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𝑆(𝑥, 𝑦) = ∑ [𝛼𝑛 cos (
𝜋

2
(2𝑛 − 1)

𝑥

𝐿
) + 𝛽𝑛 sin (

𝜋𝑛𝑥

𝐿
)]

𝑁

𝑛=1

× ∑ [𝛾𝑚 cos (
𝜋

2
(2𝑚 − 1)

𝑦

𝐿
)

𝑀

𝑚=1

+ 𝛿𝑚 sin (
𝜋𝑚𝑦

𝐿
)], 

[5.18] 

   

where the 𝛼𝑛, 𝛽𝑛, 𝛾𝑚, 𝛿𝑚 correspond to weights for each frequency 
contribution. Fortunately, symmetry conditions for each magnetic field 
component can help simplify this expression for each coil pair, thanks to our 
knowledge of simpler coil geometries such as Helmholtz coils. For example, 
the 𝐵𝑥 coil should be anti-symmetric about 𝒙̂ and 𝒛̂, but symmetric about 𝒚̂. 
This reduces the number of harmonic components required to describe the 
current density, so that expression 5.18 becomes 

   

 

𝑆(𝑥, 𝑦) = ∑ ∑ [𝜆𝑛𝑚 sin (
𝜋𝑛𝑥

𝐿
) cos (

𝜋

2
(2𝑚 − 1)

𝑦

𝐿
)]

𝑀

𝑚=1

𝑁

𝑛=1

, [5.19] 

   

where 𝜆𝑛𝑚 are the reduced coefficients for each harmonic contribution. The 
magnetic field is related to the stream function through the expression 

   

 𝑩̃(𝑘𝑥, 𝑘𝑦, 𝑧) = 𝜇0 {[𝑖𝑘𝑥𝒙̂ + 𝑖𝑘𝑦𝒚̂] 
𝑠𝑖𝑛ℎ
𝑐𝑜𝑠ℎ

(𝑘𝑟 , 𝑧)

− 𝑘𝑟𝒛̂ 
𝑠𝑖𝑛ℎ
𝑐𝑜𝑠ℎ

(𝑘𝑟 , 𝑧)} 𝑆̃(𝑘𝑥, 𝑘𝑦)𝑒
−𝑘𝑟𝑎, 

[5.20] 

   

where 𝑩̃ and 𝑆̃ are the magnetic field and the stream function in 𝑘-space, 

respectively, 𝑘𝑟 is (𝑘𝑥
2 + 𝑘𝑦

2)
1 2⁄

, and 𝑧>,< is the greater or lesser than 𝑧 or 𝑎. 

The upper and lower 𝑠𝑖𝑛ℎ and 𝑐𝑜𝑠ℎ functions correspond to the field 
components for which the stream function has the same or opposite sign on 
each plane. The magnetic field in real space can then be found by taking the 
inverse Fourier transform of this last equation.  
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Figure 5.8: Coordinate system for the bi-planar coils.  

 

Starting with these axioms, one can try find the desired wire paths for 
the 𝐵𝑥 coil by taking the contour of 5.19 on the planes 𝑧 = ±𝑎. This, however, 

requires finding the weights 𝜆𝑛𝑚. This is typically solved as a minimisation 

problem. In this case, Holmes et al., 2018 obtained the weights that minimised 

the difference between the desired field 𝐵𝑥(𝒓) and the calculated field 𝑏𝑥(𝒓) in 

the x direction. For a set of points 𝒓𝑖 in the target volume, 𝑏𝑥(𝒓𝒊) can be 

calculated for the 𝑗𝑡ℎcomponent of the stream function as 

   

 𝑏𝑥𝑗(𝒓𝒊) = 2𝐷𝐹𝑇(𝑖𝜇0𝑘𝑥𝑆̃𝑗𝑒
−𝑘𝑟𝑎 cosh(𝑘𝑟𝑧𝑖))|𝑥𝑖𝑦𝑖

, [5.21] 

   

where 𝑗 = (𝑛 − 1)𝑁 + 𝑚. If one considers components 𝐵𝑥(𝒓) and 𝑏𝑥(𝒓), it is 

then possible to setup the minimisation problem by defining the functional 𝐹 as 

   

 

𝐹 = ∑|𝐵𝑥(𝒓𝑖) − 𝑏𝑥(𝒓𝑖)|
2

𝐼

𝑖=1

+ 𝜔𝑃, [5.22] 

   

where 𝑃 is a power dissipation term of amplitude 𝜔 (Carlson et al., 1992). 

Finally, the weights 𝜆𝑗 for the stream function can then be found by solving for 

𝑑𝐹 𝑑𝜆𝑗⁄ = 0. This results in a set of linear simultaneous equations, which can be 

represented in matrix form, and used to solve for  𝜆𝑗.  
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Figure 5.9: Bi-planar coil desgin: A) Wirepaths for i) 𝑩𝒙, ii) 𝑩𝒚, iii) 𝑩𝒛, iv) 𝑮𝒙𝒛, v) 𝑮𝒚𝒛, vi) 𝑮𝒛𝒛 
coils.  B) Bi-planar coil system in the MSR in the OPM-MEG lab at the University of Nottingham. 

The coils are shown at both sides of where the particpiants are typically seated. 

 

Once the coefficients for the stream function are found, the same 

procedure can be utilised to find the wire paths for the remaining field 

components. The method described here was employed by Holmes et al., 2018, 

to construct six coils for the static components 𝐵𝑥, 𝐵𝑦, 𝐵𝑧 and well as gradient 

components  𝐺𝑥𝑧, 𝐺𝑦𝑧, 𝐺𝑧𝑧. The resulting wire paths are shown in Figure 5.9A, 

with a photo of the real setup for OPM-MEG shown on the right-hand panel. 

The coils were designed using a target volume of 40 cm3, with a varying number 

of harmonic components and target points to adjust the complexity of the wire 

paths. The power dissipation amplitude was optimized so that generated field 

had a <5% spatial deviation over the volume of interest. The setup is shown in 

Figure 5.9B, it allowed for easy access to the participant’s chair, making it easy 

for researchers to set up paradigms prior to scanning. 

 

The bi-planar coils were demonstrated to reduce the average magnitude 

of magnetic field over the target volume from 28 nT to 0.74 nT, drastically 

improving the quality of the MEG data. Lastly, it bears mentioning that the 

derivation for the coil wire paths can vary widely depending on the desired shield 

geometry, as well as the shape and size of the target volume and the desired field 

(Bowtell and Robyr, 1998; Carlson et al., 1992; Hobson et al., 2023). 

Additionally, one could also optimise the stream function to fit different 

requirements. This is often the case for MRI gradient coils, where researchers 

aim to minimise inductance, or the torque experienced by the coils. 

 

5.3.2.2 Automated field cancellation 

 

As previously outlined, background magnetic fields may exhibit slow 

drifts, which can pose a problem when acquiring MEG data. External sources 

and head movements can introduce field variations of up to 5 nT during a scan. 

Fortunately, a solution to this problem was implemented for OPM-MEG 
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utilising the coils described above. As shown by Holmes et al., 2019a, 

background field cancellation can be achieved iteratively through a proportional 

integral derivative (PID) controller. 

 

PID controllers are feedback control systems commonly used in industrial 

applications to control for variables such as temperature, pressure, flow rate, etc. 

They can be implemented in software, or directly in hardware as analogue 

systems. A PID loop is based on an error value 𝑒(𝑡), calculated as the difference 

between a desired setpoint 𝑠 and a measured process variable 𝑏(𝑡). The output 

of a PID loop is calculated as the sum of three terms: 

• Proportional: Produces an output proportional to the current error. 

Larger errors cause larger control actions. However, using only P 

control typically results in steady-state error. 

• Integral: Accumulates past errors over time. This component 

eliminates steady-state error by continuing to increase/decrease the 

control output until the error becomes zero. 

• Derivative: Predicts future error behaviour based on the current rate 

of change. This helps reduce overshoot and improves stability, 

though it can amplify noise. 

These terms are combined in the classic PID formula:  

   

 
𝐼(𝑡) = 𝐾𝑝𝑒(𝑡) + 𝐾𝑖 ∫ 𝑒(𝜏)𝜏𝑑

𝑡

0

+ 𝐾𝑑

𝑑𝑒(𝑡)

𝑑𝑡
, [5.23] 

   

where each term is weighted by a tuning parameter 𝐾𝑝, 𝐾𝑖, 𝐾𝑑 and added to 

obtain an output control signal 𝐼(𝑡) (Åström and Hägglund, 1995). The tuning 

parameters are typically determined through various tuning methods. This may 

be done through trial and error, or through model-based tuning, if a mathematical 

model of the system is available. The output signal can then be fed back into the 

system of interest to drive the error signal down. For example, a thermostat can 

be considered to be a PID controller, where the process variable is the current 

room temperature and the setpoint is the desired temperature. 
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Figure 5.10: Dynamic nulling: Data collected using 40 optically pumped magnetometers in a 

rigid helmet within an unoccupied magnetically shielded room, comparing results without 

dynamic stabilization (left side) and with dynamic stabilization enabled (displayed on the right 

side). Figure adapted from (Rea et al., 2021a). 

 

Due to their ability to control variables in a data-driven manner, PID 

controllers are particularly useful for field control in OPM-MEG. This was 

implemented using an array of 4 dual-axis QuSpin OPMs. The sensors are 

arranged to obtain measurements of the 𝐵𝑦, 𝐵𝑧 as well as the gradients 𝐺𝑥𝑧, 𝐺𝑦𝑧, 

𝐺𝑧𝑧. The output data is then fed into a PID loop which controls the currents going 

through the bi-planar coils. The loop runs until the background field is reduced 

significantly, down to magnitudes of around 50 pT. Once the currents are fixed, 

the reference sensors can then be used to continuously track changes in the 

background field. As shown in Figure 5.10, these drifts can also be compensated 

using a PID controller, effectively ensuring that the OPMs are not saturated by 

large background field variations. Additionally, the reference array data can be 

recorded and utilised during post-processing as a synthetic gradiometer (Boto et 

al., 2017). 

  

5.3.2.3 Improved field control via precise mapping 

 

As demonstrated in previous work (Mellor et al., 2021; Rea et al., 2021a), 

an additional field mapping procedure beyond the use of just two measurement 

points with a reference array can be employed to further dimmish the 

background field. This technique accurately maps the background field in the 

target volume, potentially eliminating the need for a reference array. For this, a 

spherical harmonic model was employed. Spherical harmonics provide a 

solution to the Laplace equation: 

   

 ∇2𝜙(𝑥, 𝑦, 𝑧) = 0, [5.24] 

   

which can be used to describe a magnetic scalar potential 𝜙(𝑥, 𝑦, 𝑧) in a current 

free region. This condition is equivalent to Gauss’s law for magnetism, which 

states that a magnetic field’s divergence is equal to zero 
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 ∇ ∙ 𝑩 = 0, [5.25] 

   

where 

   

 𝑩(𝑥, 𝑦, 𝑧) = −∇𝜙(𝑥, 𝑦, 𝑧). [5.26] 

   

The solution for 𝑩(r) is typically expressed in spherical coordinates and takes 

the form 

   

 

𝑩(𝒓) = −𝜇0 ∑ ∑ 𝛽𝑙𝑚∇(𝑟𝑙𝑌𝑙𝑚(𝜃, 𝜙))

𝑙

𝑚=−1

∞

𝑙=0

, [5.27] 

   

where 𝛽𝑙𝑚 are the coefficients that determine the contribution of each harmonic, 

and 𝑌𝑙𝑚(𝜃, 𝜙) are the spherical harmonic functions. Indices 𝑙 and 𝑚 are normally 

referred to as the order and degree of the spherical harmonic approximation, 

respectively. Finding which set of coefficients 𝛽𝑙𝑚 best describes the field 

measured by the OPM array within the central volume of the MSR can therefore 

help simulate the remnant background field. The problem can be cast as a matrix 

equation 

   

 𝒃𝑒 = 𝑩𝑚𝑎𝑡𝛽, [5.28] 

   

where 𝒃𝑒 is the measured field by a sensor pointing along its sensitive axis 𝒆, 𝛽 

are the model coefficients and 𝑩𝑚𝑎𝑡 is the design matrix, which captures the 

spatial variation of a magnetic field of unit strength according to the spherical 

harmonics. The weights can then be found with 

   

 𝛽 = 𝑩𝑚𝑎𝑡
† 𝒃𝑒 , [5.29] 

   

where 𝑩𝑚𝑎𝑡
†

 is the pseudo-inverse of 𝑩𝑚𝑎𝑡. 
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Figure 5.11: Real-valued spherical harmonic functions up to the third order in Cartesian 

coordinates multiplied by 𝒓𝒍, where 𝒓 = √𝒙𝟐 + 𝒚𝟐 + 𝒛𝟐. The multiplying constants have been 

removed for simplicity. The table includes the derivatives with respect to, x, y, and z, they 

represent the components of the displacement vector r. Table adapted from Mellor et al., 2021. 

 

 A more practical perspective can help describe the physical meaning of 

equation 5.28. First, rotating a magnetometer around 𝑒𝑥, 𝑒𝑦, and 𝑒𝑧 generates 

changes in the measured field due to the uniform field components. Translations 

and rotations of the sensor also induce changes in the measured field due to 

spatially dependent field gradient components. The matrix 𝑩𝑚𝑎𝑡 is based on the 

measured 𝑀 channel positions and orientations at each of 𝑇 time-points. The 

measured field column vector 𝒃𝑒 contains the magnetic fields measured by each 

of the 𝑀 sensor channels at the same 𝑇 time-points. Therefore, 𝑩𝑚𝑎𝑡 has a 

column for each sensor and each magnetic field component. The number of 

magnetic field components is (𝑙 − 1)𝑙, which comes from the order of the 

spherical harmonics. The table in Figure 5.11 shows an example of low order 

spherical harmonics in cartesian coordinates used to estimate the design matrix 

𝑩𝑚𝑎𝑡. This results in a very accurate model of the magnetic field over the volume 

of interest. The mapping can be achieved by recording magnetometer data while 

tracking the sensor’s position. Once the coefficients are found, the field 

components are characterised. In the case of the bi-planar coils a second order 

spherical harmonic model can be used to estimate 𝐵𝑦, 𝐵𝑧, 𝐺𝑥𝑧, 𝐺𝑦𝑧, 𝐺𝑧𝑧. This 

result can then be used to tune the voltages sent to the coil elements to produce 

an opposite field to 𝒃𝑒. 

 

5.3.2.4 Limitations 

 

Thus far, this chapter has demonstrated how the combination of both 

passive and active shielding systems is key for OPM-MEG. This system 

architecture, however, can have some drawbacks. As discussed in the first 

chapter, the use of high permeability materials makes MSRs expensive and very 

heavy (~10 tons) to install. Alternative designs for MSRs could use cylindrical 

designs, which would improve shielding efficiency. On the other hand, this 

shield geometry would be impractical for MEG, potentially restricting 



Chapter 5 | Magnetic shielding 

5.3 Active shielding 

134 
 

participant movement with the added problems of designing the access point and 

cable routing. Reducing the number of layers that make up the shield could also 

help reduce costs and weight. This solution however would require performance 

improvements of the sensors and active shielding systems.  

 

Additionally, the use of a reference array placed near the participant may 

be impractical in some respects. The nulling performance seems to be slightly 

diminished for the OPM array in the helmet when compared to signals from the 

reference array (Holmes et al., 2018a). This is partly due to geometry of the array 

in the helmet and variations in the field in the space separating the reference 

array for the participant. Despite the small change in field reduction, the OPMs 

in the array always stay within their dynamic range (Holmes et al., 2018a).  

 

The presence of both the reference sensors and coils near the participant 

may also introduce constraints on experimental design. The bi-planar coils were 

designed with a central target volume of 40 x 40 x 40 cm3, which introduces 

limitations to participant movement and placement within the MSR. The fixed 

nulling volume does not allow for participants to stand up or move beyond this 

central region. Simultaneous scanning of two participants is also unviable with 

this setup. This could be solved by increasing the size of the target volume by 

designing the coils using larger panels.  

 

A very promising alternative to planar coils is the use of multi-coil setups, 

similar to those developed for shimming  in MRI (Gruetter, 1993; Juchem et al., 

2010, 2011b). These systems, comprised of numerous smaller, individual coils, 

offer unprecedented versatility for magnetic field control in MEG applications. 

While Helmholtz or planar coil designs produce highly uniform fields, multi-

coil arrays can synthesize more intricate field patterns through the superposition 

of fields from individual elements. The development of such a system for active 

shielding in OPM-MEG is discussed in Chapter 7.  
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Chapter 6 The role of beta bursts in top-

down inhibition of somatosensory cortex: an 

OPM-MEG study  

 

6.1 Abstract 

 

In the somatosensory cortices, the dominant neural oscillations occur in 

the beta (13-30 Hz) band and are thought to mediate top-down inhibition of 

primary cortices. The non-invasive measurement of such oscillations has 

traditionally been made possible using either EEG or magnetoencephalography 

MEG. In this study, we utilised OPM-MEG to measure attentional modulation 

of beta oscillations in the somatosensory cortex.  Using piezo-electric crystal 

stimulators, we presented ‘braille-like’ patterns to the left and right index 

fingers; participants were asked to respond to pre-specified target patterns 

presented to an attended hand, whilst ignoring patterns presented to their non-

attended hand. This chapter covers the methodology and results obtained, 

demonstrating that beta amplitude significantly decreased during attended 

stimuli relative to baseline, and to non-attended stimuli, with the most 

pronounced effect during an attentional cue. Moreover, we extended our 

analyses to show that attention has a similar effect on the occurrence of pan-

spectral bursts. My contributions to this work include study conceptualisation, 

methodology, software development, data acquisition, processing and 

visualisation. Additionally, I wrote and edited the contents of this chapter for 

submission to Scientific Reports, with the manuscript currently under peer 

review.  

 

6.2 Introduction 

  

As detailed in Chapter 2, neural oscillations play an important role in 

brain function, for example by coordinating spatially separate brain regions to 

promote efficient transfer of information (Fries, 2005). The precise functional 

role of these oscillations remains unclear; however, the amplitude of beta 

oscillations is robustly modulated by both sensory and motor tasks (Pfurtscheller 

and Lopes da Silva, 1999). Specifically, during motor output or sensory 

stimulation we observe a decrease in beta amplitude, followed by a ‘rebound’ 

(i.e. an increase above baseline) on movement (or stimulus) cessation. This has 

led to theories that high beta amplitude reflects top-down inhibition of primary 

sensorimotor cortices (see Barone and Rossiter, 2021, for a review). The 

importance of understanding these phenomena is underscored by studies 

showing that they appear abnormal in patients with a variety of neurological and 

psychiatric conditions; from disorders that strike in childhood (e.g. Autistic 

spectrum disorders (Ronconi et al., 2020)) to problems typically associated with 

older people (e.g. Parkinson’s disease (Little and Brown, 2014)). Developing a 
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better understanding of oscillatory dynamics is therefore not only critical to our 

understanding of brain function but could also shed significant light on how 

neural dysfunction affects brain health. 

 

The “classical” view of beta oscillations is that they comprise a smooth 

continuous wave, whose amplitude changes during a task. However, recent 

studies (Jones, 2016; Little et al., 2019; Sherman et al., 2016; Shin et al., 2017) 

suggest that this is likely an effect of trial averaging. Briefly, when looking at 

unaveraged data, the beta band appears dominated by punctate ‘bursts’ of 

activity and the probability of burst occurrence modulates with a task (Little et 

al., 2019; Seedat et al., 2020). When averaged over many trials, a summation of 

bursts occurring at different times gives the appearance of a smooth oscillations, 

whose amplitude change in time. The rate and precise timing of beta bursts have 

been linked to behaviour and task performance metrics, such as reaction time 

(Diesburg et al., 2021; Echeverria-Altuna et al., 2022; Enz et al., 2021; 

Heideman et al., 2020; Howe et al., 2011; Karvat et al., 2020; Little et al., 2019; 

Sherman et al., 2016; Shin et al., 2017; Sporn et al., 2020). Recent studies further 

suggest that bursts characteristics change with age (from childhood to adulthood 

(Rayson et al., 2023; Rier et al., 2024)) and that bursts occurring during different 

phases of a task (e.g. before and after a movement) have different spectral, 

spatial and temporal properties, suggesting different functional roles (Szul et al., 

2023; Zich et al., 2023). These insights have led to the development of 

biophysical models (Law et al., 2022; Neymotin et al., 2020; Sherman et al., 

2016; Shin et al., 2017) with evidence suggesting that variability in burst 

morphology can be explained by variability of synaptic inputs to neural 

assemblies. In sum, these recent studies have resulted in a fundamentally new 

understanding of beta dynamics, their modulation by tasks, and their mechanism 

of generation. 

 

Measurement of beta dynamics has been performed (non-invasively) 

using EEG or MEG. Although both offer a useful metric of electrophysiology, 

they still have their unique limitations. Chapter 1 outlined some of these 

shortcomings, such as EEG’s sensitivity to interference generated by non-

neuronal sources such as muscles (Whitham et al., 2007). In contrast, MEG has 

higher spatial resolution and is also less susceptible to non-neuronal artifacts 

(Baillet, 2017; Boto et al., 2019; Seedat et al., 2023a). Despite these advantages, 

conventional MEG still has its drawbacks, as demonstrated in Chapter 2. 

Cryogenic MEG systems can be expensive, sensitive to subject motion and 

impractical in some cohorts. The requirement for thermal insulation limits sensor 

proximity and consequently sensitivity and spatial resolution.  

 

Previously, we outlined how OPM-MEG can overcome some of these 

hurdles, hence providing an enhanced platform for measuring beta dynamics. 

OPMs do not require cryogenics, and can therefore be placed closer to the head 

(improving signal strength and spatial specificity) (Boto et al., 2017, 2016; Hill 
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et al., 2024; Iivanainen et al., 2017). In addition, OPM-MEG systems are 

wearable – adapting to head shape (Corvilain et al., 2023; Hill et al., 2019; Rier 

et al., 2024) and allowing movement during a scan (Holmes et al., 2018a, 2019a, 

2023a). However, it is still a developing technology, predominantly showcased 

in technical demonstrations or comparisons with existing systems. There is 

relatively limited literature on employing OPM-MEG to address authentic 

neuroscientific challenges.  

 

One striking finding using conventional MEG was the modulation of 

sensorimotor beta oscillations with attention. For example, in an early study by 

Markus Bauer et al., 2006, a sensory stimulator was used (an array of 8 ‘pins’, 

each individually controllable) to apply spatially different ‘braille-like’ patterns 

to either the left or right index fingers. Participants were asked to attend to a 

specific hand (left or right) and to respond if they felt a pre-specified ‘target’ 

stimulus. The findings revealed that beta amplitude modulation varied 

depending on the attended hand; for instance, when participants focused on their 

left index finger, beta amplitude decreased in the right sensory cortex. The 

reverse was true when participants attended to their right hand. These 

modulations were subtle, but added significant weight to an argument that beta 

oscillations provide top-down inhibitory influence on primary cortices. In this 

chapter, we design a similar experiment, with two goals: First, we aim to show 

that these subtle beta modulations with attention are measurable using OPM-

MEG. Second, we aim to discover whether this attentional modulation in beta 

amplitude can be explained using the burst model of oscillatory dynamics. 

 

6.3 Methods 

 

6.3.1 Tactile attention paradigm 

 

All participants gave written informed consent to take part in the 

experiment, which was approved by the University of Nottingham Faculty of 

Health Science Research Ethics Committee. The scanning procedure was 

performed following relevant guidelines for OPM-MEG. Consent and 

authorisation for publication of Figure 6.2B were also obtained. The 

experimental paradigm (Markus Bauer et al., 2006) involved tactile stimulation 

of the subject’s index fingers using braille stimulators (Metec, Germany). Each 

stimulator houses 8 pins arranged in a 4x2 matrix; each pin is controlled 

individually by a piezoelectric crystal which places them either up (stimulating) 

or down (not stimulating) when a voltage is applied. To control the voltage, we 

used an in-house developed electronics unit comprising a shift register and DC 

converter. This receives serial commands sent from a computer and translates 

these to a desired pattern of up and down pins on the braille cells. In this way, it 

is possible to present any spatial pattern of pins to the subject. The braille cells 

were controlled using the PsychoPy library (Peirce et al., 2019). All code used 

to control the task is available on GitHub (github.com/GonReina). 

https://github.com/GonReina/Braille_paradigm.git
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Figure 6.1: Tactile attention task. A) Schematic diagram of the braille attention task for a single 

trial. B) The five different braille patterns used during the experiment: all patterns have 4 pins 

up (white dots) and 4 pins down (black dots). C) Wooden mount used to hold the braille 

stimulators and response buttons. The hand is placed such that the index finger is over the braille 

pins, and the blue button can be accessed by the thumb. 

