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ABSTRACT OF THE DISSERTATION

Visualizing Transcranial Direct Current Stimulation (tDCS) in vivo using

Magnetic Resonance Imaging
by

Mayank Anant Jog
Doctor of Philosophy (Candidate) in Biomedical Engineering

University of California, Los Angeles 2017
Professor Danny Jiong Jiong Wang, Co-Chair

Professor Mark S. Cohen, Co-Chair

Transcranial Direct Current Stimulation (tDCS) is a low-cost, non-invasive
neuromodulation technique that has been shown to treat clinical symptoms as well as improve
cognition. However, no techniques exist at the time of research to visualize tDCS currents in
vivo. This dissertation presents the theoretical framework and experimental implementations of
a novel MRI technique that enables non-invasive visualization of the tDCS electric current
using magnetic field mapping. The first chapter establishes the feasibility of measuring
magnetic fields induced by tDCS currents. The following chapter discusses the state of the art
implementation that can measure magnetic field changes in individual subjects undergoing
concurrent tDCS/MRI. The final chapter discusses how the developed technique was integrated
with BOLD fMRI-an established MRI technique for measuring brain function. By enabling a
concurrent measurement of the tDCS current induced magnetic field as well as the brain’s
hemodynamic response to tDCS, our technique opens a new avenue to investigate tDCS

mechanisms and improve targeting.
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Introduction
1. Brief overview of tDCS

1.1 Background

Transcranial Direct Current Stimulation (tDCS) is part of an emerging array of non-
invasive and non-pharmacological neuromodulation techniques that uses milliampere electric
currents applied at the scalp. As shown in Fig. 1, a typical tDCS setup involves a 2-electrode

montage applied on the surface of the head to deliver constant current.

et N

Figure 1. Typical tDCS setup: A typical tDCS montage consists of two electrodes (Anode and Cathode) placed on
the scalp to deliver mA direct current. Conductivity gel is used between electrodes and the scalp to ensure good
electrical contact.

In contrast to other neuromodulation techniques such as Transcranial Magnetic
Stimulation (TMS) and Electroconvulsive Therapy (ECT), tDCS is incapable of directly

inducing action potentials, and as a result can be considered a neuromodulatory intervention(1).

As shown in Fig. 2 ((a)—(e)), the physical parameters in a typical tDCS experiment are:

(a) Current intensity and duration:



tDCS has been reported to change cortical excitability (2, 3). The efficacy of tDCS in
inducing these changes depends on the applied current intensity. Larger current intensities
and/or longer durations result in stronger effects of tDCS(4-6). At present, safety concerns
limit the maximum current intensity and duration that can be used. Typically, the tDCS dose

is kept at or below 2mA for generally 10-15min(7).

(b) Electrode montage:

tDCS is hypothesized to enhance/suppress cortical excitability depending on the
polarity of the stimulating electrode. By convention, the positively charged electrode is called
the anode while the negatively charged electrode is the cathode. The anode(/cathode) is found
to increase(/decrease) excitability of superficial cortical neurons (1). Extending the anode-
cathode idea, tDCS montages have evolved to using multiple electrodes (“high definition

tDCS”) that show better efficacies (8, 9).

(c) Electrode placement:

A typical tDCS setup can have one electrode over the target area, and the reference
electrode over a control area (unilateral tDCS). For instance, in an application targeting the
primary motor cortex (M1), a unilateral placement would consist of placing the anode over the
target M1 and cathode over the contralateral supraorbital area. In contrast, a bilateral
placement would have the cathode electrode over the contralateral M1 area. The pros and cons

of unilateral vs. bilateral montages are still being investigated (10, 11).

(d) Cognitive paradigms (tasks/rest):



A tDCS experiment typically includes a cognitive paradigm to evaluate the effects of
tDCS. For example: A Purdue Pegboard task can be used for studies involving motor function
(12). The Purdue pegboard task is a timed test used to measure manual dexterity and brain
function. Participants are asked to place pins into matching holes in the pegboard using a
specific hand. Another example is assigning magnitudes to symbols, and using a numerical

stroop task for studies involving learning (13).

(e) Participant population:

The participants in a tDCS study can be drawn from a pool of healthy volunteers, a
clinical population or a combination of the two (case-control studies) (14-19). Effects of tDCS
have also been investigated in pediatric populations (20-22). A 2016 review by Bikson et al.
(23) notes that the no adverse effects or irreversible injuries have been reported from the use
of conventional tDCS in human trials. While a mild tingling/itching sensation under the
electrodes can be perceived during tDCS, these effects are transient and fade over time. The
low-cost, simple setup, portability and tolerability of tDCS make it particularly well suited for
research across different populations (compared to other neuromodulatory interventions e.g.

TMS).

The full range of tDCS parameters explored in on-going research are shown in Fig. 2. (White
Pane (a)—(e)). Imaging techniques add a new dimension to tDCS research by enabling
measurements of the brain’s response to tDCS in vivo (Fig. 2. (I), Blue Pane). Among the set of
available imaging techniques (including EEG, MEG, FDG-PET) functional MRI has been a

popular choice to study tDCS, because it provides uniform millimeter spatial resolution, and



temporal resolution on the order of seconds. The goal of my research was to develop a technique
to visualize the tDCS currents in vivo (as shown in Fig. 2. (I'), Yellow Pane), and thus
complement existing imaging techniques that measure the response of the brain to tDCS. At the
time of research, no techniques exist to visualize tDCS currents, and tDCS targeting was

performed using computational models (which also need in vivo validation).

tDCS
Parameters

IXI IYI . S S S
Study
Population

Figure 2. Research in tDCS: WHITE pane shows the parameters in a typical tDCS investigation: (a) Current
intensity and duration (limited by safety), (b) electrode arrangements, (c) electrode placement, (d) cognitive
paradigms (task/rest), and (e) population. BLUE pane shows imaging techniques used in tDCS research (MRI, PET
and EEG are shown). YELLOW pane (I) depicts the proposed imaging technique in context: The capability to
visualize tDCS currents in vivo is expected to complement existing imaging techniques that measure the response of
the brain to tDCS.

1.2 Clinical significance



Since the demonstration of tDCS induced sustained changes in motor evoked potentials
(MEP)(2, 3) research in tDCS has grown exponentially, as shown in Fig. 3. tDCS has been
shown to improve symptoms in a wide range of neurologic and psychiatric disorders (including
epilepsy, Parkinson’s disease, chronic pain, depression, drug cravings, and stroke(7, 18, 24-39) ).
tDCS has also been shown to enhance learning, modulate working memory, and impart other
cognitive benefits in healthy subjects(14, 17, 40, 41). Given its simple setup, high safety and low
cost(23, 41), tDCS is emerging as a potential therapy as well as a tool for understanding the

neurophysiology underlying various cognitive functions.

700
600
500
400
300
200
100

—Source : Pubmed

Figure 3. Publications in the field of tDCS since 2006: Since the seminal paper by Nitsche and Paulus (2, 3)
reporting tDCS induced cortical excitability changes, research in tDCS has grown exponentially over the years. This
research has included neurophysiology investigations (for instance, analyzing tDCS induced excitability changes in
the motor cortex) as well as translational investigations exploring treatment of symptoms in stroke, pain and
depression (shown by ‘+...” in figure).

1.3 Safety

An earlier safety study by Poreisz C. et al. (41) using a montage of two electrodes (35
cm” area) over 77 normal subjects revealed no adverse side effects of tDCS. The study included

6 post-stroke, 9 migraine and 10 tinnitus patients who also did not experience any adverse side



effects. A recent safety review confirms this observation: as reported in Bikson et. al (23),
conventional tDCS protocols in human trials ( < 40 min, < 4 mA, < 7.2 Coulombs) have not
produced any serious adverse effects or irreversible injuries over 33,200 sessions and 1000

subjects with repeated sessions.

2. Computational Modeling in tDCS research

The earliest computational models of the tDCS(42, 43) were built for a spherical head
model. Since then, more sophisticated models have been developed that take into account head
anatomy(44) of individual subjects. As described in Truong et al. (45), these models work by (i)
segmenting human head data into different tissues, (ii) 3D modeling of the electrode montage,
(ii1) generation of finite element meshes (to solve the PDE of (v)), (iv) assigning resistivity
values to each tissue, and (v) solving Laplace’s equation over the finite element mesh. This
approach has been applied to derive the optimal electrode montage and dosage for tDCS(46, 47),

as well as the design of ring electrodes with focal distribution of tDCS current(48).



3. MRI in tDCS research

The applied tDCS current is hypothesized to enhance or suppress cortical excitability
under the Anode or Cathode respectively. However, the precise mechanism of action of tDCS is
still unknown(49). In order to understand the mechanisms of tDCS, there is a critical need to
identify, given a particular tDCS montage, (a) the brain areas that the applied current passes
through, and (b) the neural circuits that it modulates (which may extend beyond the site of

stimulation through brain networks).

Magnetic Resonance Imaging (MRI) is an imaging technology that utilizes non-ionizing
radiofrequency (RF) pulses to generate contrasts. The Blood Oxygenation Level Dependent
(BOLD) contrast in MRI is generated by fluctuations in the deoxyhemoglobin concentration.
Deoxyhemoglobin is paramagnetic, and a higher concentration of deoxyhemoglobin results in a
reduction of the local MRI signal. Discovered in 1990 by Seiji Ogawa (AT&T Bell labs), the
BOLD signal can be used to map neuronal activity changes in the brain(50-52). At the
physiological level, an increase in regional neuronal activity increases the local demand for
oxygen. The cerebral vasculature responds by increasing the blood flow to the area and

overcompensating the demand, thereby making the area appear bright on the MRI scan.

A limitation of the BOLD signal is that it is essentially a qualitative metric, and is not
linked to a physiologically quantitative value. Arterial Spin Labeling (ASL) addresses this need
by using magnetically labeled arterial blood water as an endogenous tracer to measure Cerebral

Blood Flow (CBF) and Perfusion(50, 53). The measured CBF changes act as a surrogate marker



for neuronal activity changes (based on neurovascular coupling), with the added advantage that

the CBF values represent an actual physiological quantity(53).

Both BOLD and ASL are surrogate markers of changes in neuronal activity, and together
constitute functional MRI (fMRI) - a category of MRI tools used to study brain function. To
date, results from BOLD fMRI indicate that tDCS elicits long-lasting, polarity dependent
changes in BOLD signal and network connectivity during motor, visual and language tasks(54-
58). BOLD fMRI has also been used to guide tDCS electrode placement, as reported by Clark et
al(59). In this study, rate of learning in a cognitive task was improved by tDCS modulation of
regions identified using BOLD fMRI. Polarity dependent changes in regional cerebral blood
flow measured using ASL fMRI have also been reported, both during and following tDCS
stimulation(60). Overall, because fMRI uses non-ionizing RF to non-invasively image brain
function at a millimeter-second spatio-temporal resolution, it is an ideal technique to investigate

the neural circuits modulated by tDCS in vivo.

In parallel to identifying neural circuits modulated by tDCS, computational modeling has
been used to predict brain regions the tDCS current passes through or directly engages, as
described in the previous section. However, the distribution of tDCS current is influenced by a
host of interacting factors not fully accounted for by computational models. These include
electrode geometry, electrical properties of tissue and cerebrospinal fluid (CSF), CSF flow, and
complicated boundary conditions (due to the convoluted brain surface morphology). To date,

estimates of the tDCS current distribution remain theoretical and await experimental validation.



The idea of visualizing electric currents through measurements of magnetic fields was
first proposed by Joy et al (61). In this work, electric current was synchronized with RF pulses of
MRI pulse sequence, and magnetic fields induced by switching electric currents in a phantom as
well as human forearm were measured using MRI. Since then, the current mapping research has

diverged into (62):

(a) Low Frequency Current Density Imaging (LF-CDI): This builds on the original approach

of Joy et al (61) in imaging magnetic fields induced by externally applied switching currents.

(b) Radio-Frequency Current Density Imaging (RF-CDI): This uses the Bloch-Siegert Shift
(63-65), an effect that becomes observable at magnetic field fluctuations induced by electric
currents switching near the MRI center frequency (~64 and 128 MHz for 1.5 and 3T

respectively).

(c) A third technique to visualize electric currents supplements (a) with voltage
measurements made on the surface of the conductor volume (MREIT (66-68)). This
technique was developed to calculate conductivities of the underlying tissue, by solving an

inverse problem over the boundary voltages and measurements of the magnetic field (a).

The techniques discussed above cannot be translated to the tDCS application without changing
the characteristics of the applied current (most were developed for alternating currents or AC).
At the time of research, no technologies exist to visualize tDCS currents in vivo. The first aim of

my PhD dissertation was to address this need. In the first Chapter, I discuss the theoretical



foundations of the approach developed, followed by experimental demonstration of its feasibility
using a series of experiments with increasing complexity-from a tightly controlled artificial
environment, to tDCS in simple biological tissue (human calf), to a typical tDCS setting. Our
innovative approach also allows our technique to be integrated with fMRI (the subject of Chapter
3). When implemented, such a technique opens a new avenue to study tDCS at the systems level,

providing a means to characterize the tDCS intervention as well as the brain’s response in vivo.
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Chapter 1: Establishing feasibility of
visualizing tDCS currents in vivo

1. Methods

1.1 Theoretical framework to visualize tDCS currents in vivo: measuring
current-induced magnetic fields using MRI

1.1.1 Physics of tDCS current induced magnetic fields
In classical electrodynamics, Maxwell’s equations describe the generation and interaction
of electrical and magnetic fields. In particular, Ampere’s law (equation 1) describes that an

applied electric current induces a magnetizing field:

D (D

|

VxH=]+
where H is the magnetizing field, f is the applied current density, D is the displacement field, t is
time and V is the curl operator. In a typical tDCS experiment using ImA current, we expect

magnetic field perturbations < 1 uT to be induced. In an MRI, these perturbations are induced in

a Tesla-strong static magnetic field environment. Under these conditions, it is appropriate to

replace H according to
B=uH 2

where B is the induced magnetic field, and u is the magnetic permeability of the biological
tissue. Under the same conditions, u is reported to be a scalar, varying on the order of ppm

between tissues(69). By using Equation 2 in 1, we get:

D 3)

S

V><§=y +u
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The time-varying term can be ignored for our DC case. Consequently, the induced magnetic field

is directly proportional to the applied tDCS current density (along an orthogonal direction). A
key point to note is that for the reported tissue p, the relationship between applied current f and
induced magnetic field B is linear. This linear relationship holds even if u is a tensor. In fact, the

independence of u from B or f is a sufficient condition for linearity to hold.

