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Abstract

A fundamental goal of neuroscience is to record neural activity from as many cells as possible
across the entirety of the brain, without major surgery or wiring through the skull. This has
applications in both basic research and clinical practice from diagnostics to neuroprosthesis.
However, methods for direct measurement of cellular potential are invasive and generally
incompatible with whole-brain scale recording, while less invasive techniques sacrifice spatial or
temporal precision and the potential for single-unit recordings. In this dissertation, | present
advances in the development of purely passive modalities for hyper-local or single-cell recordings,
which allow for broad spatial scope of recording sites, and when applied in vivo, will require
minimal or no transcranial components during recording. These technologies are designed to
interface with modern medical technology such as magnetic resonance imaging (MRI) or
magnetoencephalography (MEG). To achieve this, | modelled, fabricated, and applied a new class
of coil-based micro- and nano-fabricated probes with no onboard active components that would
necessitate onboard power or wireless power transfer. These devices utilize the physical properties
of their construction and electrochemical and biological interactions with active neurons to
generate readable signals. I describe the modelling, fabrication, and in vitro usage of passive, nano-
fabricated cellular-scale inductive coils which utilize a neuron’s electrical potential to generate a
detectable magnetic field which is stronger than the brain’s native biogenic magnetism. | then
describe the theory, fabrication, and characterization of passive, micro-fabricated inductor-
capacitor circuits with a multi-turn planar coil and parallel plate capacitor whose resonant
properties depend on the composition of the extracellular solution, where the ionic composition

changes during periods of network activity, creating measurable changes in the device’s response.
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Introduction

From diagnostic applications to interfacing the brain with computers and prosthetics, sensing
neural activity is a major area of interest, but our ability to do so is constrained by the limitations
of current modalities. Methods for directly sensing neural signals are invasive and limited in scope,
and broader non-invasive techniques present a trade-off between spatial and temporal precision.
Patch clamp is the most direct method for capturing the full transmembrane voltage of a single
neuron but is very challenging to implement in vivo and involves an open skull window and
delicate micromanipulation for each electrode. Multi-electrode arrays (MEAS) offer easier
applicability and increasingly broad scope of readouts of extracellular signals, but with limited
spatial coverage and adverse effects to the blood-brain barrier and neural tissue [1].
Electrocorticography (ECoG) arrays can record activity with minimal tissue damage and
attenuation, and micro-ECoG (UECoG) allows for cellular-scale recording sites for insight into
individual neuron activity, but as with all the above methods, these require transcranial wiring to
record data that is narrow in spatial scope [2]. Non-invasive techniques are non-injurious but
present their own set of limitations on recording. Electroencephalography (EEG) and
magnetoencephalography (MEG) measure endogenous, population-derived electrical and
magnetic signals, respectively, both of which are attenuated relative to the square of the distance
from the source, and therefore arise primarily from the cortex, but EEG signals are further
attenuated by the intervening tissues [3,4]. Magnetic resonance imaging (MRI) and specifically
functional MRI (fMRI) offer an inherent trade-off between imaging speed and spatial resolution,
and commonly do not directly sense neural activity, instead using the blood oxidation level
dependent (BOLD) fMRI signal which offers an indirect measure of activity based on oxygen

consumption [5,6].



Some next-generation modalities bridge the divide between direct recording and scalability to
whole-brain spatial scope. Neural dust avoids the risky electromagnetic (EM) power transmission
used for digital communication chips by harvesting and backscattering ultrasound energy sent
from a transceiver as a function of signals applied to a field effect transistor (FET). The peripheral
nervous system uses explored thus far have avoided the issue of ultrasound attenuation by the
skull, but when the devices move into brains, the transceiver will likely sit above the cortex, and
may require transcranial wiring [7-10]. Implantable active coil-based transducers (ImpACTS) are
MRI-contrast microdevices which incorporate a miniaturized RF antenna to harvest power from
an inductively coupled MRI coil. The energy is used to power a FET gated by a sensor, which
provides variable resistance in response to a measured signal. This affects the quality factor (Q) of
the device, a measure of the specificity of the resonant frequency — the more the FET senses, the
lower the Q, and the more detuned the device is [11]. Further advances in this vein have shown
that the same principle can be applied with ion-sensitive field-effect transistors (ISFETs) [12].
These devices, as described, contain an active component and are on the scale of several
millimeters, but offer potential for miniaturization toward passive cell-sized devices, provided Q

can be effectively modulated at smaller scales.

| first present a cellular-scale coil-based device capable of transducing cellular potentials to
magnetic fields readable from outside of skull using currently available technology. These
“nanocoils” consist of an 80-micron nanofabricated planar inductor with a minimum feature size
of 500-1000 nm with features at its center designed to promote tight electrical coupling of single
neurons to the coil. The outside of the coil terminates in a solution-facing ground pad with no
adhesion features. The device is compact enough that the sensor pad and ground pad experience

the same local field potential, such that the main factor responsible for a potential difference is the



attached cell. The proposed nanoscale attachment features are based on gold mushroom-shaped
microelectrodes (GMUES), which are functionalized with an engulfment-promoting peptide (EPP)
and encourage cells to form synapse-like connections with the electrode for a seal resistance on
the order of 100MQ and a junctional membrane resistance of 10-100MQ (Hai et al., 2010). This
device is capable of transducing a single action potential into a magnetic field capable of being
detected from outside the skull using currently available technologies such as magnetic source

MRI (msMRI) or MEG.

| then present a purely passive micro-scale resonator for monitoring the activity of small
populations of neurons. The “microresonator” consists of a 1 millimeter microfabricated gold
planar inductor coil with a planar parallel plate capacitor. This forms an inductor-capacitor
resonator which is partially shorted by the extracellular solution. As the device resonates with an
RF antenna such as the one used in an MRI, the interface between the device and the aqueous
solution forms an electrical double layer, in which positively and negatively charged ions at the
surface form a capacitive electrical interface. The solution itself partially shorts the device,
modulating the quality factor (Q), which determines the strength of resonance. The extracellular
concentration of potassium ([K*]e) can rise as much as 5 mM immediately around neurons,
persisting for no more than 10 seconds [13-15]. The equilibrium extracellular ionic concentrations
also reveal information about the overall brain state. [K*]e rises and [Mg®*]e, [Ca®']e, [H]e, and
extracellular volume fall during wakeful states, and vice versa during sleep or sedation [16]. The
fast changes in ionic concentration around the microresonator cause changes in its resonant
response, allowing for a purely passive, resonance-based metric for local neural activity with future

in vivo and clinical applications.



Chapter 1: Enhanced magnetic transduction of neuronal
activity by nanofabricated inductors quantified via finite

element analysis
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Abstract

Objective. Methods for the detection of neural signals involve a compromise between
invasiveness, spatiotemporal resolution, and the number of neurons or brain regions recorded.
Electrode-based probes provide excellent response but usually require transcranial wiring and
capture activity from limited neuronal populations. Noninvasive methods such as
electroencephalography (EEG) and magnetoencephalography (MEG) offer fast readouts of field
potentials or biomagnetic signals, respectively, but have spatial constraints that prohibit recording
from single neurons. A cell-sized device that enhances neurogenic magnetic fields can be used as
an in situ sensor for magnetic-based modalities and increase the ability to detect diverse signals
across multiple brain regions. Approach. We designed and modelled a device capable of forming
a tight electromagnetic junction with single neurons, thereby transducing changes in cellular
potential to magnetic field perturbations by driving current through a nanofabricated inductor
element. Main results. We present detailed quantification of the device performance using realistic
finite element simulations with signals and geometries acquired from patch-clamped neurons in
vitro and demonstrate the capability of the device to produce magnetic signals readable via existing

modalities. We compare the magnetic output of the device to intrinsic neuronal magnetic fields



and show that the transduced magnetic field intensity from a single neuron is more than three-fold
higher at its peak (1.62 nT vs 0.51 nT). Importantly, we report on a large spatial enhancement of
the transduced magnetic field output within a typical voxel (40 x 40 x 10 microns) over 250 times
higher than the intrinsic neuronal magnetic field strength (0.64 nT vs 2.5 pT). We use this
framework to perform optimizations of device performance based on nanofabrication constraints
and material choices. Significance. Our quantifications institute a foundation for synthesizing and
applying electromagnetic sensors for detecting brain activity and can serve as a general method

for quantifying recording devices at the single cell level.

Introduction

From basic neuroscience to neurology, the ability to decode neural activity with minimized
invasiveness and little compromise to spatiotemporal precision has long been the goal of
experimenters and clinicians[17-19]. Implantable electrodes are the most typical brain interface
allowing for single-neuron electrophysiological readouts, but they are invasive, requiring long-
term transcranial connections with readouts limited by the size of the device[20,21]. Techniques
such as electroencephalography (EEG) and magnetoencephalography (MEG) offer an entirely
noninvasive alternative, enabling remote recording of electrophysiological signals at the scalp, but
do not provide readouts at single-neuron resolution[22,23]. Due to amplitude attenuation and
spatial distortion of local field potentials (LFPs) through neural tissue and the skull, EEG provides
a measure of LFPs originating from large aggregates of neurons within the cortex, with spatially
shifted readouts and signal amplitude attenuation proportional to the square of the distance from
its source[22,24]. In contrast, magnetic fields in the brain are only minutely attenuated or distorted,
and can therefore be detected with higher spatial precision and improved localization using

sensitive magnetometers[23,25]. MEG readouts still arise from large populations of neurons firing



synchronously, and likely reflect activity developing from neural currents within shallow areas of
cortical sulci that are properly aligned to the magnetic detection devices[23]. Bridging the gap
between noninvasive neuroimaging and single-neuron invasive electrophysiology can potentially
open the door to a new milieu of brain readouts.

Quantifications of intrinsic neuronal magnetic fields (NMFs) arising from the excitation of single
neurons, subcellular compartments, and multicellular neuronal populations, were carried out
computationally by several groups and can determine possibilities for NMF detection without the
need for invasive transcranial wiring at the time of recording [26-29]. These studies informed the
interpretation of MEG recordings[23,30] and catalyzed the design of specialized pulse sequences,
phantom measurements and distilled preparations for magnetic resonance imaging (MRI) in
attempts to detect NMFs volumetrically[31-35]. To date, real-time detection of NMFs by MEG at
native in vivo scenarios, in the presence of motion artifacts, and blood flow related electromagnetic
disturbances[23,36,37] requires severe averaging of consecutive trials evoking coordinated
activity of many neurons, and has not yet been demonstrated convincingly by volumetric
modalities[6,31]. This points to a requirement for in situ agents similar to emerging contrast agents
for direct neuroimaging of calcium[38-40] and neurotransmitters[41-44], that could similarly
facilitate direct detection of NMFs across the brain.

Here, we present an approach for enhancing magnetic fields in response to intrinsic
electrophysiological events using nanofabricated planar inductors that are interfaced with single
neurons and designed to act as agents that transduce neural activity into readable magnetic signals.
The interface relies on high electromagnetic coupling promoted by nanofabricated protrusions
previously shown to generate a tight cleft between cells and electrodes[45,46] and to yield

increased electrical response to neural activity[47—-49]. Using a realistic finite element framework



with nanometer scale resolution, we quantify the ionic fluctuations induced in the neuron coupled
to the device by using patch clamp recordings of mammalian cortical neurons as signal input. We
quantify the voltage drop developing between the interface pad at the center of the inductor and
an extended reference pad facing the extracellular solution, and then determine the amplitude and
spatiotemporal characteristics of the magnetic field response resulting from membrane potential
changes that drive current through the device. We use our results to perform optimizations of the
geometry of the device while conforming to nanofabrication constraints and reach an optimized
design that is able to transduce electrophysiological signals to a magnetic field approximately 300
times greater in magnitude perpendicular to the plane of the inductor and cell culture surface than
those produced intrinsically by individual neurons when averaged across a volume. Our approach
could immediately enable sensitive detection of single-neuron activity in vitro and pave the way

for potential future designs applied with modalities such as MEG and MRI.

Methods

Device fabrication

Devices were fabricated by electron beam lithography on glass or high resistivity silicon dies.
A2/A4/A6 Poly methyl-methacrylate (PMMA) 495 (Kayaku Advanced Materials Inc, MA, USA)
was spin-coated on samples at 3000 RPM for 30 seconds and baked in a convection oven for 30
min. Direct write of inductor patterns was then performed by electron beam lithography (Elionix,
Tokyo, Japan) followed by development of the resist using MIBK/IPA (1:2). Ti/Au (1:10) was
deposited by electron beam deposition followed by PMMA lift off in ultrasonicated acetone (5
minutes) at room temperature. Silicon Oxide insulating layer was deposited by plasma-enhanced
chemical vapor deposition. An additional nanolithography step was performed to define the ground

pad and protruding pillars at the interface pad, followed by buffered oxide etching through the



silicon oxide layer. Au protrusions were grown by electron beam deposition PMMA was lift off.
Samples were then cleaned in IPA and cultured with neurons as described below to demonstrate
biocompatibility (Fig. 1.1B). The device optimization described below uses a device geometry

successfully fabricated in this way as a starting point.

In vitro cell culture

Primary cortical neurons were cultured on substrates following previously described
protocols[50]. Glass or device surface was sterilized for 15 minutes in ethanol, then a portion of
each sample was prepared with a 50 pL droplet of sterile filtered aqueous 0.1 mg/mL poly-d-lysine
(PDL, Gibco A38904-01) and 4 ug/mL laminin (Gibco 23017-015). Coverslips sat for 60 minutes
in incubator conditions (37°C, 5% CO2, 95% humidity), were rinsed three times with PBS, then
stored at 4°C overnight. Primary cortical rat neurons (Gibco A10840-01, Lot 2111507) were
thawed from dry ice (-80°C) for two minutes without agitation in a 37°C water bath. A 15 mL
conical tube and 1 mL micropipette tip were rinsed with plating media (Neurobasal Plus, Gibco
A3582901; 10% FBS Gibco 10437010; 1x GlutaMAX, Gibco 35050-061), the tip was used to
transfer the cell suspension from the cryotube to the conical tube, 1 mL of plating media was added
dropwise for a final concentration of 500,000 cells/mL, and 300 uL of cell suspension (150,000
cells) were plated onto each sample. The cultures sat in incubator conditions for 4 hours before
plating media was removed and 3 mL maintenance media (Neurobasal Plus, 1x B27 Plus Gibco
A3582801, 1x GlutaMAX) were added to each 35 mm well. 1.5 mL media changes were
performed every 3-4 days (Mondays and Fridays). Cells on devices were stained with 10 pg/mL

Calcein AM (Invitrogen C3099) in media for 20 minutes at 37°C followed by a 20-minute rest in

stain-free media at 37°C before imaging for visualization (Fig. 1.1B).



