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Abstract. Micromagnetic stimulation (UMS) has several advantages over electrical stimulation.
First, uMS does not require charge-balanced stimulation waveforms as in electrical stimulation.
In UMS, neither sinks nor sources are present when a current is induced by the time-
varying magnetic field, thus pMS does not suffer from charge buildup as can occur with
electrical stimulation. Second, magnetic stimulation via uMS is capable of activating neurons
with specific axonal orientations. We investigated the viability of stimulating neurons
magnetically using microscopic coils having differing physical properties. As the size and core
material permeability of the microcoils are altered, the strength of the current density fields
generated by these microcoils will vary non-linearly. Finally the role of stimulation pulse-shape
is explored, suggesting that triangular pulses with maximum slope or slew rate are ideal from
the standpoint of energy efficiency. Energy efficiency may be achieved by a combination of coil
optimizations, including: (a) pulse design, (b) energy harvesting, (c) high-permeability cores,
(d) low Q-factor designs (e.g., spiral coils), (e) coil geometries of uMS coil arrays. The resulting
energy-efficient uMS may allow for direct deployment on patients, who will benefit from
reduced inflammation, MRI compatibility and enhanced stimulation capability offered by uMS
over traditional electrical stimulation.
Keywords: Eddy Currents, TMS, finite element method, microcoils, inductive stimulation.

1. Introduction

Microscopic magnetic stimulation (UMS) uses submillimeter coils to stimulate
local excitable tissue, as recently shown by activating retinal ganglion cells in vitro [1]
and inferior colliculus neurons in vivo [2]. Neuronal stimulation is achieved by
generating a dispersed magnetic flux density (e.g., 0.1 Tesla) in a focal region of tissue
by discharging a time-varying current through a microscopic coil. If these coils are
placed within or in close proximity to excitable tissue, they can induce a localized
current gradient sufficient to activate the tissue. The time-varying signal applied to the
coil may consist of currents of several amperes lasting up to tens of ps.

There are several advantages to using uMS over traditional electrical stimulation (ES)
or transcranial magnetic stimulation (TMS). For example, with electrical stimulation,

MRI examination of patients undergoing treatment with deep brain stimulation (DBS)
can result in thermal injuries of the neural tissue due to presence of the stimulating



electrodes [3]. In these patients, Joule heating is generated by the combination of high
RF current density J with the high impedance interface between the electrode and
tissue [4]. With uMS, the Joule heating, generated by currents densities J; in the
implant/tissue interface due to the presence of the implant (i.e., antenna effect [5]), may
be greatly reduced by the use of a proper dielectric coating around the coil, such as thin
film dielectrics [6] possessing the desired RF insulating characteristics [7]. Secondly,
direct contact between metal and tissue in ES may cause inflammation and glial scarring
around the stimulating electrode, increasing electrode impedance and stimulation
threshold [8]. Although a number of mechanisms can induce the inflammatory process
with common platinum electrodes (Pt), electrochemical stimulation-induced tissue
trauma may involve irreversible O2 and Hz evolution, dissolution of Pt and reduction
of dissolved O at the electrode-tissue interface [9]. This reaction modifies the local pH
and may generate inflammation in the surrounding tissue [10] that ultimately induces
an immune reaction. This source of immune reaction can be avoided in pMS by the use
of biocompatible dielectrics [11]. Thirdly, unlike electrical stimulation any realistic
pulse of magnetic stimulation does not result in charge accumulation in the tissue.
Electrically charge-balanced pulse design is key to the safe electrical stimulation, thus

Fig. 1: Cortical stimulation by uMS: (A) the magnetic field induced by the uMS coil can excite cortical
neurons when appropriate coil orientation, distance and pulse shapes are used, (B) design of a uMS
coils grid that follows the curvature of the somatomotor cortex of a nonhuman primate. (C) Layout of
the actual FLEX circuit with 64 gold traces with 25um width deposited with sputtering on 50um thick
Kapton substrate and (D) FLEX populated with 60 RF inductors type 0402 surface mount.



avoiding irreversible damage to excitable tissue from buildup of electrolysis
byproducts [12]. Finally, the magnetic field has generally different penetration
characteristics with respect to the electric field and hence the combination of both
electric (E) and magnetic (B) fields can potentially improve neural stimulation.

Unlike TMS that requires bulky, custom-designed apparatus for charging and
discharging large capacitors in order to generate currents in the kA range [13], uMS
can be driven by a small, class D amplifiers [1]. Furthermore, uMS is capable of highly
focal stimulation when placed in close proximity to the tissue (Fig. 1), even down to
the level of neuronal cell body or axon, greatly increasing the gradient of the induced
current density. According to the predictions of several neural models, it is the gradient
of the electric field, rather than its strength, that is primarily responsible for neural
activation [14].