1.1.2 Measuring tDCS current induced magnetic fields using MRI

Magnetic resonance imaging (MRI) is able to map changes in magnetic field along the
MRI static field (B,). Field disturbances perpendicular to B, are generally invisible to MRI, as a
consequence of the fact that (a) the B, magnetic field is orders of magnitude larger than any
typical disturbance and (b) magnetic fields add vectorially (Calculation shown in (70)). Using

MRI field mapping, field variations along B, can be measured as phase angles according to

®,, = (y X AB,x TE) mod (2m) 4)
where @y, is the measured phase angle between 0 and 2n radians, y is gyromagnetic ratio for
protons in rads/sec (a constant), AB, is the field deviation along B, and TE is the echo time. A
practical aspect of phase measurement is that phase angles outside (0,2w) are mapped back onto
this range causing a ‘wrap’ (represented by the modulo operation in equation 4). An acquired

phase-map has to be unwrapped to calculate the correct phase to infer the underlying field.

Field mapping in fat tissue (a typical application in MRI) measures magnetic fields on the
order of 3.35 ppm. In contrast, estimates using the Ampere’s law show that a typical ImA tDCS

current, even when concentrated into traveling along a thin path, induces magnetic fields on the
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order of 0.01 ppm 1 cm away. This calculation illustrates the primary challenge in measuring
tDCS current-induced magnetic fields: a ~100-fold weakened SNR. Existing techniques to detect
current-induced magnetic fields attempt to overcome the SNR impediment by boosting the
‘signal’, e.g., by increasing the current intensity and/or using time varying electric currents
(~1Hz or higher)(62, 71, 72). This necessarily makes the characteristics of the applied current

different from typical tDCS.

In contrast, our technique addresses the SNR limitation by statistically modeling out
‘noise’ sources and therefore is an imaging solution that does not constrain the applied current.
In the proposed technique, a general linear model (GLM) is employed to model magnetic field
maps using the applied-tDCS current as well as systematic noise sources (similar to linear
regression analysis commonly used in fMRI). The magnetic field maps are acquired using the

“#1” implementation, described next.

1.2 The “#1” Implementation
1.2.1 MRI protocol

To increase the efficiency of a general linear model in separating signal (i.e. the tDCS
current induced magnetic field) from noise, the following MRI protocol was designed. As shown
in Fig. 4, the MRI session consisted of 3 currents (repeated twice) and concurrent MRI field
mapping scans. Before each scan, current was ramped up and maintained for 20 sec. The currents
were applied in a pseudo random order, and interleaved with zero-current scans (a total of 13
field mapping scans per session). Two such sessions (‘Active’ and ‘Sham’) were included in an
experiment, and the order of the sessions was counterbalanced across subjects (Fig. 4). Subjects

were blinded to the nature of a particular session (single blinded design). During the ‘Sham’
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session, currents were ramped down back to zero before starting the MRI scan. In the Phantom
experiment, an additional ‘—Active’ session was included where the direction of the applied
currents was reversed. In all other aspects, ‘Active’, Sham’ and ‘—Active’ sessions were

identical.

Experiment Design
mA

I

| Active || sham || -Active* |

Sessions =2

Applied Current -
MRI Field Maps =2

*Session was included only for the phantom experiment

Figure 4. Experiment design and the MRI protocol for the “#1” implementation: Each MRI session consisted of 3
currents (repeated twice) and concurrent field mapping scans. Currents were applied in a pseudo random order, and
interleaved with zero current scans. In the ‘Sham’/ ‘~Active’ sessions, the electric current was turned off/ was
applied with reversed polarity, respectively.

1.2.2 MRI sequence: GRE
A 1mA current is typical in tDCS. The magnetic field induced by a ImA current flowing
through a long, thin wire 1 cm away is ~0.02 ppm (i.e. O(10) nT). Thus, even in the best case of

no-noise, the induced magnetic field is 100 times smaller than the fields typically detected by
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MRI (e.g. 3.35 ppm in fat tissue). This suggests that minimizing signal contamination should be
a priority. As a result, a Gradient Recalled Echo (GRE) MRI sequence with (a) a long TR and (b)
single channel coil was selected for data acquisition. With a long TR, contamination from
stimulated echoes is minimized; and using a single channel coil minimizes potential phase

contamination from combining images from multiple coils.

The sequence parameters of the GRE sequence were: TE;/TE;=4.92/14.76 msec,
TR=1.15 sec, Matrix: 128 x128, BW=750 Hz/pix, FA = 25°, 65 slices, 2x2x3mm° Voxel. For the
calf experiment (described in 1.3.3), the flip angle, total slices and voxel size were adjusted to
65°, 55 and 1.2x1.2x3 mm’ respectively. It should be noted that MRI shimming was performed
only once at the start of each session. Shimming is a pre-scan preparatory step that corrects for
magnetic field deviations and may cancel out magnetic fields induced by tDCS currents.

Potentially uncorrected field deviations, unrelated to tDCS, were explicitly modeled out.

The parameters TE; and TE, were selected as a compromise between sensitivity and ease
of unwrapping phase. On the one hand, a large TE increases the noise and number of wraps,
making unwrapping difficult. As can be seen from equation 4, the measured phase has to be
unwrapped to calculate the correct phase to infer the underlying magnetic field. From the same
equation, it can be seen that a low TE adversely impacts the magnetic field resolution i.e. the
minimum detectable magnetic field. The minimum detectable field for the chosen TE; and TE; is

0.58 nT, adequate in light of the expected 10nT fields (calculation shown in 1.4.1.2).

1.3 Experiments
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To establish feasibility of measuring magnetic fields induced by tDCS currents, three
tDCS-MRI experiments were performed. In the first experiment, tDCS current induced magnetic
fields were measured in the controlled environment of a phantom. Moving from this controlled
environment towards a setting typical of tDCS interventions was the objective of the next two
experiments. Thus, the second and third experiments investigated measurements in simple
biological tissues (the human calf), and in healthy volunteers (head) respectively. Details of each
experiment follow after a short description of the experimental apparatus developed to enable

concurrent tDCS-MRI experiments.

1.3.1 Enabling concurrent tDCS-MRI experiments: Apparatus design and construction
Inter-modality interference poses the principal challenge to concurrent operation of tDCS
and MRI. For instance, the current induced by quick gradient switching of MRI may interfere
with the operation of tDCS. Additionally, the tDCS setup itself may passively introduce “third-
party” signals that interfere with MRI operation. The different sources of interference, along with

measures taken to minimize them, are described below:

1.Radio Frequency (RF) interference from outside the MRI scanner room:

A principal design consideration for us was having the tDCS stimulator in the MRI control
room, to enable the scanner operator to monitor the applied current. Such a setup required
cables to carry the tDCS current from the stimulator (in the MRI control room) to the subject
(in the MRI scanner). These cables can potentially introduce RF noise, picked up outside the
scanner room. The RF noise is small enough to not pose a safety risk; however, it can still

impact image quality. Consequently, quad-shielded coaxial cables were used to carry the
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tDCS current from the stimulator, through the grounded MRI patch panel, to the subject in
the MRI scanner. The shielding also mitigates distortion of the tDCS signal from MRI

operation (discussed next).

2.Interference in tDCS from MRI:

MRI scanners utilize time varying magnetic fields for imaging. In accordance with
Maxwell’s equations, these fluctuating magnetic fields will induce a current on the loop
formed by the current-carrying cables, electrodes and subject’s head. The induced currents
can potentially be hazardous, causing (i) brain stimulation outside the experimental design,
and/or (ii) heating. In addition to being a safety hazard, (i) also introduces undesirable
variance in the experimental measurements. Finally, the induced currents may also damage

the tDCS stimulator.

Interference in tDCS from MRI was minimized as follows: First, the voltages induced by RF
and gradient heavy MRI sequences were measured (open circuit measurement). These
measurements were used to calculate resistor values that would dampen the induced currents
to <10% of ImA (a typical tDCS current). MRI compatible resistors of the calculated values
were soldered between the cables and the electrodes. Additionally, a low pass RC filter was

installed at the device end to protect the tDCS stimulator.

3.Interference in MRI from tDCS:

tDCS currents in the MRI scanner (a) will generate magnetic fields (in accordance with

Ampere’s Law), and (b) can generate electric currents in the gradient/shim coils (induction).
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While (a) is expected and forms the basis of the imaging experiment, the DC nature,
milliampere magnitude, and ramp times of ~O(10) seconds ensure that interference resulting

from (b) should be minimal.

Last but not the least, means for independent and real-time monitoring of the applied current as
well as the resistance across the subject’s head were built into the designed apparatus. With this

setup, tDCS MRI experiments could be performed safely, and with the necessary scientific rigor.

1.3.2 tDCS in a controlled environment (Phantom)

In order to evaluate feasibility of the proposed current mapping technique, a phantom was
designed that channeled all applied current into a known path. The phantom was constructed by
wrapping two U-shaped tubes (‘A’ and ‘B’ in Fig. 5a) around a cylindrical MRI phantom. The
latter was a standard Siemens phantom (3.75g NiSO4 x 6H20 + 5g NaCl per 1000gm H20, 0.5
Gallon, 10.6 cm diameter). Available in a sealed plastic container, its contents are insulated from

external currents.

The current carrying ‘A’ tube (Fig. 5a) was a flexible plastic tube (ID=1/2 inch),
wrapped around the long axis of the cylindrical phantom at its midline. The tube was filled with
salt water (electrolyte), and fitted with copper electrodes at both ends. The tube ‘B’ was similar
to ‘A’ (same material, electrolyte, 3/8 inch inner diameter), and placed at the distal end of the
cylindrical phantom. The ends of tube ‘A’ were connected to the tDCS stimulator, whereas the

ends of tube ‘B’ were open. Consequently, all applied currents were confined to tube ‘A’, with
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current flow as shown by the pink dotted arrow in the figure. Tube ‘B’ served as a within-session

‘control’, carrying no applied current at any time.

With such a configuration, magnetic fields induced by applied currents can be intuited
using Fleming’s right hand rule (shown for the sagittal view, Fig. 5a). A quantitative estimate of
the tDCS current induced magnetic field was also computed for comparison with experimental
measurements (described below in 1.4.2.1). Using the “#1” implementation, experimental data

was acquired for three sessions: ‘Active’, ‘Sham’ (applied currents set to zero) and ‘—Active’

(direction of applied currents reversed).

Experiment Setups

Tube ‘B’
(Control)

® MRI
I TR TR

Figure 5. Setups for the (a) phantom, (b) calf-muscle, and (c) head-tDCS experiments: In the phantom, tDCS
currents were confined to tube ‘A’, and the resultant magnetic fields as predicted by Fleming’s right hand rule are
shown in the sagittal view. Tube ‘B’ carried no current and served as an intra-session control. In the calf experiment,
tDCS electrodes were placed laterally on the calf, as shown. A bilateral montage targeting the motor cortices
(electrodes placed on C4(+)/C3(-)) was used in the head-tDCS experiment.

1.3.3 tDCS in a simple biological setting (calf-muscle)
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The purpose of this experiment was to evaluate the proposed technique in an in-vivo
setting involving relatively simple and electrically conductive biological tissues — a human calf.
Fig. 5b illustrates the experiment setup. Round carbon rubber electrodes (2 inch diameter) were
secured laterally on each side of the left calf. Conductivity gel (Cadwell, P/N# 202153-000) was

used to ensure good electrical contact.

Similar to the phantom experiment, a quantitative estimate of the tDCS current induced
magnetic field was computed based on a purely resistive finite element model for comparing
with experimental measurements (details in 1.4.2.2 below). In-vivo experimental data was
acquired from a single healthy subject (M) using the “#1” implementation for an ‘Active’ and
‘Sham’ session. Additionally, structural data for finite element modeling was acquired using a

standard MPRAGE sequence (1 mm isotropic resolution).

1.3.4 Head tDCS (A typical tDCS setting)

The purpose of this experiment was to evaluate the proposed technique in a typical tDCS
setting. The proposed technique was applied to healthy subjects receiving tDCS according to a
bilateral montage targeting the motor cortices (anode/cathode on C4/C3, based on the 10-20
system, Fig. 5c¢). This montage was selected in particular because (i) it has been shown to
generate reliable neurophysiological effects(2, 3) (and thus there is a high likelihood of electric
currents penetrating into the brain parenchyma), and (ii) the overall direction of currents is
perpendicular to the MRI static field (which is optimal for detection). Rectangular sponge
electrodes (4.5x9cm) with their long axes in the A-to-P direction were used with the same

conductivity gel as the calf experiment (Cadwell, P/N# 202153-000).
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In-vivo magnetic field data was acquired using the “#1” implementation from 13 healthy
subjects (Head: 7M, 29.7 + 8.2 yrs; Calf: 1M, 36 yrs). For each subject, data was acquired for an
‘Active’ and ‘Sham’ session. Additionally, structural data was acquired using a standard
MPRAGE sequence (I mm isotropic resolution). Subjects were screened for
neurological/psychiatric disorders. Written informed consent was obtained from all participants.
The study was approved by the Institutional Review Board (IRB) at the University of California
Los Angeles. All experiments and data acquisition were performed in accordance with the
guidelines and regulations set by the Institutional Review Board (IRB) at the University of

California Los Angeles.

1.4 Data Analysis

1.4.1 Experimental Measurements
1.4.1.1 Pre-processing

As described in previous sections, changes in magnetic field along the MRI static field
(B,) were measured as phase maps. Stochastic noise in a single voxel of the phase image is
approximately zero-mean Gaussian for (magnitude) SNR > 3 (73). A Gaussian noise is necessary
for phase unwrapping as well as for GLM modeling of the preprocessed data (especially since at
the other extreme of SNR=0, voxel noise in the phase image is uniformly distributed). The
threshold of 3 is mathematically equivalent to a p-value (since the distribution of noise is
known). This p-value threshold was adjusted (Bonferroni corrected) to account for the total

number of voxels being tested, and voxels under the threshold were excluded.
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Thresholded phase data was unwrapped using the Region growing algorithm
implemented in the PhaseTools toolbox(74) (available as a plug-in for Fiji(75). Unwrapping was
carried out at the individual volume level, followed by unwrapping within each slice. Next,
SPMS8 was used to realign image volumes to the first volume, to correct for inter-scan motion.
The realignment parameters were estimated using the magnitude data from the first echo (TE).