Patch Clamp Recordings

At 24 days in vitro (DIV) samples on glass coverslips were removed from maintenance media and
placed in extracellular solution (ECS; in mM, NaCl 145, KCI 5, MgCl; 1, CaCl; 1, HEPES 5,
Glucose 5, Sucrose 20, D-serine 0.01, adjusted to pH7.4 with NaOH and 315 mOsm with sucrose).
All solutions were prepared with culture grade H2O (Corning 25-055-CVC). Filamented glass
pipettes (8250 Glass, A-M Systems 596800 were pulled on a P-97 pipette puller (Sutter
Instruments, Novato, CA) to create 5-10 MQ micropipettes. Pipettes were backfilled with
intracellular solution (ICS; in mM, KCI 120, HEPES 10, ATP.Na 5, GTP.Na 0.2, EGTA 10,
adjusted to pH 7.2 with KOH), mounted on a Sutter IPA Headstage with a Ag/AgCl coated wire
driven by a Sutter Quad micromanipulator and connected to a Sutter Double IPA patch clamp
amplifier for recording via SutterPatch (v. 2.04, Sutter Instruments, Novato, CA) within Igor Pro
software (v. 8.04, WaveMetrics, Portland, OR) in current clamp configuration. For staining
experiments, ICS included 20 uM of biocytin (Sigma B4261). Upon breaking through the plasma
membrane, biocytin diffused into the cell, allowing imaging of the neuron processes for
morphological registration used for simulations (Fig. 1.1A). Electrophysiology experiments were
performed using Olympus BX51WIF microscope (Olympus America Inc., Waltham, MA) and
ORCA-Flash4.0 V3 C13440 Digital SCMOS camera (Hamamatsu, Japan) for optical acquisition

during biocytin injection.

Model neuron

Biocytin-injected neuron morphology (Fig. 1.1A) was traced to create a vector representation,
which was imported into COMSOL multiphysics simulation environment (COMSOL Inc.,
Stockholm, Sweden). Geometry was extruded to a height of 1.1 um (Fig. 1.1C). The membrane

was modeled with exterior surface area 1450 pm?, volume 14.39 um?3, relative permeability e=1,
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relative permittivity p=1, electrical conductivity o=le-13 S/m, surrounding the intracellular
environment, surface area 1431.1 um?, volume 463.77 pum?® which was modeled using the
electrical properties of cerebrospinal fluid, € = 1.09¢2, u = 1, ¢ = 2 S/m. Representative action
potential data was extracted from voltage traces of current clamp recordings (Fig. 1.3A, sampling
frequency = 6103.5 Hz, total recording time 23:51.768) and used as input for an electronic circuit
simulation software (LTSPICE, Analog Devices, Norwood, MA). The cell-device interface was
simulated as a 100 MQ resistor in parallel with a 15 pF capacitor. The current was measured across
this interface and downsampled to 20 key values, which were applied as inputs in COMSOL on
one face of the neuron in a parametric sweep stationary study for simulations of magnetic flux
density and field strength during action potentials to compare the response of the naive model

neuron to that of the modelled cell-device interface (Fig. 1.3C).

Device modelling and optimization

Simulations and optimizations of device response and device-neuron interface were performed in
COMSOL. Patterns used for nanofabrication were imported and extruded along the z-axis. The
electrical properties of the device were set to those of gold, € = 1, p = 1, o = 1e6 S/m. This gold
layer thickness was tested at 100, 500, 1000, and 1500 nm. Lateral width of the inductor conducting
turns was tested at 540, 730, 940, and 1020 nm using a constant center-to-center turn distance of
1478 nm. Given a constant outer diameter (75 um edge-to-edge, 80 um corner-to-corner), turn
width (1.0 um edge-to-edge, 1.1 pum corner-to-corner), and turn spacing (0.46 pum edge-to-edge,
0.50 pum corner-to-corner), the number of turns was varied and represented as the percentage of
the total diameter left open at its core. The open core percentage was tested at 10.9% (23 turns),
22.6% (20 turns), 34.4% (17 turns), 46.2% (14 turns), 57.9% (11 turns), and 65.8% (9 turns). All

device geometries were tested using representative current input of 1 nA through the interface pad
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at the center of the inductor. The optimized device geometry was used to model the magnetic
response when coupled with the model neuron. The effects of various substrates were tested using
the same input current by varying the material properties of a 25 x 50 x 100 um block beneath the
device between glass, e=4.7, u=1, 6=2.3e-21 S/m; polyimide, £=3.8[51], u=1, 6=6.7e-18 S/m;
parylene, €=3.1[51], u=1, 6=1.136e-15 S/m; and silicon of various conductivities, e=11.68, p=1,
¢=(0.01, 0.1, 1, 10, 100, 1000, 10,000, 100,000) S/m (0.001 ©2-cm to 10,000 Q-cm). Magnetic
field values were extracted from the model either linearly across a 120 pm x 1 pm x 1 pm region
of interest (ROI) centered at various Y coordinates on the Z=0 plane, or volumetrically within a
40 um x 40 um x 10 um ROI centered at the cell-device interface pad, in the X, Y, and Z axes.
For linear scans, the mean and standard deviation of the absolute magnetic field magnitude were
taken along the Y/Z axes within the ROI. Separately, absolute magnetic field amplitude was taken
along a 20 um, Y-aligned line on the Z = 0 plane, centered on the neurite 2 pm away from the
input port (Supplementary Fig. S1.1) to compare the magnetic field amplitude of the neuron with
and without the presence of the device. Volumetric values averaged the Z component of the
magnetic field across the ROI. For optimizations of device geometry and substrate testing, the Z
component of the magnetic field output was extracted at an XZ slice of the model arena at the Y
coordinate corresponding to the center of the coil and used to compare the output of each model

instance.

Results

Enhancement of intrinsic neuronal magnetic fields by nanofabricated coils
In order to explore the feasibility of enhancing intrinsic neuronal magnetic fields (NMFs) by
nanofabricated coils (nanocoils) interfaced with single neurons, we generated a realistic finite

element model of a cell coupled to device and quantified the magnetic field response to current
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injected into the cell (Fig. 1.1). The model uses morphology extracted from primary cortical
neurons injected with fluorescently labeled biocytin via patch micropipette electrodes (Fig. 1.1A
and supplementary Fig. S1.2). Neurons grew on glass coverslips or nanofabricated devices for up
to 24 DIV (Fig. 1.1B). We input a series of key current values into the model, extracted and
calculated from a patch clamp recording of cells on coverslips (Fig. 1.3C), with a peak of 1.7 nA
intracellular current in the model cell (Fig. 1.1C), resulting in intracellular electric fields of up to
1.2 mV/um and extracellular electric fields up to 30 p\VV/mm within 2 um of the neurite membrane
(Supplementary Fig. S1.2C), and the transmembrane electric field gradient reaching 11 mV/nm as
previously seen both in vitro and in vivo[52]. The absolute amplitude of the magnetic field
observed near the neuron in response to current injection reached values of up to 0.51 nT and
decays to <1% of peak signal within an average of 30 um of the neuron, similarly to previous
models of single-cell NMFs[27,28]. We next quantified the magnetic field amplitude at a volume
surrounding the same 1.7 nA current-injected neuron coupled to a nanocoil (Fig. 1.1D). The
neuronal membrane was coupled to the interface pad in the middle of the nanocoil (Fig. 1.1D, a).
The magnetic field amplitude at various line scans across the X axis (Fig 1.1D, a-e) reached values
of up to 1.6 nT and decayed to <1% of peak within an average of 19 um from the outer turns of
the nanocoil. In the case of line a (Fig 1.1D), which crosses the interface pad, the magnetic field
decayed to <1% of peak an average of 46 um from the interface pad. We quantified the spatial
distribution of NMFs in the naive neuron not coupled to the device within a 1 um by 1 um cross
sectional area around various line scans across the X axis and found that across three representative
somatic and neurite compartments (Fig. 1.1C, a-c, Fig. 1.1E) the full widths at half maximum
(FWHM) of magnetic field magnitude were (a) 2.7 pum, (b, soma) 7.9 pum, and (c) 7.1 pum. In

contrast, the spatial distribution of magnetic fields near a neuron coupled to a device across five
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Figure 1.1: Model of single-neuron magnetic fields enhanced by nanofabricated coils. (A) A

patch clamped primary cortical rat neuron microinjected with fluorescently labeled biocytin, traced

digitally for use in the model. Scale bar: 30 um. (B) Neuron growing on top of a nanofabricated
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coil (green: calcein AM, grayscale: differential interference contrast). Scale bar: 30 um. Inset: a
neurite interfaced with a mushroom-shaped cell-adhesion protrusion nanofabricated at the
interface pad at the center of the coil. (Scale bar: 30 um). (C-D) top (XY) views of the model of
the naive (C) and nanocoil-enhanced (D) neuron. Surface color plot, electrical field strength. Slice
color plot, magnetic field strength. Inset arrow plot, magnetic flux. Dashed colored lines
correspond to (E-F), magnetic field magnitude (nT) across the X dimension. Colored bands:

corresponding standard deviation.
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representative regions (Fig. 1.1D, a-e, Fig. 1.1F) was spatially enhanced with FWHM of (a) 67
pm, (b) 72 um, (c) 62 pm, (d) 46 um, and (e, ground pad) 16 um. The magnetic field amplitude
of the neuron itself was not significantly changed when coupled to the device, reaching levels of
up to 0.60 nT in the neurite of the naive neuron and 0.25 nT in the neurite of the neuron enhanced
by the device, measured 2 pum from the neurite input port (Supplementary Fig. S1.1), within the
bounds of minimal magnetic interference. In summary, the magnetic field amplitude output by the
device driven by cellular potentials is more than three times greater at its peak (1.6 nT vs 0.51 nT)
across a 10 times wider lateral distance (72 um from the device vs 7.1 um from the neurite) than
the intrinsic NMF. Looking at a 40x40x10 um voxel, discussed below, this results in a 250-fold

spatial enhancement (640 pT vs 2.5 pT, see Fig. 1.3).

Analysis of device geometry

Based on the initial geometry used to quantify the magnetic response of a neuron-device interface,
we performed optimizations of design features to explore maximal transduction while obeying
nanofabrication limitations (Fig. 1.2). Three main parameters tested included the vertical thickness
of the device metallization layer (Fig. 1.2A-C), the lateral width of the nanocoil turns (Fig. 1.2D-
F), and the number of turns as represented by the open core percentage (Fig. 1.2G-1). For each
parameter value, we compared the mean z-axis component of the magnetic flux density (B;) within
a region of interest (ROI) across a XZ slice over the center of the device, spanning 50 um along
the x axis, and 12.5 um along the z axis. The bottom of the slice was aligned to z = 0, coplanar

with the bottom plane of the device (Fig. 1.2, A-B, D-E, G-H, bottom panel).

We used the initial geometry (turn width of 334 nm, core 57.9%) and varied the vertical gold layer
thickness by extruding the device to values of 100, 500, 1000, and 1500 nm (Fig. 1.2A-C), yielding

average field strength B, = 0.030 £ 0.013 nT, 0.086 + 0.033 nT, 0.12 £ 0.04 nT, and 0.13 £ 0.05
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nT, respectively. Proceeding with a 500 nm thick gold layer, we next quantified the effect of
nanocoil turn width on the average magnetic field strength B; at the device surface (Fig. 1.2D-F).
Turn width was set to 540, 730, 940, and 1020 nm, yielding average field strength B, = 0.11 +
0.04,0.13£0.04,0.14 £ 0.04 and 0.14 £ 0.05 nT, respectively (Fig. 1.2F). Predictably, the widest
path induced the strongest magnetic field strength. We turned to testing the effect of the total
number of turns, while maintaining a constant outer diameter (80 um), neural interface pad
diameter (when allowed by the core size, 14 um), coil thickness (500 nm), turn width (1020 nm),
and turn spacing (1478 nm) (Fig. 1.2G-I). We represent this as the ratio of the inner to the outer
diameter, or the percentage of the outer diameter that makes up the open core of the nanocoil. We
tested values 10.9% (23 turns), 22.6% (20 turns), 34.4% (17 turns), 46.2% (14 turns), 57.9% (11
turns), and 65.8% (9 turns), which yielded mean B, = 0.27 £ 0.16, 0.25 £ 0.12,0.22 £ 0.08, 0.18 +
0.06, 0.14 £ 0.04 and 0.11 + 0.03 nT, respectively (Fig. 1.21). Predictably, smaller cores produced
higher peak magnetic field strength perpendicular to the plane of the coil (peak B; = 1.1, 0.85,
0.79,0.73, 0.67 and 0.52) while the minimum field strength observed at the periphery of the region
of interest remained stable across different conditions (min B, = 0.057, 0.058, 0.061, 0.064, 0.060,

and 0.061 nT).

Single neuron activity on optimized device

We analyzed the magnetic field developing at the neuron-device interface during a typical action
potential (AP) selected from a series of spontaneously occurring spikes recorded via patch clamp
(Fig. 1.3A). Modeled magnetic field was averaged across a 40 x 40 x 10 um voxel extending 20
pm to each side of the center of the coil, and 5 um above and below the coil (Fig. 1.3B). The same
voxel dimensions were used to average the modeled magnetic output of the naive neuron. Absolute

AP amplitude was 72 mV, and the after-hyperpolarization voltage was -8.2 mV (Fig. 1.3C). The
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Figure 1.3: Modelling the response to a recorded action potential. (A) 500 msec trace of a
spike train recorded via patch clamp of primary cortical neuron. Window used in model is
highlighted by dashed box. (B) Axes planes illustrating the magnetic field induced in the coil at 6

points (a-f) along the action potential, corresponding to marked points on C and D. (C) Comparison
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of voltage and current traces of action potential. Left axis, solid black line: change in membrane
potential from resting potential (mV). Right axis, data points: 20 current values calculated from
voltage trace. Purple dashed line, gaussian fit of current data (nA). (D) Comparison of magnetic
field between device-enhanced and naive neurons (square and triangle markers, respectively). Left
axis, solid black lines: Gaussian fit of magnetic field strength in nT. Right axis, dashed red line:

Gaussian fit of magnetic field strength in pT, to highlight the scale of the naive neuron’s response.
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AP voltage trace was run through the equivalent circuit of a neuron to derive the current trace (Fig.
1.3C, purple). The current peaked at 1.7 nA during depolarization and had a minimum of -0.80 nA
during the after-hyperpolarization stage. The magnetic field perpendicular to the plane of the
neuron and nanocoil peaked at 2.5 pT for the naive neuron, and at 640 pT for the neuron enhanced
by the device. The magnetic field perpendicular to the plane of the geometry induced by the
downswing current was -1.2 pT for the naive neuron and -300 pT for the enhanced neuron. The
overall spatial enhancement of the transduced magnetic field output within a voxel was 250-fold

higher than the intrinsic neuronal magnetic field.