Finally, sets of coils can be arranged into various spatial configurations,
conveniently modifying the distribution of the magnetic flux (Fig. 2). For instance, the
figure eight (Fig. 2.A with two [15] or more coils) configuration along with a simple
circular element is the most commonly used coil type for TMS. This configuration
provides a more focal and directed stimulus under the center of the coil [16]. In addition,
the Helmholtz (Fig. 2.B) coil has been used for the stimulation of biological tissue and
cells where a uniform magnetic field is desired [17]. Other configurations include the
concentric dual toroid (Fig. 2.C) design used in advanced pulsed magnet design that
allows different waveforms to be applied to each to coil to optimize magnetic flux,
dampen mechanical vibration and reduce tensile radial stress [18]. The ability to steer
the magnetic field with no physical movement is of paramount importance, since the
induced electromagnetic gradients are highly sensitive to directionality [1]. As such,
arrays of coils (Fig. 2.D, E and F) may be used to steer magnetic fields in any direction
by independently controlling the pulse parameters and geometries of each component
coil [19].

(A) (D)

EE

Fig. 2: uMS coil configurations to increase strength, uniformity, focality or to steer
the direction of the magnetic field: (A) figure eight (focality), (B) Helmholtz
(uniformity), (C) bifilar (strength), (D) radial rotational field (steering), (E) axial
rotational field (steering), and (F) circular loop (steering).

One of the greatest challenges to long-term implantation of uMS is to minimize
power consumption to make it comparable to that of ES. If the power requirements of
uMS can be thus reduced, the technology can be miniaturized to create fully
implantable systems and the technology be easily adapted to a number of chronic
therapeutic applications. In this manuscript we show that it is possible to lower the
uMS power consumption by increasing the gradient of the induced current density by:
(a) utilizing coils with high-permeability core materials, (b) optimizing the shape of the



stimulation waveform, (c) utilizing energy-harvesting circuit designs, (d) designing
coils with low Q, and (e) designing optimized puMS coil arrays.

This manuscript is divided into a theoretical section that considers the power
calculations and presents an expression for pulse design, a results section that outlines
the Finite Element Method and presents tissue current-density distributions for surface
mount inductors of 400, 200 and 100 um diameter to investigate how these fields
change at different frequencies of interest (i.e., from 100 kHz to 1 MHz) and with
different magnetic permeabilities (i.e., from 1 to 10°).

2. Theory

Neurons can be stimulated by passing a short pulse of current through a coil.
This generates a time-varying magnetic field B inside of and in the space surrounding
each coil. In brain tissue, the time-varying magnetic field B in turn generates an
orthogonal electric field E capable of evoking action potentials, according to Faraday’s
law. Neuronal compartments, such as axons parallel to the direction of the current
density J, are depolarized or hyperpolarized depending on the direction and strength of
J, but compartments orthogonal to J are not affected. Thus, uMS is capable of
activating or inhibiting neurons in an orientation-specific manner using the energy
stored in the magnetic field. An inductor is an ideal magnetic field generator, and it
stores the magnetic field energy W generated by the supplied electric current i. The
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Fig. 3: In our investigations, the coil was driven by a class D amplifier (4). An N-turn
uMS coil (B) was studied using an equivalent electrical circuit (C), which takes into
account different sources of losses. Magnetic flux losses that do not contribute to Joule
heating constitute those contributing to microscopic magnetic stimulation of excitable
tissue, thus uMS optimization requires a proper low Q-factor design (e.g., spiral coils,
see APPENDIX).

maximum energy that can be stored in the magnetic field of an ideal inductor is:

W = %fff](x,y, z) - A(x,y,z)dxdy dz = %Li2 (1)

where A is the magnetic potential, and the curl is the magnetic flux density (i.e., B =
V X A). In an actual inductor, the portion of the energy I that is lost is available for



eliciting neuronal activity, even though this loss reduces the Q-factor or the efficiency
and the inductance of the coil.
The complex power (VA) in the N-turn square loop coil can be written as:

P =32 11(w)*Z(w)dw @)

The power dissipated by the coil when driven by a train of pulses is:
Py =Ns [plI(w)I*Re(Z.(w)) dw (3)

Where Ns is the number of pulses per second, Z.(w) is the complex impedance of the
coil and B if the frequency band of the pulse response.

The general form of the Ampere’s equation which includes the displacement currents
and is based on the assumption of time-harmonic fields is:

VX H= (weye +0)E+J° (4)

where /¢ is the current that flows through the uMS coils, and & is the conductivity of
the coil-wire metal or the tissue. The constitutive relations of the material and the
definition of the magnetic potential A are:

B
H = 5
Holyr )
B=VxA (6)
The electric field in the tissue is expressed by Faraday’s law:
E;=—jwA—-V0Q (7)

where @ is the scalar potential. In a manner similar to [20], it is assumed that V@ = 0
because @ is due solely to free charges and no such sources are present in the medium.