The realignment step was skipped for the phantom.

1.4.1.2 A General Linear Model (GLM) for measured phase

Measured phase was modeled as:

P = Peurrent (TE, 1(5)) + Poripe(TE, $) + Pron—current (TE) + @o(s) + Proise ()
where @y, is the measured phase, @cyrent 1S the phase due to current-induced fields, 7E is the
echo-time, “s” refers to the fact that the data is from the s™ scan and i(s) is the current applied
during the “s-th” scan. @pys is the phase due to inter-scan field-deviations caused by the time-
varying drift of the main magnetic field, ®xon-current 18 the phase due to field deviations unrelated
to applied current but steady between scans (e.g. off-resonance), @y is the baseline phase, and

Dypise 1S the phase due to (Gaussian) noise.

The phase difference (A®,,) between the two TEs was computed. This step eliminates the
baseline phase ®@). A®,, was subsequently included as the dependent variable in a general linear
model (GLM) with applied current (i(s)) as the predictor. This is based on the assumption that
the current path remains the same for all applied currents. A@non-current by definition does not

vary with applied current and is implicitly incorporated into the GLM intercept.
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On the other hand, A®p,ir was explicitly modeled by a polynomial function that was
fitted least squares wise to phase measured during zero-current scans. This is consistent with the
model for measured phase (equation 5) wherein the phase fluctuations for zero-current scans
should be purely due to drift and noise. The degree (d*) of the polynomial was selected to
optimally match the characteristics of the residual with those of ®noise to prevent overfitting.
Dypise for each voxel was estimated using the magnitude image, as described in Gudbjartsson H.

et al(73).

The regression coefficient for applied current obtained from the GLM analysis described
above can be interpreted as the phase gained per ImA applied-current. Using equation 4, this can
be scaled to the induced magnetic field per mA of applied tDCS. The smallest magnetic field that
can be detected provides a measure of the sensitivity of the “#1” implementation. Using a
rearranged equation 4 (equation 6 below) and the fact that the full phase range of 0 to 2x radians
is digitized into 4096 discrete levels in MRI, the smallest field that can be detected (unbiased)

was determined to be 0.58 nT:

AB, = (Min. Angle) X

1 < 21 ) < 1 ) 6
= X
yXATE 4096 yx0.00984 ©
Here, ATE=9.84 msec (from the GRE sequence parameters), and vy is the gyromagnetic ratio for

protons in rads/sec.

1.4.1.3 Statistical analysis
Obtained mA-current induced magnetic field maps were subsequently thresholded at p <
0.05 and cluster corrected (using AlphaSim(76) following standard statistical procedures for

fMRI. For the head-tDCS experiment, an additional group level analysis was performed as

23



follows: current-induced field maps of individual subjects were coregistered to the corresponding
structural images and subsequently normalized to the MNI space using SPMS. The normalized
field maps were used to perform a one-sample t-test for both ‘Active’ and ‘Sham’ sessions. The
obtained results were thresholded at p < 0.05 and cluster corrected for multiple comparisons

using AlphaSim(76).

1.4.1.4 Region-of-interest analysis

Spherical ROIs of 1cm radius centered at projections of C3/C4 on the cortex(as reported
by Vitali, P. et al.(77)) were constructed. Each ROI enclosed an equal number of voxels (178)
following thresholding to exclude all out-of-brain voxels. A®cyment Within each ROI was
averaged over all voxels, and subsequently used in a linear fit with applied tDCS current. The
slope of such a fit can be interpreted as the ROI-averaged current-induced magnetic field. The
calculated slopes for each ROI were used to perform a one-sample t-test for both ‘Active’ and

‘Sham’ sessions.

1.4.2 Simulations
1.4.2.1 Phantom

The current induced magnetic fields in the phantom were simulated as follows:

1. Magnetic field estimation

The current density at each point of the current carrying tube was estimated as described
below. In such a case involving known DC current densities, the Biot-Savart law can be used to

calculate current-induced magnetic fields:
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B(r) = ﬂ‘ ]de(r — 7)) 7)

|T — 7y 3
where B (#) is the magnetic field at the position 7, x is the magnetic permeability, f and 7}, are
the current density and position vectors respectively of the finite volume element dV, and the
integral sum is over the entire volume V. An implementation of the Biot-Savart law for line

currents(78) was modified in-house and extended to volumetric finite element currents.

Magnetic fields (along B:) over the ‘sampled grid’ were calculated as an average over
fields computed on a 3D ‘super-sampled’ grid (Fig. 6a and b respectively, shown as 2D for
simplicity). The averaging was done to model the fact that while MRI measurements represent
the average magnetic field in a voxel, magnetic fields calculated using the Biot-Savart law
estimate the field at a point and hold no information about the neighborhood. The sampled grid
matches the resolution of the MRI experiment, and the resolution of the 3D super-sampled grid
was 0.5 mm isotropic. The magnetic field value at each point was calculated using the Biot-

Savart Law (equation 7).

25



Phantom Experiment Finite Element Model

Magnetic field
estimation

*Size of the square cutout to the tube cross section is not to scale

Figure 6. Finite Element Model used for simulations in the phantom experiment: Magnetic field at each point on the
grid (a) was calculated as an average over points on the grid (b). The resolution of grid (a) was the same as that in
experiments. Magnetic fields on grid (b) were calculated using the Biot Savart law, using current density finite
elements (c). Current density values were calculated using the fact that the total applied current was ImA, and the
setup is electrically equivalent to a current divider circuit (d). Note that the calculation of current densities utilizes
the geometry, and does not need the conductivity of the electrolyte.

2. Electric Current modeling

Assuming the salt-water electrolyte to be isotropic with uniform conductivity, the applied

electric current is expected to travel in parallel ‘streamlines’ between the electrodes. Utilizing the
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inherent symmetries in the system, these streamlines were discretized to a non-Cartesian grid as
shown in Fig. 6¢. The discretized grid had a spatial resolution of ~0.125mm isotropic. In other
words, at least 64 points would be enclosed by the volume of a voxel on the “super-sampled”
grid. The super-sampled grid is used to calculate magnetic fields, which are averaged down to
the resolution of the “sampled grid”; the Ilatter is the resolution of the experimental

measurements.

Each streamline is an electric current flowing through an ohmic resistor. Thus, the system
is electrically equivalent to a current-divider circuit (shown in Fig. 6d, with each branch of the
circuit representing a streamline and the input being the total applied current. The resistance of
each branch is equal to the resistivity of the electrolyte multiplied by the ratio of the length of the
streamline to its cross-sectional area. While the length of a particular streamline is known from
phantom geometry, the cross-sectional area is determined during the discretization process. The
circuit was solved to compute the current through each streamline by choosing the total applied
current to be ImA. It should be noted that the conductivity of the electrolyte is not needed for
this calculation. The choice of 1mA enabled direct comparison between the simulated fields and
those detected using MRI (the latter being the induced magnetic fields per unit mA applied-
current). The average current density within the conducting tube ‘A’ was 0.79 mA/cm® (ImA, ¥

inch tube diameter).

1.4.2.2 Calf-muscle
Laplace’s equation governs the voltage distribution in a purely resistive volume during

constant current flow. Structural MR images of the calf were segmented into compartments

27



representing the gel, skin, fat, muscle and bone using a combination of automated and manual
segmentation routines(44). The stimulation electrodes were imported as CAD models and
positioned within the image data. Volumetric meshes were subsequently generated from the
compartments (SIMPLEWARE Ltd, Exeter, UK) and imported to a commercial finite element
solver (COMSOL Inc, MA, USA). Isotropic conductivity values were used (electrode: 5.99¢7,
gel: 1.4 S/m, skin: 0.465, fat: 0.001, muscle: 0.16, bone: 0.01) and the Laplace equation was
solved to generate a spatial map of current density. The conductivity values used have been

previously reported in Wagner et al.(79) (skin and bone) and Gabriel et al.(80)(muscle and fat).

The Biot-Savart law (equation 7) was used to calculate the current induced magnetic
fields. The Biot-Savart law was implemented as a 3D convolution, as previously reported in

Antal et al(81).

2. Results
2.1 Phantom experiment

Fig. 7a shows quantitative estimates of the current-induced magnetic field (computed
using simulations) alongside experimental results of the ‘Active’ session (Fig. 7b, thresholded at
p < 0.05, Cluster corrected a < 0.05). As can be clearly seen, current induced magnetic fields
detected by our technique are in close agreement with the simulation results (r = 0.84; p = 3.8 x
1077, N = 989; cross-voxel correlation between slices shown in Fig. 7a and 7b). Fig. 7¢ shows
the data from the ‘Sham’ session, where the current was switched off. As expected, no

significant current-induced fields were detected. In the ‘~Active’ session, the polarity of applied
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currents was reversed (compared to ‘Active’), which should result in a sign reversal of the
induced magnetic fields while leaving the magnitudes intact (Ampere’s Law, equation 3). The
measured current-induced magnetic fields in the ‘—Active’ session are consistent with this
prediction (r =-0.90; p=2.3 x 1072, N = 397; cross-voxel correlation between slices shown in

Fig. 7a and 7d).

ﬁ ¢ (b) :Fields < Experimental detection limit (1.2nT/mA) exclude

mA-induced magnetic field [nT / mA] Thresholds

d
* (c-e): p <0.05, Cluster-Corrected a < 0.05 preserved

-30 -20 -10 0 20 30

- -

= .
. . n s . , (d) “Active’
(a) Simulation (b) ‘Active (c) ‘Sham (Current polarity reversed)

Figure 7. Phantom Experiment results: (a) shows the estimates from simulations, and (b), (c¢) and (d) show the
significant tDCS current induced magnetic field (along B,) measured in the ‘Active’, ‘Sham’ and ‘—Active’ sessions.
A significance level of p < 0.05, a < 0.05 (cluster corrected) was used. The experimental results showed an excellent
match with simulations (r = 0.84, and —0.90 for ‘Active’ and ‘—Active’ respectively; and p < 0.001 for both)

Regions of interest (ROIs) consisting of the top (ROI1) and bottom (ROI2) halves of the
current carrying ‘A’ tube (Fig. 8a) were selected from the same slice in all three sessions. Fig.
8b, ¢ and d show the average measured fields within the ROI as a function of applied current for
the ‘Active’, ‘Sham’ and ‘—Active’ sessions respectively. Quantitatively, the measured fields per
unit mA applied-current were found to be consistent with those calculated from simulations (by

comparing slopes or ’s of Fig. 8b, d with a). The magnitudes of estimated j3’s varied from ~10-
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30nT/mA inside the current-carrying tube to 3-10 nT/mA inside the phantom. Qualitatively, the
fields measured within ROIs were consistent with the following four predictions: (1) For the
same session (‘Active’ or ‘—Active’), the current-induced fields should have opposite signs
between ROIs, as can be intuited using Fleming’s right hand rule (shown in Fig. 5a, Sagittal
view). (2) For the same ROI, the current-induced fields should have opposite signs between
‘Active’ and ‘—Active’ sessions, as predicted by Ampere’s law (equation 3). (3) Current induced
fields within ROI1 should be systematically higher than those of ROI2 because of the U-shaped
geometry of the current carrying ‘A’ tube. Lastly, (4) there should be no detectable current-

induced fields for the control ‘Sham’ session.
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Figure 8. ROI analysis in the phantom experiment: As shown in (a), two ROI’s were selected and the average tDCS
current induced magnetic field was calculated for all sessions ((b)-(d)). The average fields matched well with the
same predicted from simulations (compare B’s). No significant fields were measured in the ‘Sham’ session (i.e. (c))

2.2 Calf experiment

Fig. 9a and b show the current induced magnetic fields (along B,) measured for ‘Active’

and ‘Sham’ sessions respectively (thresholded to p < 0.05, Cluster corrected a < 0.05). In the
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‘Active’ session, magnetic fields close to the cathode electrode were observed to decrease with
current while an increase of magnetic fields was observed on the ventral calf. No significant
induced fields were detected for the ‘Sham’ session. Fig. 9c shows corresponding scatter plots
for the two clusters (identified with an asterisk ‘*’ in Fig. 9a). Measured current-induced fields
were strongly correlated with the applied current in both clusters, with the magnitude of induced

fields per unit applied-current in the range of 30-45 nT/mA.
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Figure 9. Calf experiment results: (a) shows the significant tDCS current induced magnetic field (along B,)
measured in the ‘Active’ session. A significance level of p < 0.05, o < 0.05 (cluster corrected) was used. No
significant fields were detected for the ‘Sham’ session (b). (c) shows scatter plots of the measured field with the
applied tDCS current in two significant clusters (marker with “*’ in (a))

Next, we compared measurements to simulations. In order to show the match between the
experimental results and the simulated magnetic fields that are smooth in space, a more liberal
threshold of statistical significance for the experimental data was used (p < 0.1 and Cluster

corrected at a < 0.1). As can be seen in Fig. 10, the measured magnetic fields match qualitatively
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well with the simulated fields in terms of polarity (Spearman correlation between slices shown in
Fig. 10: r = 0.43; p = 2.4 x 10”*;N = 2072 (middle row) and r = 0.20; p = 1.5 x 10*%N = 4571
(bottom row)). However, spatial and intensity differences between the in vivo detected magnetic

fields and its simulated counterpart were also observed. Lastly, no significant tDCS induced

magnetic fields were detected for the ‘Sham’ session even with the more liberal threshold.

* p <0.1; Cluster corrected: a< 0.1
1nT for Simulations
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Figure 10. Comparing measurements (p < 0.1) with simulations in the calf experiment: Results from the ‘Active’,
Simulations, and ‘Sham’ session are shown in columns 1,2 and 3 respectively. The ‘Active’ session matched
qualitatively well with simulations (Cross-voxel Spearman correlations between simulated and ‘Active’ were 0.43,
and 0.20; p < 0.001, for the middle and bottom slice respectively). No induced fields were observed in the ‘Sham’
session, even with the more liberal threshold.

