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Implantable neuroprostheses such as cochlear implants, deep brain stimulators, spinal

cord stimulators, and retinal implants use charge-balanced alternating current (AC)

pulses to recover delivered charge and thus mitigate toxicity from electrochemical

reactions occurring at the metal-tissue interface. At low pulse rates, these short duration

pulses have the effect of evoking spikes in neural tissue in a phase-locked fashion.

When the therapeutic goal is to suppress neural activity, implants typically work indirectly

by delivering excitation to populations of neurons that then inhibit the target neurons,

or by delivering very high pulse rates that suffer from a number of undesirable side

effects. Direct current (DC) neural modulation is an alternative methodology that can

directly modulate extracellular membrane potential. This neuromodulation paradigm can

excite or inhibit neurons in a graded fashion while maintaining their stochastic firing

patterns. DC can also sensitize or desensitize neurons to input. When applied to a

population of neurons, DC can modulate synaptic connectivity. Because DC delivered

to metal electrodes inherently violates safe charge injection criteria, its use has not been

explored for practical applicability of DC-based neural implants. Recently, several new

technologies and strategies have been proposed that address this safety criteria and

deliver ionic-based direct current (iDC). This, along with the increased understanding of

the mechanisms behind the transcutaneous DC-based modulation of neural targets, has

caused a resurgence of interest in the interaction between iDC and neural tissue both in

the central and the peripheral nervous system. In this review we assess the feasibility of

in-vivo iDC delivery as a form of neural modulation. We present the current understanding

of DC/neural interaction.We explore the different designmethodologies and technologies

that attempt to safely deliver iDC to neural tissue and assess the scope of application for

direct current modulation as a form of neuroprosthetic treatment in disease. Finally, we

examine the safety implications of long duration iDC delivery. We conclude that DC-based

neural implants are a promising new modulation technology that could benefit from

further chronic safety assessments and a better understanding of the basic biological

and biophysical mechanisms that underpin DC-mediated neural modulation.
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INTRODUCTION

One of the earliest direct interactions with nervous system
was conducted by Luigi Galvani in the late 1700s. In Galvani’s
experiments, isolated frog leg muscles, and the incoming nerves
were depolarized with impulse-like delivery of electrical current.
Galvani was confined to using a statically charged rod or metal
rods attached with chains to Leyden jar capacitors to evoke a
muscular response (Geddes and Hoff, 1971; Piccolino, 1998).
Once Alessandro Volta developed a battery in the early 1800’s,
he tested the effects of delivering∼50V of direct current (DC) to
neurons by attaching the leads to various parts of his own body,
including the ear, eye, and tongue. His famous observations of
the sensations are well-known in the field of neuromodulation,
with descriptions of crackling, pain, noise, and shocks. While
the mechanism of electricity-to-nervous system interaction was
not well-understood at the time, one interpretation of these early
experiments is that both electrical pulses and direct current can
both be used to successfully interact with the nervous system
(Guleyupoglu et al., 2013).

The first fully implantable pacemaker was designed and
implanted in 1958 by Rune Elmqvist and Åke Senning, at the
Karolinska Hospital in Sweden (Aquilina, 2006). This device
delivered regularly spaced electrical current to the heart. A 1.5ms
pulse initiated a heart compression, but continued heart activity
was self-propagating for another 1 s with no output from the
pulse generator. These electrical pulses were delivered to a metal
electrode implanted in the heart muscle. The need to deliver
a very short duration pulse to depolarize the cardiac tissue of
the heart fortuitously coincided with the fact that one could not
deliver longer duration electrical current to a metal electrode
without creating potentially toxic electrochemical byproducts.
The inventors were not necessarily considering this implication
during the development process, but the device was safe largely
because the pulses were short with long inter-pulse intervals.

The pacemaker was self-contained and battery powered,
giving the patient the freedom to move around. In modern
terminology, the pacemaker was the first implantable pulse
generator (IPG). The invention of this IPG created a precedent
that showed us how we could effectively evoke electrical activity
in the body safely with a device that delivered short pulses.
In the nervous system, pulsatile stimulation was in principle
confined to evoking an action potential (AP) in response to a
pulse. However, due to the gross spatiotemporal spike rate coding
method of the peripheral nervous system, pulsatile stimulation
offered such a broad realm of applications that IPG technology
dominated the field of neuromodulation for many years and it
is still the primary commercial technology for neuromodulation
therapies (Loeb, 2018).

DC was nearly abandoned for the purposes of implantable
neural stimulation due to the therapeutic success and broad
validation of IPGs in various applications, and the technical
barrier associated with the challenge of safely delivering electrical
current for a prolonged duration to a metal electrode implanted
in biological tissue (Merrill et al., 2005). The recent resurgence
of this mode of neuromodulation is due to technical innovations
that have allowed DC to be delivered for longer durations to

neural targets, and the success of experiments conducted through
electrodes positioned on the skin where safety concerns could
be more easily mitigated (Ruffini et al., 2013; Bikson et al.,
2016). The other reason that DC neuromodulation has gained
interest in recent years is that the field of neuromodulation
has become refined sufficiently to be faced with new challenges
that are more difficult to address using pulsatile waveforms.
Because DC directly controls membrane potential, it can increase
or decrease firing rate, altogether block neural activity, control
AP propagation velocity, and modulate synaptic connectivity
(Goldberg et al., 1984; Bikson et al., 2004; Vrabec et al., 2017;
Strang et al., 2018; Yang et al., 2018). DC also appears to
maintain the stochastic properties of AP inter-pulse intervals on
each neuron (Goldberg et al., 1984), in contrast to conventional
pulsatile stimulation for which an evoked AP in phase with the
stimulation pulse is the intended effect.