Combining eqs. (4-7), we obtain the time-harmonic equation of the Maxwell-Ampére’s
law:

1
Holr

(jwo — wegg,)A+V x (—V x 4) = J° (8)

Let us now consider the following cylindrical coordinates(r, ¢, z), where the axis of
the coil is perpendicular to the z-axis and each turn of the coil can be approximated by
a circle with radius 7 and potential V.. The external current density has norm:

oV,

Jo= 2mr N ©)

The induced currents were found by solving numerically (see Results) the following
quasistatic approximation of Maxwell equations in cylindrical coordinates:

1
Uolr

. v,
(jwo — w?epe)A, +V X ( V X A(p) = Z?uq, (10)

where ¢ € [0; 2] and u,,is the unit vector in the ¢ —direction inside the coil.

3. Pulse Design.

In order to understand which pulse shape minimizes the power consumption we
study the equivalent-circuit of the uMS coil (Fig. 3, right) as a lumped circuit [21]. The
pMS coil is modeled as a series resistance (Rs) and inductance (Ls). Rsis generated by
the eddy current effect when the spiral trace is subjected to time-varying magnetic fields
and is governed by Faraday’s law [22]. Eddy currents are relevant only if the conductor
thickness is greater than the skin depth:

1

6= (11)

nopf

where o is the conductivity of the traces (S/m), u the permeability (H/m) and f the
frequency (Hz). The bridge between the center of the spiral and one of the terminals
generates direct capacitive coupling between the two terminals of the inductor, and is
modeled by a feedthrough capacitance (Cs). The capacitance (usually an oxide) between
the spiral and the substrate is denoted as the capacitance (Cp). The capacitance and
resistance of the silicon substrate are modeled as a parallel operator (i.e., ‘//> or
Z/1Zy = (Zy-Z,)/(Z1+Z,)) of a resistance (Rp) and capacitance (Cp) [23]. This
equivalent circuit can be used to evaluate the complex power (VA) in the spiral coil,
written in the frequency domain as a function of the impedance Zc(w) of the coil as



shown in Fig. 3. The frequency response of the coil equivalent circuit can be expressed
by the following current term:

I(w) _ V(w) _ V(w)
Ze(w) (/ﬁ//Rp) // <jw1CS//(ij5+RS))+Ci//Rp)

2 . 2
Rp+RS+RpRS+]a)(LS+RpCp+2RpRSCp+RpRSCS —~

v(w) wZ(ZRpCpLS+R C.L

p-sts

2 2 2
+RRCo+Ry R C,C, )~ (12)

. 3( 22 2
jw (RpCpLs+RpCpCSLS

(1+RpRs+wj(RpCp +R, L +RSCS) —w?C, LS—a)ZRpRSCpCS—jw3RpCpCSLS) (1—ijpcp)

jow Cs (Rs+ja) Ls)
~ ()
Rs+jw (C5+Ls)

With the approximation assumption is that parallel stray impedances due to packaging
are negligible or that R, < R and C,, K Cs. The ideal pulse is one that provides a
maximal electric field in the tissue with which to excite neurons while minimizing the
energy, thus improving microcoil battery life in the context of long-term implantation.
The electromotive force within the tissue is proportional to the first time-derivative of
the current flowing through the coil, or in frequency space:

E; = —jwA < —jwl(w) (13)

The ideal current stimulation is a pulse I (w) which minimizes the total complex
power and maximizes di(t)/dt, or in frequency domain:
[0 1)z (@)dw = jo 1) = [10° [1(@)?Z.(w) - j =52

[ 1(@)?Ze(@) = jol' (@) = j 1(@)] do = [ [[(@)*Z(w) -
jol'(w)] dw —
Jlo (14)

Jao-

where [, € & is the mean of the Hermitian solution /(w), and the integral functional
is minimized by means of calculus of variations [24]:

A(I(@) = [1)° [1(0)?*Z(0) = Yol ()] dw (15)

where w, is the angular frequency of the limits of the symmetrical frequency band
and A is the Lagrangian multiplier.

c.l. Case: Z .(w) = jwLg

If we consider the simplified case of an ideal inductor, eq.(15) has a
minimum/maximum only if the following Euler-Lagrange differential equation is
satisfied:



14 2wl (w) =0 (16)

which has the following solution:

1
lw) =—2or (17)
or in time is a rectangular pulse:
i(t) = Cu(at) (18)

where u(t) is the rectangular pulse. Both a and C are set experimentally by the
neuronal firing threshold level and by the slew rate of the amplifier. Since the inductors
are RF type a = 1 GHz range, such a short pulse can be implemented in a real world
stimulator as a very steep triangle function, which in turns produces (i.e., the time
derivative) a rectangular pulse in the tissue.