2.3 Head experiment

Group level analyses identified consistently reduced magnetic fields (along B.) at the left
central sulcus under the cathode and in the precuneus region between the cathode and the anode
electrodes (Fig. 11a). No significant current induced magnetic fields were observed for the
‘Sham’ session (Fig. 11b). Scatter plots (Fig. 11c) show the average induced fields as a function
of applied current for the two significant regions. As can be seen from the plot, measured
current-induced fields were negatively correlated with applied current, with the magnitude of the
induced fields per unit applied-current in the range of 5-8nT/mA. The wider spread of data
points, seen at OmA (also seen in the calf and phantom scatter plots) is due to the fact that there

were 7 measurements at 0mA versus 2 measurements at 0.5, 1 and 1.5mA respectively.
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Figure 11. Head-tDCS results: (a) shows the significant tDCS current induced magnetic field (along B,) measured in
the ‘Active’ session at the group level. A significance level of p < 0.05, o < 0.05 (cluster corrected) was used. No
significant fields were detected for the ‘Sham’ session (b). (c) shows scatter plots of the measured field with the
applied tDCS current in two significant clusters (marker with ‘*’ in (a))

Although voxel-wise group analysis did not show significant magnetic field changes
under or around the anode electrode in the ‘Active’ session, region-of-interest (ROI) analysis
based on the cortical location of C3/C4 electrodes(77) revealed significant magnetic field
reductions with applied tDCS current under both electrodes (Fig. 12, —6.1 nT/mA, —4.4 nT/mA;
p = 0.036, 0.044; for C3/C4 respectively, N = 12 subjects, see Fig. 12). No such fields were

detected for the ‘Sham’ session.
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Figure 12. ROI analysis results in the head-tDCS experiment: Two ROIs, centered at cortical projections of the
electrode positions (C4/C3) were used to calculate the average magnetic field induced per mA tDCS in each subject.
A 1-sample t-test revealed significant magnetic field reductions in the ‘Active’ session (B = —6.1 nT/mA, —4.4
nT/mA; p = 0.036, 0.044 respectively). No significant fields were detected for the ‘Sham’ session (f = —2.8 nT/mA,
—2.2 nT/mA; p = 0.104, 0.233 respectively).

3. Discussion
3.1 Feasibility and validity of the proposed technique

The key innovation of the proposed technique is that it provides quantification of

magnetic fields directly induced by tDCS currents as a means to visualize target engagement.
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This is in contrast to present in vivo imaging approaches that use surrogate markers to record the
brain’s responses to tDCS stimulation (e.g., BOLD/ASL fMRI(58, 60), MEG(82, 83) and
EEG(84)). Feasibility was established through the phantom experiment where the measured
current-induced magnetic field was in excellent agreement with simulations (r = 0.84, p < 0.001,
N = 989). The phantom results also demonstrated excellent specificity as no significant magnetic
fields were detected in either the within-session control (Tube ‘B’), or during the control session
(‘Sham’). In its present implementation, our technique is capable of detecting fields as low as

0.58 nT at ~millimeter spatial resolution.

The limb experiment demonstrated in vivo feasibility of the proposed technique in
relatively simple and electrically conductive biological tissue. While no field changes were
detected during the ‘Sham’ session, magnetic field changes greater than 30nT/mA were observed
during the ‘Active’ session. The experimental results also qualitatively matched the simulated in
the human calf (Spearman r = 0.43, p < 0.001; N = 2072). Additionally, the signs of the detected
magnetic fields are in accordance with Fleming’s right hand rule applied to a model where the
current density is largest at the skin. The latter is intuitive considering that subcutaneous fat
behaves as an insulating sheath, with the ratio of electrical conductivities (skin:fat) being ~ 465.
However, unlike the phantom experiment, the magnitude of the detected fields was found to be
greater than the simulated fields. This difference could be due to heterogeneity in the tissue
conductivity or complicated boundary conditions, leading to potential “hotspots” of
electromagnetic fields. These observations highlight the need for reliable in vivo mapping of

electromagnetic fields even for organs and limbs with relatively simple biological compositions.
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Finally, we performed measurements in a typical tDCS setting, using a bilateral M1
montage on 12 healthy volunteers. A group level analysis revealed relatively weak (5-8nT/mA)
yet statistically significant magnetic field reductions around the central sulcus (underneath the
cathode) as well as in the precuneus region (around mid-way between the electrodes). Our
observations are consistent with modeling studies that have predicted peak current densities to
exist under the electrodes(42), and for large electrodes (25-35 cm?) less than 10 cm apart, a
single peak current density to exist between the electrodes(85). Moreover, the magnitude of the
experimentally detected fields, 0-10nT/mA, was found to be the same order as that of simulated
fields reported in a recent study(81) (although the study used a different cathode positioning).
Furthermore, although significant field changes were not detected under or around the anode in
voxel-wise group analysis, an ROI analysis revealed significant field changes under both
electrodes (and none during Sham). These field changes were also observed to have the same
sign; which is intuitive given that the direction of tDCS current flow is the same (from anode to
cathode) at both electrodes. However, it is not clear why the field changes were more significant
under cathode than anode in our experiment. One potential explanation is the relatively large
electrode size making the induced electromagnetic fields “diffuse”, and such an effect may be
asymmetric between anode and cathode. With improved sensitivity of our technique (see future
developments below) and improved focality of tDCS montage (e.g., high-definition tDCS(48)),

such hypotheses will be evaluated in future studies.

3.2 Advantages of the proposed approach to visualize tDCS currents in

VIvo
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The proposed approach for visualizing tDCS target engagement through its induced
magnetic fields is appealing since the magnetic field is directly induced by and linearly
proportional to the applied current (as described by Ampere’s law, equation 3). Moreover, the
physical constant involved in the relationship between magnetic field and direct current is highly
stable across biological tissues (variation of magnetic permeability is on the order of ~ppm(69)).
In contrast, existing experimental techniques use surrogate markers of the brain’s response to
tDCS stimulation (e.g., BOLD, ASL, EEG, MEG(58, 60, 82-84)). These represent a secondary
response to the applied stimulation, and may extend beyond the site of stimulation due to brain
networks. Additionally, unlike the physical relationship between magnetic fields and applied
current, the relationship between these markers and the applied tDCS current is complicated, and

not easy to interpret.

In applications involving milliampere currents, the primary challenge for detecting
current-induced magnetic fields is the weak signal relative to noise (SNR). Existing techniques to
detect weak magnetic fields attempt to overcome the SNR limitation primarily through
enhancing the ‘signal’, e.g., by increasing the current intensity and/or using time varying currents
(~1Hz or higher)(62, 71, 72). In contrast, the proposed technique addresses the SNR limitation
by statistically modeling out a range of ‘noise’ sources (using the linear relationship between
applied-current and induced magnetic fields), and is thus able to detect small magnetic fields

with high sensitivity and spatial resolution.

In the proposed technique, a general linear model (GLM) was employed to model a set of

magnetic field maps with applied current as well as systematic noise sources, similar to linear
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regression analysis commonly used in fMRI. The choice of a GLM is supported by the fact that
the relationship between applied current and measured magnetic field is linear (Ampere’s Law,
equation 3), and by ensuring the distribution of stochastic-noise to be Gaussian. Another
advantage of using a GLM is that many statistical methods developed for fMRI can be adapted
for the proposed technique. The use of a GLM does assume (implicitly) the invariance of current
path with different intensities of applied currents. This assumption is reasonable considering the
small magnitude of currents used (will not induce neuronal discharge) and the fact that all

currents were applied in the same direction.

3.3 Limitations and future developments

It should be noted that the proposed technique only maps the magnetic field changes
along B.. In the absence of additional information, mapping electric current requires measuring
all three spatial components of the induced field. One possible solution is to map the induced
fields of a subject in at least three different orientations, which may be feasible with an open
magnet. Alternatively, constraining computational current prediction models with a single
experimentally verified component of the induced field could improve the accuracy for

predicting current distribution.

In the present study, we were able to visualize tDCS current-induced magnetic fields in
human brains at the group level. This is a significant first step to experimental verification of
target engagement. In addition to verification, our technique can also help advance focal
stimulation, shown to be more efficient than conventional tDCS(8), in the following way: By

identifying group-wide peak-intensity areas from imaging studies (performed for conventional
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tDCS), our technique can potentially (a) provide target engagement confirmation for a
conventional tDCS trial; and if treatment effects are observed, (b) identify target sites for future

studies with focal stimulations with a reasonable expectation of the same treatment effects.

4. Conclusion

This chapter demonstrates the feasibility of measuring magnetic fields induced by tDCS
electric currents in vivo. However, the “#1” implementation utilized in experiments was unable
to detect tDCS current induced magnetic fields in individual subjects. The capability to reliably
map fields in individual subjects would allow us to (1) overcome the potential averaging effects
of a group analysis, given the variability of cortical geometry and current distribution across
subjects, (2) compare with computational models, and (3) assess target engagement in individual
subjects. As a result, addressing this limitation became the focus of subsequent research. The
next chapter will discuss how analysis of this limitation was used to inform the development of
the state of the art implementation, which could detect current induced magnetic fields in

individual subjects.
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Chapter 2: State of the art: Visualizing tDCS
currents in individual subjects

1. Study rationale

1.1 Visualizing tDCS currents: Capabilities of the previous “#1”

implementation

In the previous Chapter, a novel MRI-based approach for direct visualization of the tDCS
current by measuring the current induced magnetic fields is described. This approach was
implemented as “#1”, and three experiments were performed to assess the feasibility of the
approach and the capabilities of the implementation. In the first experiment, current-induced
magnetic fields of ~15nT/mA were measured in a specially designed phantom. These
measurements were compared with simulations, and were found to be a solid match (r = 0.84, p
< 0.001). The experimental data also demonstrated excellent specificity as no current induced
magnetic fields were detected in the control session (‘Sham’), or the intra-session control (Tube
‘B’, Fig. 2a). Similar results were obtained in the second experiment, performed on structurally
simple biological tissue (the human calf). Consequently, it was concluded that the proposed
approach of measuring tDCS current induced magnetic fields (along B:.) was feasible. However,

the implementation utilized (i.e. “#1”) had an important limitation, described below.

1.2 Principal limitation: Detection in individual subjects

In the final experiment with the “#1” implementation, current induced magnetic fields
were detected in a typical tDCS montage at the group level. However, we were unable to detect

the same fields reliably in individual subjects. Although group level results can be used to
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visualize tDCS currents in vivo, detection in individual subjects is ideal, since it would enable
one to (1) overcome the potential averaging effects of a group analysis, given the variability of
cortical geometry and current distribution across subjects, (2) compare with computational
models, and (3) assess target engagement in individual subjects. As a result, the inability to
detect tDCS current induced magnetic fields in individual subjects was considered to be the
principal limitation of the “#1” implementation. Addressing this limitation to enable
measurements in individual subjects was the second aim of my PhD dissertation, and the focus of

research described in this chapter.

2. Methods
2.1 Addressing the principal limitation of “#1”

2.1.1 Root-cause: Insufficient Signal-to-noise (SNR)

The principal limitation of the “#1” implementation was the inability to detect tDCS
current induced magnetic fields in individual subjects. However, the fact that detection was
successful in the phantom and calf experiments suggests that this limitation is a shortcoming of
the implementation rather than the overall approach. Moreover, the observation that the magnetic
fields detected in the head (~7nT/mA, albeit at the group level) are smaller than those detected in
the phantom/calf experiments (~15nT/mA) indicates that this limitation is caused by insufficient

signal relative to noise (SNR).

2.1.2 Improving SNR: The noise reduction approach
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SNR can be improved by increasing signal and/or reducing noise. It is useful at this point
to think of signal and noise separately since they can be adjusted independently, as shown in

equation 8 (derived from equation 4 by splitting @ eas iNt0 Ppye and P pise)-

B —B (Dnoise
Z ,meas z true YXTE

®)

xitpcs;
by Ampere's Law

Here, B, meas 1S the measured magnetic field, and the right-hand side terms are the ‘signal’
(B2 true) and ‘noise’ respectively. In particular, @45 1s the noise in the phase measurement, y
is the gyromagnetic ratio for protons and TE is the echo-time. By Ampere’s Law, the signal,
B, true » 15 directly proportional to the tDCS current. Thus, any improvement in signal to increase
SNR has to necessarily alter the tDCS current characteristics, which is not ideal for tDCS

research.

In contrast, the noise term in equation 8 does not depend on the applied current, and as a
result, measures for noise-reduction impose no constraints on tDCS stimulation. In fact, noise-
reduction measures would only require a modification of imaging parameters (e.g. an increase in
TE). This makes noise-reduction strategies particularly well suited to improve SNR in our tDCS
application. The following sections describe how sources of noise were identified and attenuated

to improve SNR.
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Parameters affecting noise: intrinsic-noise (o), total number of measurements (N) and echo time

(TE)
Equation 8 contains an expression for noise present in a single measurement. Since our

technique uses multiple measurements in a general linear model (GLM) for estimation, equation

& needs to be modified to include the GLM term:

q)noise x\/ {(XTX)_l}i,i

Noise(BZ ,meas) =

q)noise

TExVN

Here, X is the model-matrix of the general linear model, 7 is the index to the column of X
containing applied-tDCS current values, N is the total number of measurements, and the rest of
the terms are as defined earlier. As can be seen from the equation, an increase in the number of

measurements (i.e. “N”) reduces noise in the B, 1045 €stimate. The overall impact of an increase

in VN can be understood as an SNR boost through an increase in statistical power.

We next consider the case of the random variable @, yise. Ppoise fOllows a zero-mean
Gaussian distribution for A/o > 3; where A is the amplitude of the signal in a voxel, and o is the
standard-deviation of noise in a single measurement. Note that A is closely related to the
measured magnitude signal, as described in Gudbjartsson H. et al.(73) Noise being Gaussian
allows the “N” measurements to be used directly in a GLM. In particular, the variance of this
Gaussian distribution is 62/ A2, suggesting that attenuating o (e.g. using better receiver coils)
should reduce noise in the magnetic field estimation. Incorporating this into equation 9 along

with the fact that A decays with TE (T2/T2* decay), we get:
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Gaussian (0, %)

A TEXVN (10)
subject to p >3 and AlasTET

Noise(BZ ‘meas) ~

With equation 10, we can finally consider the case of TE. Because A decays with TE, the A > 30
constraint puts an upper bound on TE. Additionally, increasing TE also increases the variance of
the Gaussian term thereby mitigating some of the reduced noise. Consequently, there exists a

limit on how much noise can be decreased by increasing TE.

In summary, equation 10 illustrates three different parameters that can be used for
attenuating noise— (1) o, or the intrinsic noise in a single measurement; (2) N, or the total number
of measurements; and (3) TE, or the echo time (to an extent). A benefit of increasing TE is the
improved sensitivity, i.e. the minimum magnetic field that can be detected (as shown by equation

6).