Substrate testing

To evaluate performance on substrates compatible with nanolithography that are commonly used
for implantable devices, we quantified the magnetic transduction of nanocoils embedded on
dielectric substrates including glass, parylene and polyimide, and on silicon with various levels of
doping (Fig. 1.4). High resistivity silicon (1,000 Q - cm and 10,000 Q - cm) and all dielectric
substrates displayed strong induced magnetic fields (Fig. 1.4A) with average magnetic field
strength of 0.23 nT £ 0.08 nT for dielectrics, 0.22 £ 0.07 nT for 10,000 Q - cm Si, and 0.22 £+ 0.07
nT for 1,000 Q - cm Si. Low resistivity silicon (0.001, 0.01, and 0.1 Q - cm) demonstrated
predictable current shunting, and weak induced magnetic fields, with average field strength of 4.8
+10%+3.8-10%nT,85-10%+2.1-10%nT, and 9.7 - 104 + 7.1 - 10 nT, respectively). Silicon
substrates with resistivities of 1, 10, and 100 showed an intermediate effect, with average field
strength of 0.0080 + 0.0048, 0.052 + 0.022, and 0.16 £+ 0.06 nT, respectively). Current density was
largely in proportion to field strength, reaching maximal levels of 880 A/m?, 2400 A/m?, 2800
A/m?, and 2800 A/m? for 1, 100, 1000 Q - cm Silicon and for Polyimide, respectively (Fig. 1.4B-

E).
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Figure 1.4: Quantification of magnetic transduction on common fabrication substrates.
(A) Average magnetic field strength on polyimide, parylene, glass, and silicon substrates with
a range of ion implantation doses, measured within XZ planes as in Fig. 1.2 (Error bars,
standard deviation. Beeswarms, magnetic field strength at each pixel within measurement
plane). (B-E) XY views of the current density on 1 Q - cm (B), 100 Q - cm (C), and 1000 Q -

cm (D) silicon, and polyimide (E).
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Discussion

Our model validates a new principle for amplifying neurogenic magnetic fields by
interfacing single neurons with nanofabricated flat spiral coils. The junction formed between cell
and device relies on tight electrical coupling at the interface pad and generates magnetic fields that
are enhanced both spatially and in amplitude, compared with the driving NMF. We show that the
predicted magnetic field magnitude in response to neural currents surrounding the device is more
than three-fold higher in peak amplitude compared to intrinsic NMF, reaching 1.6 nT in the plane
of the coil. Averaging the signal over a volume of 40 x 40 x 10 um? results in 640 pT compared
with 2.5 pT for a naive neuron and an overall spatial enhancement of the transduced magnetic field
output of more than 250-fold. Our approach brings about immediate relevance to in vitro
magnetometry but also has potential relevance to modalities such as MRI and MEG, whereby
arrays of nanofabricated devices of sufficient density can modulate signal change in response to
neuronal activation. Our approach could provide a way to overcome the theoretical limitations of
spatial resolution and sensitivity of these modalities that thus far precluded detecting micrometer
scale picoTesla events without transcranial wiring at the time of recording.

Effective coupling for remote electromagnetic detection depends on nanofabrication
features that dictate impedance and inductance[53-55]. The geometric optimization delivered by
our model provides recipes that can be applied on unique substrates for increased magnetic
transduction, while adhering to the practical limitations of nanofabrication techniques. One unique
avenue for application is nanofabrication of nanocoils on emerging nitrogen vacancy (NV)
diamond substrates used for fluorescence-based micro-magnetometry[56,57]. This technology
enables highly sensitive magnetic detection of resolved 400 pT transient magnetic events resulting

from action potentials in nerve preparations[58] and single-cell superparamagnetic nanoparticle



23

internalization in vitro[59]. These studies could benefit from enhanced fields by arrays of
nanocoils that can provide multiplexed single-neuron readouts of neuronal networks, and this
modality is sensitive enough to capture the theoretical magnetic output of a single nanocoil device.
More broadly, NV diamond magnetometry employs microwave resonance at the 2.87 GHz regime,
inviting integration of capacitors into the nanocoil device for microwave resonance and high
spatial resolution modulation of fluorescence by magnetic fields. Lithography of high aspect-ratio
inductors offers reduced impedance and increased inductive coupling but can also present
constraints due to possible structural collapse of device features[60-62]. In this study, we analyzed
metallization layers ranging between 100 nm and 1.5 pum, and show a predictably high magnetic
field of 0.13 nT produced at the highest thickness with a 1 nA current. We find that thickness of
500 nm with 1020 nm turn width, yielded a comparably strong magnetic field of 0.14 nT, with
features that maintain 1:1 or smaller aspect ratio and are well within the capabilities of electron
beam lithography and Au growth techniques. Other significant features include the interface pad
at the core of the device that acts as a common electrode driving the magnetic field generation at
the nanocoil. The size of the coil’s open core impacts the size of the interface pad, turn density and
overall magnetic field strength. A core with a diameter only 10.9 % the diameter of the nanocoil
was found to produce the highest peak magnetic field, (0.27 £ 0.16 nT) but with very high standard
deviation across the 12.5 x 50 um plane tested. A core of a 46.2 %, allowed for a sufficiently large
14.4 um interface pad, a low variability magnetic field of 0.18 + 0.06 nT and overall optimal
performance.

Our model mimics the generation of ionic currents during action potentials at sub-cellular neurite
morphologies on a flat device in vitro. Currents propagating in neuronal compartments induce

magnetic fields that rotate around the axis of neurite at specific orientations during synaptic events
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and aggregate to form a typical MEG signal measured outside of the brain[23,25]. A flat spiral
nanocoil interfaced with a neuron is predicted to generate magnetic fields rotating about the turns
of the coil, aggregating to a large field spread over an area perpendicular to the plane of the
substrate irrespective of the original NMF alignment to the detector. This offers a new repertoire
of MEG measurements from untapped anatomical orientations and depths in vivo, assuming
sufficiently dense multiple aligned coil arrays are implanted. We examined magnetic fields on
commonly used implantable substrates including high resistivity silicon, glass, polyimide and
parylene. We find no magnetic field loss on these substrates, leading to potential long-term
implantation of nanocoils leveraging known chronic biocompatibility for these substrates. Flexible
substrates are of particular importance and can facilitate MEG signal enhancements when
implanted similarly to dense electrocorticography (ECoG) devices that conform to anatomical
features in the brain[63,64]. Such an array of nanocoils would theoretically allow for measurement
of single cell activity in vivo without the need for transcranial wiring. Moreover, previous MRI
phantom measurements of a 30 um wire demonstrate detectability of fields as low as 200 pT for a
2.5 x 2.5 x 6 mm voxel[65]. Given that our 80 um device produces a 640 pT volumetric magnetic
field, it is feasible that the field produced by a single nanocoil coupled to and transducing the firing
of a single neuron will be detectable via MRI. In conclusion, our quantifications institute a
foundation for synthesizing minimally invasive electromagnetic sensors for detecting brain

activity and can serve as a broad protocol for quantifying sensitivity at the single cell level.
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Abstract

Circuit integrated electromagnets are fundamental building blocks for on-chip signal transduction,
modulation, and tunability, with specific applications in environmental and biomedical
micromagnetometry. A primary challenge for improving performance is pushing quality
limitations while minimizing size and fabrication complexity and retaining spatial capabilities.
Recent efforts exploit highly involved three-dimensional synthesis, advanced insulation, and
exotic material compositions. Here, we present a rapid nanofabrication process that employs
electron beam dose control for high turn-density diamond-embedded flat spiral coils achieving
efficient on-chip electromagnetic to optical signal conversion. Our fabrication process relies on
fast 12.3 sec direct write on standard Poly(methyl methacrylate) as a basis for metal lift-off
process. We demonstrate 49 — 470 nm inter-turn spacing and corresponding inductance of 12.3 to
128 nH for prototypes with 70 micrometer overall diameter. We utilize optical
micromagnetometry to demonstrate magnetic field generation at the center of the structure
correlating relatively well with finite element modeling predictions. Further designs based on our
process can integrate with photolithography to broadly empower optical magnetic sensing and

spin-based computation.
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Introduction

On-chip micro- and nano-fabricated inductors, antennas, and electromagnets extend possibilities
for compartmentalizing a wide variety of technologies and research applications[66-68]. From
wireless communication[69-71], high frequency signal conversion, power transfer and
filtering[72-76], to environmental and biological sensing[67,77-80]—new designs are leveraging
diverse geometries and material compositions to transform electromagnetic energy at a broad
spatiotemporal range. Specific lab-on-chip platforms for magnetic detection and manipulation rely
on patterned coils and loops for optical magnetometry[57,81], nuclear magnetic resonance (NMR)
spectroscopy and imaging[62,82], magnetic particle separation[83-86], molecular
magnetophoresis[87-89], and cell manipulation and labelling[90-93]. Theoretical limitations and
fabrication constraints restrict performance and are closely related to quality factor, frequency
bandwidth, and temporal response[94-97]. More recent innovative devices demonstrate improved
properties by utilizing approaches such as three dimensional fabrication[98-101], mechanically
self-assembled coils[101-104], air-core or air-suspended coils[105-107,98] and the use of
alternative materials such as graphene, carbon, ZnO and others[108-112]. However, the
integration of complex designs into standard fabrication processes is not trivial. Consequently,
metal-based flat spiral coils remain the mainstay devices for on chip electromagnetic signal
conversion owing to a relatively small number of lithography steps and higher structural and
thermal stability. Spiral inductors are integrated in a myriad of recent applications including power
harvesting components on flexible and bioresorbable electronic sensors[113-117], recording and
stimulation devices for wireless neurological applications[79,118-122] and ingestible
electroceuticals[123,124]. Additionally, they empower modalities such as nuclear magnetic

resonance (NMR) and biomedical magnetic resonance imaging (MRI) by providing high spatial



28

resolution microprobes for spectroscopy and imaging[62,82]. While most systems employ
microlithography to pattern coil structures, a small number of studies began exploring nano-scale
lithography to propel spatial features while maximizing performance. These include electron beam
lithography (EBL) for synthesizing meandering inductors with submicron conducting lines[125],
complementary metal-oxide semiconductor (CMOS)-compatible glancing angle physical vapor
deposition (GLAD) for vertically aligned nanohelices[126], and spiral patterns realized via
focused ion beam fabrication (FIB)[127]. The emerging integration of these methods and other
promising nanofabrication techniques[128-130] with standard CMOS processes, in particular
EBL, highlights opportunities for designing novel rapid fabrication processes for high spatial
resolution electromagnetic conversion. In this study we introduce a high density nanofabricated
spiral coil design for on chip electromagnetic signal conversion (Fig. 2.1). Modelling predictions
of this design allow for predictions of current density (Fig. 2.1a), surface potential (Fig. 2.1b),
electric field (Fig. 2.1c) and magnetic flux density (Fig. 2.1d) for a given input, and inform on
proper nanofabrication parameters for optimized performance. Using a simplified EBL fabrication
process that relies on dose control to achieve high turn-density nanocoils, our process utilizes
proximity effect in poly(methyl methacrylate) (PMMA) exposure and metal lift-off to demonstrate
tightly packed coils with minimal PMMA collapse, achieving 49.7 nm turn spacing and inductance
of up to 12.8 nH for 10 turn prototypes. Using diamond-based optical magnetometry in conjunction
with finite element computational modeling, we demonstrate efficient magnetic field generation
at the center of the structure. Further designs based on this process can integrate with
photolithography to broadly empower electromagnetic circuits for magnetic sensing and

modulation.



29

a b c d
° . '\\“09 ” . .
. &*x¢ Current Density (A/m?) Voltage (V) S° @< Electrical Field (V/m) Magnetic Flux (mT)
W S ¢ P
00 @ N @
x10° x10*  x10°
3 1 1) 2.5

0.6 0.6 15
1.5 0.5 0.5

0.4 0.4 1
1

0.3 0.3

0.2 0.2 0.5
0.5

0.1 0.1
0 0 0 0

Figure 2.1. Modeled electromagnetic behavior of nanofabricated spiral coil. Nanofabricated
spiral coil design and predicted performance on high resistivity substrates. Current density (a),
surface potential (b), e-field (c) and magnetic flux density (d) are estimated in response to a given
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Figure 2.2. Fabrication process overview. (a) The device is fabricated on resistive glass or
diamond substrates. (b) A 100 nm SiO> barrier layer is deposited on surface. (c) A 400 nm PMMA
layer is spin coated and patterned via EBL to define nanocoil features. (d) A Ti/Au (6/60 nm) bi-
layer is deposited with e-beam evaporation and is subsequently lifted off to create coil structure
(e). (f) An additional insulating SiO. layer is deposited to prepare for PL micropatterning of
electrode routing. (g) Via holes are defined via PL and etched with a fluorine-based plasma recipe.
(h) Finally, patterns for electrode traces are fabricated and gold electrodes are laid via evaporation
and lift-off. Samples are further packaged and routed onto glass printed circuit boards for

magnetometry.
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Results

Following fabrication process development (Fig. 2.2), we synthesized spiral nanocoils using a
broad electron beam dose matrix ranging between 320 and 1600 uC/cm? (Fig. 2.3). The end device
(Fig. 2.3a) exhibits minimum turn spacing (s) of 197.8 nm for a dose of 1120 uC/cm? (Fig. 2.3a,
inset). We utilized proximity effect of an identical pattern to control nanocoil turn width (w) and s
(Fig. 2.3b) while maintaining constant turn density. Doses of 800, 1440 and 1600 pC/cm? are
shown in Fig. 2.3b, left, middle and right subpanels, yielding a minimum of s = 329.6, 300.3 and
139.2 nm, respectively, and an average Ti/Au slope of 50.98 + 1.14 degrees (1.23 + 0.05
nM)/nmy)) determined by AFM (Fig. 2.3b, insets). To predict the relationship between dose and
s, we used finite element modeling of electron trajectories in PMMA (Fig. 2.3c-d) demonstrating
good correlation (R = 0.96887) between simulated dose response (Fig. 2.3f-h) and s in PMMA
following development (Fig. 2.3i-j). The mean predicted area for a single exposed dot at 2 nA and
100 keV for a dose of 320 uC/cm? (Fig. 2.3f, leftmost panel) was 6.38 nm? and increased linearly
to 8.71 nm? for a dose of 1600 uC/cm? (Fig. 2.3f, rightmost panel). The resulting average s
following lift off ranged between 206.7 and 389.2 nm (Fig. 2.3k-I) for doses ranging between 1440
and 640 puC/cm?. For this range, we demonstrate an inverse linear relationship between dose and s
(Fig. 2.3e) corresponding to a surface resistance ranging between 349.58 and 397.16 kQ/m for the
same metal film thickness across all devices.