In realistic pulses, a net neuronal activation or inhibition can often be achieved with
uMS by driving the coil with a sharp rising edge followed by a slowly falling dip (or
vice versa), so that the resulting pulse is asymmetric producing an induced current pulse
in the tissue above threshold in the raising edge followed by a sub-threshold current in
the falling edge (or vice versa) (Fig. 4, top). The sub-threshold rectangular pulse is
needed to drive the coil back to resting state (i.e., zero current in the coil) to minimize
power consumption and coil heating. Furthermore, this sub-threshold pulse maybe used
for energy harvesting, since the second sub-threshold pulse drains the coil from the
magnetic energy stored (Fig. 4, in red), which can be captured by an energy-harvesting
capacitor (Fig. 4, bottom).

E.(t)]1
io(t) di () s

dt TISSUE

Energy
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Fig. 4: (Top) An asymmetric triangular current pulse in the coil can be used to
create two rectangular pulses in the electric field strength close to the uMS in the
tissue, one above and one below threshold as commonly done in electrical
stimulation for charge balancing. The second sub-threshold pulse drains the
magnetic energy stored in the coil (in red), which can then be captured by an
energy-harvesting capacitor. (Bottom) A switch capacitor design to capture the
energy stored in the coil during the sub-threshold pulse.
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c.2.Case: Z.(w) = jwLg + Ry
In this case, we have the Euler-Lagrange differential equation:

2(Rs+ jw Ls)I(w)+j=0 (19)
with its solution:

1 jRs+Lsw
(W) =—————77"— 20
( ) 2 Rs2+ Ls2w? (20)
or in time:

i(t) = Cu(at) e Pt 21)
where f = Ry /L.

c.3.Case: Z.(w) = (jwLs + Ry)//Cs
In the RLC case, the Euler-Lagrange differential equation related to eq.(15)

becomes:

jw Cs (Rs+jw Ls) .
Rs+jw (Cs+Ls) ( ) =0 (22)
with the solution:
1 Rs—jw(Cs+Ls
I(w) = — Jo(CstLo) (23)

2wCs  wLs—jRs

or the inverse Fourier Transform is:

( Cu(at)e "t (cos(a)dt) - desin(a)dt)> wo >y
i(t) = Cu(at)e (1 —yt) Wy =a (24)

Cu(at)e "t <cos/1(a)dt) - desin/z(wdt)> wy < a



4. Methods.

The Finite Element Method (FEM) is used here to characterize power dissipation,
and induced currents in the uMS coils. The simulations were performed in
Multiphysics 4.3a (COMSOL, Burlington MA) FEM modeling using the AC/DC
module [25]. The geometry consisted of a cylindrical container 3 mm in radius and
3mm in height, enclosing various objects: a physiological solution, a quartz core
surrounded by a copper solenoid, and copper cylindrical terminals at the top and bottom.
The FEM calculations were performed using a model consisting of a cylindrical
inductor/coil with a 400-um radius (referred to as a “0402”") a height of 1 mm, a 200-
um radius (a “0201”) a height of 0.5 mm, and a 200-um radius (a “01005”) a height of
250um. The 0402, 0201 and 01005 coils respectively comprised 21, 15 and 10 turns
(Fig. 5), and were positioned inside a uniform volume conductor representing the
physiological solution or neuronal tissue with similar electrical characteristics.

The FEM method was used to solve eq.(10) numerically with respect to the magnetic
potential A in the frequency domain at different frequencies of interest (i.e., from 100
kHz to 1 MHz) and with different magnetic permeabilities (i.e., from 1 to 10°). The
subdomain settings are defined by the properties of the materials and the initial
conditions for each model. The material considered had the following properties:
(copper) o =5.998-107S/m, s, = 1L, u, =1, (air) o = O%,er =1,u=1, and
(physiological solution) o = 3S/m, e, = 30, u, = 1.

All the surface boundaries around the outer shell of the cylinder (Fig. SA), to n X
A = 0 (i.e., magnetic insulation). The initial conditions were all A =0 (i.e., null
magnetic potential) throughout the entire geometry. The mesh was a Delaunay set with
adaptive refine meshing option and a maximum element size of 220 pm on all domains.
The voltage in each turn was the same for all the simulations and was found
experimentally to be approximately a value of I, = 4.19 V.
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Fig. 6: (Top) 3D Current density distribution, showing Lenz’s law for one of the two
possible current directions. (Bottom) Current density distributions below the tip of
the coil and along a parallel to the axis of the coil at different radial distances from
the center of the 400um diameter coil.
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5. Results.

We first present data concerning the current density distribution inside and around
coils of different sizes, in order to characterize how small the coil can be made while
remaining capable of stimulating neurons.