Reevaluating implementation choices: Single vs. Array Coils (o) and GRE vs. EPI sequence (N,

TE)

The “#1” implementation utilized a single-channel coil, a GRE-sequence with a long TR
(resulting in scan duration of 2.5 minutes) and a TE of at most 14.76 msec. At the time, these
choices were made to minimize contamination of the phase signal due to stimulated echoes and
phase-wraps. Preventing signal contamination is important, since the tDCS current induced
magnetic field signal is two orders of magnitude smaller than signals typically measured by MRI

(~0.01ppm vs. 3.5ppm for fat).
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However, the “#1” implementation was found to provide insufficient SNR for detection
in individual subjects. Going forward, three implementation parameters that could be used to
improve SNR were identified, namely (1) o, or the intrinsic-noise in a single measurement, (2)
N, or the number of measurements and (3) TE, or the echo time. Based on these parameters, the

“#1” implementation was reevaluated as described below.

(1) Improving o: Using multi-channel coils instead of implementation “#1”’s single-
channel coil would directly improve the intrinsic noise. However, the acquired multi-channel
data needs to be recombined into a single image, which introduces phase-wrap errors. In pilot
experiments, it was found that these errors could be avoided by using the sum-of-squares

algorithm for image reconstruction.

(2) Improving ‘N’: A long TR minimizes phase-signal contamination from stimulated
echoes. The GRE sequence of the “#1” implementation uses a long TR, but at the cost of a 2.5
minute scan duration. The latter limits the number of measurements (i.e. ‘N’) that can be
performed in a MRI session. In comparison, an Echo Planar Imaging (EPI) sequence is more
time-efficient, acquiring whole brain data in seconds. However, the EPI sequence introduces its
own set of phase-errors. Theoretically, these phase-errors are expected to be consistent across

measurements, and thus should be removable (as the intercept in the general linear model).

(3) Increasing ‘TE’: As described in the previous section, a long TE improves SNR (to an

extent) as well as the sensitivity of the proposed technique. However, longer TEs create more

phase-wraps in the acquired image. This problem is compounded by a larger ‘N’: for instance,
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switching from a GRE to an EPI-based implementation presents a change in scan-duration from
2.5 minutes to 4 seconds, which is a ~40x increase in the number of images to be unwrapped. To
address this, a semi-automatic technique based on the Region growth algorithm implemented in
PhaseTools(74) was developed in-house. This technique made the unwrapping of large phase-
datasets feasible, enabling the improvement of the previous implementation from {TE=14.76

msec, N=13} to {TE=26 msec, N=540}.

2.2 State of the art: The “#2” Implementation

Incorporating all three means of improving SNR discussed in the previous section, the
“#2” implementation utilizes a 12-channel array coil, EPI sequence and a longer echo time to
detect tDCS current induced magnetic fields. Additionally, the “#2” implementation also utilizes
the magnitude of the measured signal to measure the brain’s response to stimulation (the subject
of the next chapter). Exact details of changes with the new implementation (including the MRI

protocol as well as post-processing changes) are described below.

2.2.1 MRI protocol

Similar to “#1”, the MRI protocol of the “#2” implementation was designed to take
advantage of the linear relationship between the applied tDCS current and the induced magnetic
field. Thus, four distinct tDCS currents (0, 0.5, 1, 1.5 mA) were applied in a pseudo-random
order during a MRI scan (Fig. 1). Each current was applied for 2.5 minutes, with a 30 second
ramp time; and subjects were blinded to the strength of the current being applied. Magnetic field

data was acquired from three such back-to-back scans.
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MRI Protocol
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Figure 1. MRI protocol in the “#2” implementation: A dual echo EPI sequence was used to collect magnetic field
mapping data using three back to back scans. During each scan, current intensities of {0, 0.5, 1, 1.5 mA} were
applied in a pseudorandom order for 2.5 minutes each, with a 30 second ramp time. Additionally, structural data was
acquired using a MPRAGE sequence. The second echo of the acquired magnitude data contained the BOLD
contrast, analysis of which is the subject of Chapter 3.

2.2.2 MRI sequence: Dual echo EPI

A dual-echo EPI sequence was used to acquire phase data in the “#2” implementation.
Data was acquired from two echoes to enable subtracting out the baseline phase, similar to the
approach used in Chapter 1. The EPI sequence also incorporated measures to increase SNR,
namely, a higher TE (TE; = 26 msec, ATE = 15 msec vs. ATE ~ 10 msec previously), higher ‘N’
(N =540 vs. 13 previously), and acquisition using a 12-channel coil. The sequence parameters of
the dual-echo EPI sequence were TE/TE,=11/26 msec, TR=4 sec, Matrix: 64 x64, BW=3000
Hz/pix, FA = 90°, 24 slices, 3.44 x 3.44 x 5mm’ Voxel, 7/8 Partial Fourier, with sum of squares

reconstruction to combine signals from individual coil elements.

2.2.3 Post-processing changes

In addition to a different experimental design and MRI sequence, the “#2”
implementation also included changes in postprocessing. In brief, these were (a) a faster and
more efficient technique for phase unwrapping, (b) a different technique for correcting magnetic
field-drift, and (c¢) an improved GLM to model the acquired data. (Details are in the Data

Analysis section, 2.4.1).
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2.3 Experiments

Experiments were performed to detect tDCS current induced magnetic fields in
individual subjects. In-vivo data was acquired from 7 subjects (4M, 23.1 + 6.6 yrs) using the
“#2” implementation. Subjects were screened for neurological/psychiatric disorders. Written
informed consent was obtained from all participants. The study was approved by the Institutional
Review Board (IRB) at the University of California Los Angeles. All experiments and data
acquisition were performed in accordance with the guidelines and regulations set by the
Institutional Review Board (IRB) at the University of California Los Angeles. During
acquisition, each subject was asked to stay awake and fixate on a cross (white on black
background). Additionally, a standard MPRAGE sequence with Imm isotropic resolution was

used to acquire structural data for simulations.

The same tDCS montage as the head-tDCS experiment (in Ch-1) was employed in the
tDCS-MRI scans. In brief, tDCS was delivered using a bilateral montage, with anode/cathode
placed on C4/C3 respectively (shown in Ch-1, Fig. 2(c)). The electrodes were rectangular
(4.5x9cm) in shape with their long axes in A-P direction. Conductivity gel (Cadwell, P/N#
202153-000) was used to ensure good electrical contact between scalp and electrodes. In addition
to the reasons described previously for using this specific montage (Ch-1, 1.3.4), using the same

montage as before enables a direct comparison between the two implementations.

2.4 Data Analysis

2.4.1 Experimental Measurements

2.4.1.1 Pre-processing
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The acquired experimental data was preprocessed in a manner similar to that of the
previous implementation. First, voxels with non-gaussian phase noise were excluded using a
Bonferroni-based statistical technique (as described in Ch-1 1.4.1.1). Next, phase unwrapping
was carried out slice-wise, for each TE, using an improved in-house technique based on the
PhaseTools(74) toolbox in Fiji(75). The in-house improvement was necessary, given the
substantial increase in the size of the dataset (540 volumes vs. 13), as well as the number of
phase wraps in each volume (because of the higher TE). Finally, SPM8 was used to realign
image volumes to the first volume, to correct for inter-scan motion. Realignment parameters

were estimated using magnitude data from the first echo (TE)).

2.4.1.2 An improved General Linear Model (GLM) for measured phase
Image volumes from the three back-to-back MR scans were concatenated, and the
measured phase was modeled as:

cDm = {CDCurrent(TE' i(S)) + CDDrift(TEr S) + (DNon—Current(TE) + (DO(S) + (DNoise}

11
+ (DMotion(S) + (DScan(S(S)) ( )

where curly brackets indicate terms present in the previous version of the GLM (Ch-1, 1.4.1.2).
Here, @, is the measured phase, @cyrent 1S the phase due to the current-induced magnetic fields,
TE is the echo-time, “s” refers to the fact that the data is from the s™ image volume, i(s) is the
current applied during acquisition of the “s-th” volume and S is the MRI scan during which the
s™ volume was acquired. Thus, for the “#2” implementation that uses 3 back-to-back scans, S is
1,2 or 3. ®pyip is the phase due to the time-varying drift of the main magnetic field, ®@non-current 1S

the phase due to field deviations unrelated to applied current but steady between scans (eg. oftf-
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resonance), @y is the baseline phase, ®noise 1 the phase due to (Gaussian) noise, @potion 1S the

phase associated with subject motion and ®s.., accounts for phase offsets across different scans.

®pyin was modeled out by fitting a 2™ degree polynomial to @y, for each MRI scan. Next,
the drift-corrected data was modeled using a GLM wherein the applied current was included as a
predictor (implicitly assuming that the current path remains the same across applied currents).
Uncorrected residual drift was modeled out by including the global mean-phase in the GLM.
Dnon-current by definition does not vary with applied current or between scans, and is implicitly

modeled by the GLM intercept.

In the previous version of the GLM, fluctuations in @y were eliminated by using the
phase difference between the two TEs (i.e. ADy, = @y, 12 — O, TE1). However, employing the
phase difference has two drawbacks: first, it increases overall noise since the noise-variances of
@, 1 and @y, tE2 (both gaussian distributed) add up. Second, using the phase difference results
in a decrease in sensitivity (reported below). Consequently, data was modeled using two GLMs:
one using the original approach of eliminating ®¢ by using A®,, and the other using ®p, tr2. The
latter assumes @, to be stable across scans, and thus implicitly incorporates @, into the GLM

intercept.

The remaining terms in equation 11 were modeled as follows: @poion Was modeled by
including 6 covariates corresponding to the 6 motion parameters (calculated during the
realignment step). A similar linear modeling of motion could not be performed in the earlier

implementation due to limited degrees of freedom (N=13 vs. 540 here), and arguably would not
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be accurate (since one brain volume was acquired every 2.5 minutes). ®scan, 1.€. phase offsets
across MRI scans, were modeled using binary covariates: for instance, a covariate that is ‘1’ for
volumes acquired during scan#1 and ‘0’ otherwise, models out any phase offset from scan#1.
Because there are a total of three scans, two such covariates and the intercept are sufficient to

model ®Pgean, and were included in the GLM.

For both the GLMs described above, the regression coefficients of the applied current
predictor can be interpreted as the phase induced per mA applied current. These were scaled
using equation 4 to calculate the induced magnetic fields (along B,) per mA tDCS. This is the
same approach as the one used previously (Ch-1, 1.4.1.2). Sensitivity of the two GLMs was
calculated to be (a) 0.38 nT, for the GLM based on A®,, (i.e. the original approach) and (b) 0.22
nT, for the GLM based on @y, 2. The calculations utilized equation 6, with ATE = 15 msec for

(a), and replacing ATE by TE, ( =26 msec) for (b).

2.4.1.3 Statistical Analysis

Obtained current induced magnetic field maps were subsequently thresholded at p < 0.05
and cluster corrected at p < 0.05(using AlphaSim(76)) following standard statistical procedures
for fMRI. Statistical techniques used to compare experimental results with simulations are

described after the ‘Simulations’ section.

2.4.2 Simulations

Experimental measurements of the tDCS current induced magnetic field (along B,) were

compared with predictions from computational models of tDCS current flow. These models were
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constructed by segmenting a structural image of the head, creating a finite element model (FEM)
of each tissue and solving Laplace’s equation with boundary conditions specified by the tDCS
montage. SIMNIBS(86) (v2.0.1, open source) was used to create and solve the FEMs to generate
a current-density map. This map was subsequently used to calculate the current induced

magnetic fields using the Biot-Savart Law; the latter implemented as a 3D convolution(81).

SIMNIBS constructs a 5-compartment model of the head (GM, WM, CSF, bone and
scalp). Unless otherwise specified, isotropic tissue conductivities reported in literature(87) were
used. The magnetic permeability of water was used in the Biot-Savart law, since permeability
varies on the order of ppm across tissues(69). For all models, a tDCS current of 1mA was used,
enabling the simulated fields to be directly compared with the experimental measurements (the

latter being the magnetic fields induced per 1 mA tDCS current).

2.4.2.1 Modeling individual subjects (to compare with measurements)

Separate models were constructed for each individual subject to take into account
individual head anatomy. Structural data (acquired using a MPRAGE scan) was segmented using
SIMNIBS, following which a finite element model was built. Electrodes were positioned using
the gel (visible on the structural scan) as a guide. The rest of the modeling steps were the same as

described in the section above.

2.4.2.2 Modeling standard MNI head (to explore sensitivity to model parameters)

A tDCS simulation depends on the following model parameters:

1. Electrode Orientation
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2. Electrode Shape
3. Electrode Size
4. Electrode Position
5. Tissue conductivity
6. Tissue compartments/segmentation
Except 6, all of the above parameters were perturbed in a standard MNI head to

investigate sensitivity of simulations to model parameters.

The possibility of detection in bilateral montages other than the one used in experiments
was also investigated. Circular electrodes of Scm diameter were used, and bilateral montages
consisting of anode at one of {F2, F4, F8, C4, T4, P4, T6, O2}, and cathode at one of {F1, F3,
F7, C3, T3, P3, TS5, Ol1} were simulated in a standard “MNI” head. The average absolute
magnetic field for each montage was compared to the same simulated for the experimental
montage (i.e. C3-C4). Additionally, sign-boundaries were extracted from magnetic field maps of
{F1} x {All-anode-positions} to map how they changed across montages. Sign boundary

extraction was performed using the “Canny” edge extraction method implemented in MATLAB.

2.4.3 Comparing measurements with simulations

SPMS8 was used to coregister experimental measurements to the structural MPRAGE.

With measurements now present in the same coordinate space as simulations, voxelwise

comparisons were carried out as described below.

2.4.3.1 An unambiguous classification scheme to visualize differences
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Both measurements and simulations, estimate the tDCS current induced magnetic field
(along B,) in a voxel, which is a signed real number. The signs of the estimates make comparison
using a simple difference (“Exp — Sim”) ambiguous to interpret. Fig.2 shows a classification
scheme devised to unambiguously visualize differences between simulations and measurements.

This classification scheme was applied on simple difference maps (“Exp — Sim”) of each subject.