 

 A schematic of the experiment is shown in Figure 6.1A. A single trial 

lasts 16 s. In the 1 s < t < 3 s time window, a target pattern is presented to both 

left and right index fingers. Following this, in the 4 s < t < 6 s window a visual 

cue (an arrow pointing either left or right) is shown on a screen; this directs the 

subject to the attended hand. 5 ‘probe stimuli’ are then applied pseudo-randomly 

to either the left or right fingers (the first at t = 7 s, and then at intervals of 1.1 s. 

Each stimulus lasts 260 ms). Participants were instructed to respond via a MEG 

compatible response box (Current designs Inc., Philadelphia, PA) by pressing a 

button with both thumbs (regardless of which hand the probe was felt on) if a 

probe stimulus matched the target pattern on the attended hand. To simplify the 

experiment, we limited ourselves to 5 spatial patterns, which are shown in Figure 

6.1B. The target pattern was picked at random at the start of each trial. The 

probability of the target pattern being presented on the attended hand was 10%. 

The cues indicating the attended hand were pseudorandomised, with half of the 

trials cueing the left hand and the other half, the right hand. The stimulators were 

held in place along with the response buttons by custom-made wooden supports 

(Figure 6.1C). Signals were sent from the computer controlling the braille 

stimulators to the OPM-MEG acquisition system to delineate the timing of each 

event in the paradigm (henceforth termed triggers). 80 trials were recorded, 

along with a rest trial every 10 trials, showing feedback to the participants on 

their performance. Performance was calculated by taking the number of correct 
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button presses as a fraction of the total number of presses. The total experimental 

length was 1408 s. 

 

6.3.2 OPM-MEG system overview 

 

All data were collected using an OPM-MEG system at the University of 

Nottingham (Boto et al., 2022; Rea et al., 2022; Rhodes et al., 2023) (see Figure 

6.2A for a schematic). Participants sat in front of the screen, at the centre of a 

magnetically shielded room (MuRoom, Magnetic Shields Ltd., Kent, UK) with 

their hands resting on the wooden supports (Figure 6.2B). The non-magnetic 

chair was placed at the isocentre of a set of bi-planar electromagnetic coils, 

which were used to control background magnetic fields (Cerca Magnetics Ltd., 

Nottingham, UK).  

 

As detailed in Chapter 3, MEG data were collected using an array of 3rd 

generation, triaxial, zero-field OPMs (QuSpin Inc. Louisville, CO, USA). These 

were mounted in 3D-printed helmets of varying size (Cerca Magnetics Ltd.) and 

gave approximate whole head coverage (Figure 6.2B). The sensor array was 

connected to a National Instruments (NI, Austin, Texas, USA) Data Acquisition 

Unit (DAQ) (NI-cDAQ-9179) which captured the signals from all channels, 

alongside the stimulus triggers, at a sample rate of 1,200 Hz with 16-bit 

precision. The OPMs were controlled by a single acquisition PC using serial 

commands via the (manufacturer provided) OPM control software; this was used 

to set up and calibrate the OPMs at the start of every recording. The same 

(acquisition) PC was also used to control the bi-planar coils to compensate 

background fields. A separate (stimulus) PC was used to control the 

experimental paradigm. Visual stimuli were presented via back-projection 

through a waveguide in the MSR and onto a screen located ~1 m in front of the 

subject. We used a ViewSonic PX748-4K projector. A system of 6 motion 

tracking cameras (OptiTrack Flex 13, NaturalPoint Inc., Corvallis, Oregon, 

USA) was also available to track motion of infra-red retroreflective markers, 

which were attached to the helmet. This allowed real-time head motion tracking. 

Following the techniques described in Chapter 5, background magnetic fields 

were compensated using bi-planar coils, informed by signals obtained with a 

second OPM array, comprising 4 dual axis OPMs (QuSpin, 1st generation) 

placed behind the subject. 
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Figure 6.2: OPM-MEG system. A) Schematic of the OPM-MEG system. Figure adapted from 

Hill et al., 2022. B) Photograph of a subject completing the task (consent and authorisation for 

publication was obtained). 

 

As a consequence of using a novel system, the setup changed over time, 

often being subject to maintenance, upgrades and alterations. This meant that 

some subjects were scanned with a different number of channels in the array. 

Initially, 9 subjects were scanned using a 132-channel array. A second set of 

scans, in 15 subjects (6 of whom had been scanned previously) was then 

performed using a 192-channel array. This yielded a total of 24 datasets from 18 

participants. Appendix I shows an investigation into the impact of the variation 

in channel counts on our analysis, which was found to be minimal in the brain 

regions of interest (somatosensory cortices). To avoid conflation of inter- and 

intra-subject variance, in our final analyses only one scan per subject (that with 

the higher channel count) was used.  

 

6.3.3 Background magnetic field control 

 

The magnetic field inside the MSR was controlled using a 3-step process, 

carried out for every scan. Firstly, the inner mu-metal walls of the MSR were 

demagnetised using a degaussing procedure as described in Section 5.2.5 

(Altarev et al., 2015), resulting in a drop in magnetic field magnitude from ~8 

nT to ~2 nT. Following this, dynamic field compensation was applied, using the 

reference array to measure change in background field over time and the bi-

planar coils to compensate for any measured drift. Once enabled, this ensured a 

temporally stable (but non-zero) background field. Finally, we employed the 

field mapping and compensation technique described in Section 5.3.2.3 to 

remove the remaining static field (Mellor et al., 2022; Rea et al., 2021a). Briefly, 

participants performed a series of head movements during which changes in 

magnetic field at the OPMs were recorded alongside synchronised head motion 

data. These data were then fitted to a spherical harmonic model of magnetic 

fields across the volume occupied by the helmet, to estimate the strength and 
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spatial variation of the field. An equal and opposite (DC) field was then 

generated by the bi-planar coils. This nulling process reduces remnant static 

background magnetic field to ~0.3 nT and ensures accurate data are recorded 

with minimal motion artefact (Rhodes et al., 2023).  

 

6.3.4 Co-registration 

 

MEG data can be mathematically modelled to create 3D volumetric 

images, showing moment-to-moment changes in brain electrophysiology. As 

established in Chapter 4, this process requires accurate knowledge of the OPM 

locations and orientations with respect to the brain anatomy. To achieve this, we 

used an optical technique (Hill et al., 2020; Zetter et al., 2019). Immediately prior 

to MEG data acquisition, two 3-dimensional optical scans of the subject’s head 

were acquired. In the first scan, the subject was asked to wear a swimming cap 

(to flatten their hair); this was used to get an approximation to head shape. In the 

second scan, the subject was scanned with the OPM-MEG helmet in position; 

this measured the location of the helmet relative to the face. In both cases data 

were obtained using either a Skanect (Occipital Inc., San Francisco, CA, USA) 

infrared structured light scanner (for the first set of 9 subjects) or a 3D structured 

light scan (Einscan H, SHINING 3D, Hangzhou, China) (for the second set of 

15 subjects). The resulting 3D meshes of the subject’s face/head were aligned 

with each other using Meshlab (Cignoni et al., 2008). The scan with the helmet 

was combined with knowledge of sensor geometry inside the helmet (from the 

helmet 3D-printing process) to delineate the sensor locations and orientations 

relative to the face and scalp. Finally, every subject had previously undergone a 

T1 weighted anatomical MRI scan (3T Phillips Ingenia; MPRAGE sequence; 1 

mm isotropic resolution). By extracting the scalp surface from the MRI and 

fitting it to the optical digitisation of the head, we enabled complete co-

registration of the sensor locations/orientations to brain anatomy.  

 

6.3.5 Data Pre-processing 

 

All datasets (including co-registration information) were organised 

according to the Brain Imaging Data Structure (BIDS) guidelines (Gorgolewski 

et al., 2016). Data pre-processing was carried out using a pipeline developed in-

house and implemented in MATLAB. First, power spectral density (PSD) 

measures for all channels were generated using Welch’s method (Gramfort et 

al., 2013; Welch, 1967). This approach involves dividing the recording into 

segments and then averaging adjusted periodograms of these segments. PSD 

results were inspected to ensure there were no major artifacts in the data. This 

led to the removal of two datasets: the first due to noisy signals caused by a 

power supply fault, and the second due to missing data caused by a problem with 

the acquisition software. This left a total of 22 usable datasets from 16 

participants. (Of the remaining subjects, 14 were right-handed; 8 identified as 

male, 8 female; the average subject age was 27.4 ± 3.2.) Bad channels were 
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visually identified by plotting both the channel time course and the PSD (using 

MNE-python (Gramfort et al., 2013)). Any channels with excess noise (above 

~16 fT/sqrt(Hz) in the 5-150 Hz range) or a PSD of zero were removed. 

Following this, data were segmented into trials. To eliminate bad trials, a 

standard deviation threshold was identified by combining data across all trials, 

calculating the mean and standard deviation, and then computing the standard 

deviation values for each trial individually. Any individual trial (including rest 

blocks) with a standard deviation value exceeding three times that of the 

combined data was removed. Following this, homogeneous field correction was 

performed to attenuate the effects of interference that manifests as spatially 

uniform magnetic field changes across the sensor array (as such uniform fields 

are unlikely to represent brain activity) (Tierney et al., 2021). 

 

6.3.6 Source space analysis 

 

For source space analysis, the brain was parcellated into 78 cortical 

regions, defined by the automated anatomical labelling (AAL) atlas (Tzourio-

Mazoyer et al., 2002). This was achieved by warping a template brain to each 

individual’s anatomy using FSL’s FLIRT tool (Jenkinson et al., 2002a; 

Jenkinson and Smith, 2001) and applying the same transform to the AAL atlas. 

First, source positions were located at the centre of mass of each AAL region. 

Using the spatial filtering technique previously described (Section 4.8), sensor 

signals were projected to these source locations via a linearly constrained 

minimum variance (LCMV) scalar beamformer (Van Veen et al., 1997). As 

described in Chapter 4, forward solutions were calculated based on a current 

dipole and a single shell volume conductor model (Guido Nolte, 2003) using 

Fieldtrip (Oostenveld et al., 2010).  Covariance matrices were computed 

separately for distinct frequency bands of interest, including broad-band (1-48 

Hz) and beta-band (13-30 Hz). These matrices were regularised using the 

Tikhonov method with a regularisation parameter equal to 5% of the maximum 

eigenvalue of the unregularized covariance matrix (Brookes et al., 2008). 

Beamformer reconstructions of the timecourse of electrophysiological activity 

(termed virtual electrodes) were constructed for each region, and separately in 

each frequency band. The result was both a broadband and beta band virtual 

electrode timecourse for each of the 78 brain regions, in each of the 16 subjects. 

 

6.3.6.1 Beta Envelopes 

 

For each brain region, we estimated instantaneous task induced contrast 

to noise ratio (CNR) in the beta band as a measure of change in beta amplitude. 

Beta filtered data from the whole experiment were Hilbert transformed to 

generate the analytic signal; the absolute value of this provided the ‘Hilbert 

envelope’ which shows the instantaneous oscillatory amplitude as a function of 

time. Following this, two separate analyses were carried out relative to both the 

16 second trials and the individual probe stimuli: 
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• Trials: Data were segmented into 16-s trials, which were split into two 

groups – attend left and attend right. Baseline mean and standard 

deviation were estimated based on the last 8 seconds of the interspersed 

rest trials (I.e. baseline was recorded in a window that started at least 15 

seconds after the last stimulus was presented). Envelope data for all trials 

were averaged within each group, baseline corrected (by subtracting the 

mean beta amplitude in the rest trials) and normalised (by dividing by the 

standard deviation of the rest trials). This resulted in an instantaneous 

CNR timecourse reflecting the change in beta envelope from baseline as 

a percentage of standard deviation of the baseline.  

• Probe stimuli: Data were also segmented into time windows from -180 

ms to +650 ms relative to the probe stimuli. There were 4 categories of 

probe: attend left stimulate left; attend left stimulate right; attend right 

stimulate left; attend right stimulate right). We averaged envelope signals 

for each type of probe stimulus and again baseline corrected and 

normalised (using the rest trials). We removed target stimuli (which only 

occur for attended stimuli) from the analysis, and this necessarily led to 

having more non-attended than attended trials. This difference was 

addressed by removing randomly selected probes to equalise the trial 

counts.   

All calculations were performed separately for every subject, and data were 

averaged across subjects for the final analyses. 

 

6.3.6.2 Burst analysis 

 

We used a univariate time delay embedded HMM, applied to the 1-48 

Hz virtual electrode data, to identify pan-spectral bursts. As discussed in Section 

4.11.2, this method has been described extensively in previous papers (Gascoyne 

et al., 2020; Rier et al., 2021; Seedat et al., 2023b, 2020); a more detailed 

mathematical description can also be found (Baker et al., 2014; Vidaurre et al., 

2018). Briefly, we took the virtual electrode time series and used the HMM to 

identify the occurrence of three “states” each depicting repeating patterns of 

activity with similar temporo-spectral signatures. The output was three 

timecourses representing the likelihood of each state being active as a function 

of time. These were binarized (using a threshold of 2/3) to provide a timecourse 

of state occurrence. Note that the Markovian property means that the likelihood 

of state occurrence is dependent only on the previous state; states are mutually 

exclusive and all time points in the virtual electrode timecourse must belong to 

one of the three states. The state whose timecourse correlated highest with the 

beta envelope was defined as the “burst state”. This approach to burst 

identification presents some advantages over more traditional approaches (which 

usually involve spectral filtering to the beta band and thresholding beta 

amplitude). First, it eliminates the underlying assumption that bursts are 

exclusively generated by the beta band. Moreover, the use of broadband-filtered 

data and time embedding enables characterisation of the spectral properties of 

the bursts. (For this, we used a state-wise multi-taper analysis method, developed 
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in existing work (Vidaurre et al., 2016)). Unfortunately, one subject was 

excluded from the analyses due to an inadequate fit by the HMM. 

 

The binarised burst timecourses were taken for each trial and, for each 

time point within a trial, we measured the statistical likelihood of burst 

occurrence. This was computed as the number of trials with a burst at that time 

point, divided by the total number of trials. Timecourses of burst probability 

were constructed for both trial types (attend left and attend right). In addition, 

we measured burst probability (in the same way) for the four probe types (attend 

left stimulate left; attend left stimulate right; attend right stimulate left; attend 

right stimulate right). 

 

6.3.7 Statistical analyses 

 

Our primary hypothesis was that, using OPM-MEG, we would observe 

attentional modulation of beta amplitude. To this end, we undertook three sets 

of statistical analyses. 

1) Beta modulation by attentional cue: We averaged beta amplitude 

across the time window when the attentional cue was presented (i.e. 4 s 

< t < 6 s relative to trial start). We then conducted two statistical tests. 

First, looking in left sensory cortex (where we expect the largest activity 

for right-hand stimulation), we contrasted right-cued (attended) versus 

left-cued (non-attended) trials. We predicted lower beta amplitude 

following an attended cue. Second, looking in right sensory cortex 

(largest activity for left-hand stimulation) we again contrasted right-cued 

(non-attended) versus left-cued (attended) trials, predicting lower beta 

amplitude following an attended cue. In all cases, beta amplitudes were 

averaged over trials for each subject, and statistical significance was 

assessed across subjects using a non-parametric Wilcoxon sign-rank test. 

2) Beta modulation during probe stimuli. Beta amplitude was averaged 

in the 0 ms < t < 260 ms window relative to the presentation of probe 

stimuli.  (All target stimuli, or stimuli where a button was incorrectly 

pressed, were excluded from these analyses to remove confounds of the 

button press and the number of attended/non-attended stimuli were 

equalised as detailed above.) We conducted two statistical tests. First, we 

looked in left sensory cortex following probe stimuli presented to the 

right hand, and contrasted beta amplitude when subjects were attending 

to their left (non-attended) or right (attended) hand. We expected smaller 

beta amplitude when the right hand was attended. Second, we looked in 

right sensory cortex following a left-handed probe and again contrasted 

beta amplitude with attention. Here, we expected smaller beta amplitude 

when the lefthand was attended. Significance was assessed using a 

Wilcoxon sign-rank test. 
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In total, for the above analyses we conducted 4 statistical tests. Multiple 

comparisons were controlled using the Benjamini-Hochberg method and we set 

the false discovery rate to 5%.  

 

Our second hypothesis was that any measurable effect of attention on 

beta amplitude would be mirrored by a change in the dynamics of pan-spectral 

bursts. To test this, we conducted the same tests as those described above, but 

using burst probability timecourses derived using the HMM (rather than beta 

envelope). This allowed us to test whether there were significant changes in burst 

probability with attentional shift. However, a change in burst probability could 

be driven by either an increase in the number of bursts per unit time (burst count) 

or by a change in burst duration. Similarly, a change in beta envelope could result 

from altered burst count, duration, or amplitude. We therefore derived three 

additional burst-related metrics: 

1) Burst count: The number of bursts occurring within a time window. 

Note, bursts were only counted if they were fully encapsulated (i.e. 

started and ended) within the window of interest. 

2) Burst duration: Defined as the length of time (for a single burst) that 

the binary time series delineating the burst state was set to 1 by the HMM 

binarization. 

3) Burst amplitude: We took the 1-48 Hz timeseries (on which the HMM 

was based), computed the Hilbert envelope (as above) and found the 

maximum amplitude during each burst. 

These three measurements were made on all bursts occurring during presentation 

of the attentional cues (4 s < t < 6 s relative to trial start) and during the window 

around probe stimuli (0 s < t < 1.1 s relative to the probe onset). In the former 

case we contrasted left and right attentional cues and measured the difference in 

count, amplitude and duration. In the latter case we contrasted attended and non-

attended probes (and measured the same differences). In all cases, measures were 

derived in left and right somatosensory cortices independently and statistical 

significance was assessed using a Wilcoxon sign-rank test. This resulted in 12 

separate statistical tests (3 metrics x 2 windows x 2 brain regions). Multiple 

comparisons were again controlled using the Benjamini-Hochberg method.  

 

6.4 Results 

 

In general subjects found the task difficult. The overall accuracy (defined 

as the number of correct button responses (i.e. button presses following a target) 

divided by the total number of times a subject made a button press) was 51.25 ± 

20.51 % (mean ± standard deviation over all subjects). Accuracy was also 

calculated independently for left-cued and right cued trials, but we found no 

significant difference between them. Accuracy was also measured in the first 
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third, and last third of trials, to test for a learning effect, however we again found 

no significant difference. 

 

6.4.1 Beta band amplitude modulates with attention 

 

Figure 6.3A shows the spatial signature of instantaneous beta band 

envelope (CNR), at a time point ~300 ms following presentation of a probe 

stimulus. (This is the median time at which CNR showed the largest difference 

from baseline across all conditions). The left and right sub-panels show 

stimulation to the left and right hands, respectively. The upper- and lower-sub-

panels show attended and non-attended stimuli. As expected, the postcentral gyri 

(primary sensory cortices) exhibited the highest CNR, with left hemisphere 

dominant for probes presented to the right hand, and vice versa. There were no 

measurable spatial differences (at the scale of the AAL brain parcellation) for 

attended and non-attended stimuli.  

 

Figure 6.3B shows beta envelope timecourses throughout a trial. The 

upper plot shows the envelope for the left somatosensory cortex and the lower 

plot shows the equivalent for the right somatosensory cortex. In both cases, the 

orange trace shows right-cued trials and the purple trace shows left-cued trials. 

The shaded areas depict standard error on the mean across subjects. The data 

show clearly that sensory stimulation produced a marked drop (of around 100 

%) in beta amplitude relative to baseline, as expected; this is clear for both the 

target stimulus (shown by the purple shaded area) and probe stimuli (shown by 

the green shaded areas). Throughout the start of a trial, the presentation of the 

target stimuli, and towards the end of the trial, beta envelopes for left- and right-

cued trials are very similar (no effect of attention). However immediately 

following presentation of the attentional cue, and during the probe stimuli, they 

appear to diverge.  

 

Statistical analysis showed that for both hemispheres, there was a 

significant difference following presentation of the attentional cue (the 4 s to 6 s 

window) suggesting beta envelope modulation by attention. Specifically, in left 

sensory cortex, right cued trials (i.e. attention directed to the relevant hand) 

resulted in significantly lower beta envelope following the cue (p = 0.0053*; 

Wilcoxon sign-rank test - * indicates the effect remains significant following 

multiple comparison correction)). Similarly, in right sensory cortex, left cued 

trials resulted in significantly lower beta amplitude (p = 0.00006*; Wilcoxon 

sign-rank test). This confirms the hypothesis that, using OPM-MEG, we were 

able to measure attentional modulation of beta amplitude – similar to that 

detected previously in conventional MEG (Markus Bauer et al., 2006).  
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A more in-depth analysis on the attentional cue (which was not part of 

our initial hypothesis) also showed that, in the 4-6 s time window, in the left 

sensory cortex with a left cue, beta amplitude wasn’t significantly different to 

baseline (i.e. not shifted from zero in the plot) (p = 0.72; Wilcoxon Sign rank 

test) whereas with a right cue the beta amplitude decreased from baseline (p = 

0.0067; Wilcoxon Sign rank test). Similarly in the right hemisphere, with a right 

cue beta amplitude wasn’t significantly different to baseline (p = 0.60; Wilcoxon 

Sign rank test) whereas with a left cue the beta amplitude decreased from 

baseline (p = 0.0067; Wilcoxon Sign rank test). In other words, even in the 

absence of tactile stimulation a sensory cue produces a significant drop in beta 

amplitude in sensory cortex, if the cue points to the contralateral hand; a cue to 

the ipsilateral hand produces no significant effect. 

 

Figure 6.3C shows the beta envelope following probe stimuli. The left-

hand plot shows data for the left somatosensory cortex and the right-hand plot 

shows the right somatosensory cortex. In both cases, the orange trace shows 

attended and the purple trace non-attended stimuli; again, the shaded area 

represents standard error over subjects. The beta amplitude during presentation 

of attended stimuli is generally lower throughout the whole window (0 s to + 

1.1s relative to the probe presentation; p = 0.018* in left sensory cortex and p = 

0.0215* in right sensory cortex). Post hoc analysis of separate time windows 

during and after stimulation showed that beta envelopes have approximately the 

same amplitude during stimulation (0 ms to 260 ms; p = 0.49 for left sensory 

cortex p = 0.022 for right sensory cortex). With a significant decrease in 

amplitude for attended cases in a time window following stimulus offset – 

though this was only in the left sensory cortex (260 ms to 840 ms; p = 0.0084). 
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Figure 6.3: Beta CNR changes with attention: A) Colourmaps show beta CNR measured 300 

ms after the onset of the probe stimulus. This point in time was selected as the largest deflection 

in the beta envelope from baseline on average between conditions in the somatosensory cortices. 

The top left panel show attend left, left hand probe; top right panel is attend right, right hand 

probe; bottom left panel is attend right, left hand probe and bottom right panel is attend left, 

right hand probe. B) Beta CNR timecourses for the 16 second trial. Panel i shows left 

somatosensory cortex; panel ii shows right somatosensory cortex. In both cases orange and 
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purple trace show trial averaged beta CNR for right and left cued trials, respectively. The shaded 

areas show standard error on the mean across subjects. C) Beta CNR timecourses following 

presentation of a probe stimulus. i) Left Somatosensory cortex. ii) Right somatosensory cortex. 

Here the orange and purple timecourses represent attended and non-attended probes.  

 

6.4.2 Pan-spectral burst probability modulates with attention 

 

 

Figure 6.4: Pan spectral bursts during the task: A) Raster plots showing the binary timecourse 

of the burst state for all trials. Trials are concatenated in the y-axis. The x-axis represents time. 