The current induced by the coil follows a circular path (eddy current) in the tissue,
such that current densities in the coil in the tissue have opposite directions (i.e., Lenz’s
law see Fig. 6, top). The distributions around (Figs. 5, 7, and 9) and below (Figs. 6, 8,
and 10) the coil are presented. The current density distribution within the tissue is
dependent on the diameter of the coil (Figs. 5-10 top), with higher induced fields
adjacent to the coils and fields with lower local maxima in close to the coil terminals.
The radial distributions of the current densities at different heights (Fig. S top) are all
nonlinear, regardless of coil size (Figs. 5-10, bottom). With regard to current density
distribution around the coil (Figs. 5, 7, and 9), only the current densities radially along
a line radiating out from the coil (i.e., z=0-350um) are decreasing monotonically, while
along the rest, the current density will approach maximum and then further decrease.
Below the terminal (Figs. 6, 8, and 10), at a given radial distance all the current densities
are monotonically decreasing along the radial lines, since the local maxima are located
inside each terminal. Along the 400um outer diameter (OD) of the coil, the current
density norm peaks at 50 A/m? (Fig. 5, bottom) for currents at a distance of 100pum
from point midway between the coil terminals and drops to 4.5 A/m* at 100um from
the outer edge of the terminals (Fig. 6, bottom). At the half height of the coil (i.e., z=0),
the current density curve was fit with an exponential equation using the coefficients
given at the top of Table 1. This produced an excellent fit, with an R-square/adjusted
R-square of 0.9999 and a root-mean-square error (RMSE) of 0.172.

In the 200pm OD coils (Fig. 7, bottom) the geometry is scaled to half the diameter
of the 400um coil, hence the peak current density at 100pm from the midpoint between
the coil terminals is halved, to 25 A/m?. However, at 100um from the outer edge of the
terminals the decrease is only 3 A/m?, 33% of that obtained with the 400um coil (Fig.
8, bottom). The second row of Table 1 presents the current density coefficients derived
by fitting the data with an exponential function, with an R-square/adjusted R-square
goodness-of-fit value of 0.9996 and RMSE of 0.2959.

Diameter P1 P2 a 92
(95% conf (95% conf bounds) (95% conf bounds) (95% conf
bounds) A A/m m’! bounds) m™
400um 14.47 (13.8, 36.88 (36.26, -1888 (-1948,-1828) | -8045 (-8203, -
15.14) 37.5) 7886)
200um 40.44 (39.49, 9.256 (8.247, -1.353 (-1.392, - -2824 (-30063, -
41.39) 10.27) 1.313) 10* 2584)
100pum 35.65 (35.03, 8.953 (8.291, -2.62 (-2.674, -2.565) | -5577 (-5903, -
36.28) 9.614) 10* 5252)

Table 1: Coefficients of the exponential function: J(r) =p,-exp(r-q,) +
D, - exp(r - q,) or the distribution current densities perpendicular and at the midpoint
of the coil axis

13



Similarly, with the 100um OD coils (Fig. 9, bottom), the geometry scales to half
that of the 200pm OD coils. Hence the peak current density at 100um from the midpoint
between the coil terminals also decreased by 50% (12.5 A/m?), with a negligible change
in current density at 100pum from the terminals, where current peaks at 3 A/m? (Fig. 10,
bottom). Thus peak densities at a distance of 100pum from the coil at its midpoint (Fig.
5, point A) are proportional to the coil diameter. However, peak densities measured at
100pm from the terminals do not vary proportionally with respect to coil diameter.
Indeed, the 200 um coil revealed a 33% decrease in current density with respect to the
400 pum coil, while the 200 and 100 pm diameter coils were virtually identical in this
regard. The current density norm below each terminal exhibits a similar monotonic
decrease with respect to coil size (Fig. 6, 8, and 10 bottom). Current density values at
the midpoint were fitted with the expression given at the bottom of Table 1 along with
the coefficients so derived. Excellent fits were thus obtained (R-square/adjusted R-
square: 0.9998 and the RMSE is 0.161).

The current density norm induced in the tissue increases linearly with the frequency
of the sinusoidal current in the coil, following Faraday’s law in the frequency domain
(J; = 0E = —jwogA). In the 400um OD coils (Fig. 11, top), at a distance of 300pum
from the coil windings, the current density norm doubles from 18 A/m? to 36 A/m?
when the frequency increases from 100kHz to 200kHz. A proportional increase in
current with frequency is observed at all frequencies for the 200 um OD coils (Fig. 11,
middle) and for the 100 um OD coils (Fig. 11, bottom). The current density norm
increases non-linearly, however, with respect to the magnetic permeability for all the
coils tested (Fig. 12). Finally, the electric field spatial gradient increases linearly with
coil diameter (Fig. 13).