A classification scheme to unambiguously visualize

differences between Experiments and Simulations

Classification Scheme An example
. . . . . Simple Difference
? ?
Sign(Exp) ? Sign(Sim) | |Exp| ? |Sim| Class ID ﬂ (Exp —Sim) Class ID
= > +4 +4 +2 >0 +4
= +3 +4 -2 >0 |* -4
< +2 =2 -6 >0 -2
# > -2 As shown by *,the “Simple difference” cannot be used
= -3 to infer the relationship between Exp and Sim (>,=,<).
-4 In contrast, the proposed ID system is unambiguous.

Figure 2. A Classification scheme to unambiguously visualize differences between experiments (Exp) and
simulations (Sim): As shown in the example, voxel values in a simple difference map cannot be used to directly
interpret the relationship between Exp and Sim. This problem is a result of the fact that the measured magnetic fields
possess both magnitude and sign.

2.4.3.2 Insights from a simplified model of current flow

Fig. 3 shows a simplified model of current-flow for the tDCS montage used in
experiments. Electric current is assumed to flow into the sagittal plane, which is a good
approximation given the bilaterally symmetric montage. Two additional simplifications are
assumed: About a point “P” (hereon referred to as the center-of-current), local current density is
uniform, and has cylindrical symmetry. With these simplifications, Ampere’s law can be used to
calculate a closed form expression for the local magnetic fields induced by tDCS currents, as

shown in the Fig 3.
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By Ampere’s Law,
IB|(2mr) = p(J mr?)

IB| = <L;—]> r

" Current induced magnetic field along z, B, = |B| cos(8)

ie. B, = — (%) y

If ‘P, i.e. the center-of-current is at (y,,z,) instead of the origin
B __(ul) _(ulyo)
2 2 2

Figure 3. A simplified model of current flow in the C4-C3 montage: Current is assumed to be uniform, and
cylindrically symmetric in a local region about a point ‘P’ (referred to as the center-of-current). With these
assumptions, a closed form expression for the current induced magnetic field can be calculated as shown in the
figure.

Suppose a current density “Js” is predicted by simulations. Without loss of generality, the
center-of-Js-current can be chosen as the origin. As a result, the first expression of Fig. 3 can be
used to evaluate the magnetic field induced by J; (henceforth referred to as “Bs”). In general, the
actual center-of-current may not match the center predicted by simulations, and thus the second
expression of Fig. 3 should be used to evaluate “B,” (i.e. the magnetic field induced by the
‘actual’ current density, J,). The difference (B,—B;) was calculated for different cases of {J,, Js},

and categorized using the classification scheme described above. The categories observed
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provided insights into how characteristic differences in magnetic fields can result from

differences between simulated and actual current density.

2.4.3.3 Evaluating the overall significance of differences

The results will show that experimental measurements are systematically different from
simulations of the tDCS current induced magnetic field (along B,) in individual subjects. The
results will also show that tuning model parameters in individual subjects (within reasonable
limits) can, in principle, mitigate some of these differences. However, are differences between
measurements and simulations significant? Or are simulations, based on contemporary modeling

approaches, sufficient to model individual subjects?

This question was investigated by evaluating the inter-subject variability of simulated
magnetic fields (=o;). Intuitively, if this number is less than the actual inter-subject variability
(=0,), then it follows that simulations do not model individual subjects precisely. Crucially, the
magnitude of the difference ({0,—0}/0) can be used to assess if simulations model individual
subjects sufficiently. The exact procedure for the calculation of o5 and g,, and the statistical

techniques employed are described below.

For each subject, measurements and simulations were normalized to the MNI space using
SPMS. Among these, the simulated current induced magnetic field (=f;) is fully specified by the
computational model employed, and is thus deterministic. In contrast, the measured current
induced magnetic field is a random variable; and because it is estimated from a GLM, follows a

known normal distribution JV; ,,(8, o). Here, o represents the measurement-noise at a voxel ‘v’ in
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subject ‘i’. As a result, although o can be calculated as the standard deviation (over all subjects)
of 55, the same approach cannot be used to estimate g,. This is because the estimate 8 includes
measurement-noise, and thus the standard deviation of f is a combination of g, and that

measurement-noise.

Measurement-noise corrected estimates of o,—ag; were calculated using a Monte Carlo
approach. The measurement noise ‘o’, implicitly present in experimental measurements, was
introduced into simulation estimates (as shown in equation 12). Repeated randomized sampling
was performed to compute a distribution of o,—0,. This distribution was then used to calculate
(a) the probability that the actual inter-subject variability is greater than that predicted by
simulations (i.e. E (o, — g > 0) ) and (b) the average size of the difference, in units of oy (i.e.

E({o,—0s}/0) ). The denominator g5 was calculated as described in the previous paragraph.

(00 — 0,y lk] = std (3,,(8,0)) — std (3,,(s, 0)) (12)

~ og+0 ~ 0st+0

Here, k is the index to one Monte-Carlo estimate of o,—05. A total of 10° such estimates were
computed for each voxel ‘v’ in the brain. s7d(.) is the standard deviation of (.), calculated over all

‘i’ subjects.

3. Results
3.1 Experimental measurements

Fig. 4A shows the tDCS setup used in experiments. The tDCS current induced magnetic

fields (along B,) can be intuited using Fleming’s right hand rule. As shown in the sagittal slice,
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the rule predicts the induced field to be along-B, in the posterior half of the brain, and opposite
B, in the anterior half. As shown in Fig. 4B, measurements of the induced field matched these
expectations. It should be noted that unlike “#1”, we were able to measure tDCS induced
magnetic fields in individual subjects using the new “#2” implementation (data is shown from
three representative subjects in Fig. 4B, using TE, data, thresholded at p < 0.05, Cluster

corrected o < 0.05).

—3(¥=-15)

(nT/mA)

> p<0.05

- Cluster-p
<0.05

Figure 4. tDCS current induced magnetic fields (along B,) measured using the “#2” implementation: 4A shows the
tDCS setup, and the magnetic fields expected from Fleming’s right hand rule. Measured fields matched
expectations, as shown by the measurements from three representative subjects in 4B (thresholded to p < 0.05, a <
0.05 (cluster corrected)).

Comparison between the TE, and ATE models

The tDCS current induced magnetic fields (along B;) were estimated using two different
GLM’s — (a) the original GLM approach, which utilizes the difference of the phase data
measured at two TE’s, and (b) the improved GLM, which utilizes phase data measured at the
second TE. The results generated by both GLM’s were very similar (Average correlation across

subjects, Pearson = 0.83 £ 0.05; Spearman = 0.89 + 0.02; p < 0.001 for all subjects). Since the
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latter GLM (i.e. ‘(b)’) has better sensitivity and noise-characteristics (as shown in 2.4.1.2), all

subsequent analysis utilized results from ‘(b)’.

3.2 Comparing measurements with simulations

Fig. 5 shows the experimentally measured tDCS current induced magnetic fields (along
B,) in column 1, and its simulated counterpart in column 2. Although the experimental
measurements qualitatively matched simulations (Average correlation across subjects, Pearson =
0.27 + 0.08; Spearman = 0.48 = 0.13; p < 0.001 for all subjects), distinct differences between the
two were observed. Fig. 5 column 3 shows the difference map (“Exp — Sim”) for each subject,
and column 4 shows the differences classified according to the scheme described in 2.4.3.1. With
the exception of Subject 7, the differences between measurements and simulations were
observed to be consistent across subjects, with the measured fields being more negative in the

anterior half of the brain, and more positive in the posterior half.
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tDCS current
induced
magnetic field
(along MRI
main field)

Figure 5. Comparison of measurements with simulations: Column 1 shows the experimental measurements with the
simulation results shown in 2. Column 3 shows the difference map, and 4 shows the differences classified according
to the classification scheme of Fig. 2. To note is the prevalence of class “+4”. “+4” indicates that Exp and Sim are of
the same sign, and Exp > Sim. These qualitative observations are quantified in Table 1.

Table 1 summarizes these observed differences. Excluding Subject 7, the experimental
measurements were significantly (p < 0.05) different from simulations in ~43% of total voxels
on average ({min,max} ~ {19,67}%). In the same group, the magnitude of measured fields was
greater than simulations in ~88% of the total voxels ({min,max} ~ {86,97}%), with a mean
absolute difference of 2.95 nT/mA ({min,max} ~ {0.94,7.39} nT/mA). Moreover, the absolute
“Exp — Sim” differences were observed to increase with distance from the sign-boundary (i.e.
red-blue boundary in Fig. 5, column 3). An additional difference in the form of oblique sign-

boundaries was observed. As can be seen in the sagittal view of Fig. 5 column 3, the sign-
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boundaries were measured to be at an angle of ~30°-45° to the Superior-Inferior (S-I) direction,

in contrast to simulations which predict an angle of ~0°.

% Voxels W
Subject#  exp-smzo LG (nT/mA)
(p < 0.05)
1 50.2 88.3 1.93
2 432 92.1 2.97
3 49.9 89.9 2.85
4 26.8 74.0 0.941
5 19.3 86.0 1.62
6 66.8 97.3 7.39
Mean 42.7 87.9 2.95
7 19.2 55.2 0.703

Table 1. Whole-brain measure of the differences between experimental measurements (Exp) and simulations (Sim)
in each subject: Excluding subject 7 that appears to be an outlier (as apparent from the difference maps of Fig .5),
measurements were significantly larger than simulations in 42.7% of voxels overall, where the significance level
was set to p < 0.05. Unthresholded, this went up to 87.9% of voxels in the brain, on average across subjects. The
average strength of the magnetic field difference was ~2.95 nT.

In Subject 7, although the magnitude of measured fields were greater than simulations in
only ~55% of the total voxels, the differences were not random and had spatial structure. These
differences were suggestive of a volumetric current component running in the P-to-A direction
(discussed below in 4.2), and as a result, models with perturbed electrode positions and
conductivities were simulated. As shown in Table 2, the perturbed models improved the match
between measurements and simulations. Additionally, as shown by the class ID maps, while the
first perturbation made the simulated fields stronger than experiments across the brain, the
second made the fields weaker. In both perturbations, the fields had the same sign as
experiments. This suggests that parameter values maximizing the match between simulations and

measurements exist as a local optimum, bounded by the perturbed values shown.
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Comparison of simulations with measurement (Subject #7)

Simulation details A=Exp-Sim ClassiD(A) Observations Spearman
+ +4 4 Correlation
0 w2 H- (Exp, Sim)
0" nTmA '1 ;p <0.001
Since MR static field is out-of-the-plane and anode is on RHS ;
Standard . - o .
) € maps suggest a volumetric current in the P-to-A direction. 0.32
(Same as Fig. 5, #7) . . .
Accordingly, simulation parameters were perturbed

Perturbations

+ Conductivity - oo
Electrodes Scalp = 1/14x* R S +4 classID & Exp > Sim 0.47°
Anode,1cm  GM/WM = 2.5x** \ N " && Sign(Exp) = Sign(Sim) These suggest that
Post. a conductivity value
D, 2 + Conductivity . s.t. Exp = Sim exists .
Ant. GM/WM = 1/2.5x** +2 classID & Exp < Sim 0.44
&& Sign(Exp) = Sign(Sim)
* Bjorklund S., et. al., Biophys J. 2013 Jun 18;104(12):2639-50. ** Akhtari M., et. al., Brain Topogr. 2010 Sep;23(3):292-300. Epub 2010 May 4.

Table 2. Measurement-suggested perturbations of simulations in Subject 7: The differences between experiments
(Exp) and simulations (Sim) in subject 7 suggested perturbations in the model parameters. Parameters were
perturbed within reasonable limits (considering that the electrode length in the A-P direction was 9cm, and using
conductivity values reported in literature (88, 89)). While the first perturbation made the simulated fields stronger
than experiments across the brain, the second made the fields weaker. In both perturbations, the simulated fields had
the same sign as experiments for the most part (as indicated by the class ID maps).

3.2.1 Insights from a simplified model of current flow

The previous section compared experimental measurements of the tDCS current induced
magnetic field (along B,) with simulations. With the exception of subject 7, the following
differences were observed: (a) The magnitude of measurements was consistently larger than
simulations, (b) the absolute “Exp-Sim” differences increased with distance from the sign
boundary, and (c) the sign-boundaries in the sagittal plane were at an angle of ~30°-45° to the S-I
direction. In this section, we show how (a) and (b) can potentially result from differences in

current densities using a simplified model of current flow.

In the model described in 2.4.3.2 (summed up in Fig. 6), the current induced magnetic

fields are linear functions of ‘y’, where y is the Anterior-Posterior direction (y+ = Anterior). In

particular, the ‘simulated’ magnetic field in the z-direction (B_;) is a linear function of ‘y’ with a
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slope proportional to the current density predicted by simulations (Js) and zero intercept.
Similarly, the ‘actual’ magnetic field (B,,) has a slope proportional to the actual current density

(J») and an intercept (‘c’); the latter depending on the position of the actual center-of-current.

Characteristics of magnetic field differences caused by
current density differences in the simplified model

(Model described at Ch-2, 2.4.3.2)

Summary
Spatial Maps

B=dxyte

Z,

Key

: Magnetic field induced
by tDCS current along
the MRI main field

. ‘simulated’
. ‘actual’

: tDCS current-density

. y+=Anterior
* y—=DPosterior

% The Class IDs forc >0
case are the y-flipped
versions of ¢ <0, and are
thus not explicitly shown.

Figure 6. Insights from a simplified model of current flow (described in Ch-2, 2.4.3.2): Different cases of the
relationship between the ‘actual’ current density (J,) and that predicted by simulations (J;) generate characteristically
different induced magnetic fields. In particular, for J, > J (last row), the model predicts (a) the magnitude of the
actual field to be stronger than the simulated field, (b) the magnetic field difference to scale linearly with the
distance in the A-P direction, and (c) the class ID maps to be dominated with “+4” in the A/P regions. The latter
occurs only when J, > J.
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Each plot in Fig. 6 graphs the ‘simulated’ and ‘actual’ magnetic fields (induced by their
respective current densities). Rows 1,2,3 show the cases of the actual current density ‘J,” being
{=, <, >} than the simulated current density ‘Js’. Only results for ‘c < 0’ are shown since the
class ID’s for ‘c > 0’ are essentially the same as ‘c <0’ flipped about the origin. As summarized
in the table, the majority of voxels fall into distinct classes for each case. In particular, it should
be noted that for J, > J;, (a) the majority of voxels are of class +4 (brown), and (b) the absolute
“B,—Bs” difference increases with distance from the origin. These characteristics are similar to

those observed in the comparison of experimental measurements with simulations (Fig. 5).