White indicates presence of a burst, whereas black delineates the absence of a burst. Left panel 

shows the left somatosensory cortex, and right panel shows the right. B) Power spectral density 

plots for the three HMM states; the blue trace shows the burst state. Again, left and right panels 

respectively correspond to the left and right somatosensory cortices. 
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Figure 6.4A shows a raster-plot of burst occurrence in individual 

experimental trials. Panel i shows data for left sensory cortex, and panel ii shows 

right sensory cortex. In both cases, white indicates occurrence of a burst; black 

the absence of a burst. All trials for all subjects are concatenated in the y-axis. 

The onset of the target pattern, attentional cue and probe stimuli are shown with 

the dashed vertical lines; dashed horizontal lines delineate subjects. Note that the 

task structure can be seen clearly in these single trial data, with bursts less likely 

following sensory stimulation (both the target and the probes). It is also 

noteworthy that the burst structure changes markedly between subjects. Figure 

6.4B shows power spectral density for each of the three states found by the 

HMM. Left and right somatosensory cortices are shown in the left and right plots 

respectively, and in both cases the burst state is shown in blue. Notice the pan-

spectral nature of the bursts, with components not only in beta band but also at 

lower frequencies. 
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Figure 6.5: Modulation of pan-spectral burst probabilities by the task: A) Burst probability for 

the whole trial. Panel i shows left somatosensory cortex; panel ii shows right somatosensory 

cortex. The orange and purple traces show burst probability for right and left cued trials, 

respectively. The shaded areas show standard error across subjects. B) Burst probability 

following presentation of a probe stimulus. i) Right Somatosensory cortex. ii) Left somatosensory 

cortex. Here the orange and purple timecourses represent attended and unattended probes. 

 

Figure 6.5 shows how the probability of bursts modulates throughout the 

task. Changes in burst probability during whole trials are shown in Figure 6.5A. 

The upper plot shows left somatosensory cortex, and the lower plot shows the 

right somatosensory cortex. The orange traces show right-cued trials, and the 

purple traces show left-cued trials. Sensory stimulation produced a drop (of ~20 

%) in burst probability. Throughout the start of a trial and the presentation of the 
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target stimuli, burst probability for left- and right-cued trials is similar in both 

hemispheres, but the two diverge following presentation of the attentional cue. 

Specifically, there was a significant difference between left and right cue in the 

4 s to 6 s time window: (in left hemisphere; p = 0.0083*; in right hemisphere p 

= 0.0006*). Figure 6.5B shows burst probability following probe stimuli. The 

left and right plots show results for the left and right somatosensory cortices 

respectively; for both, orange shows attended and purple non-attended stimuli. 

In both hemispheres, post-stimulus burst probability was slightly higher in the 

non-attended case, but this only reached significance in the right hemisphere 

(time window 260 ms to 840 ms; p = 0.0181*). 

 

 

Figure 6.6: Burst statistics: The left, centre and right column show measurements of attentional 

differences in burst count, burst amplitude, and burst duration, respectively. In all cases, the top 

plot A) shows the difference between left and right attentional cues (bursts in the o s to 2 s 

window relative to the onset of an attentional cue). The bottom plot B) shows attended and non-

attended probes (bursts in the 260 ms to 840 ms window relative to presentation of a probe). In 

all cases, data for the left (blue) and right (red) hemispheres are shown. Measurements show a 

significant effect of attention if they differ significantly from zero (** denotes significance 

following multiple comparison correction; * denotes a p-value < 0.05 uncorrected). 

 

Finally, Figure 6.6 shows how burst count, amplitude and duration are 

modulated by attention. In the top row, we plot the difference between left and 

right attentional cues in the 0 s to 2 s window following cue onset. Note that in 

the plots, a “meaningful” attentional effect occurs for a pattern of results that 

differs significantly from zero. In right sensory cortex, burst count was 

significantly higher following a right (non-attended) cue compared to a left 

(attended) cue (p = 0.0007). There was also a trend towards a longer burst length 

(p = 0.048) during the cue, though this didn’t survive multiple comparison 

correction. In left sensory cortex there was a trend showing higher burst count 

following a left (non-attended) compared to right (attended) cue (p = 0.04). 

There were also trends towards higher burst amplitude (p = 0.025) and longer 
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duration (p = 0.012) following non-attended cues. However, none of these 

effects were significant following multiple comparison correction. In the time 

windows around the probe stimuli we saw no significant effects.  

   

6.5 Discussion 

 

As outlined in the third chapter, OPM-MEG has significant potential as 

a research and clinical tool. It offers a possible replacement for conventional 

MEG and an alternative to EEG – particularly in applications where high spatial 

specificity is important. Nevertheless, OPM-MEG remains new technology and 

its future adoption relies critically on demonstrations of utility within an array 

of neuroscientific and clinical use cases. Here, we have shown that OPM-MEG 

can be used to detect modulation of beta oscillations with changing attention. In 

our study, the sensory stimulus itself generated a ~100 % dip in beta band 

amplitude post-stimulation (measured as a signal change relative to baseline 

standard deviation). This is typical of the types of signals that have been 

measured in OPM-MEG demonstrations to date, which most often comprise 

either evoked responses (Alem et al., 2023; Boto et al., 2017) or induced 

oscillatory modulation (Boto et al., 2018; Rea et al., 2022) elicited by simple 

paradigms. Here, the attentional modulation of the beta signal induced a ~20 % 

change during the attentional cue window, for the left and right somatosensory 

cortices respectively (See Figure 6.3). The fact that this relatively subtle 

modulation, which has been observed previously using conventional MEG 

measurements (Markus Bauer et al., 2006), can be reliably measured provides 

evidence of the high-fidelity MEG metrics that are now afforded by OPM-MEG 

systems. 

 

The scanner design itself warrants discussion. We employed triaxial 

OPM sensors (Shah et al., 2020) in an array design that has been well 

characterised by previous papers (Boto et al., 2022; Brookes et al., 2021; Rea et 

al., 2022; Rhodes et al., 2023). This design has significant advantages (over 

single or dual-axis OPM variants (Hill et al., 2020)) including better 

differentiation between signals originating inside and outside the brain (Brookes 

et al., 2021; Tierney et al., 2021), more homogeneous coverage of the cortex 

(Boto et al., 2022) and larger overall signal capture (Hill et al., 2024). However 

it does come at the cost of a slightly higher sensor noise floor (Boto et al., 2022). 

In addition, we employed  background field control (Rea et al., 2021a; Rhodes 

et al., 2023) based on bi-planar coil technology, as described in Chapter 5 

(Holmes et al., 2018a, 2019a). This enabled viable OPM operation in the 

presence of subject movement. Consequently, our subjects were not constrained 

to a helmet as would be the case for conventional MEG or some nascent OPM 

systems. However, a limitation in this study was that the experimental nature of 

the system meant that not all sensors were available for every scan, and 

consequently the channel count was different for different subjects. To mitigate 

this, we always tried to populate the sensor slots in the helmet to provide good 

coverage of the sensorimotor cortices, minimising the impact of sensor counts 
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changes. In addition, because we contrasted conditions within the same 

experiment (rather than conditions between subject groups) the effect of 

changing sensor count between subjects should be minimised (see Appendix I: 

Array formation variations). Nevertheless, in a subset of subjects, coverage was 

compromised, and this would make some types of analysis (e.g. whole-brain 

connectivity) challenging.  

 

From a neuroscientific point of view, the observation of decreased beta 

amplitude during the presentation of attended stimuli supports the idea that the 

beta rhythm carries a top-down influence which helps to inhibit primary cortical 

areas. Interestingly, the most pronounced effects were during the attentional cue 

– i.e. in a window where no direct sensory stimulation was taking place. In this 

window, a cue directing attention to the ipsilateral hand caused no significant 

change in beta amplitude from baseline. However, a cue directing attention to 

the contralateral hand saw a significant drop in beta amplitude, making it 

tempting to speculate that role of this drop is to release top-down inhibition and 

enhancing excitability. In addition to the attentional cue, beta band amplitude 

was also significantly diminished during presentation of attended compared to 

non-attended stimuli – an effect most prominent before and after, but not actually 

during tactile stimulation (where it is likely masked by the sensory response 

itself).  

 

Our analyses also suggest that the observed beta effects are (at least in 

part) driven by pan spectral bursts, which occur across a relatively large 

frequency range, though contain a prominent beta component (see Figure 6.4B). 

Our time-delay-embedded HMM detects repeating patterns of broadband (1-48 

Hz) electrophysiological activity with a similar spectro-temporal profile 

(Vidaurre et al., 2016). This – when applied to univariate MEG data – has been 

shown to effectively delineate bursts (Seedat et al., 2023b, 2020). Bursts are 

known to have a high beta amplitude, and with this in mind, the fact that bursts 

are less likely during periods of lower beta amplitude is hardly surprising. 

However, what is noteworthy is that a period of high beta could result from 

higher burst amplitude, increased duration, or a higher likelihood of bursts 

occurring (with the same amplitude and duration). Here our primary burst 

analyses (Figure 6.5) shows that it is possible to recreate the beta effect by only 

taking into account burst probability (which is independent of amplitude). Why 

this should be the case is unclear, though it is tempting to speculate that bursts 

are formed with a pre-specified amplitude (controlled by the number of 

synchronised cells in a network), and top down influence is mediated by 

modulating the number of these bursts. However, why bursting should provide 

an efficient means to inhibit cortical networks remains unknown and should be 

the topic of further study. 

 

The current study has some limitations which should be mentioned. 

Firstly, to avoid confounds of a button press we had to eliminate from our final 
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analyses both the target probe stimuli, and stimuli where subjects incorrectly 

pressed a button. This meant in imbalance in attended and unattended probe 

stimuli and for our final analysis we had to remove (randomly) a selection of 

non-attended stimuli. This meant that a proportion of the data were lost in our 

analysis. A second limitation of the study design relates to the task timing. The 

beta response to somatosensory stimulation is traditionally characterised by a 

drop in beta amplitude during stimulation followed by a rebound (above 

baseline) on stimulus cessation (Pfurtscheller and Lopes da Silva, 1999). A good 

deal of evidence suggests that these two responses (at least following movement) 

have different neural generators – e.g. with localisations typically placing the 

rebound anterior in the brain compared to the beta decrease. It would be 

informative to know how attention modulates both the decrease and rebound 

independently, however here we only probed beta decrease relative to the resting 

blocks and the probe stimuli were presented so rapidly that the rebound was 

never allowed to evolve. Future studies should take this into account. Finally, 

here we used an HMM to identify bursting; this differs from the traditionally 

used methods which involve frequency filtering to the beta band, computation 

of the instantaneous beta envelope, and thresholding to find period of high 

amplitude. In principle the HMM provides a more principled approach, since the 

burst count, and burst durations are not defined by an arbitrary threshold applied 

to the envelope. Nevertheless, the HMM burst identification is affected by e.g. 

the mutual exclusivity and Markovian properties inherent to the model, and this 

should be considered when placing the present finding in the context of the 

current literature on bursts.  

 

6.6 Conclusion 

 

Using OPM-MEG we have successfully measured attentional 

modulation of beta oscillations in somatosensory cortex.  We found significantly 

decreased beta amplitude during presentation of attended compared to non-

attended stimuli. This is in agreement with previous findings from conventional-

MEG and supports the notion that beta oscillations mediate top-down inhibition. 

Moreover, our analyses showed that attention has a similar effect on the 

occurrence of pan-spectral bursts; specifically, we measured significant 

reduction in the probability of burst occurrence, and the number of bursts per 

unit time, for attended compared to non-attended stimuli. In sum, our results 

provide evidence that attentional modulation of beta oscillations is driven by 

changes in pan-spectral burst occurrence and add weight to the argument that 

OPM-MEG could become the technique of choice for non-invasive 

electrophysiological measurements. 

 

 

 

 



 

156 

 

Chapter 7 Enabling ambulatory movement 

in wearable magnetoencephalography with 

matrix coil active magnetic shielding 

 

7.1 Abstract 

 

The ability to collect high-quality neuroimaging data during ambulatory 

participant movement would enable a wealth of neuroscientific paradigms. 

While the previous chapter demonstrated the sensitivity of OPM-MEG by 

measuring subtle attentional effects, this chapter aims to expand its broader 

capabilities. Harnessing the potential of OPM-MEG to allow participant 

movement could enable novel neuroscience experiments. However, as detailed 

in Chapter 3, the strict zero magnetic field requirement of OPMs means that 

systems must be operated inside a MSR and also require active shielding using 

electromagnetic coils to cancel residual fields and field changes (due to external 

sources and sensor movements) that would otherwise prevent accurate neuronal 

source reconstructions. In Chapter 5, we discussed how existing active shielding 

systems only compensate fields over small, fixed regions and do not allow 

ambulatory movement. Here we describe the matrix coil, a new type of active 

shielding system for OPM-MEG which is formed from 48 square unit coils 

arranged on two planes which can compensate magnetic fields in regions that 

can be flexibly placed between the planes. Through the integration of optical 

tracking with OPM data acquisition, field changes induced by participant 

movement are cancelled with low latency (25 ms). High-quality MEG source 

data were collected despite the presence of large (65 cm translations and 270° 

rotations) ambulatory participant movements. My contributions to this work 

include study conceptualisation, development and testing of methods to calibrate 

the multi-coil system, and data acquisition and processing for the phantom 

experiments. This was critical enabling work for the material in Chapter 8. 

 

7.2 Introduction 

 

Characterisation of the neural correlates of walking, gait and balance in 

conditions such as Parkinson’s disease (Morris et al., 2001), stroke (Den Otter 

et al., 2005) and concussion (Guskiewicz et al., 2001) could be used to provide 

significant insight into diagnosis, stratification and prognosis. Indeed, access to 

non-invasive assessment of brain function during ambulatory movement would 

open up a wealth of interesting neuroscientific paradigms. Consistent with the 

arguments presented in Chapter 1, the available functional neuroimaging 

technology places significant limitations on experimental design and data 

quality. For example, fMRI requires participants to be enclosed in the scanner 

bore and remain motionless. Whilst EEG has excellent temporal resolution (~1 

ms) and forms a wearable technology, enabling ambulatory movement studies 
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using treadmills ramps and stairs (Brantley et al., 2018; Wagner et al., 2019), it 

suffers from poor spatial resolution (~2 cm) (Baillet, 2017) and a high sensitivity 

to muscle artefacts during movement (Boto et al., 2019; Muthukumaraswamy, 

2013). Functional near infrared spectroscopy (fNIRS) is similarly deployable, 

but (like fMRI) provides measurements of haemodynamic changes that are 

indirect reflections of brain function, and which have relatively poor spatial and 

temporal resolution. A robust, accurate, electrophysiological, measure of brain 

function during ambulatory movement would be a powerful platform for 

neuroscientific studies. 

 

As seen in Chapter 3, OPM-MEG allows for the design of sensor arrays 

that can be adapted to the application of interest and crucially can move with the 

participant (Boto et al., 2018; Hill et al., 2020). It is the mobility of the sensor 

array that introduces the need for active shielding solutions. Recalling from 

Chapter 3, changes in sensor gain can adversely affect the quality of source 

modelling, both in terms of the fidelity of reconstructed time-courses of neural 

activity and the localisation of sources within the brain (Borna et al., 2022; 

Nugent et al., 2022). The saturation of the OPMs may be induced by drifts in the 

background field or the movement of the sensor array in a non-zero magnetic 

field (Hill et al., 2020, 2022; Holmes et al., 2019a; Iivanainen et al., 2019a). As 

detailed in Chapter 5, electromagnetic coils can be used to ‘actively’ shield 

equipment by generating a field which is equal and opposite to the field in the 

MSR.  

 

Active shielding solutions have proven crucial for catalysing the 

development of OPM-MEG systems (Borna et al., 2020a; Holmes et al., 2018b, 

2019b; Iivanainen et al., 2019b; Marhl et al., 2022; Rea et al., 2021b; Zhang et 

al., 2020). The bi-planar coil system described in Section 5.3.2 allowed seated 

participants to make small head movements during a scan, and enabled the 

acquisition of the first motion-tolerant MEG recordings with a wearable system 

(Boto et al., 2018). Additionally, precision modelling of the remnant field 

allowed the field to be further reduced to just 290 pT in a high performance MSR 

(Rea et al., 2021a). Other recent work has focused on improving the uniformity 

of field variations produced by coils operating inside magnetic shields by 

incorporating field distortions due to coils interacting with MuMetal (Kutschka 

et al., 2021; Packer et al., 2020; Zetter et al., 2020). However, although powerful, 

current active shielding technology does not allow measurement of brain activity 

during ambulatory movements.  

 

Multi-coil systems utilise a series of individual ‘unit coils’ with a simple 

geometry, e.g. circular or rectangular windings (Borna et al., 2017; Juchem et 

al., 2011a; Packer et al., 2022). Coil currents are calculated based on knowledge 

of the magnetic field pattern generated by each coil in the system, such that the 

vector sum of the various fields form a magnetic field with a desired strength 

and spatial variation. Multi-coil systems can be considered to effectively ‘re-
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design’ themselves, offering flexibility in application. Such systems have been 

used successfully in magnetic resonance imaging to shim regions that experience 

local field variations (Juchem et al., 2011b, 2010) as well as in the operation, 

localisation, and calibration of OPM arrays (Borna et al., 2020b; Iivanainen et 

al., 2022) and in the development of lightweight MSRs for OPM-MEG with a 

large, fixed, volume of low remnant field (Holmes et al., 2022). 

 

 Here, a ‘matrix coil’ system is described, which is a reconfigurable multi-

coil active shielding system comprising 48 square unit coils that continually 

recalibrates itself to compensate the magnetic field changes experienced by a 

sensor array that is freely moving. By combining an array of OPMs mounted in 

a 3D-printed helmet with optical tracking, the efficiency of each unit coil can be 

rapidly evaluated for the instantaneous sensor positions. Coil currents which best 

compensate the measured field changes experienced by the array are calculated 

and applied with low latency (25 ms). The matrix coil therefore potentially forms 

a basis for enabling ambulatory movement in OPM-MEG recordings. In this 

chapter, we first outline the mathematical framework used for matrix coil 

operation and describe the development of our system. We then detail four 

demonstrations of the system involving operation: (1) with a stationary array of 

OPMs; (2) as a seated participant makes small head movements; (3) in a phantom 

study to assess the effects on the system on source reconstruction accuracy and 

(4) during a MEG recording from an ambulatory participant.  

 

7.3 Theory 

 

The concepts involved in the calibration and subsequent nulling employed 

with the matrix coil system are equivalent to those covered in Section 5.3.2.3 of 

the magnetic shielding chapter. The field in the target volume can be described 

by the matrix equation 

   

 Δ𝒃(𝑡) = 𝑩𝑚𝑎𝑡(𝑡)𝜷(𝑡), [7.1] 

   

where the vector Δ𝒃(𝑡) contains the change (relative to the measurement at time 

𝑡 = 0) in field measured by 𝑁 sensors at time 𝑡, it is a column vector of 𝑁 rows. 

Again, the design matrix 𝑩𝑚𝑎𝑡(𝑡) contains a model of the field or field gradient 

strength per unit of coefficient at each sensor. Therefore, obtaining a model of 

the background field requires solving equation 7.1, which can be done by 

evaluating 

   

 𝜷 = 𝑩𝑚𝑎𝑡
† Δ𝒃. [7.2] 
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In this case, the measured field Δ𝒃(𝑡) can be fit to a low-order spherical 

harmonic model. The model is comprised of three uniform field components: 

   

 𝛽1𝒙̂, {𝐵𝑥}

𝛽2𝒚̂, {𝐵𝑦}

𝛽3𝒛̂, {𝐵𝑧}

, [7.3] 

   

and five magnetic field gradient components: 

   

 
𝛽4(𝑦𝒙̂ + 𝑥𝒚̂), {

𝑑𝐵𝑥

𝑑𝑦
=

𝑑𝐵𝑦

𝑑𝑥
}

𝛽5(𝑧𝒙̂ + 𝑥𝒛̂), {
𝑑𝐵𝑥

𝑑𝑧
=

𝑑𝐵𝑧

𝑑𝑥
}

𝛽6(𝑧𝒚̂ + 𝑦𝒛̂), {
𝑑𝐵𝑦

𝑑𝑧
=

𝑑𝐵𝑧

𝑑𝑦
}

𝛽7(−𝑥𝒙̂ − 𝑦𝒚̂ + 2𝑧𝒛̂), {2
𝑑𝐵𝑧

𝑑𝑧
= −

𝑑𝐵𝑥

𝑑𝑥
−

𝑑𝐵𝑦

𝑑𝑦
}

𝛽8(𝑥𝒙̂ − 𝑦𝒚̂), {
𝑑𝐵𝑥

𝑑𝑥
= −

𝑑𝐵𝑦

𝑑𝑦
}

. [7.4] 

   

where the coefficient, 𝛽𝑛, describes the strength of the nth component (see Rea 

et al., 2021a, and Mellor et al., 2022, for further details). 

 

Now consider a series of 𝑀 electromagnetic unit coils sited in the volume 

surrounding the sensors, each with an individual current 𝑖𝑚 contained in the (𝑀 

rows x 1 column) vector 𝒊. If we define 𝑭 as a (8 rows x 𝑀 columns) matrix 

which describes the strength of each coefficient in the field model generated by 

a unit current applied to each coil (Rea et al., 2021a), then the total amplitude of 

each component generated by a set of coil currents is 

   

 𝑭𝒊 = 𝜷. [7.5] 

   

The coil currents required to cancel (negative sign) the model coefficients 𝜷 

found in equation 7.2 can be obtained by identifying the pseudo inverse matrix 

𝑭+ and evaluating 

   

 𝒊 = −𝑭+𝜷. [7.6] 
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By combining Eq. 7.6, 7.1 and 7.2, the coil currents which best compensate the 

uniform field and field gradient components of ∆𝒃(𝑡) are given as  

   

 𝒊 = −𝑭+𝑩𝑚𝑎𝑡
† ∆𝒃(𝑡). [7.7] 

   

The quality of the solution (i.e. how well the produced field compares to the 

target field) will depend on the complexity of the target magnetic field pattern, 

the geometry of the matrix coil array, the size, shape, and number of unit coils 

in the array and the proximity of the OPMs to the edge of the volume enclosed 

by the coil set. The required coil currents may become physically unrealisable 

as field complexity increases; a constrained solver could be implemented to 

mitigate this issue, but the produced field pattern may then not be accurate 

enough for high-quality shielding. 

 

7.4 Methods 

 

7.4.1 Coil design 

 

 We used a system of 48, 38.5-cm square, coils mounted on two 1.6 x 1.6 

m2 planes separated by 1.7 m as shown in Figure 7.1a. Each plane contained 24 

coils arranged as a 4 x 4 grid that filled each plane, along with an overlapping 3 

x 3 grid (excluding the central coil) offset by half the grid spacing. The 

overlapping grid helps to provide regions of opposing current flow that are 

required to generate magnetic fields along all three Cartesian axes, despite the 

coil windings being constrained to a single plane. This design mimics the bi-

planar coils described in previous works (Holmes et al., 2019a, 2018a), allowing 

the generation of coil current distributions which approximate the distributed 

windings as shown in Figure 7.1c-d. The system was constructed using two 

wooden boards, a photograph of one plane of the completed system is shown in 

Figure 7.1b. Plastic plates with wire guides were attached to the corners where 

each coil was to be mounted to aid winding. Each unit coil was wound by hand, 

using 10 turns of 0.56 mm diameter enamelled copper wire (unit coil resistance 

~2 Ω, unit coil inductance ~160 μH, coil mutual inductance is maximum between 

adjacent elements and is <10 μH). Each unit coil was connected to a series of 

terminal blocks at the base of the large boards by twisted pair windings. When 

positioned inside the MSR, the terminal blocks were connected to a series of 

multi-core cables which exited the MSR to be connected to the driving 

electronics. 