14
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6. Discussion

Although neuronal stimulation using electrical techniques has proven quite useful
for some applications, we have focused on uMS because it offers several advantages
over purely electrical methods. In order for an electrode to generate current, it needs
to be in contact with a conductive media (e.g. excitable tissue). However, a coil can
induce a current from a distance (e.g., through an insulating layer). However unlike
TMS, these uMS coils can be placed within or immediately adjacent to the neural
tissue, greatly reducing the power needed to evoke neuronal activity. Here we have
explored the effects of coil geometry, stimulation frequency and magnetic
permeability on the resulting current density norm. Our results demonstrate that:
(a) uMS does not require charge-balanced stimulation waveforms as in electrical
stimulation, (b) Microcoils of different sizes and core material permeabilities
produce non-linear changes in the electric field induced in the tissue, and (c) the
ideal shape for a stimulation pulse is one with maximum slope or slew rate, at least
from an energy efficiency point of view, though in vivo experiments must yet
confirm that such a pulse will indeed excite neural tissue.

The distance at which certain current-density norms peak has been observed to
scale in approximate proportion to the diameter of the coil. For instance, the peak
for a distance of 300um from the 400um OD coil (Which is the distance this uMS
coil activates retinal ganglion cells, albeit at a slightly lower, 70kHz, frequency [1])
is 18 A/m?. For a 200um OD coil, the same peak current density norm appears at
approximately 150 um, and for the 100um coil, the peak occurs at 75 um OD.

In electrical stimulation, using a bipolar electrode pair, the 'cathode' or source,
injects a current that depolarizes the neuronal membrane, driving the potential
towards a more positive E that can generate an action potential. At the 'anode' or
sink, the axonal membrane potential is hyperpolarized towards a more negative
potential that can inhibit the propagation of an action potential. The principal issue
in the design of electrical stimulation pulses is that charges may accumulate over
time, producing electrolysis byproducts that can damage or produce inflammation
of neural tissue. In contrast, neither sinks nor sources exist when a current is induced
by a magnetic field. This current consists of a rotating field that mirrors the current
flow in the coil. The property of having no net sources or sinks as derived from the
Maxwell Equations insures that, with uMS, there is never a net charge buildup.

Microelectrodes deliver currents into the surrounding tissue by means of
resistive coupling at the point of tissue-electrode contact. Our alternative approach
is to generate currents by means of inductive, rather than resistive, coupling. As
demonstrated by traditional macroscopic TMS, we know that magnetically-induced
currents can induce neural activity [26] and that its therapeutic use in treating
neurological disorders has been studied for more than two decades [26, 27].
However, employing TMS in standard medical therapy is hindered by several
technical and practical limitations, such as large device sizes, low spatial control and
potential patient discomfort. TMS requires the coils to be relatively distant from the
neural tissue, as opposed to uMS, where coils can be placed in close proximity to
the target tissue. The large distances involved in using TMS therapeutically has
three major implications. First, TMS requires an extremely high current to drive the
coils sufficiently to elicit neural activity. The current-driving sources utilized in
TMS are many orders of magnitude higher than those of uMS, and thus have
significantly higher power requirements. Second, TMS generates strong magnetic
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fields that stimulate broad cortical areas; offering limited spatial control over the
elicited activity. In contrast, uMS coils can be placed in close proximity to the
neural elements, which allows more precise spatial control. While TMS is non-
invasive, TMS can be uncomfortable for the patient because the induced current
often activates the muscle overlying the skull, which is not with a factor in the use
of uMS (although uMS is an invasive technology).

Theoretical studies of TMS include characterizing the electrical fields produced
in neural tissue by magnetic stimulation [20] using coils in the centimeter-diameter
range (i.e., 2, 3.5 and 5 cm). The results of such TMS simulation has shown only a
limited ability to confine the induced current to a small brain area, and that such
limitations could be at least partially overcome by more effective coil positioning
and/or assembly. Other theoretical TMS studies make use of Eaton’s model [28],
comparing the effects of a 6-cm coil vs. two 5-cm coils arranged in a figure-eight
geometry. The latter generated a more symmetrical, focal, and deeper E-field
distribution than did the single coil. Eaton’s model showed that a current of 3,700
A with a 200-ps rise time, running through a single winding, would induce a 18.75
V/m peak E-field, which is the theoretical threshold [29] for exciting a 10-um nerve
fiber. To achieve the same degree of stimulation, the figure-eight coil needs a 30%
lower peak current, and the area of cortex thus stimulated is more focused. Thus,
the results of Eaton’s model (albeit scaled down in the case of the uMS coils) raises
the expectation that the figure-eight geometry will allow us to reach deeper into the
tissue, while achieving more focal stimulation than with TMS.