3.2.2 Sensitivity of simulations to model parameters

Table 3 shows the effect of perturbing various model parameters on the simulated tDCS
current-induced magnetic field (along B,). Perturbations in tissue conductivity cause the mean
magnetic fields to change by 0.2nT/mA, and all other perturbations cause changes that are an
order of magnitude weaker. Magnetic field maps corresponding to the conductivity perturbations
are shown in Table 4, together with maps of a standard simulation for comparison. Additionally,
motivated by the oblique sign-boundary observed in measurements, electrodes oriented at 45°
were simulated. However, orientation of electrodes did not affect the orientation of the sign
boundaries (Table 4, ‘Orientation’ row). However, perturbations in tissue conductivity did affect

the sign boundaries (first two rows in Table 4).
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| Perturb. — Standard |

Simulation Description

(nT/mA)
4.5x9cm electrodes on C4(+)/C3(-)

Standard {i.e. Experimental Montage} N/A
+ Standard simulation parameters

WPerturbations\

Circular Electrode

Shape (5cm diameter) 0.008
. Electrode dimensions A\ 0.0103
SEalrd Electrode dimensions W 0.0048
Scalp conduitlwty 0.1981
Conductivity =1/14x

&& 0.2710

GM/WM = 2.5x** ’
Anterior (=.25x9cm) 0.0372
Anode Position Posterior (=.25x9cm) 0.0361
(25%) Right (=.25x4.5cm) 0.0214
Left (=.25x4.5cm) 0.0209
Orentation Ant. end of electrode = +45° 0.0033
Post. end of electrode = —45° 0.0031

* Bjorklund S., et. al., Biophys J. 2013 Jun 18;104(12):2639-50.
** Akhtari M., et. al., Brain Topogr. 2010 Sep;23(3):292-300. Epub 2010 May 4.

Table 3. Effect of perturbing various model parameters on the simulated current induced magnetic field in a
C4(+)/C3(—) tDCS montage in an MNI brain. The effect is calculated as the absolute difference, averaged over the
brain. Perturbations in tissue conductivities were observed to cause the largest changes in the induced magnetic field
(by an order of magnitude).

Simulation Magnetic Field Map

4.5x9cm electrodes on C4(+)/C3(-)
Standard {i.e. Experimental Montage}
+ Standard simulation parameters

WPerturbationsW

GM = 2.5x
&& WM =(1/2.5)x

Conductivity

Scalp conductivity = 1/14x
&& GM/WM = 2.5x

Ant. end of electrode = +45° ‘

0
nT/mA

Orientation

Ant. end of electrode = —45°

Table 4. Effect of perturbations on the sign boundary: Sign boundaries were observed to change in simulations that
used perturbed tissue conductivities. Conductivities were perturbed using values reported in literature(88, 89).
Changing electrode orientations by = 45° had comparatively little-to-no effect.
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3.2.3 Overall significance of differences

Fig. 7 shows the significance of the differences between measurements and simulations,
calculated using Monte-Carlo simulations with the outlier Subject 7 excluded. 7A shows the
probability that the measured inter-subject variability (g,) of the tDCS current induced magnetic
field (along B,) is greater than its simulated counterpart (o). 87% of the voxels were observed to
be above 0.80, and all of the voxels were above 0.50. 7B shows the average size of the difference
normalized to o; (i.e. E({o,—0,}/05), with 96% of the voxels in the brain being larger than 3.
Similar results were obtained when Subject 7 was included (88% of voxels were above a
probability of 0.80, all voxels were above 0.5, and 96% of total voxels had an average difference
larger than 3). Note that as described in 2.4.3.3, these measures have been corrected for

measurement-noise.
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Comparison of measured inter-subject variance (c,) with simulated (c,)

Probability map Effect-size map
E (GB > 6s) E ({Ga - cs}/cs)

% of Voxels above 0.8 = 87.04% % of Voxels above 3 =96.17%

Figure 7. Comparison of inter-subject variability as predicted by measurements and simulations using a Monte-Carlo
approach: Results show that the probability of actual inter-subject variability being greater than that predicted by
simulations was > 0.8 in 87 % of voxels, and 96% of voxels had an inter subject variability at least three times larger
than that predicted by simulations, suggesting simulations are “too similar” across subjects. Note that this
calculation took into account measurement noise (as described at 2.4.3.3).

3.3 Simulations of additional bilateral montages

As shown in Fig. 8, simulations predicted the average absolute magnetic fields (along B,)
in most montages to be larger than that in the C3-C4 montage. Of the 36 montages simulated,
only 6 showed weaker fields (highlighted in blue), with the smallest field being 50% weaker than

that in the C3-C4 montage.
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Magnetic Fields (along B,) in other bilateral montages

Fp2 F4 F8 C4 T4 P4 T6 02

Possible
Cathodes

Sl -39% -8% +15% +21% +43% +61% +68% +85%

F3 +2% +24% +12% +41% +37% +49% +52%
F7 +43% +29% +58% +48% +60% +59%
(oc} Montage F33% +4% +19% +9%
T3 +60% +32% +46% +34%
P3 -14% +2% -25%

For every (Anode, Cathode) pair ‘p’,

m, — Mgz, +17% -12%
D=( = c3c4)x100 T5 17% -1
C3-C4

;m, = Mean(lBZ|p) 01 -50%

Figure 8. Magnetic fields induced in other bilateral montages, compared to C4-C3 (i.e. experiment montage): 29/35

montages had an average magnetic field greater than C4-C3, suggesting the “#2” implementation could be used for

detection in cases other than the experiment montage. However, montages with fields smaller than C4-C3 were also
observed (highlighted in blue), with the smallest field being 50% weaker than that of C4-C3.

Fig. 9A shows the spatial distribution of the simulated current induced magnetic fields for
the following montages: Cathode(F1) x Anode(F2, F4, F8, C4, T4, P4, T6, O2). Sign boundaries
from each of these simulations were extracted and were observed to (i) change across montages,

and (ii) lie along sulci in the fronto-parietal cortex (Fig. 9B).
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Simulated current induced nT/mA
magnetic fields (along Bz) ~ 0.55 -——_(I,:- +0.55

Cme e
~ 90000000

Sign Boundaries on
the cortical surface

Fpl_Fp2
Fpl_F4
Fpl_F8
Fpl_C4
Fpl_T4
Fpl_P4
Fpl_Té6
Fpl_02 *

% Asseenin ‘A’, Fpl_02’s sign boundary
is along the occipital surface, and thus
not visible in the Sagittal view shown here

Figure 9. Changes in the sign boundary with montages: Simulations show that besides changes in the strength of the
magnetic field with montages (A), the sign boundary surface also shifts distinctly (as shown in B), suggesting that
this surface could be a useful feature in tracking montages, and possibly targeting.

4. Discussion
4.1 Validity of the “#2” implementation

The “#2” implementation was developed to detect the tDCS current induced magnetic
fields (along B,) in individual subjects. To demonstrate this capability, seven healthy subjects
were recruited and concurrent tDCS-MRI experiments were performed using a bilateral montage
targeting the motor cortices (anode/cathode = C4/C3). Qualitatively, the fields measured in
individual subjects matched expectations from Fleming’s right hand rule, which were that the

magnetic fields in the anterior half of the brain should be opposite B,, and the fields in the
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posterior half should be along B,. Additionally, the two GLM approaches used in estimating the
induced magnetic fields were in excellent agreement with each other (Average correlation across
subjects, Pearson = 0.83 £ 0.05; Spearman = 0.89 £ 0.02; p < 0.001 for all subjects) validating
the GLM based on TE,. The GLM based on TE, makes assumptions about the baseline phase,

but has better sensitivity (0.22 nT vs. 0.38 nT).

4.2 Comparing measurements with simulations

Measurements of the tDCS current induced magnetic fields (along B,) were compared to
simulations. The latter use standard modeling approaches(44, 46, 47, 86) to calculate a current
density map as follows: (i) An individualized finite element model (FEM) is constructed using
structural MRI data for each subject, (ii) conductivity values for each tissue in the FEM are
assigned according to average conductivities reported in literature(87) and (iii) Laplace’s
equations are solved on the FEM to calculate current density maps. The latter were used with the
Biot-Savart law to calculate the induced magnetic fields in each voxel. A significant correlation
(p <0.001) between experimental measurements and simulations was observed, with an average
correlation of 0.27 + 0.08 (Pearson) and 0.48 + 0.13 (Spearman). However, distinct differences

between measurements and simulations were observed, as discussed below.

Case of Subject 7

Compared to other subjects, the differences between measurement and simulation in
Subject 7 were markedly different. As shown in Fig. 5, the sign boundary of the difference map
was observed to be in the A-P direction, with the differences being opposite B, on the anodal

side, and along B, on the cathodal side. Additionally, the magnitude of the differences was
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observed to increase with distance from the sign boundary. These properties, together with the
class ID maps and Fleming’s right hand rule, are suggestive of a volumetric current running in

the P-to-A direction.

A potential cause of this could be the position of the ‘effective electrode’, where the latter
refers to the gel-wetted scalp and the electrode combined. This hypothesis was tested, and
perturbations in the electrode position and conductivity were found to improve the match
between measurements and simulations (Table 2). The perturbations used are within reasonable
limits, considering the 9cm length of the electrode (A-P direction) and variation in conductivities
reported in literature(88, 89). Furthermore, the results suggest that parameter values maximizing
the match between simulations and measurements exist as a local optimum, bounded by the
values tested in Table 2. Such an approach of determining conductivities and ‘effective
electrode’ positions by fitting to measurements could be used to verify targeting in tDCS

(discussed below in future developments, 4.4).

Case of all other subjects

The following differences between measurements and simulations were observed
consistently across subjects: (a) the magnitude of experimental measurements was consistently
larger than simulations (JExp| > [Sim| in ~88% of total voxels, Table 1), (b) the absolute “Exp —
Sim” difference increased with distance from the sign-boundary (Fig. 5, column 3), and (c) the

sign-boundaries were at an angle of ~30°-45° to the S-I direction (Sagittal view in Fig. 5).
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Of these, we first consider (a) and (b). The spatial and across-subject consistency of (a)
and (b) strongly suggest that the source of these differences is systemic, and not stochastic.
Besides scaling with distance from the sign boundary (i.e. (b)), the differences additionally scale
linearly with the applied current. The latter is a consequence of the fact that (i) the measurements
are, by definition of the GLM, magnetic fields per applied current, and (ii) the simulated fields
are linear functions of the applied current (because the FEM is a purely resistive network, and

the Biot-Savart law is linear).

Could the systemic differences be due to instrumentation/environmental sources (e.g. off-
resonance, T2* decay, coils)? Off resonance unrelated to applied current is modeled out as the
GLM intercept, and can be ruled out. Off resonance due to the applied current is the signal of
interest. T2* decay is not expected to cause changes in the phase signal in image space.
Additionally, it is not expected to scale with the applied current since calculations show that T2*
decay causes a signal change of ~40% (= 1 — exp(-TE/T2¢y) ; using T2, reported in Kruger et
al.(90)). In contrast, current induced magnetic fields cause a signal decay of at most 0.02%
(calculation shown in Ch-3, 1.2.1). Coming to the coils, the current induced magnetic fields are
static and too small to interfere with the coils inductively. Additionally, interference in coils from
tDCS would not explain the observed spatial scaling (i.e. (b)) since within a TR, each k-space
line acquired by the coil sees the same DC current. In summary, the two scaling properties
together make it unlikely for the primary source of differences to be off-resonance, T2* decay or

coils.
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A clue in identifying the source of the observed differences is provided by the sign
boundary. The sign boundary in the difference maps (axial view) was observed to be ~ in the R-
L direction, with the differences being opposite B, in the anterior region of the brain, and along
B, in the posterior. Additionally, the magnitude of the differences was observed to increase with
distance from the sign boundary. These observations, together with the class ID maps and
Fleming’s right hand rule, are suggestive of a volumetric current component running from the
anodal to the cathodal side; indicating a larger current density in the brain than predicted by

simulations.

The effect of differences between predicted and actual current densities on magnetic
fields was investigated in a simple model. Current flow for the experimental tDCS montage was
modeled as a uniform, locally cylindrically symmetric current density. Although this assumption
cannot be generalized to the whole brain; locally, it is a reasonable approximation considering
the bilateral symmetry of the tDCS montage. This assumption allows an analytical expression to
be calculated for the magnetic field induced in a local region. As shown in Fig. 3, the current
induced magnetic field is proportional to the applied-current*anterior-position (using the fact
that J is directly proportional to the total applied current). Additionally, the model also predicts
that among all possible relationships between the ‘actual’ current density J, and its simulated
counterpart Js, only J, > Js generates differences in magnetic fields that scale linearly with

applied current, and possess both (a) and (b) properties (Fig. 6).

Current density being a source of the observed differences is also suggested by the

reports of large variances in tissue conductivities. Although contemporary practice in simulations
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is to use average conductivities reported in literature, Bjorklund S. et al.(89) report the
conductivity of the stratum corneum (SC) to vary by as much as 14x depending on hydration.
Since the impedance of skin resides mostly in the SC(89), we used the 14x factor to perturb skin
conductivity in our simulations. Akhtari et al.(88) report GM+WM tissue conductivity to vary by
as much as 243% between subjects. This was the reason a perturbation factor of 2.5x was used
for GM/WM conductivities. Simulations showed that perturbations in tissue conductivity cause
the largest changes in magnetic fields (by an order of magnitude, Table 3). This suggests that
among all other model parameters, tuning tissue conductivities may be key in resolving the
observed differences. Note that unlike tissue conductivities, magnetic permeability (the scaling
factor that relates current density to induced magnetic fields) varies on the order of ppm across

tissues, and can be ruled out as a cause of the observed differences.

Finally, we consider (c), i.e. the oblique sign boundaries. The sign-boundaries are located
in regions where the measured magnetic field is the weakest. While a weak signal might suggest
random noise to be the source of obliqueness, the spatial smoothness of the sign-boundary
indicates that the source is more likely to be systematic. Two systematic causes of an oblique
sign boundary are (i) head-position (or more precisely, the angle between the S-I direction and
the MRI static field) and/or (ii) an oblique current flow in the head. The angle between the S-I
direction and MRI static field was at most 5° degrees across subjects (calculated from the gform
matrices), which is much lower than the observed 30°-45° angles. We next investigated oblique
current flow by simulating electrodes at different angles (no change in sign boundary), and

altering tissue conductivity (caused changes in sign boundary, Table 4).
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The analyses above demonstrate that across all subjects (except #7), the differences
between measurements and simulations are systemic, and are likely due to differences in current
densities in the brain rather than measurement related biases. The analyses also demonstrate that
these differences can be mitigated in principle by tuning model parameters (e.g. tissue
conductivity). Note that these findings are consistent with Chapter 1’s results. The only
experiment in Ch-1 where measurements matched simulations utilized a phantom constructed

such that simulations were purely dependent on geometry, and did not utilize conductivities.