High current amplitude range during normal device operation can result in high ohmic loss and a
localized hot region with changes as small as 10 mK in ambient temperature resulting in magnetic
field change of ~30 nT and reduced accuracy[131]. Dose selection can be used to mitigate such
alterations in device characteristics by adapting impedance and turn density to the expected current

range and maximizing coil fill factor[132]. This can be achieved by increasing the dose of electron
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Figure 2.3. Dose dependent feature analysis of nanofabricated spiral coils. (a) A complete
view of the end device. The dotted red region is portrayed as a scanning electron microscopy

(SEM) image of the EBL step in the left inset, showing distinct uniformity of turns for a dose of
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1120 pC/em? (scale bar = 5 um). Different doses with closest corresponding AFM traces are shown
in (b): 960 uC/cm? (left), 1280 puC/cm? (center), and 1600 pC/cm? (right; scale bar = 5 um), with
corresponding 3-dimensional AFM traces color-coded by height (insets). (c) Single pixel Monte
Carlo simulation of PMMA exposure where 1 Gy = 7.366 eV/cm? and (d) corresponding triple
turn simulation color-coded by particle trajectory height. Gold, magenta, and cream-colored layers
correspond to gold, PMMA, and quartz, respectively. (e) Average turn widths and gap widths
versus dose, determined using atomic force microscopy, showing a linear relationship between
dose and feature size. Shown at right is a matrix comparing (f) single-pixel Monte Carlos, (g)
multi-turn Monte Carlos (h) (with zoomed regions of interest), (i) PMMA pre-liftoff (j) (with close
up ROIs), and (k) Ti/Au post-liftoff (I) (with closeup ROIs), respectively. Columns from left to
right correspond to doses of 320, 480, 640, 800, 960, 1120, 1280, 1440, and 1600 pC/cm?,

respectively (scale bar = 500 nm (overview panels) or 100 nm (zoomed ROIs)).
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beam exposure (Fig. 2.4). Whole-coil resistance (Fig. 2.4b), parasitic inter-turn capacitance (Fig.
2.4¢), Wheeler[133] and sheet[132] spiral coil inductance estimates (Fig. 2.4d), and corresponding
Q factor (Fig. 2.4e), and self-resonance (Fig. 2.4f) are plotted with respect to dose. Q factor and
resonance frequency can be tuned by dose selection with lower doses suitable for improved Q
factor but increased resistive heating. For the resonance frequencies shown here (Fig. 2.4Q)
impedance is the major contributor to higher loss whereby Q is reduced by 16.9 % from 1.76 (1.78)
to 1.46 (1.47) using Wheeler (Sheet) estimates for doses of 1440 puC/cm? and 640 puC/cm? and
corresponding self-capacitance of 3.3 fF and 6.3 fF and resistance of 1089.8 Q and 960.1 Q,
respectively. In addition to performance considerations, dose control presents possibilities for
frequency tuning (Fig. 2.4e and g) demonstrating average frequency shifts of 0.92 + 0.36 GHz per
100 puC/cm?.

A relatively constant inductance is concomitant with evenly spaced coil turns and serves as a
foundation for optimizing all other parameters. Measurements of turn slope using atomic force
microscopy (Fig. 2.4a, pink) and scanning electron microscopy (Fig. 2.4a, red) show asymptotic
decreases in slope with increased dose, in agreement with our Monte Carlo finite element analysis
model. Vertical slant has the potential to impact heat dissipation and capacitive coupling enabling
further optimization of coil behavior for applications in vivo. Comparing the impedance in decibel
ohms to linear frequency reveals a dose-dependent tuning curve (Fig. 2.4g) with varying resonant
frequency and Q factor (Fig. 2.4g, inset).

To fully explore the parameter space of coil characteristics, we quantified dose-dependent power
dissipation using our finite element analysis (Fig. 2.5). A full view of the nanocoil (Fig. 2.5a)
corresponding to a dose of 640 pC/cm? with the coil surface color-coded by x-component of the

Poynting vector (Pox) and plane of coil color-coded by magnetic energy density (J/m?) reveals
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dots represent mesh points with subthreshold and suprathreshold exposure, respectively. The solid
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line and dashed lines represent the optimal hyperplane and margin, respectively. (b) Whole-coil
resistance and (c) parasitic inter-turn capacitance. Wheeler method and sheet spiral inductance
calculations are shown in (d), with the corresponding self-resonance (e) and Q factor (f). All
quantities are plotted versus electron beam dose ranging from 640 to 1440 puC/cm? except for SEM
data which extends to 1600 puC/cm?. Comparing the impedance in decibel ohms to linear frequency

reveals a dose-dependent tuning curve (g) with varying resonant frequency and Q factor (inset).
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significant stratification within the coil and gradients outside the coil for a 3 mA applied current.
The red dashed box in Fig. 2.5a corresponds to regions expanded in Fig. 2.5g and Fig. 2.5h. A
subtraction histogram between high dose (1440 uC/cm?) and low dose (640 uC/cm?) vector count
versus angle color-coded by magnitude reveals stark differences in directionality surrounding 90
degrees corresponding to the plane of the coil (Fig. 2.5a, inset). Integrating the vector magnitudes

of X, Y, and Z components || ¢ . Po, 2+ qp . Po, ¥+ ¢b  Po,2|| of dissipated power

oil
versus dose over the entire coil surface demonstrates a linear trend between electron beam dose-
dependent turn width and dissipated power (Fig. 2.5b). Two-dimensional (2D) Poynting vector x
(Pox), y (Poy) and z (Po;) plots for 640 uC/cm? (Fig. 2.5¢, e and g) and 1440 uC/cm? (Fig. 2.5d, f
and h) show significant changes in power distribution with dose. Separate surface integrals of the
X, Y, and Z components of the Poynting vector also affirm linear relationships between electron
beam dose-dependent turn width and dissipated power (Fig. 2.5i). These results provide a basis for
optimizing power characteristics for nanofabricated coils on diamond.

To quantify the B-field strength developing in the device in response to injected current and to
verify conformity with our modeling predictions, we turned to using optically detected magnetic
resonance (ODMR) micromagnetometry forming an electromagnetic to optical junction on-chip
(Fig. 2.6). Nanocoils embedded in nitrogen vacancy (NV) diamond samples were excited at 532
nm and RF-irradiated at frequencies ranging between 2.78 and 2.96 GHz in the presence of a DC
magnetic field (0.8 mT) (Fig. 2.6a). We compared two different routing configurations to account
for electrode path contributions to the magnetic field (Fig. 2.6b-c, upper left panels). RF spectra
were acquired in conjunction with optical collection at 637 nm with and without current injection

(bottom left and bottom right panels in Fig. 2.6b and c, respectively). The mean amplitude of the

magnetic B-field strength across the nanocoil was 0.18 + 0.08 mT (Fig. 2.6b) and 0.28 £+ 0.003
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Figure 2.5. Dose-dependent power dissipation quantification and analysis. (a) Full view of the
nanocoil (dose: 640 uC/cm?) with coil surface color-coded by x-component of the Poynting vector
(Pox) and plane of coil color-coded by magnetic energy density (J/m®). The red dashed box shows
the regions expanded in (g) and (h). Inset: subtraction histogram between high dose (1440 uC/cm?)

and low dose (640 puC/cm?) vector count versus angle color-coded by magnitude. (b) Vector

=h

magnitude for the integral of X, Y, and Z components ||ngCO”PoxJ?+

g’;ﬁcoil Po, y + gﬂicoil Po, z || over the entire coil surface of dissipated power versus doses
examined with lines of best fit affirming a linear trend between electron beam dose-dependent turn
width and dissipated power. (c-h): Two-dimensional (2D) Poynting vector x (Pox), y (Poy) and z
(Po,) plots for 640 uC/cm? (c and e) and 1440 puC/cm? (d and f) for dashed box in a (c and d, scale
bar = 10 um) and zoomed inset (red dashed boxes, e and f, scale bar = 1 pum). Three-dimensional

(3D) plots of corresponding regions for 640 uC/cm? (g, scale bar = 1 pm) and 1440 puC/cm? (h,
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scale bar = 1 um). (i) Separate surface integrals of the X, Y, and Z components of the Poynting
vector demonstrating linear relationships between electron beam dose-dependent turn width and

dissipated power.
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mT, Fig. 2.6c) for the two configurations, demonstrating no significant difference (p = 7.06-10°
across 80 um diameter field of view surrounding coil center). Respective B-field maps predicted
by finite element simulations show mean B-field amplitude of 0.08 £ 0.03 mT corresponding
relatively well with measurements (R = 1.2-107?). To confirm sufficient magnetic field uniformity
across the coil surface, we quantified magnetic field gradients (Fig. 2.6d-g) to generate
corresponding uniformity maps from ODMR measurements (Fig. 2.6h-i) and compare our
measurements to finite element simulation results (Fig. 2.6j). We find that uniformity within the
sensing region of the coil region is within 1.2 % with regions outside the coil experiencing
slightly higher field inhomogeneity (< 3 %) correlating well with our simulation results. Finally,
we measured a maximal B-field of 0.25 + 0.03 mT (Fig. 2.6k) and 0.38 + 0.08 mT (Fig. 2.6l) at
the center of the nanocoils for both configurations, occupying an area of 1.26-10° pm? and
corresponding to a predicted maximal B-field of 0.47 + 0.13 mT interpolated over 1 um pixel size

in the model.

Discussion

These results demonstrate an electromagnetic-to-optical junction mediated by nanofabricated
spiral coils that present new possibilities for diamond-based optical magnetometry[57,81] and
emerging optical NMR detection schemes[134,135]. Using our protocol for careful control of self-
resonance in conjunction with integration of additional capacitive elements, standalone devices
can in the future be specifically tuned to 2.87 GHz frequencies for efficient (on resonance) in situ
RF irradiation of NV diamond layer embedded nanocoils. Further, the utilization of dedicated
pulse sequences with modified photonic and RF temporal signatures can increase contrast and
sensitivity[136,137]. Combined with tuned resonance, this type of configuration is expected to

increase RF energy harvesting and greatly improve ODMR sensitivity, potentially broadly
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configurations. Top left: reference image with delineated line scans, bottom left: B-field amplitude
(0 mA DC), bottom right: B-field amplitude (3 mA DC), top right: current OFF minus current ON
subtraction; B-field z component. (d)-(g) Vector field lines of B-field gradient overlaid on B-field
maps. (e) and (g) correspond to dashed boxes in (d) and (f), respectively. (h)-(i) Uniformity maps
comprising vector field lines of B-field gradient overlaid on corresponding B-field gradient maps.
(j) Simulation of uniformity map for comparison. (k)-(I) 200 um line scans of B-field z component

for (b) and (c) respectively taken at y = +25, 0, -25 um from device center. Scale bars = 20 um.
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impacting quantum information storage and computing by incorporating substrate-integrated

patterned nanocoil arrays to augment spin-based computational elements.
Materials and methods

Nanofabrication process development

The fabrication process consists of three main steps: (1) high fill-factor nanocoil electron beam
lithography (EBL) on resistive substrates; (2) Photolithography (PL) for micro-patterning of
nanocoil contacts and die routing; and (3) wire bonding and encapsulation onto glass printed circuit
board for micromagnetometry measurements. We used standard lift-off (Fig. 2.2) on either glass
(76.22 mm Borofloat 33, 500 um thick wafers) or diamond (3.6 x 3.6 mm electronic-grade 400
pm thick samples, 10 um ~3.8 ppm nitrogen vacancy layer, Element six, Santa Clara, CA).
Samples were cleaned using Isopropyl alcohol (IPA) and dried with N2 (100%) for EBL
preparation (Fig. 2.2a) followed by deposition of a 100 nm SiOz barrier layer (Fig. 2.2b) by plasma-
enhanced chemical vapor deposition (PECVD) (PlasmaTherm 73/72, Saint Petersburg, FL) with
chamber temperature of 250° C, 810 standard cubic centimeters per minute (SCCM) N0, 440
SSCM 2% Silane, 900 mT pressure and 36 W radio frequency (RF) power, at 100 s deposition
time. During process development on diamond samples, the barrier layer was etched and
redeposited several times using buffered oxide etch (BOE 6:1) for 10 minutes and rinsed with
deionized (DI) water, with no observed injury to nitrogen vacancy (NV) diamond layer or bulk
substrate. Following deposition, samples were spin coated (Fig. 2.2c) with PMMA 950K A7
(M230002, Kayaku Advanced Materials Inc., Westborough MA) at 3600 rotations per minute
(RPM) for 60 sec and then baked at 180° C for 2 min to yield typical resist thickness of 400 nm.
We used EBL (Elionix ELS G-100, 100 keV, 2 nA, 2.5 nm pixel size, 0.01-0.05 ps dwell time for

doses 320-1440 ps/cm?, 500 um field size) to test a high beam exposure matrix ranging between
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320 and 1600 puC/cm? for over-exposing nanocoil features to widen turn width and narrow turn
spacing (s) in the resist during development. Samples were developed with IPA:MIBK (2:1) (2
min). A dose of 800 uC/cm? yielded 330 nm spacing reproducibly. Based on EBL optimization
and following PMMA development, samples were rinsed with IPA and DI water, and dried with
N2 prior to metal deposition and lift off (Fig. 2.2d and e, respectively). After a 10 sec oxygen
plasma treatment to descum surface (YES R3 Plasma Asher, 250 W, 80 SCCM 03) a Ti/Au (6/60
nm) metal bilayer was deposited via e-beam evaporation without breaking vacuum (Fig. 2.2d).
The nanocoil was then realized by lift-off in an ultrasonic bath at medium-high vibration rate with
remover (Microposit Remover 1165, Kayaku Advanced materials Inc., Westborough MA) for 10
minutes (Fig. 2.2e) followed by DI water rinse and N2 drying. An additional 400 nm SiO;
insulating layer (Fig. 2.2f) was deposited via PECVD (250° C, 810 SCCM N0, 440 SSCM 2%
Silane, 900 mT pressure, 36 W RF, 100 s deposition time) as a pre-step to micropatterning of

contacts by PL.