The use of a magnetic field to generate current flow in tissue is extremely
inefficient from an energy standpoint with respect to its capacity for inducing
electrical fields or currents in a medium. Surprisingly, our hypothesis is that the
opposite may prove true for neural stimulation at the microscopic level. One
important difference between electric and magnetic field is that the magnitude of
the latter is well known to fall off much more rapidly with distance (e.g., cubic vs.
quadratic laws for electric vs. magnetic dipoles in empty space). Our hypothesis is
based on the prediction by various activation models [14] that the field gradient,
rather than its strength, is primarily responsible for neural stimulation. The FEM
simulations confirm that a very high (i.e., 83 V/m?) electric field gradient in the
physiological solution at the distances of interest, between 50um and 125pum from
the uMS coil. On the other hand, the gradient is much smaller than the one used,
for example, in our simulations involving relatively large (i.e., 6mm) electrodes
[30].

Recently it has been demonstrated that uMS is capable of eliciting neuronal
activation, both in vitro [1] and in vivo in inferior colliculus neurons [2]. The in vitro
experiments, performed in a retinal cell preparation, demonstrated that action
potentials could be elicited by puMS. It was also shown that neuronal activation was
amplitude-dependent, whereby higher simulation amplitudes resulted in more
intense activation, and that varying the orientation of the coils relative to the neural
substrate resulted in different activation patterns. Perpendicular orientations of the
coil resulted in minimal activation, whereas parallel orientations resulted in
maximal activation. In the in vivo experiments, it was demonstrated that uMS of the
dorsal cochlear nucleus resulted in neuronal activity in the inferior colliculus.
Hence, uMS can elicit neuronal activation within an interconnected neural circuit
and is not restricted to modulation of local circuitry only. Yet despite these results,
a number of key issues need yet to be addressed before uMS can become useful in
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fundamental research (e.g. as in Ekstrom et al. [31]) or in translational chronic
neuromodulation therapies.

One primary issue relates to the amount of energy needed to sustain
neuromodulatory effects using uMS. The energy required for uMS simulation can
be considerably reduced by employing at least these three strategies: (1) optimizing
the stimulatory pulse shape, (2) designing coils with high permeability, and (3)
recovering unused energy. First, energy could be optimized by using a more
efficient pulse sequence. Traditional electrical stimulation pulse shapes are
inadequate for pMS stimulation since most of the energy is lost due to Faraday
induction (eq. 7 and Fig. 6). Therefore, shorter pulses are preferable since less
energy will be dissipated and larger current densities can be induced in the tissue.
However, there are limitations in the duration of the excitation pulse since
simulations suggest that with sinusoidal stimuli, the activation threshold increases
monotonically with frequency when the stimulation plateau of a few kHz [32] is
exceeded. In so optimizing stimulation sequences, one should endeavor to minimize
the power and maximize the slope while still retaining the ability to activate neural
tissue. Second, micro coils could be specifically designed for this application. For
example, the long solenoid design used here optimizes the Q-factor but renders the
bulk of the magnetic energy inaccessible. An alternative is the use of multiple,
slimmer coils (i.e., spiral, sece APPENDIX) or by using the principle of field
summation. The dimensions of the coil can further be reduced using advanced
MEMS construction techniques and by generating fields with even higher gradients.
However, there are limitations on the magnitude of the magnetic field flux density
obtainable by increasing size because of the aforementioned limits on current
densities for various metals. Finally, inductors store energy (eq. 1) in the magnetic
flux density, and it is well-known that this energy can be recovered. For example,
the energy can be extracted from the magnetic flux density of the inductor by
disconnecting the generator and connecting the coils to a capacitor. Therefore, it
may be possible to recover unused energy in an implanted uMS system and thus
extend battery life. The ability to recover energy with a uMS-based inductor is not
possible with conventional stimulation employing a microelectrode, such as with
DBS, where much of the power is dissipated as thermal energy.

There are two types of inductor core coils that are available in small, surface-mount
packaging (i.e., 0402, 0201 and 01005, as used in the FEM simulations presented
here): air and ferromagnetic. Ferromagnetic core coils may increase the inductance
by three orders of magnitude, due to its higher permeability. However, the magnetic
properties of the ferromagnetic cores induce losses and nonlinearities due to
hysteresis that increase with slew rate or frequency and generate MRI artifacts. We
chose the air coils for our in vitro [1] and in vivo [2] experiments because they are
usually non-magnetic. Our inductors were tested and found to produce no T1 or T2*
artifacts in the MRI [33]. Furthermore, air core inductors are designed for high-
frequency currents with no significant distortion. The surface-mount, high
inductance air coils are RF-MEMS-based technology and have only recently been
introduced into the market [34]. The dimensions of the coils were:
1,000(L)x500(W)x350(H) pm, 500(L)x250(W)x175(H) um and
250(L)x125(W)x85.5(H) um [35]. In theory, coil inductances can be estimated
directly from their geometries using published formulas ([36] and Appendix). Each
inductor tested had an inductance and DC resistance consistent with the data sheet
(£10%), and the 4-Q resistance was optimal for driving the 1-kW audio amplifier.
The RF-field may produce local peaks of electric field and specific absorption rate
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(SAR) because of the high conductivity of metals [5, 37, 38]. Since the SAR peak
occurs in the tissue/metallic electrode interface [5], using electrical insulation may
provide some protection against excessive heating. However, inductive heating may
still be a possibility, even in the presence of an insulator and with large conductors
(e.g., the terminals in the coil model in Fig. 3B).