 

7.4.2 Driving electronics 
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 The low-noise coil drivers were constructed in house. The drivers 

consisted of 12, 4-channel, amplifier boards each operated in voltage feedback 

mode. Each amplifier channel uses LM324A op-amps (Texas Instruments, 

Texas, USA) with a 220 Ω resistor added in series to limit current outputs to ±45 

mA per channel from ±10 V input voltage (the series resistor reduces magnetic 

field fluctuations induced by voltage noise from the DACs). Voltage inputs to 

the drivers were provided by three National Instruments (NI, Texas, USA) NI-

9264 16-bit, ±10 V, 16-channel, digital to analogue converter (DAC) cards 

mounted in a NI-cDAQ-9174 data acquisition (DAQ) chassis interfaced with the 

NI-DAQmx package in MATLAB (MathWorks Inc., Natick, MA, USA). 
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Figure 7.1: The matrix coil active magnetic shielding system. (a) System is arranged in a bi-

planar geometry and each plane contains 24 square coils arranged in an overlapping grid 

pattern. The blue and red colours highlight the 4 x 4 grid of coils and the overlapping 3 x 3 

(excluding the central coil) set of coils. The black dots represent the positions of OPM sensors 

in a 3D printed helmet placed at the centre of the coils. (b) Photograph of a single plane of the 

constructed coil system. c) the distributed windings of one plane of a bi-planar coil designed to 

generate a uniform magnetic field in the x-direction (see (a)) over a 40 x 40 x 40 cm3 volume at 

the centre of the two planes with deviation <5% from the target magnetic field. Such designs 

have been used in previous OPM-MEG experiments. Red and blue denote regions of opposing 

current flow. The second plane (not shown) features the same windings, but the current 

directions are reversed with respect to the first plane. (d) The currents applied to one plane of 

the matrix coil to generate the same field as the coil shown in (c), note the similarity between the 

two designs in terms of current distribution and direction of current flow. The current directions 

in the second plane are again reversed. 

 

7.4.3 OPMs and helmet 

 

 We employed the same system as the one described in the previous 

chapter. Again, this includes an array of QuSpin’s zero field OPMs (3rd 

generation, triaxial variant). The array was housed in a MSR with 4 layers of 

MuMetal and 1 layer of copper with internal dimensions of 3 x 2.4 x 3 m3 
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(MuRoom, Magnetic Shields Limited, Kent, UK) which was demagnetised prior 

to the start of each experiment leaving a remnant field of ~2 nT at the centre of 

the room. The sensors then measure changes in magnetic field relative to an 

initial zero field point. The field zeroing and calibration of the array was 

performed using the manufacturer’s software (QuSpin ZFM UI V9) The 

analogue output of each sensor was connected to a series of NI-9205, 16-bit, 32-

channel, analogue to digital converter (ADC) cards mounted in a NI-cDAQ-

9179 DAQ chassis. Each channel was sampled at 1,200 Hz using the NI-DAQmx 

package in MATLAB. The sensors were mounted in a rigid, 3D-printed helmet 

(Cerca Magnetics Limited, Nottingham, UK) such that the position and 

orientation of each of the three measurement axes of each sensor, were known 

in the coordinate frame of the helmet model (Hill et al., 2020).  

 

7.4.4 Optical tracking 

 

 To calibrate the system via simulation of unit coil fields, we need to know 

the position and orientation of the OPMs in the helmet with respect to the unit 

coils. We again used an optical tracking system (OptiTrack, Flex13, 

NaturalPoint Inc., Oregon, USA) which uses a series of six cameras mounted 

around the MSR to track the position of a series of infrared reflective markers. 

Such cameras have been used in previous OPM-MEG studies. Aside from a 

sharp interference peak at the frame rate of the camera (120 Hz) they do not 

otherwise interfere with the OPM data (Holmes et al., 2018a; Roberts et al., 

2019; Seymour et al., 2022, 2021). A rigid body of three or more markers (which 

do not move with respect to each other) can be formed to provide 6-degree-of-

freedom (pitch (nodding the head), yaw (shaking the head) and roll (tilting the 

head) rotations and translations) tracking of the centre of mass of the markers. 

Here we used a fixed marker set of 5 markers on one coil plane to act as a static 

reference. A second rigid body was formed by placing 5 markers at known 

positions on the helmet. We used the NatNet SDK 4.0 software package to 

interface Motive (the optical tracking camera software, NaturalPoint Inc.) with 

MATLAB. Specifically, data are streamed from Motive such that MATLAB can 

poll motion capture data at any time in order to obtain the position of the two 

rigid bodies within a single frame of the camera. By prior measurement of the 

coil plane positions with respect to the MSR we applied a coordinate transform 

to place the helmet and coil rigid bodies into the MSR frame of reference (Rea 

et al., 2021a). 

 

7.4.5 Implementing the nulling 

 

 The nulling process was implemented in MATLAB. Firstly, the known 

position of each sensor with respect to the coil set was obtained by polling the 

optical tracking data stream and computing the coordinate transform. We then 

used the Biot-Savart law to calculate the magnetic field generated by a unit 

current in each unit coil at each sensor. These changes are decomposed into the 
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uniform field and field gradient spherical harmonics (using the centre of mass of 

the OPM-MEG helmet as the origin of the model) (Mellor et al., 2022; Rea et 

al., 2021a) and are used to form the matrix 𝑭 (and its corresponding pseudo-

inverse matrix 𝑭+). We then use the helmet positions to form the matrix 𝑩𝑚𝑎𝑡 

(and its corresponding pseudo-inverse matrix 𝑩𝑚𝑎𝑡
†

) and calculated ∆𝒃 as the 

difference between the mean of the most recent 30 samples of incoming data (30 

samples collected at 1,200 Hz sample rate is equivalent to 25 ms of data, an 

effective data rate of 40 Hz) from each channel and the mean of the first 30 

samples of the recording such that the matrix coil is only compensating the 

change in field experienced by the array relative to its starting field, rather than 

the absolute remnant field over the helmet. By using the measured resistance (𝑅) 

of each coil circuit and equation 7.7, the required nulling voltages can be 

calculated as 

   

 𝑽 = 𝑅𝒊 = −𝑅𝑭+𝑩𝑚𝑎𝑡
† ∆𝒃.  [7.8] 

   

 

As the process is continuous, and will be sensitive to noise in the data and 

inaccuracies in the modelling, the voltage at timepoint 𝑘 is updated with a gain 

𝐾𝑝 (<1) such that 

   

 𝑽𝑘+1 = 𝑽𝑘 − 𝐾𝑝𝑅𝑭+𝑨+∆𝒃. [7.9] 

   

A limit is placed such that if any value of 𝑽 exceeds the 10 V range of the 

DAC it is limited to 10 V. The nulling voltage updates at a rate of 40 Hz, the 

program stores helmet position information and applied coil currents at the same 

rate. The rate limiting step is the time taken to calculate the field from the unit 

coils. Vectorisation and pre-calculation of other information was used to focus 

on this step during nulling. The value of 𝐾𝑝 was empirically chosen as 0.4. If 𝐾𝑝 

is too large the system will become unstable resulting in a large low-frequency 

oscillation in the OPM data. This behaviour is common in poorly tuned feedback 

controllers. If 𝐾𝑝 is too small, then minimal shielding occurs. Figure 7.2a shows 

a schematic overview of the system, and Figure 7.2b shows a flowchart of the 

nulling process. 
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Figure 7.2: System schematic and nulling procedure flowchart. a) Overview of OPM-MEG system with matrix coils. The system is housed in a magnetically 

shielded room. Coil panels are placed either side of a participant wearing a helmet that contains OPMs. A control PC is used to read incoming data from the 

OPMs and optical tracking cameras then combine these data to calculate and apply nulling currents. A separate PC is used during MEG experiments to 

provide (in this case) auditory stimulation to a participant via a set of speakers. Trigger channels are used to synchronise the stimuli to the OPM recording. 

b) Flowchart of continuous field nulling process. 
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7.5 Results 

 

7.5.1 Compensating field drifts measured by a stationary array 

 

 We placed 14 triaxial OPMs into the rigid helmet, giving 42 

measurement channels. Sensor positions were evenly distributed to characterise 

the field and field gradient over the helmet. The helmet was deliberately placed 

away from the centre of the matrix coil, as shown in Figure 7.3a, to demonstrate 

the system’s flexibility. For all experiments, the MSR was demagnetised, and 

the OPMs were zeroed and calibrated prior to recording. Data were collected for 

600 s. For the first 300 s the matrix coil system was not active (0 mA applied to 

each unit coil) and for the final 300 s the matrix coil was activated to cancel the 

changes in field and field gradient over the helmet.  

 

Figure 7.3b shows the change in field measured by the OPMs during the 

experiment. The absolute maximum change in field is reduced from 310 pT to 

14 pT, a shielding factor of 13.7. Figure 7.3c shows the currents applied to the 

unit coils throughout the experiment. Nulling is achieved with an absolute 

maximum current value of 0.37 mA. Note the similarity of the variation of the 

applied coil currents in the second half of the recording with the field variation 

manifested in the first half of the recording. Figure 7.3d shows the median value 

of the power spectral density of the data across all sensors for each half of the 

experiment separately. Significant reduction in the low frequency (0.1 – 1 Hz) 

fluctuations is achieved with the noise level rising at higher frequency. The 

broadband interference is a consequence of the changes in magnetic field 

induced by the matrix coils over the helmet. The strength of this interference is 

determined by the strength and the rate of change of the artefacts being 

compensated (as the matrix coil field changes will increase accordingly), and the 

bit-depth of the DACs (the smallest field variation that can be accurately 

corrected is set by the field amplitude corresponding to the least-significant bit; 

this should ideally be smaller than the OPM noise level, but this is not the case 

here due to the use of 16-bit DACs and the coil drivers’ large dynamic range, 

which is needed to compensate a wide range of magnetic field strengths during 

participant movements). 
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Figure 7.3: Compensating magnetic field drifts on a fixed array of OPMs. a) The position of the helmet containing 15 triaxial OPMs with respect to one 

plane of the matrix coils. The helmet is deliberately positioned off centre in the x, y and z directions to showcase the flexibility of the matrix coil system to 

generate the required compensation fields at multiple locations between the planes (helmet centre of mass (x,y,z) = (0.15, -0.24, 0.18) m). b) Magnetic field 

drifts recorded by the OPMs over a period of 600 s. Each colour represent an individual channel. For the first 300 s the matrix coil system was not active, for 

the final 300 s the matrix coil compensated changes in the uniform field and field gradients over the helmet. c) The current applied to each of the 48 coils 

throughout the experiment. Each colour represents an individual coil current. Note the similarity between the profile of the field changes in the first half of 

the experiment and the current variations in the second half of the experiment. d) The power spectral density of the data measured by the OPMs with the coils 

off (red) and with the coils on (blue). The low-frequency noise level is reduced by the matrix coil, but an increase in noise is seen at higher frequencies. The 

black dashed line indicates 15 fT/√Hz, the noise floor of the OPMs used in the experiments. 
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7.5.2 Compensating artefacts on a moving array 

 

 The same helmet was then worn by a participant (male, 28, right-

handed). The participant was instructed to complete a series of rotations and 

translations of their head about each axis in turn while seated at the centre of the 

matrix coil system. Data were recorded for 120 s; for the first 60 s the matrix 

coil was not active and for the final 60 s the matrix coil was used to compensate 

changes in the field and field gradient over the helmet. Rotation and translation 

with respect to each axis was performed twice in each half of the experiment. 

 

Figure 7.4a shows the change in field measured by the 15 OPMs during 

the experiment. The absolute maximum change in field is increased compared 

to the static case (Figure 7.3b) due to helmet movement and was reduced from 

952 pT to 185 pT by the matrix coil system, a shielding factor of 5.2. Figure 7.4b 

shows the currents applied to the unit coils throughout the experiment. Nulling 

is achieved with an absolute maximum current value of 1.05 mA. Again, note 

how the variation in the measured fields due to helmet movement is mimicked 

by the applied coil currents. Figure 7.4c shows the change in position of the 

centre of mass of the helmet during the experiment. Figure 7.4d shows the 

change in rotation of the centre of mass of the helmet during the experiment. 

Table 7.1 shows the range of translation and rotation during the experiment. 

Helmet movements were consistent in the two halves of the experiment, but the 

measured motion artefact was reduced when the matrix coils were on. Figure 

7.4e shows separate plots of the median value of the power spectral density 

across all sensors for each half of the experiment. We note the increase in noise 

level for both recordings compared to the results shown in Figure 7.3 due to the 

brain noise from the volunteer. Again, the coil system reduces the noise level for 

low frequency field variations, but the noise is increased at higher frequencies. 

As the field changes induced in this experiment are stronger, and have a higher 

rate of change of field, than in the fixed helmet case, the matrix coil generates 

higher amplitude interference in the measured data, producing a broad ‘bump’ 

in the noise spectra at 40 Hz, with a harmonic at 80 Hz. The 40 Hz bump appears 

as the magnetic field produced by the matrix coils is being updated at this rate. 

This results in discontinuous ‘steps’ of magnetic field in the magnetometer time-

course data. These steps have a varying amplitude, but an effective frequency of 

40 Hz. As the steps are irregular and not sinusoidal, a broadened peak centred at 

40 Hz is produced in the PSD (with a corresponding harmonic at 80 Hz). 
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Figure 7.4: Compensating magnetic field changes on a moving array of OPMs. a) Magnetic 

field changes recorded by the OPMs over a period of 120 s whilst a seated volunteer made 

controlled head movements. For the first 60 s the matrix coil system was not active, for the final 

60 s the matrix coil compensated changes in the uniform field and field gradients over the helmet. 

b) The current applied to each of the 48 coils throughout the experiment. c) The change in the 

position of centre of mass of the helmet during the experiment. d) The rotation of the helmet 

about the centre of mass during the experiment. Note the size of the movement remains similar 

throughout the recording, but the amplitude of the artefact is significantly reduced by the matrix 

coil in the second half of the recording. e) The power spectral density of the data measured by 

the OPMs with the coils on (blue) and with the coils off (red). Compensating a stronger and 

more quickly varying field results in a large artefact at 40 Hz (the rate at which coil currents 

are updated). The black dashed line indicates 15 fT/√Hz. 
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Table 7.1: The range of translation and rotation of the OPM-MEG helmet during the moving 

array experiments. 

 

7.5.3 Preventing motion-induced sensor gain changes: phantom study 

 

To investigate the capability of our system to collect high-quality MEG 

data despite significant participant motion, and the presence of broadband 

artefacts induced by the matrix coil system, we conducted a phantom study. A 

dry-type current dipole phantom was constructed according to the design used 

by Oyama et al. (Oyama et al., 2015). Here, the dry current dipole phantom is an 

electromagnetic coil with the wirepath forming an isosceles triangle, with 5 mm 

base and 45 mm height. A 3D-printed plastic former was constructed with slits 

to guide the winding of a single turn of 0.56 mm diameter enamelled copper wire 

as shown in Figure 5a. The remaining wire was twisted together to avoid 

production of stray magnetic fields. To ensure the dipole phantom remained 

fixed in position with respect to the OPMs in the helmet during movement a 

Perspex cylinder was connected to an empty OPM casing into which the 

phantom was glued, the casing could then be fixed into any slot in the OPM-

MEG helmet. The base of the current path was positioned 30 mm beneath the 

inner surface of the OPM helmet and was oriented tangentially to the helmet 

surface to mimic a neuronal source. The dipole phantom was inserted into a 

centrally positioned slot within the helmet as shown in Figure 7.5b. 

 

We conducted a simple experiment to measure the effects of motion 

through a non-zero background field on OPM data. The OPM-MEG helmet 

containing the phantom and 23 triaxial OPMs (69 total channels, with sensor 

positions and orientations shown in Figure 5c relative to the surface of the brain 

of the template head which was used to design the helmet (see (Hill et al., 

2020)for details on how the generic OPM-MEG helmets are designed)) was 

positioned at the centre of the matrix coil system. The helmet was initially 

positioned as if a participant was facing forward (Position 1). The MSR was 

demagnetised and a small (~5 nT) magnetic field oriented in the z-direction was 

applied using a (distributed winding) bi-planar coil (Holmes et al., 2019). The 



Chapter 7 | Enabling ambulatory movement in wearable 

magnetoencephalography with matrix coil active magnetic shielding 

7.5 Results 

173 
 

OPMs were field zeroed and calibrated in this Bz field at Position 1 prior to the 

start of the experiment. A 23 Hz sinusoidal current was then passed through the 

phantom (amplitude 200 nA, producing a maximum measured field of 20 pT). 

This current was applied for 4.2 seconds, followed by a 2 second ‘rest’ period 

during which no current was applied to the phantom. The waveforms were 

generated by MATLAB interfaced with a NI-9264 DAC at a sample rate of 10 

kHz, and a trigger signal was used to synchronise the OPM data with the timings 

of the current waveform applied to the phantom. An audio cue (also generated 

by MATLAB) then instructed an experimenter inside the MSR to rotate the 

helmet (as if shaking the head to the right) by approximately 25° (Position 2). 

After 5 seconds had passed the experiment was repeated, and an audio cue 

instructed the experimenter to rotate the helmet a further 25° (Position 3, ~50° 

rotation from Position 1). The process was repeated 60 times cycling through 

each position in the order: 1, 2, 3, 3, 2, 1, 1, 2, 3, 3, etc. such that 20 trials were 

collected in each position. The experiment was repeated with and without the 

matrix coils active. For the experiment without the matrix coils, the OPMs were 

operated in a mode where the operational range is increased from ±1.5 nT to ±5 

nT (0.33x gain mode button on QuSpin UI, dynamic range is increased at the 

expense of bit-precision and effects of sensor gain changes). The increased 

dynamic range was needed to accommodate the larger field changes without 

signal clipping. We also conducted two further experiments where all 60 trials 

were collected whilst the helmet remained fixed in position 1 with, and without, 

the matrix coils active. We hypothesised that with the matrix coils inactive, 

movement in the 5nT Bz-field would produce changes in the measured amplitude 

of the phantom signal, due to sensor gain changes resulting from variation in the 

ambient field experienced by the sensors. In contrast, with the matrix coils 

active, the amplitude of the signal from the phantom was expected to be 

relatively unaffected by movements. We further hypothesised that these gain 

changes would affect the accuracy of source reconstructions due to discrepancies 

between the measured data and the MEG forward model (Borna et al., 2022; 

Nugent et al., 2022). 

 

7.5.4 Effects of sensor gain changes 

 

From the known timings of the experiment, we first segmented data into 

trials (each trial was 6.2 s, 0 s - 4.2 s was the sinusoidal waveform with the final 

2 s as the rest period) using the trigger signals. For each trial, from each of the 

four experiments, we then extracted the magnetic field measured by each of the 

69 OPM channels during the final 2 seconds of the 4.2 second ‘stimulation’ 

period (to isolate a period where the helmet was relatively still to ensure the FFT 

amplitude was not affected by movement artefacts). For each chunk of data, we 

calculated the mean value (which we refer to as the field offset, the change in 

field relative to the initial field zero point of the sensor) and extracted the 

amplitude of the 23 Hz peak by computing the fast Fourier transform. Figure 

7.5d and 5e show the amplitude of the phantom signal as a function of the field 

offset for the channel (highlighted in green in Figure 5c) with the largest absolute 

field offset value in the experiment when the helmet was moving without the 
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matrix coils active. This reflects the worst-case scenario, in fact the total absolute 

maximum field offsets across all channels were between 325 and 3,620 pT, with 

the values dependent on the orientation of the channel’s sensitive axis with 

respect to the axis of rotation (~about the vertical y axis) and the applied 

magnetic field (Bz, meaning channels with an ~y orientation will see little effect 

whilst sensors with ~x-z orientations will experience larger field changes). Table 

7.2 summarises the range of motion parameters of the helmet, along with the 

field offset values and phantom signal amplitudes for the channel shown in 

Figure 7.5c, for all four experiments. We note that despite similarly sized 

rotations and translations in both movement experiments, in the case where the 

helmet moves without the matrix coils active the mean and standard deviation of 

the amplitude of the phantom signal for positions 1, 2 and 3 respectively were 

11.9 ± 0.1 pT, 10.4 ± 0.2 pT and 8.9 ± 0.2 pT compared to 11.8 ± 0.1 pT, 11.8 ± 

0.1 pT and 11.6 ± 0.1 pT for the experiment repeated with the matrix coils active. 

The range of field offset values across all positions was decreased from 3,605 

pT to 39 pT using the matrix coils. The variation in both the mean value and the 

range of phantom signal strengths are due to sensor gain changes as the 

background field experienced by the OPM moves away from zero, consequently 

the true field offset values are likely to be larger than reported. The experiment 

shows that the matrix coil can compensate the motion-related field changes 

which induce these gain changes, ensuring the phantom signal is accurately 

measured. 
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Figure 7.5: Dry current dipole phantom and sensor gain experiments. a) Photograph of the dry-type current dipole phantom used in these experiments. The 

phantom coil is an isosceles triangle wound around a (grey) plastic former with base 5 mm and height 65 mm. An empty (blue) OPM casing is attached to a 

(clear) Perspex cylinder into which the phantom coil is glued. b) Photograph of the phantom inside the OPM-MEG helmet. The empty OPM casing can be 

inserted into any slot in the helmet, the base of the coil is 30 mm beneath the inner surface of the helmet. c) Each of the 23 triaxial OPMs (black dots) used in 

the experiment are shown around the template brain, which was used to design the helmet surface. Red arrows indicate the three channel orientations for 

each OPM. The slot into which the phantom was inserted is shown in blue. d) Plot of the field amplitude measured on a single channel (indicated by the green 

dot and arrow in c)) due to a 200 nA, 23 Hz phantom signal, Results are shown for four experimental cases. Note that during the experiment in which the 

helmet moved but the matrix coils were not active a large range of field offsets and phantom signal amplitudes are recorded due to sensor gain changes as 

the field experienced by the OPM moves away from zero. e) Zoomed in plot of data for low field offsets ( 0 - 200 pT) to show consistency of measured source 

amplitude in the other three experiments. 
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Table 7.2: The range of translation and rotation of the OPM-MEG helmet and the measured 

amplitude of the phantom signal, and level of field offset (both mean ± standard deviation) for 

the OPM sensor showing the largest field change recorded during the phantom experiments. 

 

7.5.5 Effects on source reconstruction 

 

To investigate the effect of the matrix coils and sensor gain changes on 

reconstruction of the phantom source we separately employed a linearly 

constrained minimum variance beamformer (Vrba and Robinson, 2001) and a 

single equivalent current dipole fitting analysis (Hämäläinen et al., 1993).  

 

7.5.5.1 Beamformer analysis 

 

Source-space projection of the sensor signals was carried out using a 

linearly constrained minimum variance (LCMV) beamformer. As described in 

Section 4.8, this spatial filtering technique estimates a current dipole timecourse 

𝒒̂𝜃(t) using a weighted sum of the measured data 𝑚𝑖(𝑡): 

   

 

𝒒̂𝜃(t) = ∑𝑤𝑖,𝜃𝑚𝑖(𝑡)

𝑁

𝑖=1

, 
[7.10] 

   

where 𝑤𝑖,𝜃 are the beamformer weights and 𝑁 is the number of magnetometer 

channels. Solving for the weights using a Lagrange multiplier yields the matrix 

equation: 
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𝒘𝜃

𝑇 =
𝒍𝜃
𝑇𝑪−1

𝒍𝜃
𝑇𝑪−1𝒍𝜃

, 
[7.11] 

   

where 𝑪 is the sensor data covariance matrix and 𝒍𝜃
𝑇 is the forward field vector 

containing the solutions to the forward problem for a unit dipole at 𝜽. 

 

Prior to beamformer analysis we applied homogeneous field correction 

(Tierney et al., 2021) to the OPM data to remove spatial patterns of field 

variation over the array that result from uniform magnetic field components (and 

as such are unlikely to reflect neuronal activity). Homogeneous field correction 

was also applied to the forward field vectors. Arrays of triaxial OPMs have been 

shown to have excellent interference rejection properties due to their ability to 

better distinguish between neuronal sources and external interference (Boto et 

al., 2022; Brookes et al., 2021; Tierney et al., 2022). We expected the 

combination of the beamformer, homogeneous field correction and triaxial 

sensitivity would allow us to recover the underlying MEG signal whilst 

simultaneously compensating the nulling artefacts. 

 

The source space used here was a regular grid of 4 mm, cubic voxels 

which span the ‘brain’ of the template head that was used to design the helmet. 