Contacts micropatterning and outside routing

Since nanofabrication is the only dimensionally critical step in our process, our protocol
follows with optical microlithography for fabricating electrode contacts to connect the coil to
outside circuitry. Insulated substrate was spin coated with S183 photoresist (30 s, 3000 RPM, 1.3
pum thickness) baked at 110 ° C for 1 min, followed by soft contact lithography (Karl Suss MAGB,
9.5 s exposure time, 10 mW/cm? broadband mercury lamp) to pattern via holes at the coil interface
pads (Fig. 2.29). Samples were developed in MF-321 (Kayaku Advanced Materials Inc.,
Westborough MA) for 60 sec, washed with DI water and dried with N.. Holes were etched in RIE
chamber with a CF4-based recipe (PlasmaTherm 790, chamber temperature 40 C, 45 SCCM CF4,

5 SCCM 02, 40 mT pressure, 100 W RF power, etch time of 360m) washed with DI water and
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dried with N> to expose nanocoil metal contact pads (Fig. 2.2g, inset). This was followed by an
additional lithography step and lift-off process to generate electrode traces for on-chip routing
(Fig. 2.2h) using APOL-LO 3204 negative photoresist (KemLab Inc., Woburn, Massachusetts,
USA) spin coated at 4000 RPM for 30 s and soft baked at 110° C for 1 min. Contact PL was
performed with 15 s exposure time (Karl Suss MAG, 10 mW/cm?) followed by post exposure bake
at 110° C for 1 min. Finally, the sample was developed with MF321 for 2 min, rinsed with DI
water and dried with N>. To verify via walls were covered with gold and to create a reliable contact
with nanocoil contact pads, a 400 nm gold was evaporated using e-beam, and lift-off was done
with recipe used for PMMA/Ti/Au lift-off described above for nanocoil fabrication. Printed glass
circuit boards for die wire bonding were fabricated on 3x2-inch glass substrate (Fisherbrand™
Extra-Thick Microscope Slides, 1.2 mm thick) using APOL-LO 3204 photoresist with identical
recipe used for contact micropatterning described above: A Ti/Au (10/200 nm) layer was deposited
using e-beam evaporation followed by lift-off procedure. To bond the die to the glass printed
circuit board (PCB), we used SU-8 2002 (Kayaku Advanced Materials Inc., Westborough MA) by
depositing a small (1 ul) droplet on the glass surface at the chip bonding area, followed by hot
plate curing at 95° C for 5 min to homogenize SU-8 temperature. The die was then placed on the
PCB on the hotplate on top of the non-crosslinked SU-8 for 5 min to let viscous SU-8 gradually
reflow under the die. Subsequently, to create a permanent bond, the sample was treated with UV
flood exposure and post exposure bake at 95° C for 5 min. Next, manual gold wire bonder (KS-
4524, K&S, Fort Washington, PA) was used to connect electrodes to the PCB gold traces. Finally,
gold traces on the PCB were connected to co-axial SubMiniature version A (SMA) adapters
(#132134-10, Amphenol Connex, Wallingford, CT) with a conductive silver ink cured in room

temperature for 15 minutes.
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Optical Micromagnetometry

Optically detected magnetic resonance (ODMR) micromagnetometry was used to visualize
magnetic field in devices utilizing a 50 mW 532 nm laser (OBIS 532-80 LS 1264453, Coherent,
Santa Clara, CA) in NV diamond-embedded nanocoils. A printed microwave antenna (1 mm
diameter) was used to deliver RF to the NV layer underneath the coils in conjunction with laser
excitation. Microwave signals were generated using RF signal generator (SG 384, Stanford
Research Systems, Sunnyvale, CA) fed through RF amplifier (Mini-circuits ZHL-16W-43-S+,
Scientific Components Corp, Brooklyn, NY) connected to the antenna. A direct current (DC) bias
magnetic field was applied using a 1.48 T magnet (B333-N52, KJ Magnets, Pipersville, PA) placed
approximately 4 inches away from the sample. The bias field at the sample was estimated to be
0.8 mT. Fluorescence signal changes during current injection at the device were captured using an
upright microscope (SM-LUX HL, Leica Biosystems, Wetzlar, Germany) mounted with a CMOS
camera (CS165MUL1, Thorlabs Inc. Newton, NJ) operating at 12 frames/sec and a resolution of
720 x 540 pixels with corresponding region of interest (ROI) size of 527 by 395 um. A total of
181 frames surrounding resonance at ~2.87 GHz were acquired while sweeping between 2.78 and
2.96 GHz at 1 MHz intervals for a total of 181 data points per pixel and acquisition time of 15
minutes. Image capture and delivery of microwave and laser were directly controlled through
MATLAB (MathWorks, Inc. Natick, MA, USA) interface and in-house routines. Magnetic field

strength was converted from microwave stimulation frequency through:

2mhy [2]
B =
9Up
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Where A4E is the magnetic interaction energy due to the Zeeman effect, ug is the Bohr magneton,
m; is total angular momentum, and B is the magnetic field. Native noise level was quantified over

all sweeps per measurement.

Atomic Force Microscopy

A Bruker Dimension Icon Atomic Force Microscopy (AFM) System operating in tapping
mode with TESPA-V?2 tips was used to scan the nanocoils. A 50 um wide field of view (FOV)
was surveyed at a scan rate of 0.1 Hz to reduce tip and sample wear and improve image quality.
Scans were imported into Bruker Nanoscope Analysis 2.0, sectioned, and exported as XZ plane
height maps for further processing using Python. Turn width and spacing were determined using
a partition threshold of 40 nm above the previous gap minimum. Mean turn width and spacing for
all 14 turns and 13 gaps were plotted for comparison.
Finite element Analysis

Simulations of electron beam dose trajectories and device magnetic response were performed
in COMSOL multiphysics simulation environment (COMSOL Inc., Stockholm, Sweden).
Optimized coil pattern described previously[122] and used here for nanofabrication was imported
to COMSOL and extruded 500 nm along the z-axis. The dielectric layer was 900 nm thick above
the substrate, providing 400 nm of separation between the device and the electrode contacts.
Cylinders with a diameter of 8 um were extruded through the dielectric over the interface pad and
ground pad, and microfabricated electrode contacts were patterned above the dielectric and
extruded to a thickness of 400 nm. The device had 14 turns, resulting in an open core percentage
of 46.2%. The electrical properties of the device and microfabricated electrode contacts were set
to those of gold, e = 1, p =1, 6 = 45.6 -10° S/m. The electrical properties of the substrate and

dielectric layer in the model were set to those of silicon dioxide (SiO.) , e=4.2, u=1, o=1e-15 S/m.
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The electrical properties of the space above the device were set to those of air, e=1, p=1, 6=0.7
S/m. All device geometries were tested using an input current of 3 mA. The current was input
through the outside face of the microfabricated electrode contact connecting to the interface pad
at the center of the inductor. The outside face of the electrode contact above the ground pad was
used as the ground port.

Monte Carlo modeling of electron trajectory and sample exposure was performed using the
charged particle tracing (cpt) module. A pattern consisting of three 1.02 um wide nanocoil turns
was constructed within a simulation arena defined as a 7 x 7 x 7 um?® region of vacuum. A base
layer of quartz glass 3 um thick with e=4.2, 6=1le-14 S/m, and p=2210 kg/m® was used as the
substrate. A layer of 400 nm thick Microchem 950 PMMA resist was placed atop the substrate
with 6=1-10"1 S/m and p=1180 kg/m?. A titanium surface with e=1-10% (virtually o0) and 6=2.6¢6
S/m was assigned to the top of the PMMA. We applied an inlet boundary condition with 3056
randomly positioned particles per release with 1000 releases over a period of 32 ms. The particles
had an initial kinetic energy of 100 keV. A normally distributed random velocity component
normalized to 5% of the Z component velocity was applied in the X and Y directions. Electron
interaction within the PMMA was modeled using particle matter interaction using a cutoff energy
of 8.6 eV, with both nuclear stopping and ionization loss sub nodes. A cutoff screening angle of
0.1 degrees and an electronic stopping power of 4 (MeV cm?)/g were used for each condition,
respectively. We also applied velocity reinitialization to the PMMA, with 40% likelihood of one
secondary particle having an equal speed as the primary particle but a randomly chosen direction
being released. Particle matter interaction was modeled in the quartz layer using nuclear stopping
with a cutoff angle of 0.1 degrees. We applied the electric currents (ec) module with the substrate

initially grounded to accurately portray current discharge by grounding the bottom of the substrate.
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Within this module, a 10 nm thick layer of conductive electrical shielding was used to model

titanium.
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Abstract

Electrophysiological recordings from single brain cells are performed routinely using
electrodes implanted into neural tissue, but they traditionally require a wired connection to the
outside of the brain. A completely passive, cellular-scale wireless device that does not require on-
board power for active transmission—but that still facilitates remote and sensitive detection—
could open the door for mass-scale direct recording of action potentials and transform the way we
acquire brain signals. We present a non-powered nanofabricated coil that forms an electromagnetic
junction with cortical neurons. We show that this micron-scale device enables remote magnetic
detection of neuronal field potentials from the center of the coil using a room temperature
superconducting quantum interference device (SQUID) magnetic microscope. This strategy may
permit detection of neural signals at cellular level using noninvasive readouts like

magnetoencephalography and magnetic resonance imaging.

Main
Technologies for accessing the central nervous system are accelerating towards completely

injectable probes that interact with noninvasive readout modalities for detection outside of the

brain[120,138,41-43,139,50,140,10,141,142]. Neuronal currents are usually measured and
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amplified by invasive tethered devices[20]. Quantification of neuronal magnetic field
perturbations resulting from these currents, for the purposes of detection by noninvasive modalities
outside of the brain, have been explored both theoretically and experimentally[27,143,34,144].
Contemporary estimates place magnetic flux density near single dendrites at 1 nT or lower, falling
to zero within less than 1 um from the plasma membrane[27]. These are considered too minute for
detection based on spatiotemporal resolution, neuronal asynchrony and theoretical sensitivity
considerations[31]. Arrays of superconducting quantum interference devices (SQUIDs) and more
recent optically pumped magnetometers are used for magnetoencephalography (MEG) to detect
fields with a magnitude of 0.1 pT or higher ~10 mm outside of the brain; but they require
synchronous population activity from at least ten thousand cells in spatially constrained cortical
columns tangentially aligned to the magnetic detectors[23,144].

Developing cellular-scale elements that adhere to single neurons and amplify neuronal
magnetic fields in situ, can present a way to overcome spatial and sensitivity limitations and
empower functional magnetic resonance imaging (fMRI) and MEG to directly detect deep
neuronal currents with precision. Here, we present a strategy whereby nanofabricated gold
electromagnetic coils (nanocoils) can be tightly interfaced with excitable cells, resulting in a neuro-
electromagnetic junction that enables magnetic detection of electrophysiological currents at sub-
millisecond temporal resolution. Using room temperature superconducting quantum interference
device (SQUID) microscopy, we demonstrate magnetic recording of neuronal action potentials
from live cortical neurons at the center of the nanocoil.

We fabricated suitable devices using nanometer-scale electron beam lithography on top of
silicon-oxide on high resistivity silicon (>5,000 Q-cm) (Fig 3.1a). A ten-turn coil pattern with 100-

200 nm conducting lines interspaced by 700-800 nm (Fig 3.1b,c) was patterned using direct write
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followed by deposition of Ti/Au (10/100 nm) for coil turn aspect ratio of 1:1. The prototype has
an estimated DC inductance of 5.7-7.2 nH according to common models[122,132], and sheet
resistance of 2.87 kQ. For this study we used a large (30 um wide) exposed Ti/Au (10/300 nm)
ground reference pad to face the extracellular electrolyte solution, and protruding mushroom-
shaped pillars at the neuronal interface pad to increase cell-device coupling[20,145] (Fig. 3.1d).
This configuration is predicted to generate a relatively large differential potential (> 5 mV)
between the pads in response to a single neuronal action potential (~80 mV), resulting in current
amplitude > 4 nA (Fig. 3.1e). This amounts to a maximum magnetic field strength of 0.89 nT in
the middle of the coil and an average field of 0.08 nT within the coil radius, based on Biot-Savart

calculations.
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Figure 3.1. Nanocoil for magnetic sensing of neural electrical activity. (a) Nanofabricated
coil element consists of ten-turn coil structure electrically isolated from the electrolyte by silicon
oxide, a neuronal interface pad with protruding exposed gold pillars, and a large gold reference
pad facing the extracellular solution. (b) coil structure with turn conductor width of 200-200 nm.
(c) Example of a neuron-interface pad with four protruding elements (width/height ~300 nm). (d)
Equivalent circuit of junction between nano-coil and excitable cell. (e) Circuit simulations
indicate junction potential > 5 mV resulting in nanocoil current > 4 nA in response to 80 mV
intracellular action potential.

We measured the strength of magnetic fields developing in the nanocoil during
physiologically-relevant current injections (Fig. 3.2) using superconducting quantum interference

device (SQUID) microscopy at room temperature[146,147] with spatial resolution of 5 um and
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magnetic field spectral power density Sg? < 1.5 pT/Hz2. Application of 1 pA (DC) current
yielded field strengths ranging between 5 and 10 nT within the radius of the coil (Fig. 3.2a-b). AC
currents at millisecond durations and at amplitudes ranging between 500 pA and 50 nA resulted in
magnetic field strength values ranging between 5 pT and 0.15 nT (Fig. 3.2c-d). Application of
currents 50 pA or smaller yielded no measurable magnetic field averaged across 1,000 epochs

suggesting this value to be the sensitivity limit of our system (Fig. 3.2d, bottom).
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Figure 3.2. Magnetic field strength measurements of biologically relevant currents in
nanofabricated coil. (a) High-resolution magnetic field map in response to large DC current (1
HA) (b) Close-up view of dashed square in (a). (¢) Measurements of magnetic fields in response
to 0.5 kHz, 20% duty cycle current injection. Traces shown have been averaged 50 times. (d)
Magnetic field measurements of sub-nA currents, typical to neural activation. Device sensitivity
of up to 500 pA vyielding 5 pT fields has been observed. All measurements performed in
phosphate buffer saline.