7. Conclusion

We have investigated micromagnetic stimulation (UMS) because it has several
advantages over electrical stimulation methods. For example, uMS does not create
sinks or sources when a current is induced by a magnetic field, and thus it does not
suffer from the charge buildup that may occur with electrical stimulation. The
simulation data indicate that the current densities do not scale linearly with the coil
size, but reduce approximately quadratically as coil diameter is reduced. Thus,
microscopic magnetic neuronal stimulation with coils approximating the size of the
cell or smaller maybe feasible if positioned very close to or even inside the cell.
Furthermore, energy efficiency can be achieved by utilizing the recommended
pulse, constructing microcoils with high-permeability cores (albeit losing MRI
compatibility) and by harvesting energy from the coil immediately after stimulation.
Energy efficient pMS may allow for direct deployment in the clinical field on
patients, who will benefit from the reduced immunological response, MRI safety
and enhanced control offered by uMS over traditional electrical stimulation.

8. APPENDIX

INDUCTANCE CALCULATION FOR A RECOMMENDED COIL GEOMETRY

Inductance calculations for different types of inductors can be found in several
seminal works [39-46]. Here we will consider planar spiral square coils (Fig. 14,
top) since these types of coils have the potential to offer the best performance in
UMS coil applications, as the magnetic flux is readily accessible to the tissue (Fig.
14, bottom). For planar spiral square coils, it has been shown that the optimal Q-
factor can be achieved when the D¢/Di (i.e., the ratio between external and internal
diameters) is 5 [47], thus this is not optimal for future uMS coil designs, and a lower
or higher value should be used depending on the degree of focus needed for the
stimulation. The total inductance has been estimated [48, 49] as the sum of the self-
inductance and the positive and negative mutual inductances:

Ly=Lo+ M, +M._ (25)

where L is the total inductance. L, is the sum of the self- inductances of all the
straight segments, M, is the sum of all the positive mutual inductances or when the
current flow in two parallel conductors is in the same direction and M_ for currents
in the opposite direction. The current on opposite sides of conductors are parallel
to one another, whereas the currents in adjacent segments are orthogonal. Given that
u-magnetic stimulation is typically low frequency where dispersion and loss
mechanisms are not predominant, we can take advantage of symmetry and the fact
that segments with orthogonal current have zero mutual inductance. The inductance
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can be well approximated by the sum of the self-inductance of adjacent segments
and the mutual inductance between opposite conductors [50]:

, , , 2
Ly = poN2C; = [log (C:2)+ Gt + G () ] (26)
This simple approximation has an error lower than 8% for s <3w, since smaller
spacing improves the magnetic coupling between loops and reduces the total length
of the spiral. Where (see also Table 2):
N: total number of segments in the spiral
[: total length of the spiral (m)
i: inside diameter of the spiral (m)
w: width of the traces (m)
t: thickness of the traces (m)
tsup: thickness of the substrate (m)
s: spacing between segments (m)
su: spacing between traces and underpass (m)
T: number of turns
Gsuv: conductance per unit area of the substrate (S/m?)
Xub: capacitance per unit area of the substrate (S/m?)
esub: dielectric constant of the substrate
p is the resistivity of the traces (Q2-m)
u the permeability of the traces (H/m)
wo the permeability of vacuum or 4x 10”7 (H/m)
fthe frequency (Hz)
k =0.50049
Ci=1.27
C=2.07
Cs=0.18
C4=0.13
An online total inductance calculator using this and other approximations is
available at:
http://smirc.stanford.edu/spiralCalc.html.

ALL THE PARAMETERS OF THE CIRCUIT IN FIG. 2 CAN BE FOUND IN TABLE 1 [23].
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Fig. 14: (Top) The model of a seven-turn, square, spiral coil atop a slab of tissue undergoing FEM.
(Bottom) Lines of magnetic flux and electric potential on the square spiral conductors. The magnetic

flux enters the tissue and is not as confined to the core as with a solenoid coil.
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Parameters Analytical Equation
Ls eq.(4)
R oL
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2 tsub
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lw Gsub

Table 2: Parameters used in inductance estimation.
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