The forward field vectors were calculated using a single-sphere model and the 

current dipole approximation (Sarvas, 1987). 1% regularisation was applied to 

the covariance matrices. The source orientation was determined by generalised 

eigenvalue decomposition as described by Sekihara et al., 2004. This method 

differs from the scalar beamformer approach described in Section 4.8 in that it 

is a vector beamformer, which yields three-dimensional source orientation 

information rather than just source magnitude. Analysis was performed in 

MATLAB using bespoke software written in house. 

 

We first filtered the OPM dataset between 13 and 30 Hz (using fourth 

order, Butterworth filtering). Activation maps were then generated using a 

pseudo-T-statistic, as detailed in Section 4.10.2. First, two covariance matrices 

for the active and control periods, 𝑪𝒂 and 𝑪𝒄 respectively were constructed, and 

a pseudo-T-statistical contrast map was calculated for each source location as 

   

 
Ŧ =

𝑄𝑎 − 𝑄𝐶

2𝑄𝐶
, 

[7.12] 

   

where 𝑄𝑎 = 𝒘𝑻𝑪𝒂𝒘 and 𝑄𝑐 = 𝒘𝑻𝑪𝒄𝒘. Pseudo-T-statistics were computed at 

the vertices of the 4 mm grid spanning the entire source space. The active 

window was chosen to be 2.5 to 3 seconds following the signal onset and the 
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control window was chosen to be 4.5 to 5 seconds. The location of the peak 

activation and corresponding estimated source orientation were then extracted 

from each activation map. 

 

7.5.5.2 Dipole fitting analysis 

 

 Although the noise rejection properties of the beamformer are likely to 

be of significant benefit for source reconstructions on low SNR data in the 

presence of large artefacts, we also implemented a dipole fit to further investigate 

differences in the source reconstructions due to changes in sensor gain. 

Specifically, we estimated the position and orientation of a single current dipole 

with unit (1 nAm) dipole moment that produces the maximum correlation 

between the lead fields of the simulated source and the measured data. The 

dipole fitting was implemented using MATLABs constrained minimisation 

function fmincon, with constraints on the dipole position such that it could only 

exist within the source space. For a given source position, the source orientation 

was estimated by assuming the dipole to be oriented tangentially to the template 

brain surface and computing a lead field ‘sweep’ for all possible dipole 

orientations in this tangential plane (between 0 and 180°, in steps of 1°). We then 

identified the orientation with the highest correlation between the lead field and 

the measured data and used this value in our objective function. Once the best 

fitting dipole was found, the dipole moment was estimated via linear regression 

of the lead field pattern produced by the estimated dipole with the measured data. 

 

7.5.5.3 Quantifying changes  

 

For both analyses, we first found the source location and orientation for 

the experiment in which the helmet did not move, and the matrix coils were not 

active. These serve as our ‘ground truth’ measurements (note we did not use the 

measured position of our source in the helmet to compare to as we wished to 

focus on the difference between datasets) to which all subsequent data are 

compared. The ground truth data were comparable for beamformer and dipole 

fitting, source positions: voxel position [3.50,19.5,42.5] mm for the beamformer 

and position [3.32,21.5,42.4] mm for the dipole fit, with source orientations: 

[0.26,0.58,-0.77] for the beamformer and [0.25,0.56,-0.79] for the dipole fit, the 

estimated dipole moment was 1,324 nAm. Table 7.3 summarises the Euclidean 

distance between the peak location (peak voxel location for beamformer 

analysis) and the ground truth values, the angle between the orientation vectors 

and the ground truth values and the estimated dipole moments for all conditions 

and experiments. The results show that for the experiment in which the helmet 

remained still, but the matrix coil was active, the beamformer was able to localise 

the phantom to the same 4 mm voxel as found in the ground truth measurement, 

with a change in orientation of just 0.05°, compared to a change of 0.067 mm 

and 0.046° and no change in dipole moment for the dipole fit. For the moving 

phantom experiment during which the matrix coil was active, the source was 
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again localised to the same voxel as the ground truth for all positions with a 

change in orientation of 0.29°/0.93°/1.50° for Positions 1/2/3 respectively, 

compared to a change of 0.16/0.27/0.49 mm and 0.12°/0.95°/1.85° for the dipole 

fit. The dipole moments were 1,325/1,326/1,327 nAm for each position showing 

consistency with the ground truth. For the moving phantom experiment without 

matrix coils active, the source reconstructed from data collected in Position 1 

(maximum field offsets for channel shown in Figure 7.5c were <160 pT) 

localised to the same voxel as the ground truth with a change in orientation of 

0.04°, compared to a change of 0.27 mm and 0.17° for the dipole fit. The source 

reconstructed from data collected in Position 2 (maximum field offsets were 

between 1,700 and 2,350 pT) was 4 mm away from the ground truth with a 

change in orientation of 3.16°, compared to a change of 0.95 mm and 1.37° for 

the dipole fit. The source reconstructed from data collected in Position 3 

(maximum field offsets were between 3,230 and 3,620 pT) was 5.7 mm away 

from the ground truth with a change in orientation of 7.06°, compared to a 

change of 1.5 mm and 3.45° for the dipole fit. The estimated dipole moments for 

each position were 1,321/1,289/1,260 nAm. Figure 7.6 shows the difference 

between the ground truth measurement and the sources reconstructed from data 

in Positions 2 and 3 during the experiment in which the matrix coil was off. 

Results show greater changes in source orientation, position and dipole moment 

from the ground truth for the experiment in which the matrix coils were not 

active, but the helmet was moving, highlighting the benefits of compensating 

field changes to ensure accurate source reconstructions. 
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Table 7.3: Effects of helmet movement through non-zero background field on phantom source 

reconstruction accuracy. 
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Figure 7.6: Dry phantom source reconstruction results. The reconstructed source position and 

orientations are shown for the dipole fitting and beamformer analysis for three cases, black 

circles show OPM positions and the blue dot highlights the slot into which the phantom was 

inserted. The first case is when the helmet was static and the matrix coils were switched off, 

referred to here as the ground truth. In the beamformer analysis, this voxel and approximate 

source orientation were consistent with the ground truth for all experiments other than trials in 

positions 2 and 3 during the experiment where the helmet was moving without the matrix coils 

active. Inset arrows show zoomed in source positions and orientations for comparison between 

conditions. 

 

7.6 MEG Demonstration 

 

 To further demonstrate the capability of the matrix coil system we 

performed a MEG recording on a participant undergoing ambulatory motion. An 

array of 33 triaxial OPMs (99 channels) were arranged in the helmet to cover left 

and right sensorimotor regions. The participant (same participant as in Section 

7.5.2) stood at the centre of the coil system wearing the helmet and holding two 

button boxes. After hearing an auditory cue indicating either ‘left’ or ‘right’, the 

participant continually pressed a button using either their left or right index 

finger until a second auditory cue (after 2 seconds) instructed the participant to 

‘stop’. We expected this experiment to induce a movement related 

desynchronization and post-movement rebound in the beta band (13-30 Hz) in 

the contralateral sensorimotor cortex. The process was repeated 60 times, 

including 30 trials for each hand. Left/right trials were presented in a random 

order. During the experiment the participant was unconstrained and instructed to 

walk (exploring only the volume between the coils). The process was repeated 

with and without the matrix coil system active. The experiment was approved 

by the University of Nottingham Medical School Research Ethics Committee, 

the volunteer gave informed consent. For the experiment without the matrix 

coils, the OPMs were again operated in their 0.33x gain mode. 

 

7.6.1 Sensor level and movement analysis 

 

Figure 7.7a shows histograms of the translations of the centre of mass of 

the helmet recorded by the optical tracking system with (blue bars) and without 

(red bars) the matrix coil active. Figure 7.7b shows histograms of the rotation 
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about the centre of mass of the helmet recorded by the optical tracking system 

during the two experiments. In the coils-on condition the participant turned their 

back relative to their starting position resulting in a lager range of rotation values, 

this movement was not attempted during the coils-off condition as it would have 

produced field changes that exceed the maximum measurable field of the OPMs. 

Figure 7.7c shows histograms of magnetometer data collected in the two 

conditions. The absolute maximum change in field is reduced from >5.00 nT 

(saturation of some OPM sensors occurred during the recording) to 1.17 nT using 

the matrix coil system. Despite a similar range of movement, the matrix coil 

reduces the size of artefacts in the data, ensuring the sensors stay within their 

operational range and that gain changes are minimised. 

 

7.6.2 Source reconstruction 

 

We used the same beamformer analysis detailed in the previous section 

for this data. Here, co-registration of the sensor positions to an anatomical MRI 

of the participant was achieved using optical methods (Hill et al., 2020; Zetter et 

al., 2019). No regularisation was applied to the covariance matrices. The 

significant movement artefact and coil artefacts made ‘bad trial’ identification 

challenging, but one trial was rejected from the coils-off dataset where some 

sensors appeared to briefly malfunction. 

 

To generate an image of the spatial form of neuronal activity in the beta 

band during the experiment, we first filtered the OPM dataset between 13 and 

30 Hz (using fourth order, Butterworth filtering). Images of activation that show 

the pseudo-T-statistical contrast between activity in active and control windows 

were produced for left and right trials separately. Pseudo-T-statistics were 

computed at the vertices of a regular 4 mm grid spanning the whole brain of the 

participant. The active window was chosen to be 1 to 3 seconds following the 

start cue (i.e. during the button pressing) and the control window was chosen to 

be 3 to 4 seconds (contrasting the desync and rebound periods to maximise the 

pseudo Ŧ value). The grid of Ŧ values was thresholded to 80% of the peak value 

and overlaid onto the anatomical MRI of the participant. For Left (Figure 7.8a) 

and Right (Figure 7.8b) conditions with the matrix coils active and the 

corresponding Left (Figure 7.8c) and Right (Figure 7.8d) conditions without the 

matrix coil, Figure 7.8(i) shows the activation images from the experiment 

performed with the matrix coils active. The activity peaks in the contralateral 

motor regions during the button pressing as expected. Similar activation images 

are obtained with and without the nulling, though we note that the spread of 

measured fields shown in Figure 7.7 is sufficient to induce sensor gain changes 

in some data. 
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Figure 7.7: Range of motion and magnetic field change recorded from a participant undergoing ambulatory movements. a) Histograms of the change in 

position of the centre of mass of the OPM-MEG helmet relative to its mean position. The three histograms show left-right, up-down and forward-backward 

movement, respectively. For all plots, blue and red denote the experiments with and without the matrix coils active. b) Histograms of the change in orientation 

of the centre of mass of the OPM-MEG helmet relative to its mean orientation. The three histograms show pitch, yaw and roll, respectively. We note that only 

a short amount of time was spent at the large pitch and roll orientations, and there is a correspondingly low count rate at the extremes of the corresponding 

histogram x-axis. c) Histogram of the change in magnetic field measured by each channel of the OPM array relative to the value at the start of the recording. 

This shows that the matrix coil significantly decreases field variations which are induced by sensor movement. d) The power spectral density of the data 

measured by the OPMs in each recording. Compensating large field changes induced by participant movement results in a further increase in both the 

broadband noise and the 40/80 Hz coil artefacts. The black dashed line indicates 15 fT/√Hz. 
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The signal at the peak location of each image was reconstructed to form a 

virtual electrode timecourse, with beamformer weights now calculated in the 

broad-band by filtering data between 1‒150 Hz. This virtual electrode was used 

to generate a time-frequency spectrum (TFS) by filtering the timecourse 

sequentially into overlapping frequency bands. For each band, the Hilbert 

envelope was calculated before averaging over trials and concatenating in the 

frequency domain. A control window of 7 to 8 seconds after the cue to 

commence button pressing was used to show change in activity relative to 

baseline. Figure 7.8(ii) shows the TFS for the left and right conditions displaying 

the expected desynchronisation and rebound in beta activity. Finally, virtual 

electrodes calculated using the full triaxial dataset of 99 channels and separately 

by using only the component of magnetic field which is radial to the surface of 

the head (33 channels) were compared to show the effectiveness of the triaxial 

beamformer in compensating artefacts. The power spectral density of the virtual 

electrode (across all trials) was computed and plotted for the two conditions in 

Figure 7.8(iii). As expected, the triaxial array is better able to differentiate the 

broadband noise and the 40 Hz artefact (and its 80 Hz harmonic) from neuronal 

sources compared to only the radial field. This is because the full vector field 

measurements enable more information to be gained on the spatial signature of 

interference (Brookes et al., 2021; Rea et al., 2022; Tierney et al., 2022). 
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Figure 7.8: Source reconstruction of MEG data collected from a participant undergoing 

ambulatory movements with and without matrix coils active. a) Data from trials in which the 

participant was pressing the button with their right index finger with the matrix coil active. b) 

Data from trials in which the participant was pressing the button with their left index finger with 

the matrix coil active. c) and d) show data from right and left-handed trials during the 

experiments where the matrix coil was off. For each case: (i) Beamformer images of the spatial 

signature of beta band modulation (thresholded to 80% of the maximum value) shows activity in 

the contralateral sensorimotor cortices as expected (channel positions (black dots) and 

orientations (red arrows) shown in a)). ii) Time-frequency spectra of a virtual electrode at the 

peak of the beamformer image showing movement related desynchronization (blue) in the beta 

band and post movement beta rebound (yellow). (iii) Power spectral density of the virtual 

electrodes reconstructed using a triaxial beamformer and a radial-only beamformer. Note how 

the triaxial beamformer significantly reduces the impact of the 40 and 80 Hz artefacts generated 

by the matrix coil. 
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7.7 Discussion 

 

 The matrix coil is a flexible, reconfigurable, active magnetic shielding 

system with application to fixed and moving arrays of magnetic field sensors. 

The shielding framework outlined here can be readily adapted to any coil system. 

Application to OPM-MEG in particular shows that high-quality source data can 

be collected from participants undergoing ambulatory motion. Unconstrained 

movement during a scan opens a wealth of possibilities for clinical investigation 

and allows a fundamentally new range of neuroscientific experiments. The 

framework adopted here could also be expanded to simultaneously null magnetic 

fields over multiple helmets, facilitating MEG studies of social interaction 

(King-Casas et al., 2005; Leong et al., 2017; Montague et al., 2002).  

 

 As highlighted in Chapter 3, exceeding the dynamic range of the OPMs 

can make their voltage response non-linear. Therefore, although data could be 

recorded during the MEG experiment conducted with the coils switched off, the 

effect of  such errors in the error gain can lead to unreliable data recordings, 

which further emphasises the benefits of field nulling using a coil system (Boto 

et al., 2018; Iivanainen et al., 2019a). The sensor response may also be affected 

by magnetic field changes along axes orthogonal to the measurement axis (see 

Section 3.13). As shown by Borna et al., 2022, these cross-axis projection errors 

(CAPEs) can  negatively affect source localisation, reducing the accuracy of 

spatial localisation of the source position and removing a key advantage of MEG 

(Nugent et al., 2022). To minimise CAPE, the authors suggested that field 

changes should be restricted to ±1 nT (as was effectively achieved here). As 

previously mentioned, closed-loop operation of OPMs (where fields are 

continually applied to the internal coils) could help address this issue. However, 

closed-loop operation is also affected by CAPEs if it is not applied to all three 

axes. Precision control of the magnetic field environment is therefore crucial for 

OPM-MEG. 

 

However, several technical issues need to be addressed to fully realise the 

potential of the matrix coil system if it is to become a standard technique. The 

available nulling volume must be expanded to allow for a greater range of 

motion; this could readily be achieved by mounting coils on the walls of the 

MSR (Holmes et al., 2022) and applying the framework established here. Such 

a design is discussed in detail in the following chapter. Although they can be 

corrected with post-processing and source reconstruction, the matrix coils 

produce both an increase in broadband noise above 1 Hz, and large drive 

frequency artefacts at 40 and 80 Hz which effects sensor level data. An increased 

nulling rate would not only improve system performance to address more rapidly 

varying fields but could also potentially shift the artefact outside the OPM 

bandwidth (via multiple updates at the same helmet position). Integration with 

improved hardware such as FPGA controllers should alleviate the problem. 

Narrowing the artefact peak and shifting it (e.g. such that it overlaps into the 

powerline artefact or is >100 Hz) may also help minimise its impact. 
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Cancellation of higher order field variations should also be considered; though 

the magnitude of the required coil currents will increase so coil driver 

specification and the impact on noise levels in the MSR must be evaluated. 

 

 The matrix coils, the method of production of spherical harmonic fields 

and the shielding framework adopted here could also have application outside 

MEG. For example, in designing excitation fields for large magnetic induction 

tomography systems (Cubero et al., 2020; Kim et al., 2019); adaptive nulling for 

atom interferometers for gravity sensing (Hobson et al., 2022); reducing 

systematic errors as mobile atom interferometers are deployed in real-world 

environments (Wu et al., 2019) and for fundamental physics experiments 

including very long baseline atom interferometry (Wodey et al., 2020) and 

measurements of the electric dipole moment of the neutron (Afach et al., 2014). 

 

Overall, the matrix coil goes a long way to achieving one of the key 

benefits of OPM-MEG: unconstrained movement during a scan. As systems 

continue to develop, and the range of allowed experiments continues to expand, 

OPM-MEG has significant potential to become the method of choice for 

functional neuroimaging. 
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Chapter 8 Determining sensor geometry 

and gain in a wearable MEG system 

 

8.1 Abstract 

 

 Source reconstruction with OPM data depends on our ability to perform 

system calibration – that is, determining sensor locations and orientations 

relative to each other and to the participant’s anatomy, as well as the relationship 

between sensor output and the magnetic field (sensor gain). In contrast to 

conventional MEG, OPM placement can change from subject to subject. Here, 

we explore two methods for calibration, both based on generating well-

characterised magnetic fields across a sensor array. Our first device (the HALO) 

is a head mounted system that generates dipole-like fields from a set of coils.  

Our second (the matrix coil (MC)) generates fields using coils embedded in the 

walls of a MSR. Results show that both methods offer an accurate means to 

calibrate an OPM array (e.g. sensor locations within 2 mm of the ground truth) 

and that the calibrations produced by the two methods agree strongly with each 

other: reconstructed positions, orientations and gains differ on average by 2.0 

mm; 1.2° and 1.3% between HALO and MC. When applied to data from human 

MEG experiments, both methods offer improved signal-to-noise ratio after 

beamforming suggesting that they give calibration parameters closer to the 

ground truth than presumed physical sensor coordinates and orientations. My 

contributions to this work include study conceptualisation, matrix coil 

calibration and data acquisition and processing for both the HALO and matrix 

coils experiments. The content of this chapter was recently accepted for 

publication in Imaging Neuroscience, where I am included as joint first author. 

Additionally, this chapter has been expanded to include my work on active 

shielding with the MC, which is not contained in the publication. 

 

8.2 Introduction 

 

 Despite their promise, OPMs still have fundamental challenges to 

overcome prior to becoming mainstream MEG technology. One key challenge 

is array calibration, which for MEG applications includes defining the location 

of sensors (relative to each other), the precise orientation of the sensitive axis, 

and the relationship between the (voltage) output of the sensor and the magnetic 

field that passes through the cell (the sensor gain). Previously, in Chapter 4, we 

saw how accurate knowledge of these three parameters is essential for effective 

spatial filtering and source reconstruction. Errors in any of these calibration 

metrics can lead to significant degradation in the quality of the reconstructed 

neural activity. 
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In a SQUID-based MEG system, the calibration coefficients are set during 

system construction/installation, typically via the use of known magnetic fields 

from electromagnetic coils placed either inside or outside (Li et al., 2016) the 

system. Calibration accuracy depends on, for example, the tolerance of 

superconducting windings and their (fixed) placement within a cryogenic dewar, 

as well as deviations between the mathematical model of the field produced by 

the calibration coil and the actual field produced by the coil. Techniques such as 

spherical harmonic model-refinements (Chella et al., 2012; Taulu et al., 2005), 

taking X-Ray CT scans of coil wire paths (Oyama et al., 2022), and using larger 

coils to reduce field model errors (Adachi et al., 2023) can be used to improve 

accuracy.   

 

In OPMs, however, calibration is more challenging. At the simplest 

levels, this is because the relative position and orientations of the sensors can 

vary from subject to subject. For example, when switching sensors between 

different rigid helmets. However, calibration is further complicated by the 

physics of OPMs, which can cause changes in both gain and orientation 

sensitivity. Specifically, calibration of an OPM depends on three key factors: (1) 

manufacturing tolerances, (2) factory-programmed sensor operational settings, 

and (3) local operating conditions. Manufacturing tolerances include the 

placement of the on-sensor coils with respect to the vapour cell, the homogeneity 

and orthogonality of the fields these coils generate, the propagation direction of 

the laser beam(s), the position where the vapour cell and the laser beam intersect, 

the laser beam diameter, polarisation, and intensity, and vapour cell 

characteristics (such as buffer gas pressure). Operational settings include the 

relative phase and frequency of the modulation field produced by the on-sensor 

coils, the exact lock-in demodulation procedure, the vapour cell temperature, the 

algorithm used to zero the field within the vapour cell and the laser wavelength 

offset settings; all of which result in light shifts and other Rubidium density 

factors that induce asymmetries in the resonance lineshape. Local sensor 

operating conditions include temporal field drift and varying background 

magnetic field and gradient field profiles between sites (Hill et al., 2022) which 

can introduce cross-axis projection errors (Borna et al., 2022) that strongly 

impact the orientation of the sensitive axis, and the sensor gain. Sensor age and 

intentional (or unintentional) changes in sensor firmware or settings also have 

an effect. Previous generations of OPMs have used factory based operational 

settings to minimise errors. However, the work presented here suggests this is 

inherently unreliable. Sensor positions, orientations, and gains should be 

independently determined during each MEG experiment to identify any 

deviations in sensor behaviour. Such an approach also allows for sensor 

locations and orientations to change from scan-to-scan (e.g. when using a 

flexible helmet). 

 

In this chapter, a newly developed 192-channel miniaturised integrated 

OPM-MEG system is employed (Schofield et al., 2024), featuring sensors 

operating ‘as is’ directly from the factory floor (i.e., with no attempts made to 
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optimise performance) and we introduce two independent means of calibration 

– both based on generation of well-characterised magnetic fields over the OPM 

sensor array. Our first method uses a helmet-mounted planar disc containing 

dipolar coils called the ‘HALO’ (QuSpin Inc.); our second method uses a matrix 

coil (MC) magnetic field nulling system (Holmes et al., 2023b) (similar to work 

by Iivanainen and colleagues (Iivanainen et al., 2022) to perform similar 

calibrations). We aimed to show that we can accurately determine sensor 

locations, orientations and gains, and in this way calibrate all sensors in an array.  

 

The calibration was tested by setting up the array in a rigid helmet and 

quantitatively comparing the HALO- and MC-derived sensor locations, 

orientations, and gains to those obtained from the computer aided design (CAD) 

model of the helmet and presumed factory settings. The calibration coefficients 

are tested for robustness using multiple measurements with the same technique. 

Further, both independent calibration methods are compared against each other. 

Finally, a series of MEG experiments were undertaken with human participants, 

testing the hypothesis that the accuracy of mathematical modelling of MEG data 

will increase following calibration (using both calibration systems). 

 

8.3 Methods 

 

8.3.1 OPM-MEG system 

 

 

Figure 8.1: OPM-MEG system: A) The integrated miniaturised electronics system formed as a 

backpack which can be worn by the subject. The white square MC panels can be seen on each 

face of the MSR. B) System schematic. 

 

The same OPM-MEG sensors as described in the previous chapter were 

utilized, consisting of 64 triaxial QuSpin sensors providing data from 192 

independent channels. Again, the sensors were mounted in a 3D-printed helmet 

(Cerca Magnetics Limited, Nottingham, UK) which offers approximately even 

coverage of the cortex. The helmet is designed using CAD and constructed using 
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3D-printing, so the assumed locations of the vapour cells in each sensor are 

known (in principle) to an accuracy of ±1 mm. Sensor orientations are assumed 

to be perpendicular to the OPM housing and are therefore known (in principle) 

to ±1°. [In what follows we use this CAD-derived information to compare our 

calibration methods, however we emphasise that none of the assumed 

information was used for informing either calibration method. This means 

calibration is not only sensor-specific but also scan-specific if OPM-MEG data 

are acquired using a flexible helmet]. 