To verify the presence of a neuron-nanocoil junction able to transduce neural activity into a

detectable magnetic field, we stimulated primary cortical neurons cultured on the device and
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performed SQUID microscopy measurements of the resulting time-locked magnetic field in the
center of the coil (Fig. 3.3). Prior to cell culture, devices were chemically functionalized with
polyethyleneimine (PEI) to facilitate close adhesion to primary rat cortical neurons cultured on the
device. The cells aggregated at protruding mushrooms of the interface pad (Fig. 3.3a, arrow). We
stimulated the neurons electrically by an Ag/AgCl electrode in the bath for 1-2 msec at 1-3 mA
(Fig 3.3b, red - stim). Neuronal field potential response was detected magnetically ~1 msec
following sufficient stimulation (Fig. 3.3b, FP). No response was detected following subthreshold
stimulation pulses (Fig. 3.3b). The magnetic field amplitude recorded was ~0.05 nT 150 um above

the coil (Fig. 3.3b, rightmost trace) consistently between 8 individual stimulation sequences (Fig.

3.3¢).
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Figure 3.3. Magnetic field measurements of neural activity from several neurons cultured
on nanocoil. (a) primary cortical neurons grown on nanocoil (s — somata aggregating at interface
pad marked by red arrow, inset - SQUID microscope setup)). (b) neurons were stimulated (red)
resulting in field potential (FP) detected magnetically by SQUID microscope at the center of the
nanocoil. Shown are four epochs of increasing stimuli to a suprathreshold firing event (right hand
side, FP). (c) Measurements from 8 separate stimulation trials. (d) FP of amplitudes up to 0.1 nT
were detected. () Average responses (n=8) to stimulation (3 mA, red) vs no stim (purple).
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Field potentials were detected magnetically with amplitudes of up to 0.1 nT (Fig. 3.3d).
Response to 3 mA stimulation was in the form of spikes with average maximum amplitude of
0.083 £ 0.013 nT, 1.31 £ 0.06 msec following stimulus, rise time of 0.240 + 0.100 msec, decay
time of 0.180 £ 0.060 msec, and undershoot lasting 0.440 £ 0.520 msec (Fig. 3.3b-e, n=8). No
spikes were recorded without stimulus, with a maximum recorded RMS amplitude of 0.038 +
0.002 nT for each 0-10 msec epoch (Fig. 3.3b, right) similar to basal RMS noise level of 0.048 +
0.017 nT without stimulation showing no significant difference (P=0.178).

The junction between neurons and our nanocoils operates similarly to a neuron-electrode
junction but leverages the coil geometry for greatly enhancing the magnetic field induced by
neuronal ionic fluctuations. Neuronal excitation manifests as mobilization of ionic charge that
induces capacitive effects at the Au Helmholz double layer followed by mobilization of electrons
in the electrode substrate[20]. Intrinsically minute and spatially constrained magnetic fields
produced by the resulting current flow are summed cumulatively by the nanocoil design in
proportion to its turn density. This prototype can be further optimized by maximizing turn density
while maintaining minimal parasitic capacitance, an effort that would be limited only by the spatial
resolution of current nano-scale lithography techniques relative to micro-scale diameter of living
cells. Another important consequence of the nanocoil approach is the ability to redirect magnetic
flux lines and enable measurements from regions that are not tangentially aligned with magnetic
detectors. MEG is primarily sensitive to activity originating in cortical sulci rather than gyri,
precluding comprehensive readouts[23]. Implanting dense nanocoil arrays in diverse regions and
conformations can circumvent limitations inherent to MEG sensors and orientation dependency to

B fields inherent to MRI RF receive coils. Further, fabrication on flexible substrates[63] can
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provide anatomical conformity with diverse brain structure and amplify signals that were thus far

undetected.
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Chapter 4: Microfabricated passive resonators as a next-

generation modality for neural recording

*J. Phillips, F. Wang, S. Bhatt, E. Masterson, A. Vareberg, I. Bok, T. Zhu, X. Ren, A. Hai;

Introduction

The previous chapters have explored the modelling, fabrication, and benchtop validation of single-
cell scale nanofabricated inductors to transduce the action potentials of a single neuron into
detectable magnetic signals. This chapter explores a microfabricated inductor-capacitor resonator
at the radio frequency (RF) regime as a modality for revealing the coordinated activity of a small
population of neurons through the ionic dynamics of neural activity. The extracellular
concentration of potassium ([K*]e) can rise as much as 5 mM immediately around a population of
neurons during activity, persisting for no more than 10 seconds [13-15]. The equilibrium
extracellular ionic concentrations also reveal information about the overall brain state. [K*]e rises
and [Mg?*]e, [Ca®']e, [H']e, and extracellular volume fall during wakeful states, and vice versa

during sleep or sedation [16].

The resonant frequency of an ideal inductor-capacitor (LC) resonator depends on the inductance
and capacitance in the system, while the quality factor (Q) of the device depends on how freely
charge can move through the resonator, determined by the resistance as well as any electrical short
bypassing either of the critical components. The inductance is primarily determined by the
geometry of the inductor. The capacitance of the system is determined by the geometry and
dielectric of the capacitor, as well as the parasitic capacitance of the inductor, also determined by
its geometry [148]. The resistance present in the system is often dominated by the parasitic series

resistance of the inductor [149], but in thin film devices the sheet resistance of the metal layer can
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contribute significantly. Sensors based on LC resonators commonly modulate one or more of these

factors to create detectable changes in their resonance pattern.

Passive LC resonators were first proposed as biological sensors in 1967, using two flat, wound-
wire inductors attached to the inside of two membranes on either side of a sealed capsule, such
that changes in pressure would move the coils closer or farther apart, modulating both the stray
capacitance and mutual inductance of the coils, and therefore the resonant frequency of the device
[150]. This study also noted an apparent change in capacitance when implanted, which was more
pronounced with thinner walls. When exposed to an aqueous ionic solution, such as saline, culture
media, or cerebrospinal fluid, resonators can experience a load impedance with resistive and
capacitive components, which can be used to modulate the resonant properties of the device.
Martinez et al. [151] measured bacterial concentrations using just microfabricated inductor coils,
based on the conductance of the bacteria shorting out the inductors and altering the measured
inductance. Wu and Bhadra [152] proposed a planar LC resonator for measuring potassium ions
specifically, connected to a planar ion-sensitive electrode in the solution being measured, with a
sensing terminal coated in a potassium-selective membrane and an uncoated reference terminal.
This membrane resulted in a primarily capacitive effect, modulating the resonant frequency in
response to changes in potassium concentration. Bhatt et al. [12] utilized LC resonators for
wireless interrogation and modulates their ability to resonate by shorting them using implanted
ion-sensitive field-effect transistor (ISFET). This detunes the resonator- that is, lowers Q- in
response to changing potassium concentrations. Hai et al.[11] used a similar transistor-based short
to modulate Q and demonstrated that implanted resonators with transistor-based detuning can be
read out using magnetic resonance imaging (MRI), where in the absence of stimulus the tuned

resonator produces a halo on the reconstructed image, while a detuned resonator shorted out by its
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transistor does not. The latter two cases sense neural activity purely through changes in Q, where

the signals being measured do not affect the capacitance of the resonator.

We propose a method in which microfabricated LC resonators (microresonators) are in contact
with the population of neurons of interest, and directly exposed to the ionic microenvironment
around them. In this case, the load capacitance varies based on a property of the interaction
between a polar liquid and a charged solid: the electrochemical double layer. lons of opposite
charge to the surface are attracted to it, and ions of the same charge as the surface are attracted to
the first layer. This forms a dielectric layer between the surface and the ions in bulk solution,
contributing to the load capacitance. Additionally, the concentration of dissolved ions determines
the conductivity of the solution, and therefore the ability of the solution to short the device, which
can be observed by its effect on Q. Pure water without dissolved ions insulates the device, and
higher concentrations of ions increasingly short the device. Whereas Wu and Bhadra’s electrode
consisted of separate terminals in solution, the microresonator represents a complete circuit,
meaning that in a conductive environment, for the device to short, charge must both leave and

return to the device through the double layer (Fig 4.1a).

The effect of the ionic short is readily apparent in the macro scale model (Fig 4.1b). The S11
response of the stage-integrated interrogator antenna shows a decrease in the depth of the dip in
normalized resonance from about -2.5 dB to -1 dB (and therefore a decrease in Q) as the
concentration of PBS in the measured solution increases from pure water to 1x PBS. The resonant
frequency also decreases slightly as ionic concentration increases, by about 1-2 MHz, within one
measured frequency-step f. The decrease in the device’s Q given an increase in [PBS] suggests
that the resistive component of the load impedance has a large effect on the response of the

millimeter-scale device, and the very slight shift to a lower resonant frequency implies that the
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capacitive effect is also taking place. Here, we elucidate the direct interface between the
microenvironment of a small population of neurons and our passive microfabricated LC resonant

Sensor.

Shifts in the resonant response of the microresonator quantified via the reflected power (S11)
parameter by a vector network analyzer (VNA), from which we can infer shifts in Q and the
capacitance of the resonator, will correlate with coordinated activity in the network of neurons
cultured on the device, due to the changes in the ionic composition of the extracellular solution
caused by cell activity. We have fabricated LC resonators consisting of a ten-turn, square, spiral
planar inductor 1025 microns in diameter and a planar parallel-plate capacitor of varying size. The
devices are microfabricated on wafers which are diced into 10 chips, each of which carries 12
devices with different capacitances, allowing us to test a wide range of designs with each
experiment. While this design paves the way for wireless use, the goal of this study is to establish
the feasibility of utilizing this effect to measure neural activity, and thus each resonator is
connected to contact pads to connect to a VNA. The response of the devices to changing saline
concentrations was characterized. Calcium-sensitive dye was used to record electrophysiological

activity using a camera synchronized with the VNA, and the two modalities were compared.

Methods

Microfabrication

Patterns were made in KLayout and printed on transparencies by Fineline (10,160 DPI; Fineline
Imaging, Colorado Springs, CO). 1 mm thick, 100 mm diameter Borofloat 33 wafers (University
Wafer, South Boston, MA) were used as a substrate. APOL-LO 3204 negative photoresist

(KemLab, Woburn, MA) was spun on using a 500 rpm, 10 second spread cycle, and 4000 rpm, 30
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Figure 4.1: Theory and Scale Model. (a) Equivalent circuit diagram of a wireless LC resonator
in ionic solution. (b) Microscope stage with integrated printed circuit board antenna. Left inset:
Scale wireless resonator model. Right inset: Antenna stage. (c) Frequency response plot of scale
model resonator with a droplet of ionic solution, ranging from water, or 0% 1x PBS, to 100% 1x
PBS. Normalized to dry frequency response. Inset: Raw frequency responses across full frequency
sweep. (d) S11 parameter value at resonance across all concentrations. (e) Quality factor of

resonance dip across all concentrations.
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second spin cycle followed by a 2 minute, 110°C soft bake. Patterns were transferred using a Suss
MA-6 mask aligner (Siiss Microtec SE, Garching, Germany) with a 15 second exposure at 10
mW/cm?, for a total dose of 150 mJ/cm?, followed by a post-exposure bake for 2 minutes at 110°C.
Photoresist was developed by immersing in Microposit MF-321 (Kayaku Advanced Materials,
Inc, Westborough, MA) for 60 seconds followed by a quench in deionized (DI) water, a rinse in
DI water, and a final rise and dry in a wafer washer. The first layer of metal was deposited as 10
nm titanium, 100 nm gold, and another 10 nm titanium to facilitate adhesion with subsequent
dielectric layers, using an electron beam metal evaporator (CHA-600, Telemark, Battle Ground,
WA). Developed photoresist and excess metal were lifted off using Microposit Remover 1165
(Kayaku) for 10 minutes with ultrasonic pressure at power 8 (details). In the case of incomplete
liftoff, the liftoff cycle was repeated until complete. After liftoff, wafers were rinsed in isopropyl
alcohol (IPA) and DI water before being washed and dried in a wafer wash. Plasma-enhanced
chemical vapor deposition (PECVD) was used to deposit approximately 100 nm of silicon nitride
(PECVD machine, 850 mT deposition pressure, 420 Standard Cubic Centimeters per Minute N2O
[2000], 500 SCCM 2% Silane [1000], 80 SCCM 5% NHs [200], 26 W RF power).
Photolithography was repeated as described above to pattern vias through the dielectric. Reactive
ion etching (RIE) (RIE Machine; 40 mT etch pressure, 45 SCCM CF4 [100], 5 SCCM 03 [100],
100 W RF Power) was used to etch the vias. Complete etching was confirmed using a Tencor
stylus profilometer (KLA Corporation, Milpitas, CA), and photoresist was removed as above. The
final layer of metal, 10 nm titanium followed by 300 nm gold, was patterned and applied using
photolithography, metal deposition, and liftoff as above. Devices were tested for electrical
continuity between the ground and test pads before being diced using a Disco dicing saw (Disco

Hi-Tec America, San Jose, CA). Individual chips were then bonded to 35 mm polystyrene cell
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culture dishes with laser-cut holes to leave the devices exposed, using Kwik-Sil low toxicity

silicone adhesive (World Precision Instruments, Sarasota, FL).

Probe and Microscopy Station

For all recordings, the VNA (R60, Copper Mountain Technologies, Indianapolis, IN) is calibrated
using a calibration kit (S911T, Copper Mountain Technologies) in short, open, and load
configurations. The open calibration is repeated when attached to wired contact probes before
making any contact. All calibrations and measurements are made in a faraday cage containing an
epifluorescent microscope. For scale model testing, VNA recordings are taken wirelessly using a
custom PCB antenna placed into a custom microscope stage and connected to the VNA via an
SMA cable (Fig. 4.1). For reading from microfabricated resonators, recordings are taken through
wired connections on a probe station mounted around the stage of the epifluorescent microscope.
Two independently moveable probes are connected to the VNA via a single SMA cable, the signal
probe through the center and the ground through the shield (Fig. 4.3). For direct measurements
from coils, the signal probe touches a connection pad connected to a single coil, while the ground
probe connects to a common ground pad. Upon time-series acquisition, the microscope camera
sends a trigger signal synchronized to image acquisition, which triggers the VNA to record a 201-
point linearly spaced sweep within frequency ranges of interest. Camera and VNA are recorded

for 60 seconds with a sampling rate of 10 Hz.
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Figure 4.2: Fabrication and Layout (a) Fabrication scheme for microresonators. Note that the
coil and ground layer photolithography steps are interchangeable. (b) Full wafer pattern, with both
metal layers and the via layer. (c) Pattern for a single die with all three layers. (d) Coil and ground

layers for a single resonator geometry.