The necessity of tuning model parameters in individual subjects is indicated by the fact
that the simulations are “too similar” across subjects (i.e. the inter-subject variability predicted
by simulations (o) on average is < 33% of the ‘actual’ inter-subject variability (g,) in 96% of
the voxels in the brain). Note that this measure accounts for measurement-noise, as described in
2.4.3.3. The significance of these differences is lower, possibly due to the small number of
subjects (Probability (g, > ag5) > 0.8 in 87% of total voxels, and >0.5 in 100% of voxels). Tuning
the tissue-conductivity parameter in simulations would be a solid starting point to resolve the
observed differences, since the reported variance in conductivities causes large changes in
simulations (Table 3), which suggests against using an average conductivity estimate in

computational models.

4.3 Advantages of the “#2” implementation

In chapter 1, we saw the advantages of the proposed approach to visualize tDCS currents
through a component of its induced magnetic field. Briefly, these were (i) the induced magnetic

field is directly induced by, and linearly proportional to the applied current (in contrast to
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surrogate markers of current flow), (ii) the physical constant involved in the relationship between
direct current and induced magnetic field is highly stable across tissues (varies on the order of
~ppm(69)) (iii) Detection requires no alterations in the applied tDCS current waveform (in
contrast to alternative imaging approaches(62, 71, 72)) and (iv) detection employs a GLM
approach similar to fMRI, which allows statistical techniques developed for the latter to be

adapted for the proposed technique.

The “#2” implementation adds to these advantages by making it possible to perform
measurements in individual subjects. While detection in the C4-C3 montage was demonstrated
through experiments, simulations in 29 out of 35 bilateral montages showed average magnetic
fields to be stronger than those in C4-C3 (Fig. 8). This indicates that the proposed technique
should be capable of performing detection in most bilateral montages, and not just the C3-C4
used in experiments. Additionally, the signs of measurements were observed to contain useful
information. In particular, the spatial distribution of the sign boundary could potentially be used
to track targeting, as suggested by the case of Subject 7 and by Fig. 9 (the latter illustrating how

sign boundaries change across some montages).

4.4 Limitations and future developments

The proposed technique measures a single component of the tDCS current induced
magnetic field in ‘N’ voxels. In the absence of additional information, mapping electric current
requires measuring all three spatial components of the induced field, or ‘3N’ measurements.
However, if the head geometry is known, the number of unknowns in a typical simulation (e.g.

montage specifics, tissue conductivities) are unrelated to ‘N’. This suggests that it could be
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possible to use the relatively large number of ‘N’ measurements to tune model parameters and
obtain accurate simulations of current flow in tDCS. The caveat to this approach would be
montages that generate weak fields along the measured component i.e. have the majority of
current flow in the S-I direction. However, since most montages have some current flow in

directions other than S-I, detection should be feasible given adequate sensitivity.

The limitations of the present implementation are the sensitivity and reliability of
measurements. Although detection in the majority of bilateral montages appears feasible,
simulations predict weaker magnetic fields in a small number of montages (Fig. 8, in blue).
Thus, the “#2” implementation needs further improvements before it can become a general-
purpose detection technique for tDCS. Future developments will investigate increasing the TE
(to improve sensitivity), and reducing TR (from 4 seconds to 2). The latter will result in an
increase in the number of measurements and thus, improve the reliability of magnetic field

estimates.

A promising direction for research involves integrating fMRI with our magnetic field
mapping technique. While our technique uses the phase information in an MRI image, most
existing fMRI methods use magnitude. Since every MRI acquisition generates phase and
magnitude images, it is conceivable that target engagement (through mapping tDCS induced
magnetic fields) and ensuing neurophysiological effects (through BOLD/ASL fMRI) could be
simultaneously measured during a single tDCS session. One such promising technique is ASL
with dual-echo EPI readout(91) to simultaneously map current induced fields, perfusion and

blood oxygenation.
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5. Conclusion

This chapter discusses the development of the state of the art implementation that was
used to detect tDCS current induced magnetic fields in individual subjects. Next, the
measurements were compared to simulations revealing systemic differences between the two.
Analysis suggested that these differences were potentially due to current density differences
between measurements and simulations. Finally, these differences could be mitigated to an

extent by tuning simulation parameters in individual subjects.
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Chapter 3: Concurrent measurement of
neurophysiological changes induced by tDCS

1. Theory
1.1 Components of the MR signal: ‘magnitude’ and ‘phase’

Physically, the MR signal measures the spin of hydrogen nuclei in a plane perpendicular
to the MRI static field. Because the measured signal lies in a plane, it is a two-dimensional
vector, and is represented in the acquired data as the length of the vector (or ‘magnitude’), and
the angle of the vector to a reference (or ‘phase’). As the names suggest, the ‘magnitude’ is
sensitive to processes that alter spin-strengths (e.g. T1/T2/T2* decay), and the ‘phase’ angle is
determined by factors that affect the spin rotational rate. The latter is directly proportional to the

local magnetic field, according to the Larmor equation:

w=yXB (13)
where w is the spin rotational rate, y is the gyromagnetic ratio for protons and B is the local

magnetic field.

The proposed approach to visualize tDCS currents is based on Ampere’s law, which
states that an applied current induces a magnetic field. These induced fields affect the average
magnetic field in a voxel, which in turn affects the spin rotational rate, and consequently the
‘phase’ of the MR signal. Changes in the ‘phase’ signal due to tDCS currents were successfully

detected in individual subjects using the “#2” implementation.
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In contrast to ‘phase’, the ‘magnitude’ signal remains unused in the “#2” implementation
(only used in SNR thresholding). The magnitude signal has the same properties as the phase
signal (i.e. identical size and spatiotemporal resolution) and is acquired at no extra cost.
Consequently, the feasibility of utilizing the magnitude signal was investigated. Specifically, I
focused on using the magnitude signal to measure neurophysiological changes, to develop a
capability to concurrently map (i) the tDCS-intervention (through current induced magnetic
fields) and (ii) the ensuing brain-response. Once developed, this capability should open a new
avenue to investigate the mechanisms of tDCS, and improve its therapeutic potential. This was

the final aim of my PhD research.

1.2 The “#2” implementation revisited: Encoding neurophysiological

changes as BOLD-contrast in the unused ‘magnitude’

The feasibility of measuring tDCS-induced neurophysiological changes was investigated
using the Blood Oxygenation Level Dependent (BOLD) contrast. The BOLD contrast was
chosen because (i) BOLD is an established marker for neuronal activity(50-52), and (ii) the
standard BOLD MRI sequence is similar to the sequence used in the “#2” implementation.
Because of the latter, only the echo time of the “#2” implementation needs to be adjusted to
acquire BOLD contrast in the magnitude signal. This was partly the reason for choosing the
second echo (TE;) of the “#2” implementation in Chapter 2 as 26 msec (the other reason being
the improved sensitivity and reduced noise of magnetic field measurements, as described in Ch-

2,2.1.2).

1.2.1 Interactions between BOLD and tDCS current induced magnetic fields
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The BOLD contrast in MRI is generated by the hemodynamic response to local neuronal
activity changes(50-52). The hemodynamic response causes fluctuations in the concentration of
deoxyhemoglobin. Because the deoxyhemoglobin molecule is paramagnetic, it perturbs the local
magnetic field and causes each nearby spin to gain a slightly different phase. The increase
(/decrease) in the variance of phase due to an increase (/decrease) in deoxyhemoglobin causes an
overall drop (/increase) in the magnitude signal, recorded as the BOLD signal. The increase
(/decrease) in phase variance however, is not expected to perturb the mean phase in a voxel and
consequently, the BOLD signal is not expected to affect the voxelwise magnetic field

measurements.

Next, we evaluate the possibility of tDCS induced magnetic fields affecting the BOLD
signal. Consider a cubic voxel having a magnetic field ranging from 0 to AB, between two
opposing faces. Such a magnetic field would induce spin-phases ranging from 0 to @ radians.
Assuming that AB, is spread linearly over the voxel, the % change in magnitude due to this
magnetic field disturbance can be calculated as:

(14)

2sin(0/2)
— T) X100

% change in magnitude = (1

The strongest magnetic fields measured in experiments ranged from -15 to 15 nT over
~100 voxels in the brain. Even assuming a ~10nT magnetic field disturbance over 1 voxel, the
resulting % change in the magnitude signal is ~0.02% (O calculated using AB, = 10 nT, TE of
the “#2” implementation i.e. 26 msec, and equation 4). A typical BOLD signal change is one to
two orders of magnitude larger, and consequently tDCS current induced magnetic fields are not

expected to affect the BOLD signal.
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2. Methods
2.1 Experiments

To provide a proof of concept that tDCS current induced magnetic fields (along B,) and
ensuing neurophysiological changes can be measured simultaneously, magnitude data from the
dataset of Chapter 2 was used for analysis. While the phase of this dataset has been used to
estimate the induced fields, the magnitude signal at the second echo contains the BOLD contrast
(as discussed in the previous section). Full details of the experimental design and setup are
described in Chapter 2. In brief, tDCS was delivered using a bilateral montage targeting the
motor cortices, and subjects were asked to fixate on a resting state cross (white on black

background) during the scan.

2.2 Data Analysis

BOLD-contrast data from the three scans was concatenated and corrected for motion by
realigning all volumes to the first (using SPMS). Data was then smoothed using an 8 mm
isotropic gaussian kernel, and corrected for drifts using quadratic polynomial detrending. Next,
the data was modeled voxelwise using a General Linear Model (GLM) with the applied current
as a predictor and motion parameters as nuisance covariates. The predictor parameter estimate

can be interpreted as the %BOLD change per mA tDCS.

The predictor parameter estimate maps from each subject were coregistered to their

corresponding structural images and subsequently normalized to the MNI space. The normalized
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maps were used to perform a group level analysis (1 sample t-test) to identify regions of the
brain that respond consistently to tDCS stimulation. Because of the GLM, these regions can be

interpreted as showing a linear dose response to tDCS across subjects.

3. Results

As shown in Fig. 1, a significant linear dose response of the BOLD signal to the applied
tDCS was observed at {L. M1, Insula, ACC, R. Caudate, and L. parietal/occipital lobe}. The
significance threshold was set to p < 0.05, with cluster size > 100. A decreased BOLD response

was also observed near the R. ventricle.

tDCS dose response (BOLD
|t| =5.00

Y .y

[t] =2.45
p=0.05

Figure 1. Group level results of the BOLD signal analysis. A significant linear dose response was observed at {L.
M1, Insula, ACC, R. Caudate, and L. parietal/occipital lobe}. A significance level of p < 0.05, cluster size > 100 was
used.

4. Discussion

The second echo of the “#2” implementation was chosen to encode the BOLD contrast in
the magnitude signal. The acquired magnitude data was analyzed to identify regions of the brain
that respond consistently (across subjects) to tDCS. Among the regions showing a linear dose
response to tDCS, L.M1 was site of the cathode electrode, and the rest of the regions have been

reported to be functionally interconnected via the insula(92). This finding supports the
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hypothesis that tDCS possibly targets brain-networks rather than local regions (reported by Fox
et al. (93)). However, it should be noted that these results did not survive correction for multiple
comparisons. This could be because the group level analysis is underpowered due to the small

number of subjects.

Limitations and Future directions

With the above analysis, we were unable to reliably detect %BOLD changes in individual
subjects. This could be due to the linearity assumption implicit in using a GLM. In the case of
magnetic fields induced by tDCS, a linear relationship between fields and applied current is
reasonable considering the linearity of Ampere’s Law and the assumption that current paths do
not change across different intensities. However, the linearity assumption may be too strict in the
case of the BOLD signal. An alternative could be to use a rank transform approach that would
identify regions of the brain responding monotonically to tDCS. Additionally, the drift effects
associated with the long stimulation blocks (2 min) may also hinder reliable detection of BOLD

changes due to stimulation.

Although BOLD MRI is a popular choice to measure neurophysiological changes, the
BOLD signal change is a relative measure, and not individually quantitative. An alternative to
BOLD MRI is Arterial Spin Labeling (ASL)(53), which can be used to quantify regional cerebral
blood flow (rCBF), a marker for neuronal activity. The ASL sequence quantifies CBF from a
~1% fluctuation in the magnitude signal, and thus is not expected to perturb the SNR of phase or
magnitude signals significantly. Additionally, ASL uses the same EPI readout as the “#2”

implementation (with a preparatory RF-pulse), and thus can conceivably be integrated into the
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existing implementation. Such a technique would enable simultaneous measurements of target
engagement (through current induced magnetic fields) and brain-response (through rCBF

changes), opening a new avenue for quantitative investigations of tDCS in vivo.

5. Conclusion

This chapter demonstrates the feasibility of concurrent measurement of the tDCS current
induced magnetic field and the BOLD signal change. This is possible because the BOLD signal
is encoded in the ‘magnitude’ of the MRI signal, while the tDCS current induced magnetic field
is encoded exclusively in the ‘phase’. A group level analysis of the BOLD data revealed a linear
dose response to tDCS in brain regions which have been shown to be functionally connected.
However, we were unable to detect reliable BOLD changes in individual subjects. This will be a
focus of future research. The capability to reliably visualize tDCS currents (through magnetic
fields) as well as the response of the brain (through BOLD fMRI) in individual subjects may
open the door to a new field of individualized, precise and noninvasive neuromodulation using

tDCS.
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Summary and future directions

This dissertation presents the theoretical framework and implementations of a novel MRI
technique that enables visualization of the tDCS electric current through quantitative magnetic
field mapping. Going forward, we will conduct test-retest experiments to establish reliability of
the technique (imaging as well as tDCS). In parallel, we will explore the possibility of improving
simulations through measurement-guided tuning of model-parameters. A third direction of
research will concentrate on improving the “#2” implementation to enable measurements of
tDCS induced neurophysiological changes (BOLD) in individual subjects. In the future, we plan
to use the developed technique to evaluate the efficacies of different tDCS montages (including

focal HD-tDCS) in a clinical population (depression).
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