 

As detailed in Section 3.16 control of the OPM requires circuitry and 

associated software to stabilise the cell and laser temperatures, identify and lock 

the laser wavelength to the D1 resonance, zero the magnetic field within the cell, 

generate modulation fields and read out signals from the photodetectors (which 

are modulated at the same frequency as the modulation fields, and captured using 

lock-in-detection). In contrast to the previous setup, control of these processes 

was achieved using an integrated miniaturised electronics unit (see Schofield et 

al., 2024) (Figure 8.1A) (“NEURO-1”, QuSpin, Colorado, USA). The 

electronics unit is 36 x 20 x 6 cm in size, weighs 1.8 kg and can be worn as a 

backpack to enable (for example) ambulatory studies (Figure 8.1A). Each sensor 

head was connected to the backpack by a ribbon cable (2.2 gm-1 and 90 cm in 

length) and each sensor is controlled by a separate electronics card. These cards 

are grouped together in modules of 8. The digitised output of each sensor/module 

is sent to a multiplexer and then to a network card which passes all data, via 

ethernet, to a decoder (DAQ – sbRIO9637, National Instruments). The decoder 

integrates the sensor outputs with peripheral signals (e.g., those carrying the 

timings of the experimental paradigm) and passes everything to an acquisition 

PC, via a second ethernet connection. It is noteworthy that the electronics also 

enables three-axis closed-loop sensor operation, enabling a large dynamic range 

(currently ±8 nT). However, closed loop operation was not required for the work 

described here due to low magnetic field drifts (Hill et al., 2022). The bandwidth 

of the OPMs is 0 – 135 Hz (where the upper limit represents a 3 dB loss in 

sensitivity).  

 

As shown in Figure 8.1A, the MSR was equipped with the MC (Holmes 

et al., 2023b, 2022). This comprised coil elements attached to the inner walls of 

the MSR. These elements can be independently energised using low noise 

current drivers (Magnetic Shields Limited, Kent, UK) such that the field from 

all elements sums to flexibly create controlled magnetic field patterns within the 

MSR (this system will be described in more detail below). Illustrated in Figure 

8.1B, a single ‘acquisition’ computer was used for OPM-MEG data acquisition. 

Experimental paradigms (along with associated triggers) and the MC were 

controlled by a second ‘stimulus computer’.  
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8.3.2 Calibration with HALO 

 

 The “HALO” comprised a circular printed circuit board (PCB) 

containing 16 independently controllable electromagnetic coils. Not only are 

PCBs cost-effective, but they can also be manufactured with a high accuracy, 

critical for use in calibration. Each coil was formed from 6-layers of a 45-turn 

planar spiral (270 turns total), with an inner radius of 3.68 mm and an outer 

radius of 10.94 mm. Within a single coil, each spiral layer was connected in 

series with the other layers by PCB vias. The coil radius was chosen such that 

when energised at a distance 5-10 cm from a sensor the coil creates a field that 

closely resembles a magnetic dipole. (Note that the large number of turns and 

layers means a small current can be applied, and so the relative contribution of 

stray field from the cables feeding current to the coil is minimised). 12 of these 

dipolar coils were equidistantly spaced (every 30°) around a circle of radius 12.7 

cm; a further 3 dipoles were spaced at 120° intervals around a circle of 6.3 cm 

radius; the final dipole was placed at the centre of the circle (see Figure 8.2 

(left)). This layout was chosen such that the system generated fields 

approximately evenly across the head. The HALO was electrically coupled to a 

driving circuit (QuSpin Inc.). 

 

The procedure for running the HALO was as follows. First, the HALO 

was mounted in the OPM helmet on a base which holds the disc 5 cm above the 

helmet, as shown in Figure 8.2 (right). Following this, the door to the MSR was 

closed and the room demagnetised. Each of the 16 dipoles was sequentially 

energised, to create 16 (spatially different) dipolar field patterns across the 

sensor array. The driving circuit generated a 10 Hz oscillating current which was 

applied to one dipole for 1 s before being switched to the next dipole. Once all 

16 dipoles had been energised the current was turned off. One limitation of 

dipoles is that the magnetic field falls very rapidly with distance, and so whilst 

nearby OPMs see a large field, distal OPMs see a small field. To overcome this, 

the sequence was run 4 times with dipole moments of 4 µAm2, 11.8 µAm2, 28.3 

µAm2 and 41.0 µAm2 with a 5-s break between sequences. The procedure lasted 

~90 s and OPM data were collected throughout. 
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Figure 8.2: HALO calibration system: Left) Aerial view of the HALO. The system contains 16 

independently controllable magnetic dipoles which make spatially distinct field patterns across 

the OPM array. Right) The HALO in position in the rigid OPM-MEG helmet being worn by a 

participant. 

 

An algorithm was generated to calibrate each OPM based on the model of 

the field generated by the HALO. Assuming dipole 𝑛, is at location 𝒑𝒏 relative 

to the centre of the HALO and that a sensor is located at 𝒓 (also relative to the 

centre of the HALO) and makes a single measurement along an axis defined by 

the unit vector 𝒐̂. The sensor measurement, 𝑉𝑛(𝒓, 𝒐̂) (i.e. in volts), can be 

modelled by the equation 

   

 
𝑉𝑛(𝒓, 𝒐) = 𝑔 {

𝜇0

4𝜋
[
3(𝒓 − 𝒑)(𝒎. (𝒓 − 𝒑))

𝛿5
−

𝒎

𝛿3
] ∙ 𝒐̂}. 

[8.1] 

   

Here, 𝒎 is the magnetic dipole moment (whose orientation is perpendicular to 

the plane of the HALO, and magnitude is assumed to be the same for all dipoles), 

𝛿 = ‖𝒓 − 𝒑‖ is the Euclidean distance from the coil origin to the measurement 

location, 𝒓. 𝑔 represents the sensor gain (in units of V/T). This equation allows 

us to model the fields generated by any dipole in the HALO, at any location and 

orientation across the array. A single sensor makes three measurements of field 

([𝑉𝑛𝒐̂1
, 𝑉𝑛𝒐̂2

, 𝑉𝑛𝒐̂3
] which represent the field magnitude along three axes, 𝒐̂1, 𝒐̂2 

and 𝒐̂3). By measuring field from all 16 dipoles, a single sensor makes 48 

separate field measurements, and this is repeated 4 times (due to the 4 different 

dipole amplitudes) making a total of 192 measurements per sensor. By fitting 

these values to a model generated by the repeated use of Eq. 8.1, it becomes 

possible to determine the free parameters comprising the sensor location (𝒓), the 

3 measurement orientations (𝒐̂𝟏, 𝒐̂𝟐 and 𝒐̂𝟑), and the 3 gains (𝑔1, 𝑔2 and 𝑔3). (In 

practice we defined orientation vectors such that their magnitude represented the 
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gain and the normalised unit vector is the orientation, hence only 12 free 

parameters are needed not 15).  This offers a complete calibration of an OPM.  

 

In practice, for each signal, the amplitudes and direction of the measured 

signals (relative to the phase of the coil current) were estimated via a fast Fourier 

transform. To avoid the problem of signals being too small in distal sensors, or 

so large in proximal sensors that cross-axis projection error (CAPE) effects and 

sensor gain errors would confound the calibration, only segments of data where 

the measured 10 Hz signal was between 1 pT and 1,000 pT in amplitude were 

used in the fitting algorithm. The fitting procedure was implemented in 

MATLAB using the ‘fmincon’ function, which minimises the sum of the squared 

differences between the dipole model (of fields generated by the HALO) and 

measured data in such a way to determine the optimum sensor location, 

orientations and gains. The initial guess for the sensor position was the same for 

each sensor and was approximately the centre of mass of the helmet. The initial 

channel gain was set to the assumed 2.7 V/nT and each channel orientation was 

set in the front-back direction of the helmet. [Note – as discussed in Section 3.16 

the two laser beams, and hence the precise locations of the field measurements 

for the x and z field components are offset from one another by ~600 µm. 

However, this small difference was ignored in the fitting algorithm]. 

 

8.3.3 Calibration with matrix coils 

 

The MC comprises 94 independently controllable square coils of side 

length 450 mm arranged (approximately) symmetrically in 4x4 grids on each 

MSR face. (Due to access requirements, coils on the door face are arranged 

asymmetrically and 2 coils are removed on the face of the MSR opposite the 

door because a projector porthole blocks their positioning). We used the MC 

elements to generate known fields by which to calibrate the OPMs. However, to 

do this we need to know what field each coil element produces – this is termed 

the MC forward model.   

 

8.3.4 Characterisation of the MC system 

 

As described in the previous chapter, one could in principle use the 

positions of the wire paths of each coil to generate a forward model to ensure 

accurate knowledge of the fields generated by each MC element. However, 

interactions between the wire paths and the MuMetal walls of the MSR 

(Hammond, 1960; Roshen, 1990), complexities in monitoring many coil 

currents, and potential inaccuracies involved in mounting the coils means that 

simulating the field produced by each coil will not reflect the real system 

accurately enough for calibration. Here, we chose instead to use a data-driven 

approach similar to the one described in Section 5.3.2.3. Originally described by 
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Iivanainen et al., 2022, this calibration procedure also fits a spherical harmonic 

model to the fields generated by the coils, where real data is used instead of 

simulation results. Briefly put, Iivanainen et al., 2022 measured the fields 

produced from a system of 18 coils placed inside a cylindrical magnetic shield 

(MSC) over a volume containing an OPM-MEG helmet. A vector spherical 

harmonic model was then fit to the measured fields, thus obtaining a forward 

model describing the field generated by each coil, within a volume of interest, 

per unit of applied voltage. This approach has also been used to measure remnant 

fields inside MSRs (Holmes et al., 2022; Mellor et al., 2021; Rea et al., 2021a) 

and to model both neuronal and interference fields measured by MEG systems 

(Taulu and Kajola, 2005; Tierney et al., 2022, 2021).  

 

To calibrate the 94 coils installed in the MSR, each coil was to be driven 

at a known frequency such that a measurement of the field magnitude and 

direction produced by each coil at a known position inside the MSR could be 

found via the Fourier transform of the data. Repeating the process at different 

points in a desired volume provides enough data to fit a spherical harmonic 

model. This model can then be used to for sensor calibration or remnant field 

cancellation. Recalling from Section 7.3, the currents 𝒊 required to generate the 

desired field components ∆𝒃(𝑡) are given by equation  

   

 𝒊 = 𝑭+𝑩𝑚𝑎𝑡
† ∆𝒃(𝑡). [8.2] 

   

where, as discussed, 𝑭+ is the pseudoinverse of 𝑭, the matrix describing the 

strength of each field harmonic magnetic field component generated by each coil 

per unit current, and 𝑩𝑚𝑎𝑡
†

 is the pseudoinverse of the design matrix (model of 

the desired field at each target point). 

 

The data required to estimate the calibration matrix 𝑭 was obtained using 

a triaxial Bartington Mag-13MSL100 fluxgate magnetometer (Bartington 

Instruments, Witney, UK) integrated with an optical tracking system (Natural 

Point Inc., Corvallis, OR, USA). The fluxgate was connected to a National 

Instruments DAQ.  Each coil was to be driven at a known frequency such that a 

measurement of the field magnitude and direction produced by each coil at a 

known position inside the MSR could be found via the Fourier transform of the 

data. For this, we used the MATLAB NI-DAQmx package function ‘readwrite’ 

to simultaneously generate and record signals with a sampling frequency of 10 

kHz. Repeating the process at different points in a desired volume provides 

enough data to fit a spherical harmonic model, telling us how much each coil 

contributed for each field component per unit of applied voltage. The central 

volume is where the subjects’ heads are placed when they are being scanned with 

the OPM helmet. This was chosen as the initial calibration region so that field 

cancellation results could be compared against our previous biplanar coil system 

(Holmes et al., 2018a). We chose to sample a 40 x 40 x 40 cm3 volume in steps 
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of 10 cm on all three axes (125 points in total). Shown in Figure 8.3A, a small 

wooden table was built which could hold the fluxgate sensor in the centre of the 

room at different heights and positions.  

 

 

Figure 8.3: Experimental setup for calibrating the MC sytem. A) Wooden support with marked 

spacings employed to support the fluxgate at each point to the target volume. B) New matrix 

coils on the walls of the MSR in the Nottingham OPM-MEG laboratory. 

 

Simultaneous activation of the coils required using different driving 

frequencies for each coil so they could later be identified in the Fourier 

transform. Consequently, we decided to measure how big an influence the 

driving frequency had on the field magnitudes being produced. As shown in 

Figure 8.3B, the coils are placed on all walls of the MSR, as well as the floor 

and ceiling. This means that they are in proximity with the Mu-Metal that make 

up the main shielding layers of the room. As described in Section 5.2, Mu-Metal 

has a high magnetic permeability and high electrical conductivity. Therefore, the 

magnetic fields produced by the coils will interact with the material in a 

frequency dependent manner. Additionally, the coil amplifier circuits were 

configured as voltage drivers, as the frequency of the voltage increases the coil 

current may decrease, an effect that could impact the accuracy of the calibration. 

The impact of these effects was quantified by sequentially activating each coil 

at 1 Hz then gradually increased the driving frequency in steps of 1 Hz up to 50 

Hz. Plotting field amplitude as a function of the driving frequency (Figure 8.4A) 

shows a decrease in amplitude as frequency increases, producing changes of up 

to 5% or more in field magnitude suggesting a narrow frequency range would be 

required for accurate procedure. 
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Figure 8.4: Preliminary results prior to calibration: A) Plots showing magnetic field magnitude 

versus driving frequency along each measurement axis for a single coil. B) Plots showing 

magnetic field magnitude for all coils when activated sequentially and simultaneously. 

 

To address the frequency dependence, we chose frequencies between 2 

and 11.5 Hz with a separation of 0.1 Hz, recording for 20 s for sufficient 

frequency resolution to resolve all peaks (such that peaks were clearly resolvable 

in the Fourier transform with resolution 1/20 s = 0.05 Hz). This ensured that field 

magnitude changes due to different driving frequencies were below 1%. To 

verify the suitability of this range, each coil was then pulsed using a 20 s cosine 

wave with a 10 V amplitude. Magnetometer data were recorded simultaneously. 

Field amplitude values were obtained for each coil. Results for each axis are 

shown in Figure 8.4B, where no difference could be observed between 

simultaneous or sequential activation. Therefore, to carry out the calibration, the 

simultaneous activation approach was chosen for the final calibration 

experiment. 

 

 

Figure 8.5: Spherical harmonic model fit results. A) Explained variance of the model when 

compared against measured data versus the model order used, for a single coil. B) Root mean 

squared error between the model and the measured field for all 94 coils. 
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Finally, the fields generated simultaneously by all coils were recorded at 

125 positions in the target volume, moving the fluxgate after each 20 s pulse. 

The direction and magnitude of the field generated at each grid point by each 

coil was extracted. The resulting dataset was employed to fit spherical harmonic 

models of increasing order. The quality of the fits was quantified by comparing 

the modelled fields to the measured ones using metrics such as explained 

variance and root mean squared error (RMSE). Results for a single coil are 

shown in Figure 8.5A, demonstrating that a 4th order harmonic model was more 

than sufficient to accurately describe the fields produced. As shown in in Figure 

8.5B, the RMS error between the data and the model was <1% for all coils.  

 

Finally, the ability to cancel out the background field with the newly 

designed matrix coils was tested against the previous active cancellation system, 

the biplanar coils (Holmes et al., 2018a). Figure 8.6B presents a histogram of the 

results for the central volume where the participants are normally seated in the 

MSR. Results demonstrate that the MC not only match the performance of the 

biplanar coils but also more effectively reduce the gradient components of the 

background field. The same technique was employed to null the field in a volume 

positioned above, to enable scanning of participants while standing (Figure 

8.6C). The calibration process was performed in the same manner, measuring 

the fields generated by the coils in 125 in a “standing” volume. Results shown 

in Figure 8.6D demonstrate that the field cancellation was effective, achieving a 

sufficiently low field for high-quality imaging. 
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Figure 8.6: Field cancellation results: Photos A) and C) show where the participant was within 

the MSR to test field cancellation with the MC while seated and standing. The histograms C) and 

C) show the magnitdue of each magnetic field component of the background field before and 

after the field cancellation was swtiched on for the seated and standing cases, respectively. Note 

that plot B) shows results for both the biplanar coil cancellation (orange) and the matrix coil 

cancellaiton (green). 

 

8.3.5 OPM Calibration procedure 

 

 To calibrate the OPMs, we used the same signal used to derive the MC 

forward model, with a maximum field generated of around 1,000 pT. We took 

the FFT of the resulting OPM data, to quantify the field detected by the OPMs 

from each coil (based on the known coil frequencies) and minimised the 

difference between the measured data (𝑣𝑛 at channel n) and the forward model 

to determine sensor locations orientations and gains. Mathematically,  

   

 

min
𝒓,𝒐̂,𝑔

‖∑ 𝑣𝑛 −

𝑁

𝑛=1

𝑔𝑩𝒏(𝒓) ∙ 𝒐̂‖ 

[8.3] 

   

for each channel. Here 𝑩𝒏(𝒓) denotes the field from each matrix coil from the 

MC forward model. We reduced the number of coils used from 94 to 12 (2 
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randomly selected from each face) and set a (empirically derived) threshold level 

for optimisation and randomised the selected coils in the system until this 

threshold was met, or 100 iterations were completed (typically this indicated an 

inactive sensor or a channel with high noise). This was done as using all coils 

together made the system perform poorly, possibly as the initial search space is 

difficult to navigate with many coils. We again assumed in our minimisation that 

each of the channels in an individual OPM sensor shared the same location and 

optimised the three channels of each sensor simultaneously. The initial guess for 

OPM position was the centre of the grid used to map the coils, with the channels 

again oriented along the approximate front-back alignment direction of the 

helmet with 2.7 V/nT gain. We note that Iivanainen et al., 2022, first used their 

coils to generate three orthogonal uniform fields and the complete set of five 

field gradients to obtain an initial guess of the sensor orientation and then 

position before refining with the harmonic model as above. We found that this 

initial step was not needed after reducing the number of coils used in the 

minimisation. This may be due to the larger distance between our MC and the 

helmet (1.4 m) compared to their experimental setup. 

 

8.3.6 Validation experiments 

 

To validate our two calibration methods (HALO and MC), we undertook 

a series of experiments. For each experiment, the OPMs were located in the 3D 

printed helmet (Figure 8.1C). All sensors were used ‘as is’ from the production 

line (i.e., with no in factory calibration). This means that gain and orientation 

sensitivity are subject to errors from manufacturing tolerances and operational 

settings as well as local conditions. During the sensor start-up procedure, we 

used the manufacturer’s software to perform a “field zeroing” process, by which 

the on-board sensor coils were used to offset any remnant DC background field, 

ensuring a close to zero field within the cell for the experiment. The 

manufacturer’s software also carries out an additional step in which each of the 

three on-sensor coils is used to produce a field of known amplitude. 

Measurements of the amplitude and phase of the variation of transmitted beam 

intensity at the modulation frequency for the three different applied fields are 

then used to establish signal weightings that yield values of the field components 

oriented along the three orthogonal directions defined by the three sensor coil 

fields (which are approximately equivalent to the orientations of the sides of the 

sensor casing). These measurements are used to set the assumed sensor gain to 

2.7 V/nT for all three axes. Following this, we performed our calibration 

procedures, as described above.  

 

A single experiment comprised calibration with both the HALO and MC. 

This was repeated 11 times. For the first 5 repeats, the MSR was opened, and the 

HALO moved to a different position relative to the helmet (specifically it was 

positioned on the top, left, right, back and front of the helmet, as shown in Figure 

8.7 and remained there throughout the experiment). For the remaining 6 repeats 

nothing was changed between experiments (and the HALO was sited on the top 
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of the helmet). The OPMs were always restarted between successive 

experiments. The order in which the HALO and MC calibration occurred was 

switched for each experiment. 

 

 

Figure 8.7: HALO positioning: All 5 locations the HALO was placed within the helmet. 

 

Because the HALO was inserted into one of the sensor slots in the helmet. 

We had to remove one sensor from the helmet, and hence the calibration process. 

We also removed any sensors with excessive noise levels. This left us with seven 

datasets with 63/64 sensors, two datasets with 62/64 sensors and two datasets 

with 61/64 sensors. Calibration was also made complicated because moving the 

location of the HALO (which occupies one sensor slot) meant that we were not 

able to repeat the calibration for every possible sensor slot in the helmet, for 

every experiment performed. For this reason, some slots had more repeat 

experiments (ranging from 11 to 4 repeats). 

 

Following data collection and fitting (using the procedures described 

above) for each of the 11 runs, we had two independent system calibrations (one 

from the MC array and one from the HALO), both comprising sensor locations, 

orientations and values of the gain for each channel. We quantitatively compared 

these data in three ways: 

1) Location: The only ‘ground truth’ available was the locations of the cell for 

each OPM, which are known from a combination of the helmet CAD file and 

the design of the OPM. The accuracy of these values is limited by the 

manufacturing tolerance of the helmet and OPM, the precise location at 

which the laser passes through the cell (which we assumed to be the centre), 

and the extent to which all sensors are correctly inserted into the helmet. 

Nevertheless, we expect these CAD-derived locations to be accurate to 

within ~1 mm. Comparison of these values to the calibration-derived 

locations is somewhat complicated since the CAD locations are in the 

coordinate space of the helmet, and the calibration locations are in the 
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coordinate space of either the HALO or the MC. To quantitatively compare 

the two, we first computed the Euclidean distances from every sensor in the 

helmet CAD model to every other sensor. We repeated this calculation for 

the locations derived using both calibration methods and computed a matrix 

of residuals by taking the absolute value of the difference between the CAD-

derived distances and the calibrated distances. We calculated the mean and 

standard deviation of these values for each sensor across experiments to form 

an estimate of the accuracy and repeatability of the location estimate for each 

sensor. In addition, we also used an iterative closest point (ICP)-style 

minimisation algorithm to find the rigid body transformation of the 

calibration-derived sensor locations to the corresponding CAD locations. 

The algorithm found the transform which minimised the mean Euclidean 

distance between CAD and calibration-derived locations. We then took the 

final mean Euclidean distance as an absolute value of the difference between 

the calibration and CAD-derived locations. (Note that it would also have 

been possible to generate a similar transform based on the known geometry 

of the helmet and the HALO; however, this method was not used as it was 

felt the ICP-like approach would lead to a lower overall error). 

2) Orientations: The assumed sensitive orientation of OPM measurements 

relates to the modulation field directions, which in turn depend on the 

orientation of the on-board sensor coils. These orientations should point 

along the axes of the casing of the OPM (see Figure 8.1A). We again used 

the ICP algorithm to rotate/translate the calibration-derived locations to the 

CAD locations. We then compared the three orthogonal axes of the sensor 

casing (from the CAD) to the calibration-derived orientations for each sensor 

axis. Specifically, for all three axes and for all OPMs we measured the angle 

between the assumed axis and calibration-derived axis. We then compared 

both the stability of each method, and the agreement between methods, by 

calculating and plotting the mean and standard deviation across all available 

runs from HALO-derived angles against MC-derived angles. We reasoned 

that if both approaches were stable, the error-bars would be small for all axes 

(i.e., the angle difference similar for each run). We also reasoned that a linear 

relationship would suggest that the calibration methods were equivalent (i.e. 

we find the same sensor orientation with the HALO and the MC calibration). 

3) Gains: The gain of each OPM channel is assumed to be set using the sensor 

start-up procedure. We therefore expected our recovered gains to be centred 

around 2.7 V/nT. We produced equivalent plots to those generated for the 

orientations to compare the stability of and agreement between methods. 

 

8.3.7 Human experiments: data acquisition 

 

 We undertook a series of human experiments with the aim to determine 

whether calibration of the OPMs leads to an improvement in OPM-MEG 

performance when assessing data in source space. Seven healthy participants (2 

identified as female, 5 identified as male, mean age 32 ± 7 years, all right-

handed) took part in the study, which was approved by the University of 
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Nottingham Faculty of Medicine and Health Sciences Research Ethics 

Committee (approval number H16122016). All participants provided written 

informed consent.  