Tables 4.1-4.4: Capacitor Geometries and Resulting Resonant Frequencies
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Approximate
Area Calculated Fres | Measured Fres
Geometry | (mm~2) C (pF) (MHz) (MHz)
1 0.0441 7.99 256.35 205
2 0.15 27.17 139.00 105
3 0.35 63.39 91.00 60
4 0.0625 11.32 215.34 190
5 0.2 36.22 120.38 90
6 0.4 72.44 85.12 60
7 0.0875 15.85 181.99 170
8 0.25 45.28 107.67 80
9 0.45 81.50 80.25 60
10 0.125 22.64 152.27 100
11 0.3 54.33 98.29 70
12 0.6 | 108.66 69.50 50
Area Calculated Fres Dielectric Thickness (nm) 220
5-turn (mmA~2) C (pF) (MHz) Dielectric Constant 4.5
1 0.09 16.30 462.82 Permittivity of Free Space 8.85E-
2 0.25 45.28 277.69 (€0) 12
3 0.3025 54.78 252.45
4 0.1225 22.19 396.71
5 0.36 65.20 231.41
6 0.81| 146.69 154.27
7 0.16 28.98 347.12
8 0.49 88.74 198.35
9 0.999 | 180.92 138.92
10 0.2025 36.67 308.55
11 0.64 | 115.91 173.56
12 2.1125 | 382.58 95.53
10-Turn Coil | 5-Turn Coil
Calculated Calculated
Approximation Inductance (nH) | Inductance (nH)
Modified Wheeler 47.92 7.201
Current Sheet 49.443 7.321
Monomial Fit 47.421 7.243
Average 48.26133333 7.255
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lonic Testing

A millimeter-scale resonator consisting of a single-turn PCB inductor (ID 6.9 mm, OD 9.3 mm,
turn width 1.2 mm) and a 30 pF capacitor was measured wirelessly with a PCB antenna (Fig. 4.1b).
Calculated inductance of this PCB coil was 17 nH [132], resulting in a calculated resonant
frequency of 223 MHz and measured resonant frequency of 243 MHz. This millimeter-scale
resonator was tested for its response to the presence of ionic solutions using DI water and 1x PBS
(Invitrogen) mixed to PBS concentrations of 0x, 0.1x, 0.2x, 0.25x, 0.3x, 0.4x, 0.5x, 0.6x, 0.7x,

0.75x, 0.8, 0.9x, and 1.0x (0%-100%).

Microfabricated resonators on chips bonded to culture dishes were tested using a similar decade
sweep of concentrations to characterize individual coils deeply, and using a quartile sweep of
concentrations (0x, 0.25x, 0.5x, 0.75%, 1.0x PBS) to characterize a coil of each geometry. To
minimize motion of the device dishes relative to the probes, fluid was changed without fully
draining the dish. 2 mL of either DI water or 1x PBS were added to device dishes for the first
measurement, then increasing volumes were replaced with 1x PBS or DI water, respectively, for
subsequent measurements. For each device, this sweep was performed with both increasing and
decreasing concentrations of PBS. VNA acquisitions for ionic testing of microresonators were
taken as 6- or 60-second, 10 Hz time series to enable averaging across time to reduce noise, and

to capture a representative sample of noise without changes in ionic concentration.

On one chip (D4), dielectric was scraped away over the encapsulated ground-side path next to
microresonators to allow for measurements without the effect of the traces across the length of the
chip. Measurements were taken from device 7 on this chip, and from device 7 on another chip
from the measurement pads, with 5 pL droplets of 1x PBS and DI water. The device was dried

using a lens wipe between measurements.
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Figure 4.3: Assembly and Radio Frequency Measurement Probes. (a) Complete coil layer,
fabricated as the bottom layer. SB = Imm. (b) Complete ground layer, fabricated as the first layer.
SB = 1mm. (c) Radio frequency (RF) measurement setup. Magnetic-based micromanipulators

mounted on steel platforms around the microscope stage hold custom-made RF probes. Top left
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inset: Probe tips are independently moveable to make contact with measurement and common
ground pads. Top right inset: Completed chip attached to cell culture dish with bottom window
using silicone adhesive, with micrograph of coil geometry 12 highlighted. Bottom inset:
Micrograph from measuring ionic resonant response directly next to coil, with probe tips

highlighted by yellow arrows. Both SB = 200 um.
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Cell Culture

Primary cortical rat neurons (Gibco, Frederick, MD, catalog A10840-01) were cultured as
described in Chapter 1. Briefly, glass coverslips or assembled device dishes were sterilized with
ethanol for 15 minutes, with device dish sterilization performed under UV light. Culture surfaces
were prepared with a 50 pL (coverslip) or 100 pL (device) droplet of sterile filtered aqueous 0.1
mg/mL poly-d-lysine (PDL, Gibco A38904-01) and 4 ug/mL laminin (Gibco 23017-015). 100,000
cells were seeded per culture in plating media (Neurobasal Plus, Gibco A3582901; 10% FBS
Gibco 10437010; 1x GlutaMAX, Gibco 35050-061), cultures were incubated for 4 hours, and
media was changed to 3 mL of maintenance media (Neurobasal Plus, 1x B27 Plus Gibco
A3582801, 1x GlutaMAX). Media changes were performed every 3-4 days (Mondays and
Fridays), alternating between half (1.5 mL) and all (3 mL) of the volume. Between cultures, device
culture surfaces were cleaned with Tergazyme enzymatic detergent (Alconox, White Plains, NY)

per the manufacturer’s instructions.

Calcium Imaging

Fluo-4 AM calcium sensitive dye (Invitrogen, F14201) was dissolved in 1% Pluronic F-127
surfactant (Invitrogen, P3000MP) in dimethyl sulfoxide (DMSO) at a concentration of 1 mg/mL
Stock solution was added to maintenance media at a final concentration of 10 pg/mL in loading
solution. Device cultures were stained with 200 pL of loading solution for 20 minutes at room
temperature, loading solution was replaced with maintenance media, and cultures were left in the
incubator for 20 minutes to hydrolyze the AM esters. Cultures were imaged within two hours after
hydrolysis was complete at a frame rate of 10 Hz, with simultaneous VNA measurement.
Seizurgenic 4-aminopyridine (4-AP) was added to cultures at a final concentration of 200 uM after

initial imaging, and loaded cultures were incubated for 20 minutes before further imaging.
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Analysis

Calcium imaging data was analyzed using MATLAB. Briefly, image sequences were reduced to a
mean-intensity projection and segmented using a watershed algorithm [153]. Mean intensities of
cell bodies are analyzed for local maxima above a threshold prominence (1/60"™ of the most
prominent maximum), which are recorded on raster plots. Per-cell mean intensity is normalized to
AF/Fo, then the normalized intensities are averaged for per-culture intensities, yielding a single time-

dependent trace for comparison to the time-dependent VNA signal.

VNA data is plotted in the frequency domain to verify that data was collected as expected.
Abnormal frequency responses, compared to the responses obtained in ionic testing, suggest faulty
cables, bad ground contact, or other issues with recording. To test the capacitive effect on resonant
frequency, shifts in the frequency at which S11 is at a minimum were tracked over time. To test
the resistive effect on Q, shifts in the S11 parameter at single frequencies either above or below
the resonant frequency were tracked. VNA and intensity traces are de-trended by subtracting a 6'-
order polynomial fit of the signal. The two signals are cross-correlated, and correlation coefficients

greater than two standard errors from 0 are taken to be significant [154].

Results

lonic Characterization

For microresonators, the decade-increment PBS experiment showed that under a certain cutoff
frequency, the shifts in the frequency response vary monotonically with changing PBS
concentration (Figure 4.4a-b). From approximately 0-50 MHz on the resonator tested (resonator
geometry 6), traces can be clearly distinguished. We refer to this frequency range as the “region
of discriminability,” where a measurement at a single frequency would theoretically allow wired

measurements to reveal fine changes in ionic concentration. This appears to be an effect of Q
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varying with the conductivity of the solution. Notably, the reflected power at the measured
resonance frequency, in this case approximately 60 MHz, changes very little. The effect on Q
primarily arises from variation in the response from frequencies below resonance. The capacitive
effect is weakly present, as the measured resonant frequency shifts slightly lower with higher
concentrations of PBS. There is an artifact present in all traces at approximately 120 MHz, likely

due to the RF probes configuration.

Measurements of 5 pL droplets on coils with geometry 7 from the connection pads (fig. 4.4c) and
from immediately next to the coil (fig. 4.4d) also show clear separation between the water and
PBS measurements below 100 MHz and 200 MHz, respectively. This strengthens the conclusion
that the effect observed above is due to the microresonator-solution interaction, rather than an

interaction between the solution and other exposed conductive paths.

In the quartile-increment PBS experiment across all device geometries, each geometry shows a
different response to changing ionic concentration (Fig 4.5). Coils 1,4, and 7, with the smallest
capacitors, show notable shifts in their resonant frequency within a band above the 120 MHz
artifact. As discussed above, this points to a change in load capacitance, consistent with changes
in the electrical double layer. This experiment also enables us to identify the region of
discriminability for each device (Fig 4.6), occupying a band from 1 MHz, the lowest frequency
measured, up to the resonant frequency. Here, again, the smallest capacitor geometries show the
widest ranges of discriminability. Both the capacitive effect on resonant frequency and the resistive

effect on Q suggest avenues for recording neuronal activity through microresonators.
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Figure 4.4: lonic Test Results, Decade Sweep and Droplet Test. (a) Frequency response for
geometry 6 with the cell culture dish filled with solution. Concentration was increased from 0%
PBS (water) to 90% 1x PBS in increments of 10% without removing the full volume. Inset: Region
of discriminability, at frequencies below resonance. (b) Frequency response from the same device,
with concentration decreased from 100% to 10% 1x PBS. Inset: Region of discriminability. (c)
Frequency response of geometry 7 with a 5 uLL droplet of solution applied directly to the coil. (d)
Frequency response of geometry 7 measured from immediately next to resonator (Fig. 4.3c) with

5 uL droplet applied directly to the coil.
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Figure 4.5: lonic Test Results, Quartile Sweep Across Chip. Frequency responses for each of

the 12 geometries. Frequency band is uniform across map from 0 to 200 MHz. Calculated

capacitance for each geometry is listed in table below; C increases from top to bottom and left to

right, with a corresponding shift to lower resonant frequency.
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Biocompatibility and Calcium Activity
Primary rat cortical neuron cultures were healthy (Fig. 4.7) and electrically active when grown on
microresonators. Spontaneous coordinated network activity was noted after 14 days in vitro (DIV)

via calcium imaging. The rate of network firing increased after the addition of 4-AP (Fig 4.8).

VNA Detection of Cellular Activity

VNA recordings were taken simultaneously with calcium recordings within frequency bands that
encompass the range of resonant frequencies recorded for each geometry during ionic testing.
Analysis was performed as described above, using four different signals extracted from VNA data.
Two of these signals were chosen to test for correlations with capacitive effects: The resonant
frequency over time, defined as the frequency at which the S11 parameter is at a minimum for
each frame, and the ratio between the S11 parameters over time for the highest and lowest
frequencies within that range of resonant frequencies. The other two were chosen to test for
resistive effects: The S11 parameter over time for the highest frequency measured, and for the
lowest frequency measured. The ratio of S11 at the two ends of the range of resonant frequencies
had the strongest correlation between the two modalities, with a maximum correlation coefficient
of 0.146 between the VNA signal and the calcium signal 1.1 seconds later. The strongest inverse
correlation was -0.115 between the VNA signal and the calcium signal 6.1 seconds later. For
recordings of inactive cultures, this cross-correlation has no significant lags within a +/- 10 second

window, with correlation coefficients ranging from -0.029 to 0.033.



76

X

Ve

Ol P

PR Bt o

.-&._

e P ee
AR AR

contrast micrographs showing neural culture development

Figure 4.7: Biocompatibility. Phase-

in vitro (DIV). Acquired on inverted microscope, 10x or 20x

and 29 days

,12,16,20,23,

9,9

at 2

100 um.

using Pixel 6a. All micrographs cropped to center of coil. SB

b

objective



77

-
7
L 1/

(=)

Time (s)
0 10 20 30 40 50 60 0 10 20 30 40 50 60
Time (s) . Time (s)
h i
°N
=-0.2 =
< <
04
0.6t ‘ ; . ‘ ] _ ‘ . ‘ \ ‘
0 10 20 30 40 50 60 0 10 20 30 40 50 60
Time (s) Time (s)

Figure 4.8: Calcium Analysis Results. (a) Differential interference contrast (DIC) micrograph of
a microresonator immediately before simultaneous recording. SB = 200 pum. (b) Maximum
intensity projection of all calcium timelapse images, used to segment individual cells. SB = 200
um. (c) Binary mask of segmented cells, with each cell represented by a white region of interest

(ROI). SB = 200 um. (d-e) Mean intensity traces without normalization from the culture shown
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above before (d) and after (e) addition of 4-AP. Each trace represents the mean intensity of a single
ROI in binary mask (c). (f-g) Rasters of the same datasets. Each row represents a single ROl in
binary mask (c), and each point represents a local maximum in the mean intensity trace. (h-i) Per-
image normalized mean intensity traces of the same datasets, used for comparison to VNA data.
Per-cell mean intensity traces are normalized to change in fluorescence over initial fluorescence

(AF/F) and then averaged together.
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(a) Cross-correlation for recordings of an inactive culture, without coordinated network activity.
Strongest direct and inverse correlation coefficients are .033 and -.029. (b) Cross-correlation for
an active culture. Strongest direct correlation coefficient = 0.146 at lag = -1.1 s. Strongest inverse

correlation coefficients are -0.115 at lag = -6.1 s and -0.117 at lag = +1.8 s.
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Conclusion
Nanocoils

My PhD work focused on the development of novel electromagnetic methods for detecting brain
activity. In this dissertation, | presented my model of the magnetic response of the nanocoil, a
passive nanofabricated planar inductor which transduces the action potential of an attached neuron
into a magnetic field. | found that this device outputs a volumetric magnetic signal approximately
250 times greater than that of a neural process experiencing the same current. I also optimized the
geometry of the device to maximize the signal amplification and modelled the response of the
device when fabricated on common substrates and found that common high-resistivity and
biocompatible flexible substrates do not impede this amplification. | specifically explored the
compatibility of the nanocoil design with the flexible substrates polyimide and parylene. These
materials have been used in previous neural interface designs for their biocompatibility and
flexibility, which allows them to conform to the surface of the cortex and reduces their mechanical
effect on the brain [1,155-157]. However, these materials can face difficulties with regulatory
approval and supply chains for medical-grade materials, and thus further characterization and
process development using PDMS as the final substrate for in vivo use is an important next step in

developing this technology.

| further presented the fabrication of this device using electron-beam lithography, including
modelled and experimental data showing novel methods for fabricating high turn-density coils. |
also presented simulated and experimental data showing the relationship between device geometry
and resonant and operational properties. Finally, | presented two different methods for measuring

from nanocoils, nitrogen-vacancy (NV) magnetometry and superconducting quantum interference
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device (SQUID) magnetometry. The former represents the potential for in vitro electro-magneto-
optical experiments in 2D and, with some development, 3D cultures. The latter is a common
method for clinical magnetometry and represents the potential for in vivo applications and clinical
translation. Importantly, the nanocoil produces a directed magnetic field, in contrast with those
created by individual neurites, and could allow for magnetometric measurements outside of areas

where dendrites are aligned and able to sum their fields.