 

 All subjects underwent a visuo-motor experiment designed to elicit 

oscillatory responses in both the beta and gamma bands, as well as evoked 

responses. The experimental paradigm incorporated two types of trials: 

1) Circles trials: A visual stimulus (a central, inwardly moving, maximum-

contrast circular grating) was presented. The grating subtended a total 

visual angle of 14 and was displayed for 1.5 s. This was followed by a 

baseline period lasting 2 s, during which a central fixation cross was 

displayed. Whilst the circle was on the screen the subject was asked to 

make repeated abductions of their right index finger. There were 60 

circles trials per experiment. This visual stimulus is known to induce 

gamma oscillations in visual cortex (Hoogenboom et al., 2006) whilst the 

finger movement is known to modulate beta oscillations in motor cortex 

(Pfurtscheller and Lopes da Silva, 1999).  

2) Faces trials: In these trials a photograph of a face was displayed on 

screen for a duration of 0.3 s, followed by a (jittered) rest period of 

duration 1 ± 0.1 s (during which a central fixation cross was shown). A 

total of 180 faces trials was used. This task generates evoked responses 

in primary visual and fusiform areas (Bentin et al., 1996; Halgren et al., 

2000; Hill et al., 2022; Taylor et al., 2001).  

In all cases, visual stimuli were presented via projection through a waveguide in 

the MSR onto a back projection screen, positioned ~100 cm in front of the 

subject (using a ViewSonic PX748-4K data projector). 

In an experimental session, the subject was first seated on a patient 

support at the centre of the MSR. The OPM helmet was placed on the subject’s 

head, and the HALO was positioned on the top of the helmet (secured via an 

empty OPM slot – Figure 8.7 (top)). Following this, the door to the MSR was 

closed and the room demagnetised (this procedure takes <1 minute and reduces 

the remnant field inside the MSR to ~2 nT (Rea et al., 2021a)). The manufacturer 

field-zeroing and parameter setting was performed and then calibration of the 

OPMs was performed using both the HALO and the MC; this process took a 

total of 2 minutes. The experimental paradigm was then run, and OPM-MEG 

data collected at a sample rate of 375 Hz. The experimental paradigm lasted 

~550 s and the total experimental time (including degaussing, calibration using 

both techniques, and the experiment itself) was ~13 minutes. 

Immediately following MEG data acquisition, we used an optical 

scanning technique to determine how the helmet was positioned on the subject’s 

head. Specifically, a 3D digitisation of the participant’s head (with the helmet in 

place) was acquired using a 3D structured light scan (Einscan H, SHINING 3D, 

Hangzhou, China). The 3D surface of the subject’s face was extracted from this 

scan and matched to the equivalent surface taken from a T1-weighted anatomical 
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magnetic resonance image (MRI). This enabled a co-registration of the helmet 

relative to brain anatomy (Hill et al., 2020; Zetter et al., 2018). 

 

8.3.8 Data analysis 

 

OPM-MEG data for every channel were initially inspected by computing 

the power spectral densities, and any channels with a high noise floor (taken as 

>30 fT/√Hz in the 60 – 80 Hz band) or very low signal levels (<7 fT/√Hz) were 

removed. A trial-by-trial analysis was also carried out, whereby trials with 

variance greater than 3 standard deviations from the mean trial variance were 

automatically removed. Data were also inspected visually, and any obvious 

noisy channels or trials removed. A 1 – 150 Hz band pass filter was applied along 

with notch filters at the powerline frequency (50 Hz) and two of its harmonics.  

 

We used a beamformer spatial filter (Robinson, 1999) to process data in 

source space. This requires accurately calibrated data, and we used 3 separate 

approaches: 

1) Assumed calibration: Sensor locations were derived from the helmet CAD; 

the location of the helmet relative to the brain was derived from the 

structured light scan and MRI. The combination of these data allowed co-

registration of sensor locations relative to the brain. The orientations were 

assumed to be orthogonal, and parallel to the sides of the sensor casing. The 

sensor gain was assumed to be 2.7 V/nT. 

2) HALO calibration: We used the ICP algorithm to co-register the HALO-

derived locations to the helmet CAD, and this coupled with the structured 

light scan and MRI allowed sensor locations relative to the brain to be 

derived. For every channel, the orientation and gain were taken directly from 

the HALO fitting algorithm (with orientations rotated to the same space as 

the MRI scan). Recorded voltage data for each channel were divided by the 

calculated gain value for each channel to yield field data. 

3) MC calibration: This was identical to the HALO calibration but using MC-

derived coefficients (locations, orientation, and gains). 

 

Notice that for all three calibrations, the processes of co-registration were 

identical. Having calibrated the system in these three ways, a forward model was 

constructed using a single shell volume conductor model (Guido Nolte, 2003). 

Following this, we undertook three separate analyses: 

Gamma modulation: Data collected during the circles trials were 

segmented to 0 s to 3.5 s windows (relative to the onset of the circle) and filtered 

to the 35 Hz to 55 Hz band. A covariance matrix and beamformer weights were 

constructed using these data. To make an image showing the spatial signature of 

stimulus induced gamma change, we contrasted 35-55 Hz oscillatory power in 
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the 0.5 s to 1.5 s (active) window to power in the 2.5 s to 3.5 s (control) window, 

deriving a pseudo-T-statistic (Vrba and Robinson, 2001) for all voxels on a 

regular 4-mm grid covering the brain. Source orientation for each voxel was 

taken as that with the largest signal power. Having derived the location of largest 

gamma change, we then constructed a ‘virtual electrode’ showing the timecourse 

of electrophysiological change at this peak location. This was done in two ways; 

first, we generated a gamma amplitude envelope timecourse by taking band-

limited data for each trial, applying a Hilbert transform to get the analytic signal, 

and then taking the absolute value of the analytic signal and averaging over trials 

(this is termed the Hilbert envelope). Second, we recalculated the beamformer 

weights using broadband (1 – 150 Hz) data, and then constructed a time 

frequency spectrogram (TFS) by sequentially filtering data into overlapping 

frequency bands, deriving the Hilbert envelope for each band and concatenating 

these data in frequency. In both cases, an estimate of baseline amplitude was 

derived (independently for each frequency band) in the control window (3 s to 

3.5 s) and this was subtracted; the data were also normalised by these same 

baseline values to give an estimate of change relative to baseline ‘noise’. Finally, 

gamma band signal-to-noise ratio (SNR) was measured as the change in mean 

gamma amplitude (between the active and control window) divided by the 

standard deviation of the envelope in the control window.  

 

Beta modulation: Stimulus induced change in beta power (due to finger 

movement) was mapped in a similar way to the gamma change. Data from 

Circles trials were segmented into 6-s windows (starting at the onset of the circle 

stimulus), filtered into the 13 Hz to 30 Hz band, and covariance and beamformer 

weights calculated. A pseudo-T-statistical image was generated, contrasting 

active (1 s to 2 s) and control (2.5 s to 3.5 s) windows. A Hilbert envelope of 

beta amplitude and a TFS were derived for the location of maximum beta 

modulation as described above (but with a baseline window of 5 s to 6 s), and 

SNR was calculated as the difference in mean beta amplitude in the active and 

control windows divided by the standard deviation in the active window.  

 

Evoked responses: To look at evoked responses to faces, data were 

segmented to -0.24 s to 1.26 s time windows (relative to the presentation of a 

face) and frequency filtered to the 2 Hz to 40 Hz band. Covariance and weights 

were constructed using data from all faces trials. To compute the evoked 

response, we first used a beamformer to reconstruct a virtual electrode at an 

anatomically defined point in the primary visual cortex (selected according to 

the automated anatomical labelling (AAL) atlas (Tzourio-Mazoyer et al., 2002)). 

Beamformed timecourses were averaged across trials, giving the evoked 

response. For the peak in the evoked response at 108 ms, we generated a pseudo-

Z-statistical image (which contrasts beamformer projected source amplitude (at 

a single point in time) to the noise amplitude (Vrba and Robinson, 2001)). The 

instantaneous beamformer projected amplitude was normalised by an estimate 

of the projected noise (taken as (𝒘𝑇𝑪𝑁𝒘)1/2 where 𝒘 are the beamformer 

weights and 𝑪𝑁 is the 2 – 40 Hz covariance estimated in a control window (1.06 
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s to 1.26 s)). Evoked response SNR was estimated as the maximum amplitude 

of the evoked response divided by the same projected noise.  

 

 Each of the above three analyses was undertaken (independently) for 

each of the three calibration types (assumed (CAD), HALO and MC). We tested 

statistically (using Wilcoxon signed rank test) whether SNR was increased when 

using either the HALO or MC compared to the assumed calibrations. We also 

explored the source localisation repeatability by comparing the peak location for 

each participant in each method. To do this, we co-registered each subject to the 

MNI-152 average brain using FLIRT (FSL) (Jenkinson et al., 2002b; Jenkinson 

and Smith, 2001) and computed the average and standard deviation of the peak 

location across participants for each case. We then calculated an “error ellipsoid” 

(one for each calibration method) that was centred on the average location and 

with each axis of the ellipsoid representing the standard deviation of peak 

locations in X, Y, and Z across participants. We reasoned that if all three methods 

localised with similar accuracy, the ellipsoids would overlap with similar 

volumes (suggesting that errors are dominated by intersubject variation rather 

than calibration method). 

 

8.4 Results 

 

8.4.1 Validation experiments 

 

Figure 8.8A shows the basic output of the calibration procedures. In both 

the left and right panels, the grey data-points and arrows show the sensor 

locations and sensitive orientations, according to CAD, respectively. In the left-

hand plot, the coloured data-points and arrows show the HALO-derived 

locations and orientations following the ICP process. In the right-hand plot, the 

coloured data points and arrows show the MC-derived locations and orientations 

following the ICP process. In both cases, the colour of the arrow represents the 

derived gain multiplier for that channel (i.e., relative to the assumed value of 2.7 

V/nT); blue shows gain scaling values <1 and red shows gain scaling values >1. 

Note that grey arrows are used for the CAD data as we always assume a gain of 

2.7 V/nT. Data from a single representative experimental run are shown. For this 

specific run, the mean (across sensors) absolute Euclidean distance from the 

CAD-derived to the HALO-derived sensor location was 2.9 mm; the equivalent 

distance from the CAD to the MC-derived location was 3.4 mm. Across all 

experimental runs, the average absolute Euclidean distances were 3.0 ± 0.1 for 

the HALO and 3.7 ± 0.3 for the MC (mean ± standard deviation values shown). 

These values show good agreement between calibration and the CAD (the latter 

being the closest we have to a ground truth).  

 

A limitation with these absolute discrepancies is that they do not allow 

investigation of which sensor locations are best matched to the CAD-derived 
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locations. This is because our ICP algorithm minimises the average distance 

between CAD- and calibration-derived locations, and this could mask individual 

sensors that offer only a poor agreement to CAD. For this reason, we also derived 

sensor-to-sensor distances across the helmet (which are independent of the ICP 

algorithm). Figure 8.8B, C and D show matrices representing the residuals 

between the CAD-derived and the calibration-derived sensor-to-sensor 

distances. Figure 8.8B shows the comparison between the HALO and CAD. 

Figure 4C shows the comparison between the MC and CAD. Figure 8.8D shows 

the comparison between the HALO and the MC. Note first that the residual 

matrices in Figure 8.8B and Figure 8.8C appear visually similar (the Pearson 

correlation coefficient between these matrices is 0.77). This means that sensors 

in which HALO-derived locations differ most from CAD, also tend to be the 

sensors where the MC-derived locations differ most from CAD. In general, the 

residuals between the HALO and MC sensor-to-sensor distances were lower, 

suggesting that the HALO and MC are in better agreement with each other than 

they are with CAD. This suggests the dominant inaccuracies relate to the CAD 

itself (i.e. helmet manufacture and sensor placement).  

 

Formalising the above results, we computed the average residual sensor-

to-sensor distance across all sensors and all experimental repeats (i.e., the 

average value of all elements in the corresponding matrix Figure 8.8B, C or D) 

and computed an estimate of how much individual inter-sensor distances 

changed from repeat-to-repeat by averaging the individual standard deviation 

values (i.e., the average value of all elements in the corresponding matrix Figure 

8.8E, F or G). The final values were 2.08 ± 0.61 mm for HALO vs. CAD; 2.62 

± 1.7 mm for MC vs. CAD, and 1.97 ± 1.5 mm for HALO vs. MC. (All cases 

show mean ± standard deviation.) Most importantly, these values, and the 

matrices from which they are derived, show that both of our calibration 

techniques are able to localise sensors to within a few millimetres of their CAD-

derived locations, and that these residual ‘errors’ most likely derive from the 

CAD.   
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Figure 8.8: Quantifying the accuracy of calibration-derived sensor locations. A) CAD- (grey) 

and calibration- (coloured) derived sensor locations, orientations and gains. Left panel shows 

HALO, right panel shows MC. In both cases, the data points show the sensor location, the 

arrows show three sensitive orientations, and the colour shows the gain multiplier. (in the case 

of the CAD-derived values the gain multiplier is assumed to be 1).  B) Matrix showing the mean 

residual sensor-to-sensor distance between CAD- and HALO-derived locations. C) Matrix 

showing the mean residual sensor-to-sensor distance between CAD- and MC-derived locations. 

D) Matrix showing the mean residual sensor-to-sensor distance between MC- and HALO-

derived locations. 

 

Figure 8.9 shows how our calibration-derived estimates of the sensitive 

orientations of the OPM differ from the CAD models (these differences are 

measured as angles, so an angle of 10° means the orientation of the sensitive axis 

in the OPM differs by 10° from the orientation of its outer casing). Figure 8.9a-

c plot the MC-derived angular discrepancy against the HALO-derived angular 

discrepancy. Panels A, B, and C show the x, y, and z axes of each OPM, 

respectively. In all three cases, the data points show the mean angular 
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discrepancy, for a single OPM, calculated across experimental runs. The error 

bar shows the standard deviation across runs, meaning a small error bar denotes 

good consistency in the calibration-derived orientation across experiments.  In 

all cases, the best fit line is shown in red and the line of equality in black. The 

fact that these lines fall very close to each other indicates good agreement 

between methods (i.e., the sensitive orientation derived using the HALO is 

similar to that derived using the MC). 

 

 To quantify the deviation of the angles from the expected value for each 

sensor axis we calculated the mean, standard deviation, minimum, and 

maximum angular discrepancies across all runs and channels. These were: x-

axis: 17.1 ± 8.6° (max/min = 37.1/2.0°); y-axis: 5.4 ± 2.3° (max/min = 10.7/0.3°) 

and z-axis: 10.3 ± 5.3° (max/min = 23.1/0.8°) using the HALO and x-axis: 17.2 

± 8.5° (max/min = 36.0/2.4°), y-axis: 5.4 ± 2.4° (max/min = 11.3/0.2°) and z-

axis: 10.5 ± 5.4° (max/min = 23.7/1.3°) using the MC. The x-axis has the largest 

error and widest range of values and y-channel the smallest error and narrowest 

range of values. 

 

The average angles between the HALO and MC recovered orientations 

were: x-axis: 1.6 ± 1.3° (max/min = 7.6/0°); y-axis 1.0 ± 0.6° (max/min = 4.8/0°) 

and z-axis 1.0 ± 0.6° (max/min = 3.5/0°). The wide discrepancy across both 

sensors and channels with the CAD model is maintained across methods, 

highlighting the importance of calibration. 

 

 

Figure 8.9: Estimating the accuracy of calibrated sensor orientations. All panels show the MC-

derived angular discrepancy (with respect to CAD) against the HALO-derived angular 

discrepancy (also with respect to CAD). i.e. an angle of 10° would mean that the orientation of 

the sensitive axis in the OPM differs by 10° from the orientation of the outer casing of the sensor. 

Panels A, B and C show the x, y, and z axes of each OPM, respectively. Red lines show a best fit 

to the data. Black lines show the line of equality. All data points show the mean value across 

experimental runs and the error bars represent standard deviation. A close linear relationship 

suggests that the two calibration methods result in very similar sensitive orientations. 

 

Figure 8.10 shows equivalent plots to Figure 8.9 but for the derived gain 

values. All values are centred around the expected 2.7 V/nT gain and again the 
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best-fit line closely follows the line of equality, showing that the two calibration 

techniques generate similar gain values, for each sensor. We again quantified the 

deviation of the gain from the expected value across each axis via computation 

of the mean, standard deviation, and minimum and maximum values across all 

runs and channels. These were: x-axis: 2.61 ± 0.24 V/nT (max/min = 3.15/2.01 

V/nT), y-axis: 2.78 ± 0.19 V/nT (max/min = 3.75/2.39 V/nT) and z-axis: 2.67 ± 

0.17 V/nT (max/min = 3.01/2.23 V/nT) for the HALO and x-axis: 2.63 ± 0.25 

V/nT (max/min = 3.16/2.13 V/nT), y-axis: 2.80 ± 0.19 V/nT (max/min = 

3.71/2.42 V/nT) and z-axis: 2.69 ± 0.16 V/nT (max/min = 3.07/2.29 V/nT) using 

the MC.  

 

The average percentage deviation of the recovered gain values between 

the HALO and MC were: x-axis: 1.6 ± 1.4% (max/min 8.2/0.0%), y-axis 1.2 ± 

0.9% (max/min 4.9/0.0%), z-axis 1.2 ± 1.0% (max/min 6.3/0.0%). Again, a 

discrepancy between the recovered values and the expected value and agreement 

across calibration techniques highlights the importance of calibration and the 

accuracy of both methods.  

 

 

Figure 8.10: The accuracy of the calibrated sensor gains compared with the expected value 

(of 2.7 V/nT). Each panel plots the HALO-recovered gain against the MC-recovered gain. The 

values are shown as the mean across repeats, with the standard deviation shown by the error 

bars. Panels A), B) and C) show angles for the sensor X, Y and Z channels respectively. The 

dashed crosshairs show the expected gain value of 2.7 V/nT. 

 

8.4.2 Human experiments 

 

 Figure 8.11 shows the beta band modulation induced by finger abduction. 

Figure 8.11A shows the group-averaged pseudo-T-statistical image, derived 

independently using the CAD- (top), HALO- (middle), and MC- (bottom) 

derived calibrations. The colour overlay, which shows the spatial signature of 

task induced beta power loss during movement, is thresholded to 80% of its 

minimum value. In all cases, the largest beta modulation is observed in the 

sensorimotor areas as would be expected. However, the pseudo-T value itself (a 

proxy metric for SNR) is ‘largest’ (i.e., average of most negative value of each 
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subject) for the HALO-derived calibration (-0.41 ± 0.03 – mean ± standard 

deviation over subjects); the MC-derived calibration resulted in a marginally 

lower pseudo-T value (-0.37 ± 0.03), and the CAD-derived calibration shows the 

smallest (least negative) value (-0.29 ± 0.04). This suggests a better 

reconstruction of the source for both the HALO and MC calibration, compared 

to the CAD model, with an average increase of 1.42 ± 0.09 and 1.31 ± 0.09 

respectively.  

 

Similarly, Figure 8.11A also shows the group-averaged TFS for a source 

at the location of the peak pseudo-T-statistic, for the three calibrations. The three 

plots are similar, with the expected movement-related beta decrease followed by 

an increase above baseline (the beta “rebound”) immediately following 

movement cessation. The TFSs reconstructed using either the HALO or MC 

calibrations show larger relative change from baseline compared to the TFS 

produced using CAD calibration. This difference is quantified in Figure 

8.11B/C. Figure 8.11B shows the beta-band envelope averaged over 

participants, with the standard deviation indicated by the shaded area. Figure 

8.11C shows the reconstructed source-space SNR for each subject. While both 

calibration methods show significant (p = 0.0156 for both methods, Wilcoxon 

sign-rank test) increases in SNR compared to the CAD-derived calibration, the 

HALO-derived calibration provides a greater increase. On average, the SNR 

increased by a factor of 2.85 ± 0.95 for the HALO and 1.77 ± 0.23 for the MC-

derived calibration. 

 

Figure 8.11D shows the location of maximum beta change for each 

subject, after transformation to the MNI-152 average brain. The average 

reconstructed location and its standard deviation in each axis are represented by 

the shaded ellipsoids. For all participants, the activity is localised to the 

precentral gyrus and the error ellipsoids overlap. However, for Subject 2 in the 

CAD-derived data, the peak location was found in the right precentral gyrus (i.e., 

an ipsilateral response) – the HALO- and MC-derived calibrations did not show 

this. The ellipsoids have volumes of 6417 mm3, 829 mm3, and 889 mm3 for the 

CAD, HALO, and MC calibrations respectively, suggesting that the CAD-

derived peak locations have a greater spatial spread while the HALO and MC 

are similar. These peak localisations are summarised in Table 8.1. 

 

Figure 8.12 shows gamma band (40 – 60 Hz) oscillations induced by 

visual stimulation using the circular grating. (The Figure layout is equivalent to 

Figure 8.11.) The mean pseudo-T statistics at the locations of maximum gamma 

of each subject change were 0.48 ± 0.30 for the CAD calibration, 0.68 ± 0.47 for 

the HALO, and 0.62 ± 0.42 for the MC. Again, this suggests a better source 

reconstruction with the HALO and MC, with an average increase of 1.32 ± 0.17 

and 1.22 ± 0.15 respectively. The TFS again show larger relative change when 

calibration is carried out using either the HALO or the MC compared to CAD. 

On average, the SNR increased by a factor of 1.32 ± 0.35 for the HALO and 1.25 
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± 0.41 for the MC-derived calibrations. However, whilst the improvement in 

SNR was significant for the HALO at the group level (p = 0.047 - Wilcoxon sign 

rank test) it was not significant for the MC (p = 0.38 – Wilcoxon sign rank test). 

Data in Figure 8C show that SNR improvements were less pronounced for 

gamma activity than they were for beta-band activity. Indeed, for some subjects 

SNR was marginally reduced – this will be addressed further in the Discussion. 

For all participants, using all three calibrations, the maximum gamma 

modulation activity was localised to primary visual cortex, as shown in Figure 

8.12D. The ellipsoids have similar volumes of 822 mm3, 703 mm3, and 776 mm3 

for the CAD, HALO, and MC calibrations respectively. 

 

Figure 8.13 shows the results of recording evoked responses to faces. 

Figure 8.13A shows the subject averaged (normalised) pseudo-Z-statistical map 

at a time t = 108 ms, thresholded to 80% of its maximum value.  All three cases 

show an average localisation in the occipital lobe. The activity derived using the 

CAD data localises entirely to the calcarine; for the MC-derived calibration, 

activity localises to the cuneus; and the HALO-derived activity bridges the two 

regions.  Figure 8.13B shows the reconstructed timecourse for a point at the 

centre of mass of the calcarine as well as the left and right fusiform (as 

determined by the AAL atlas for each participant). For the three calibrations, 

occipital timecourses show similar temporal morphology, with the HALO- and 

MC-derived positions showing larger peaks at 80 ms and 108 ms compared to 

the CAD data.  Figure 8.13C shows the occipital SNR for all participants, which 

increased significantly for both the HALO and MC compared to CAD (p = 

0.0156 for both methods – Wilcoxon sign rank test). On average, the SNR 

increased by a factor of 1.31 ± 0.19 for the HALO and 1.21 ± 0.10 for the MC-

derived calibrations. Figure 8.13D shows that, for all participants, the peak at 

108 ms was localised to the occipital lobe with the mean location (i.e. the average 

across participants) remaining similar in each case. However, there was a greater 

standard deviation of peak location in the CAD-derived case. The ellipsoids have 

volumes of 13,363 mm3, 3,808 mm3, and 4,900 mm3 for CAD, HALO, and MC 

calibrations respectively. This again implies a larger scatter of locations for the 

CAD-derived peak. 

 

 

Table 8.1: Localisation summary – The mean and standard deviation for peak localisation 

across participants for each of the three tasks using each of the three calibration methods. The 

final column shows the volumes of the error ellipsoids plotted in Figures 8.11D, 8.12D, and 

8.13D.  
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Figure 8.11: Beta band effects – A) Average pseudo-T-statistical image (thresholded at 80% of their minimum value) and a TFS showing the evolution of neural oscillatory 

activity at the location of peak beta modulation; data averaged across all participants for the CAD- (Top), HALO- (Middle), and MC- (Bottom) derived calibrations. B) The 

source reconstructed beta-band envelope for each method (CAD, HALO and MC in black, red and blue respectively) averaged across subjects with the standard deviation 

shown as a shaded area. This was again calculated at the location of largest beta modulation for each subject. C) Beta-band SNR calculated for each subject for CAD-, 

HALO-, and MC-derived calibration in black, red and blue respectively. D) The location of largest beta change for each participant, using all three calibration methods. 

CAD peaks are shown as black circles, HALO as red dots, and MC as blue crosses. In addition, the mean position and standard deviation in each axis are shown by shaded 

ellipsoids.
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Figure 8.12: Gamma-band effects – A) Average pseudo-T-statistical images (thresholded at 80% of their maximum value) and a TFS showing the evolution of neural 

oscillatory activity at the location of peak gamma modulation; data averaged across participants for the CAD- (Top), HALO- (Middle), and MC- (Bottom) derived 

calibrations. B) The source reconstructed gamma-band envelope for each calibration method (CAD, HALO and MC in black, red and blue respectively) averaged across 

subjects with the standard deviation shown as a shaded area. This was again calculated at the location of largest gamma modulation for each subject. C) Gamma-band SNR 

calculated for each subject for CAD-, HALO-, and MC-derived calibration in black, red and blue respectively. D) The location of largest gamma change for each participant, 

using all three calibration methods. CAD peaks are shown as black circles, HALO as red dots, and MC as blue crosses. In addition, the mean position and standard deviation 

in each axis are shown by shaded ellipsoids.
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Figure 8.13: Evoked responses – A) Average pseudo-Z-statistical images (normalised by their maximum absolute value) taken at t = 108 ms and thresholded at 80% of the 

maximum. B) the source-reconstructed evoked response in the occipital, and left and right fusiform, shown for each calibration method (CAD, HALO and MC in black, red 

and blue respectively). All data are averaged across subjects with the standard deviation shown as a shaded area. The data were reconstructed for a point at the centre of 

mass of the calcarine, identified by the AAL atlas. C) SNR of the occipital response for each subject, evaluated for CAD-, HALO-, and MC-derived calibration (in black, red 

and blue respectively). D) The location of the largest change in evoked response at 108 ms; peaks for each participant are shown for the 3 calibration methods. CAD shown 

as black circles, HALO as red dots, and MC as blue crosses. In addition, the mean position and standard deviation in each axis are shown by shaded ellipsoids. 
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8.5 Discussion 

 

 MEG provides a sensitive means to characterise human brain function, 

and has significant clinical utility, for example to identify abnormal brain 

activity in epilepsy and determine its spatial origin  (Rampp et al., 2019). 

However, the accuracy of MEG-derived metrics of both normal and abnormal 

brain function depends critically on knowing the relative locations of sensors, 

their sensitive axes, and their gain. If these key calibration parameters are 

incorrect, systematic errors in source localisation and reduced sensitivity 

necessarily follow. In this chapter, we demonstrate two independent techniques 

that use electromagnetic coils to produce known magnetic fields which can be 

used for OPM-MEG array calibration. We have shown that both techniques 

enable accurate determination of sensor location, orientation and gain; the two 

methods agree with each other (on average for position, orientation and gain by 

just 2.0 mm; 1.2° and 1.3% respectively), and both offer improvements in signal 

to noise ratio when characterising well-known neurophysiological processes in 

human MEG data.  

 

The accuracy of calibration was assessed via measurement of the 

agreement between CAD-derived and calibration-derived sensor locations. This 

measurement was used because the CAD locations were the closest available 

metric to a “ground truth”. We assessed sensor-to-sensor distance for all sensor 

pairs, and the difference between CAD- and calibration-derived values was 2.08 

± 0.07 mm and 2.6 ± 0.2 mm for HALO and MC, respectively. This notionally 

offers a quantifiable “error” in the sensor localisation (and consequently 

calibration) process. However, it is likely that this scale of variation originates 

not only from errors due to the calibration but also from inaccuracies in the CAD 

model of the helmet. Indeed, the high similarity between Figure 8.8B and C 

shows that the sensor-to-sensor pairings in which the HALO calibration differed 

most from CAD, were the same pairings for which the MC calibration differed 

from CAD. Further, the discrepancy between our calibration techniques (i.e., the 

HALO-to-MC difference of 1.97 ± 0.16 mm) was less than the discrepancy 

between either technique and CAD. Errors in the CAD model likely come from 

multiple sources including inaccuracies in 3D printing, warping of the OPM 

helmet over time, and inaccuracies in sensor placement in the helmet. It is likely 

that these issues could explain a 2-mm discrepancy. Our localisation errors on 

the 2-mm scale agreed well with those reported by Iivanainen et al. (3.3 mm) 

using a similar methodology (Iivanainen et al., 2022). Both the existing CAD 

and the calibrated sensor locations agree with the minimum accuracy suggested 

by Zetter and colleagues (Zetter et al., 2018), of <4 mm, required to be 

comparable to existing cryogenic MEG systems.  

 

Unlike the sensor locations, we have no ground truth metric of sensor 

orientation, save that the orientation depends on the direction of modulation 

fields made by on-board coils, which we assume to be parallel with the axes of 
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the outer casing of the sensor. We found that whilst the sensitive axes broadly 

pointed along the assumed direction, there were differences of ~17° for X-axes, 

~5° for Y-axes and ~10° for Z-axes. In agreement with our sensor location 

results, these values were robust both across independent experiments using the 

same calibration procedure, and across our two (independent) calibration 

techniques (by 1.2° on average across all channels). It is noteworthy that Zetter 

et al. found that channel orientation should be known to a precision of <10° for 

MEG reconstruction; this would be met by most (but not all) channels using the 

CAD determined orientations but would be met (and bettered) in full following 

calibration.  

 

For sensor gain we compared our results to the assumed values of 2.7 

V/nT. There was again a significant spread in values, with a standard deviation 

in each axis between 6% and 10% of its mean. These differences from the 

assumption are large, and indeed (Nugent et al., 2022) indicated from simulation 

work that gain errors >5% can completely remove the capability of a dense scalp-

mounted patch array of OPMs to resolve nearby sources. It is thus interesting 

that despite this significant spread of gain values our human data were not 

dramatically impacted when the assumed calibration was used. We suggest this 

is due to a larger spacing of sensors in our rigid helmets which hold sensors 

slightly away from the scalp surface compared to the simulation work. The 

system used here has been shown to offer similar performance to cryogenic 

devices (e.g., Rhodes et al., 2023; Safar et al., 2024; Tierney et al., 2020) We 

investigated the relationship between gain errors (up to 10%) and spatial 

discrimination of OPM-MEG systems for shallow and deep sources, finding 

noticeable differences only at high SNR (100 nAm sources). As the channel 

density of systems is increased to answer questions about the fundamental spatial 

resolution that is possible with OPM-MEG, calibration will clearly become a 

priority.  

 

We also note that dynamic gain changes due to field variations (from 

environmental or significant movement artefacts, which are not present in our 

data here) would not be accounted for by our calibration method. If significant 

field changes were expected one could alleviate concerns with dynamic active 

shielding, performing calibration at regular intervals during an experiment, and 

by operating sensors in closed-loop mode. 

 

In the human MEG experiments, all methods allowed sources to be 

localised to the expected cortical regions, demonstrating that even without 

calibration, MEG analysis was robust. However, several measurable 

improvements were afforded by performing the calibration. Firstly, the 

maximum pseudo-T-statistics increased, implying a better source reconstruction. 

Secondly, the spatial spread of peak locations (measured by the ellipsoid 

volumes) tended to be smaller following calibration (at least for beta and evoked 

responses). Perhaps most importantly, the SNR of all three measured MEG 
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responses was increased by calibration. The improvements in source space 

sensitivity and spatial precision result from the beamformer algorithm’s 

exploitation of the improved match of the data to the MEG forward model after 

calibration. This may also explain why the improvement was larger for the beta 

band than it was for the gamma band. In the beta band, movement of a single 

digit likely evokes activity in a relatively small region of the motor cortex, and 

consequently the magnetic field generated looks dipolar in nature. In the gamma 

band, the visual stimulus was large and centrally presented, which likely evokes 

activity in both left and right hemispheres. This larger volume of activation is 

expected to generate a field that is less dipolar. If this departure from a dipole 

model is a larger source of error than that introduced by inaccurate calibration, 

then the improvement afforded by calibration would be relatively subtle. It is 

therefore possible (even likely) that calibration will not improve all MEG 

localisations. 

 

Here, we showed that calibration improves beamformer localisation of 

induced and evoked effects. However, improvements should be maintained 

across other processing techniques. For example, the ability of the signal space 

separation method (SSS) (Taulu et al., 2005; Taulu and Kajola, 2005) and similar 

magnetic multipole modelling approaches (including homogeneous field 

correction (HFC) (Tierney et al., 2021) and adaptive multipole models (AMM 

(Tierney et al., 2024)) to reject interference should be improved by accurate 

calibration due to an increased capability to discriminate spatially the 

measurable field patterns across the helmet (Nurminen et al., 2008). It has been 

shown that multi-axis sensors, especially triaxial sensors as used in the current 

generation of OPM-MEG devices, offer distinct advantages when applying such 

models (Nurminen et al., 2013; Tierney et al., 2024, 2022) (compared to sensors 

which only measure a single component of field) as the angle between the 

subspace of harmonics which span the neuronal signals and interference is 

dramatically increased (from ~10° in a conventional MEG system (Taulu et al., 

2005) to ~60° in the OPM-MEG system presented here (Holmes et al., 2023a)). 

However, temporal extensions to the purely spatial models (e.g., tSSS (Taulu 

and Simola, 2006)) have so far been required to fully separate brain signal from 

background fields, implying calibration errors hinder performance (Holmes et 

al., 2024; Tierney et al., 2024). Future work should look to verify this 

improvement.  

 

Finally, in terms of practicality each calibration process (HALO and MC) 

took a similar time (c.1 min) to complete. Calibration could therefore easily be 

performed at the beginning of a scan with relatively little disruption to the 

participant or experimenters. However, the repeatability of results implies that 

calibration need not necessarily be performed prior to every experiment. Here 

we showed that calibrations were stable across multiple repeats in a single day, 

implying one calibration per day would be sufficient. Future work may offer 

further insight into stability over longer periods (e.g. could calibration be 

performed only once per week?). However, this would only be practical if OPMs 
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stayed in the same relative locations in a rigid helmet. In the case of a flexible 

(EEG-like) or adaptable OPM mounting, having a calibration procedure that can 

be applied every time the sensor array morphology is changed is critical. Related 

to this, the HALO has the advantage that it is attached to the helmet, and 

therefore calibration can be carried out even in the presence of large subject head 

movement. In contrast, the MC calibration accuracy would decrease with subject 

motion during the calibration. Whether such movement could be accounted for 

remains a topic for further study. According to the sensor localisation results, the 

HALO was marginally more accurate than the MC and this was generally 

reflected in the human MEG experiments. It is possible that the MC performed 

worse as the true variation of the field produced by each of the coils was not 

captured by the 40 x 40 x 40 cm3 10-cm resolution grid used to record the data 

for the MC forward model. (A finer spacing and wider volume could improve 

this). Furthermore, the MC are at least 1.4 m away from the sensors, meaning 

their spatial variation may be too slow by the time they reach the sensors to 

discriminate sensor locations. This said, it is noteworthy that, for the HALO, the 

accuracy of sensor locations drops with distance from the HALO (see appendix), 

perhaps as the field amplitude from the spiral coil becomes more dipolar with 

distance, deviating from the nearby moment (which was calibrated with a 

fluxgate sensor). It is also possible that some degrees of freedom in the magnetic 

field could be poorly sampled due to the shared orientation of each coil in the 

HALO. These issues could be addressed in several ways. For example, by 

mounting coils into the helmet itself (rather than on a plane riding above the 

helmet but maintaining the advantages of robust printing to get structure). For 

example, Adachi and colleagues embedded small coils into planar 

magnetoresistive sensor arrays developed for magnetocardiography (MCG) 

(Adachi et al., 2019). Coil current distributions could also be adapted taking the 

form of bi-planar field cancellation systems (e.g., Holmes et al., 2018; Zetter et 

al., 2020) to produce orthogonal fields from coils mounted on a planar PCB. 

Coils for calibration could also be worn by the participant, as demonstrated by 

Pfeiffer et al., 2020, 2018. Though we note that with such systems the proximity 

of the coils to the OPMs will generate focal field patterns across the sensor array. 

This will necessitate an improved starting guess for the optimisation algorithm 

than was needed in our case to avoid finding a solution in a local minimum. For 

our methods, the field patterns from each coil in the HALO and the MC vary 

similarly across the array, allowing simple navigation of the search space by the 

minimisation algorithm to reach the global minimum.  

 

8.6 Conclusion 

 

We have presented two methods to achieve complete OPM-MEG system 

calibration (measuring sensor location, orientation and gain). Both methods were 

based on accurately generating and modelling well-characterised magnetic fields 

over the sensor array. Our results show that these techniques offer an accurate 

means to calibrate an OPM array, and that the two methods agree strongly with 

each other (on average for position, orientation and gain by just 2.0 mm; 1.2° 
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and 1.3% respectively). Further, when applied to human MEG experiments, both 

methods offer significantly improved SNR compared to an assumed calibration. 

As OPM-MEG matures, arrays become denser, channel count increases, and the 

technology becomes more widely used for clinical applications, the importance 

of calibration to obtain reliable data will increase. Technologies for calibration 

will therefore likely become a core part of an OPM-MEG system. 
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Summary and outlook 
 

As outlined in the introduction, the work presented in this thesis aimed to: 

1. Demonstrate OPM-MEG Sensitivity in Cognitive Neuroscience. 

2. Advance OPM-MEG Technology through Improved Magnetic 

Shielding. 

 

The first objective was addressed in Chapter 6 by measuring subtle 

differences in beta band amplitude during a selective attention task. The results 

discussed in this chapter not only demonstrate the sensitivity, spatial resolution, 

and flexibility offered by OPM-MEG, but also show that such a system can 

already be employed to answer questions relevant to the field of neuroscience. 

The data were obtained to probe the underlying bursting dynamics that drive the 

modulation of beta band amplitude. As discussed in Section 6.5, the study does 

not come without limitations. Measuring such subtle effects can be difficult, 

especially since the OPM data can be affected by participant movements and 

drifts in the background field. Thankfully, the technique developed by Rea et al., 

2021a, was employed to lower the background field to around ~0.3 nT, allowing 

for measurement of subtle beta modulation. This shows that OPM-MEG is not 

just an emerging experimental technology but has already become a practical 

tool for understanding brain dynamics. The ability to simply place the OPM 

helmet on the participants and start the data acquisition process right away 

without the need for extensive preparation makes it a “plug and play” system, 

allowing researchers from a range of different fields to carry out neuroscience 

research without technical knowledge about the system’s inner workings. This 

ease of use, combined with the high-quality neural data it provides, underscores 

the potential of OPM-MEG to become a standard technology in cognitive and 

clinical neuroscience research. 

 

Chapters 7 and 8 address the second aim of the thesis. First, the work 

shown in Chapter 7 presents a novel active shielding system which builds and 

improves upon previous work on field cancellation for OPM-MEG. Prior to this 

thesis, Holmes et al., 2018a, had designed and constructed a set of biplanar coils 

to enable OPM-MEG. In line with the arguments presented in Chapter 3, the 

OPMs introduce a strict zero field requirement due to their dynamic range and 

susceptibility to movement artifacts. Active shielding has therefore been key in 

realising the potential of OPM-MEG. Although effective, the biplanar coil 

system introduced certain constraints. First, participants wearing the helmet 

cannot move beyond the target volume where the field is cancelled since it is 

fixed in space. Additionally, the intricate coil windings can be difficult to 

manufacture, with the final set of coils occupying a considerable space within 

the MSR. As demonstrated in Chapter 7, the newly developed matrix coil system 

solves these issues. The multi-coil solution can null the background field in many 

positions throughout the MSR, opening up the possibilities for novel 
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experimental paradigms. Also shown in Chapter 8, this approach can enable 

scanning of participants while standing and during ambulatory movement.  

 

The improved version of the matrix coils shown in Chapter 8 poses a 

significant advancement for OPM-MEG. The small footprint of the coils placed 

around the walls, ceiling and floor of the MSR leaves the inner volume of the 

room free of obstructions, making it a lot easier to perform experiments 

involving participants movement, or experiments where an additional person is 

required to be in the room. Furthermore, this design enhances the overall ease of 

use of OPM-MEG by reducing constraints on participant positioning and 

motion, making it more suitable for studying naturalistic behaviours and real-

world cognitive tasks. Additionally, the ability to more accurately calibrate the 

sensor orientation and gain further improves the overall quality of the MEG data. 

Results obtained with both the HALO and the matrix coils can help increase the 

signa-to-noise ratio of the measured brain signals and improve many of the 

signal processing steps used in every MEG study, such as noise removal and 

source localisation. In conclusion, the advancements discussed in this thesis not 

only refine the practical implementation of OPM-MEG but also broadens its 

potential applications, including clinical assessments, developmental studies, 

and even brain-computer interface research. 

 

Future work 

 

Having addressed how this thesis has helped both improve and 

demonstrate the capabilities of OPM-MEG, bringing it closer to realising its 

potential applications, we now discuss how some of the work presented could be 

expanded in the future to push this technology further. 

 

Attentional modulation of the beta band 

 

The work on beta modulation covered in Chapter 6 employed a time-delay 

embedded Hidden Markov Model (HMM) to study the underlying bursting 

dynamics. The results obtained helped probe the mechanisms driving the 

observed attentional modulation of the beta band. demonstrating that these 

modulations are underpinned by discrete, burst-like events rather than sustained 

oscillatory activity. However, while this analysis provided a window into the 

temporal characteristics of beta dynamics, further investigation is warranted. In 

particular, connectivity analysis—both static and dynamic—might help shed 

more light on the spatial organisation and inter-regional communication patterns 

that contribute to attentional modulation. Connectivity analysis could probe how 

regions linked to logical thinking, memory and decision making play a role in 

top-down inhibition. This could be performed using traditional connectivity 

measures such as Phase Difference Derivative (PDD), Amplitude Envelope 
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Correlation (AEC) or even connectivity measures obtained using HMMs (Seedat 

et al., 2020; Tewarie et al., 2019).  

 

Beyond the study of connectivity, alternative data-driven models could be 

employed to study this phenomenon. The HMM we utilised assumes the possible 

states to be mutually exclusive, which might not fully capture the complexity of 

overlapping neural processes that often co-occur during cognitive tasks. This 

analysis could be performed using probabilistic models that permit partial state 

occupancy, such as the Dynamic Network Modes (DyNeMo) framework, 

developed by Gohil et al., 2022. 

 

Lastly, this study could be expanded by obtaining additional datasets from 

paradigms designed to study selective attention during tasks requiring a different 

modality of sensory processing. For example, separate datasets could be 

obtained for paradigms involving analogous auditory or visual processing tasks. 

The resulting data could help study the role of higher-order brain regions in the 

observed attentional modulation. 

 

Active shielding 

 

The work on active background field cancellation discussed in both 

Chapters 7 and 8 has shown that multi-coil systems could be the way forward to 

realise the potential applications of OPM-MEG. Future work should aim to push 

the limits of the matrix coil system. Avenues of progress include improving 

calibration of the coils, real time dynamic nulling and nulling of larger volumes 

within the MSR. This would potentially allow participants to move more freely 

without the need for complex optical tracking systems, thereby expanding the 

range of possible experimental paradigms and improving participant comfort. 

Ongoing developments include efforts to perform hyperscanning with OPMs—

simultaneously nulling the magnetic field in separate spatial volumes—using the 

latest matrix coil configuration. 

 

Additional challenges must be addressed to realise the potential clinical 

use of OPM-MEG. In relation to magnetic shielding, key issues include 

improving ease of use for non-specialist operators, reducing the overall cost and 

complexity of the system, and ensuring reliable operation in high-interference 

urban environments—particularly relevant as many clinical facilities are located 

in densely populated areas with substantial ambient magnetic noise. System cost 

could be greatly reduced by constructing MSRs that require fewer shielding 

layers, which would not only reduce the overall costs but also weight. This would 

require improved active shielding, capable to cancelling fields of much larger 

amplitudes (hundreds of nT). Work is already underway to study the feasibility 

of such a system, with some early results suggesting that this might be possible 
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through a combination of active shielding and noise removal techniques, such 

signal space separation (Holmes et al., 2023a). 

 

Sensor calibration and localisation 

 

Modern epilepsy treatments, where presurgical mapping is required, 

already rely on the use of MEG to localise the seizure onset zone. This requires 

high precision spatial mapping of MEG signals, which emphasises the need for 

accurate sensor calibration and co-registration; without such calibration, 

localisation can become inaccurate. The results shown in Chapter 8 are therefore 

of importance. 

 

 The methods developed in Chapter 8 could be further expanded by 

developing additional ways to more precisely compare the calibration methods. 

As covered in the discussion, both calibration methods were compared against 

the assumed CAD file sensor locations and orientations, these may not 

accurately reflect the actual placement of the sensor array. As outlined, 

tolerances in the 3D printing process and slight sensor displacements in the 

helmet slots likely affected the scale of the measured errors.  

 

Future research could aim to further disentangle the sources of these 

errors. Specifically, differentiating the proportion of error introduced by inherent 

manufacturing variability in the sensors themselves from that introduced by 

imperfect sensor positioning within the helmet. This could involve controlled 

experiments using precision phantoms or improved mechanical alignment 

strategies. Results could help inform design decisions of the sensors themselves 

to improve orthogonalization or maybe alter the helmet design. Additionally, 

developing independent, ground-truth validation methods—such as optical 

tracking or 3D scanning of the assembled helmet—could provide more accurate 

reference data for assessing calibration accuracy.  

 

Lastly, although at a higher cost than the HALO, the matrix coils may 

offer more versatility for future system improvements. With an accurate enough 

forward model, one could not only find the relative positions of the sensors, but 

localise the helmet within the MSR, and subsequently cancel the field in the 

surrounding volume. Furthermore, future work to make the calibration 

procedures faster and easier to use for scanner operators is already being 

undertaken. As discussed in Chapter 8, a faster calibration procedure could 

potentially be used at different intervals throughout a scan, ensuring that sensor 

locations and orientations remain accurate even in the presence of gradual shifts 

due to head movement or thermal drift. This would help maintain spatial fidelity 

across longer recordings and improve the robustness of source localisation, 
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especially in paradigms involving naturalistic behaviour or extended scanning 

sessions. 

 

Final Remarks 

 

In summary, this thesis has demonstrated both the scientific utility and 

technological readiness of OPM-MEG. By applying this emerging modality to 

uncover the fine-grained dynamics of attentional modulation, and by developing 

robust, scalable solutions for magnetic field control, it has contributed 

meaningfully to the advancement of both methodology and application. The 

work presented here contributes to bridging the gap between proof-of-concept 

and practical deployment, showing that OPM-MEG is no longer just a promising 

idea, but a viable platform for real-world neuroscience. As the technology 

continues to evolve, it is poised not only to complement existing neuroimaging 

tools—but to redefine the boundaries of what brain research can achieve. 
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Appendix I: Array formation variations 
 

As explained in the methods section of Chapter 6, the number of sensors 

varied for different subjects. To assess the potential impact of this, we performed 

an investigation into the brain coverage provided by both arrays. Using a forward 

solution based on the dipole and single shell models, we computed the Frobenius 

norm of the forward fields generated by all AAL derived source positions. These 

values were derived for all subjects (using the sensor locations/orientations that 

were determined in the experimental sessions). For each subject these values 

were normalised by their maximum value (across all AAL regions), averaged 

over subjects scanned with different sensor counts, and plotted for all brain 

regions. Results are shown in Figure A1. Differences in coverage were found to 

be minimal in regions of interest to this study (i.e. sensorimotor cortices). This 

allows us to derive results from these regions without introducing biases in 

source space outcomes resulting from coverage variations. 

 

 

Figure A1: Sensor brain coverage. Brain surface colourmaps representing the normalized 

Frobenius norm of the AAL atlas regions for scans with A) 132 channels, B) 192 triaxial sensors. 

C) shows the difference between the two channel counts. 
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