To interface with individual neurons, the nanocoil is designed to be encapsulated in dielectric with
only the attachment feature on the central pad and the entire ground pad left exposed, ensuring that
the transduced signal originates from the potential difference between a tight coupling with the
attached cell and the local field potential experienced by the entire device. These previously
described attachment features, gold mushroom-shaped microelectrodes (GMuEs), consist of gold
mushroom-shaped spines approximately 1.5 microns tall, with a 1.8 micron wide, 500 nm tall cap
and an 850 nm wide, 1 micron tall stalk [47,145]. GMuEs are functionalized with integrins and
RGD peptides to encourage phagocytosis of the cap, a tight junction held in place with actin rings,
with accumulation of ion channels and mitochondria at the junction. This forms an electrical seal
on the order of 100 MQ with a junctional membrane resistance on the order of 10-100 MQ [48].
Action potentials from the attached neuron represent the largest and fastest changes in voltage, and
therefore the most likely electrophysiological activity to be transduced. While these are most
prominent in the axon, and while the dendritic-spine-like morphology of the GMuE may select for
axonal attachments, backpropagation of action potentials into any attached dendrites could also

provide a signal capable of generating a magnetic response [158,159].
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Microresonators

| then presented the development of novel, passive, resonant devices which respond to local
changes in ionic concentration associated with coordinated neural activity. | developed the theory
for these probes using a large, millimeter-scale model and wireless recordings of their response to
ionic solutions of different concentrations. | then fabricated these devices with wired connections
to demonstrate their passive ionic sensing capabilities in vitro. | characterized these devices with
further ionic response experiments, and found that depending on device geometry, capacitive and
resistive effects of the solution modulate the resonant frequency and quality factor, respectively. |
then cultured healthy, electrically active neurons on these devices and simultaneously recorded
them via custom-made RF probes and via an optical indicator of cellular calcium concentration,
an ionic marker of electrical activity. | found that the two signals are correlated when cultures are
electrically mature with coordinated network activity and are uncorrelated before the cultures
reach electrical maturity. This represents a significant advancement in electromagnetic biological
sensors and lays the groundwork for passive, wireless probes for measuring neural activity. Future
iterations of these devices could be fabricated with a much thicker coil layer, significantly reducing
the resistivity of the path and allowing for high-Q wireless measurements, and then implanted for

use in MRI, or for use with a purpose-built antenna probing multiple frequencies.

Recording Volume

Traditional electrophysiology, utilizing electrical recordings from wired electrodes, generates a
signal that is the sum of individually distinguishable single units within 50 microns of the
electrode- approximately 100 neurons in the case of a point recording from a tetrode- as well as
less distinguishable activity from groups of neurons within 140 microns- approximately 1000

neurons in the case of a point recording [160]. Both the nanocoil and the microresonator are
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designed to respond to neurons and populations in close proximity to the sensor. The nanocoil is
designed to interface with single neurons by way of its central attachment features. The
microresonator responds to changes in the bulk ionic concentration, rather than changes in
potential caused by the relative concentrations of positive and negative ions. Therefore, the sensing
distance of the microresonator is much more localized to the population immediately adjacent to
the sensor. In vitro, these ionic changes are less affected by the bulk culture solution due to the
cell monolayer forming a rudimentary extracellular matrix, localizing concentrations between the
cells and sensor and within the matrix. In vivo, where cells are not grown directly attached to the
device, shifts in ionic concentration do not have bulk culture solution to potentially dilute the
effect, and face diffusive effects from a three-dimensional volume of tissue near the sensor. The
threshold of detection could be improved with the use of ion-sensitive functionalization of the

device [152], a route already being explored for resonant neural sensors [12].

Because the microresonator represents a novel modality for extracting information about the
activity arising in a population of neurons, we cannot necessarily rely on conventional spike-
sorting techniques to characterize the response. The simultaneous calcium/RF datasets presented
in chapter 4 were reduced to one-dimensional time-dependent signals to allow for correlation
between the signals. However, the calcium data contains information about individual neurons
with regular activity at much higher frequencies than the slow network spikes (Fig 4.8 f,g) which
may also correlate with certain characteristic features in the RF recordings. Future in vitro work
could make use of voltage-sensitive dye for additional optical-RF comparisons, or patch clamp or
other electrode-based recordings to further elucidate the connection between neural activity and
the microresonator response. The nanocoil response, by contrast, was predicted (Fig. 1.3 ¢,d) and

shown (Fig 3.3 b-e) to follow the biphasic currents of an action potential closely.
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In Vivo Directions

In chronic implants inserted into the cortex, the process of placing the device can provoke an
inflammatory glial response, resulting in a diffusion barrier that could hinder ionic signal from
reaching the device. Thus, subdural implantation without damaging the cortical tissue, much like
the placement of ECoG devices, would likely provide the best access to ionic currents generated
by neural processing in the upper layers of the cortex. The abundance of axons and dendrites in
layer 1 [161] also provides a good target for nanocoils. In both cases, this would align the inductor

of the device with the skull, allowing ease of detection.

Subdural implantation also offers the opportunity to place artificial dura materials [162,163] to
encourage the dura mater to heal over the device and anchor it in place. Anchoring microresonators
and nanocoils underneath the dura would reduce motion artifacts and implant migration, though
the self-contained nature of wireless implants already provides excellent protection against motion
artifacts. This is particularly true for the nanocoil, which forms a physical connection with the
target neuron and does not rely on the capacitive effects of the ionic double layer. The primary
benefit of these technologies, however, is that both microresonators and nanocoils are entirely
passive devices, and thus have no onboard power sources which require regular replacement, no
potential for encapsulation failures to expose tissue to dangerous electrical currents, and face no
degradation from DC biasing. Additionally, the power dissipated by ImpACTs- a previous
iteration of the microresonator utilizing a field-effect transistor- was shown to be well within FDA

safety margins [139].

The response of a microresonator fabricated for wireless use in vivo when implanted facing the
cortex, utilizing it as an fMRI contrast, should be investigated. This offers a more direct and

specific measure of activity within a small population of cells than traditional BOLD fMRI. The
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microresonator should also be explored as a stimulation device, using precisely-controlled RF
heating of the device to induce an increase in activity. Utilizing one or more microresonators to
stimulate and record could allow for stronger causal inferences than can traditionally be achieved

in fMRI studies [164].
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Appendix 1: Supplemental Figures
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Figure S1.1: Neuron-on-nanocoil model with substrate. Grid lines marked in microns. Yellow:

Nanocoil (Ti/Au). Dark grey: Neuron. Light grey: Substrate, modeled variably as silicon, glass,

parylene, and polyimide in this study. Port I: current input port. Port O: ground port. Model neuron

is attached to and electrically continuous with nanocoil at center pad, under cell body.
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Figure S1.2: Traced Neuron. Left, image of neuron injected with fluorescently labelled biocytin
with simple, linear image lookup table (LUT) enhancements. Middle, the same image with contrast
enhanced to show fine processes. Right, the model of a neuron made by tracing over this image.

Surface color plot, intracellular voltage. Slice plot, electrical field strength. Scale bars, 30 um.



Appendix 2: Calcium Imaging Analysis

CalciumProcessing.m

This scripts requires the following additional functions:
blackNwhite.m (included)
rasterAspects.m (included)
saveOutput.m (included)
plotSpikeRaster.m (available

3% 3% R X% ¥
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at

https://www.mathworks.com/matlabcentral/fileexchange/45671-flexible-and-fast-spike-

raster-plotting?s_tid=mwa_osa_a)

clc; clear; close all
res = 2048;

%Single input folder

pathName = 'Z:\Images\20231216_Ca-VNA\Input';

outPath = 'Z:\Personal\Jax\Calcium-VNA-Microresonators\20231216_Ca-VNA';
if isempty(pathName)
pathName = uigetdir(path, 'Please Select Folder');

end
pathStruct = dir(pathName);
pathStruct = pathStruct(~ismember({pathStruct.name}, {'.", '.."'}));

sprintf(['Started ',datestr(now)])
for k = 1l:numel(pathStruct)

subFolderName = fullfile(pathName,pathStruct(k).name);
fileStruct = dir(fullfile(subFolderName, '*.tif"));
numberOfFiles = length(fileStruct);

ace = pathStruct(k).name;

images = zeros(res, res, numberOfFiles, 'uintl6');

for i = 1:numberOfFiles
file = fileStruct(i).name;
fileName = fullfile(subFolderName,file);
images(:,:,1) = imread(fileName);
end
baseImage = max(images,[], 3);

bwImage = blackNWhite(baseImage);
[dataPLM, raster,intensity, centroids]
rasterAspects(images,numberOfFiles,bwImage,ace);
[outputFolder]
saveOutput(ace,baseImage,bwImage,dataPLM,raster,intensity,outPath);
clear baseImage bwImage dataPLM raster intensity;
end

sprintf([ 'Finished ',datestr(now)])
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blackNWhite.m

function [bwimg] = blackNWhite(image)

gsImage = mat2gray(image);

bw = imbinarize(gsImage, 'adaptive’, 'ForegroundPolarity’, 'bright’,
'Sensitivity',.5);

se_1 = strel('disk’,6);

bwopen = imopen(bw, se_1);

bw4 = bwareaopen(bwopen, 100);

bwareaopen(bw4, 700);

bwopen_big =
= bw4-bwopen_big;

bw_small

baseSRA = imsharpen(image, 'Radius’', 3, 'Amount', 7);

bwSRA = imbinarize(baseSRA, 'adaptive’, 'ForegroundPolarity’, 'bright’,
'Sensitivity',.5);

bwopenSRA = imopen(bwSRA, strel('disk', 6));

bw4SRA = bwareaopen(bwopenSRA, 100);

bw_broken = and(bw4SRA, bwopen_big);
bw_merge = or(bw_broken, bw_small);

D = -bwdist(~bw_merge);
mask = imextendedmin(D,2);

D2 = imimposemin(D,mask);
Ld2 = watershed(D2);
bwimg = bw_merge;
bwimg(Ld2 == @) = 0;

end
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rasterAspects.m

function [dataPLM,raster,intensity, centroids] =
rasterAspects(images,numberOfFiles,bw4,ace)
addpath('./plotSpikeRaster_v1.2/") %

https://www.mathworks.com/matlabcentral/fileexchange/45671-flexible-and-fast-spike-
raster-plotting?s_tid=mwa_osa_a
fs = 10;
meanIntensity = [];
s = regionprops(bw4, ‘'centroid');
ace = insertBefore(string(ace),’' ','\");
centroids = cat(l,s.Centroid);
for k = 1 : numberOfFiles
re = regionprops(bw4, images(:,:,k), 'MeanIntensity'); %Add other measures of
interest here
temp = cat(1l, re.MeanIntensity); % "Why cat? Concatinates each element of the
struct into a new matrix(n,1)."
%temps for measures of interest here
meanIntensity = [meanIntensity, temp];
%Append other things of interest here
end

relen = length(re);
%%

locs = cell(1l, relen);
ps = cell(1l, relen);
for i = 1:1:relen
[~, ~,~,ps{i}] = findpeaks(meanIntensity(i,:));

end
% Take largest prominance, /60, pass it as the threshold in minpeakprominecne
maxPeakVal = max(cell2mat(ps))/60;
for i = 1:1:relen
[~, locs{i},~,~] =  findpeaks(meanIntensity(i,:), '"MinPeakProminence’,
maxPeakVal);
end

dataPLM = {ps,locs,meanIntensity};

fs = 10;

raster = figure('visible', 'off');

title([ 'Raster', ace])

%title([date, ' ', compounds(compound, :), ' Raster']);

plotSpikeRaster(locs, 'PlotType', 'scatter', 'TimePerBin', 1/fs);%'ColorData’, ps,

%plot individual cells vs mean intensity
time = 1/fs:1/fs:numberOfFiles/fs;

cmap = 0.5 .* rand(relen,1l) + 0.2;

%cmap = linspace(.8, 1, relen);

cmap = [cmap cmap cmap];

intensity = figure('visible','off");
%set(f, 'CreateFcn', 'set(gcbo,''Visible'',"'on'")");
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title([ 'Intensity vs Time', ace])%title([date, ' ', compounds(compound, :), '
Intensity']);

xlabel('Time (s)')
ylabel('Mean Intensity')

hold on
for i = 1:1:relen
plot(time, meanIntensity(i,:), 'Color', cmap(i,:))
end
hold off

end
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saveOutput.m

function[outputFolder]=saveOutput(ace,baseImage,bwFinal,dataPLM,raster,intensity,path
Name)
if isempty(pathName)
savePath = uigetdir(pathName, 'Please Select Save Destination');

else
savePath = pathName;
end

if ~exist(savePath)
mkdir(savePath);
end
0GPath = cd;
cd(savePath)

outputFolder = ['output_ ', datestr(now, 'yyyymmdd')];
saveFolder = fullfile(savePath,outputFolder);

if exist(saveFolder)==
mkdir (savePath,outputFolder)
cd (outputFolder)

else
cd (outputFolder)

end

imwrite(baseImage, [ace, date, ' baseimage.tif'])
imwrite(bwFinal, [ace, date,’' bw.tif'])
save([ace, date, 'data.mat'], 'dataPLM")
savefig(raster,[ace, 'raster’','.fig'])
savefig(intensity, [ace, "intensity',"'.fig'])

%PNG option

imwrite(baseImage, [ace, date, ' baseimage.png'], 'png')
imwrite(bwFinal, [ace, date,' bw.png'], 'png')
saveas(raster,[ace, 'raster’',"'.png'])
saveas(intensity,[ace, "intensity"', '.png'])
cd(0GPath)

end