This review covers the recent technological advances to deliver
direct current to neurons, our understanding of how DC electric
fields interact with neurons, potential therapeutic applications
of DC, and finally the safety considerations associated with
delivering DC to neural tissue.

DC ENABLING TECHNOLOGY

The Tissue-Electrode Interface
The interface between an electronic neural implant and biological
tissue is called an electrode. One side of the electrode surface
is exposed to electrons, while the other is exposed to ions in
the body fluids. If the electrons congregate temporarily on one
side of this interface, on the other side they cause positive ions
to move toward this interface and the negative ions to move
away. If they are left there for a longer duration, some of these
electrons will cross into the solution, causing a chemical reaction
by breaking up or creating molecular bonds. On the opposing
electrode, the opposite effect occurs, where lack of electrons will
attract an electron from a negative ion in the solution. This
general principle is one of the fundamental mechanisms behind
electrochemistry (Zoski, 2007). Unless carefully and intentionally
controlled, electrochemical reactions occurring at the metal-
tissue interface are generally harmful to the body processes,
causing pH changes, electrode corrosion with toxic byproducts,
and bubble formation due to electrolysis (Brummer et al., 1983;
Shannon, 1992; Merrill et al., 2005; Pour Aryan et al., 2014). For
this reason, IPG designers are careful to avoid any unwanted
electrochemical reactions when using bare metal electrodes to
deliver current to the body. This can be accomplished in three
ways: by decreasing the amount of time that the electrode is
exposed to excess of electrons by reducing pulse duration; by
limiting the amplitude of the current pulse that is delivered
during this stimulation time and consequently the number of
electrons that congregate at the electrode; and by increasing
the surface area over which these electrons are distributed to
reduce their density. IPGs typically use charge balanced biphasic
pulses on the order of microseconds to milliseconds per phase
to interact with neurons (Merrill et al., 2005; Pour Aryan et al.,
2014). For the typical bare metal Pt electrodes, the safety criterion
is 300 µC/cm2 (Shannon, 1992; Merrill et al., 2005; Pour Aryan
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et al., 2014). This type of safety criterion is referred to as the
“charge injection criteria” and it is defined as the charge per
electrode area necessary to cause electrolysis.

Improving Charge Injection Criteria
Delivering direct current using a metal-tissue interface designed
to function with an IPG is not possible without violating charge
injection criteria and thus causing electrochemical reactions at
the surface of the electrode. Development of electrode design
has focused on improving charge injection limits, either as a
means to decrease electrode size and thus improve the resolution
of stimulation, or to deliver electrical current for very long
durations in applications for which short pulses are not as
effective, such neural block (Vrabec et al., 2016, 2017). The
gradual evolution of these technologies has helped to enable the
development of devices capable of safe DC delivery.

Improvements to the charge injection criteria necessary to
enable a decrease in the electrode size have been addressed
primarily with improvements in electrode surface treatments that
increase the electrode area (Won et al., 2018). Another approach
is to coat the electrodes with a dielectric oxide, such as that
used for the Ta-Ta2O5 electrode, which can be used to prevent
electrons from crossing the boundary into the solution without
increasing the surface area (Brummer et al., 1983). This benefit
comes at the cost of increased voltage needed to deliver the same
amount of current, since the capacitance of the electrode drops
in proportion to the thickness of the oxide. These treatments
are primarily designed to maintain the delivery of charge for a
smaller electrode size and they increase charge injection capacity
by as much as 4 mC/cm2 (Guyton and Hambrecht, 1973, 1974).

When the design goal is to deliver current for durations that
are much longer than those needed to evoke an action potential
(to maintain a neural block for example) the modifications to the
electrode design must accommodate several orders of magnitude
increase in charge injection criteria. One improvement over
the surface treatment method is the use of polymer coatings.
This method creates a three-dimensional analog of the two-
dimensional electrode surface. These coatings are collectively
referred to as hydrogel polymer coatings, with PEDOT:PSS as
the most well-known of these (Nyberg et al., 2002; Ferlauto
et al., 2018). These polymers conduct electronic current and
have the property of absorbing the surrounding electrolyte (e.g.,
body fluid) that allows for a capacitive interface between ions
and electrons to form on a molecular scale throughout the
polymer chains. Hydrogel polymer coatings have been able to
achieve safe charge injection capacities as high as 34 mC/cm2

(Nyberg et al., 2002).
Although electrode surface coating can improve charge

injection capacities by orders of magnitude, they also introduce
new complications. The addition of another material interface
can create additional toxicity concerns: for example, carbon
nanotube coatings can improve charge injection and impedance
properties of metallic electrodes but may also increase
cytotoxicity and inflammation at the electrode interface,
either due to intrinsic properties of the material (Shvedova
et al., 2003; Gilmour et al., 2013) or via chemicals generated as a
result of coating deposition (De Volder et al., 2013). Roughened

rigid surfaces generate mechanical tissue stress, and along with
hydrogel based surfaces are potentially more brittle and thus
less stable for chronic implantation (Aregueta-Robles et al.,
2014). While none of these limitations are hard barriers to
implementation, they prevent a “one-size-fits-all” approach
to continued improvement of charge injection capacity in
neural implants.

Ionic Direct Current Delivery
Further attempts to increase the duration of current delivery have
come in two forms: creating a barrier between the body and the
electrochemical byproducts at the electrode, and technology that
eliminates or heavily mitigates toxic electrochemical reactions at
the electrode while maintaining direct ionic current (iDC) flow.
Both deliver DC to the tissue under the assumption that the
electrochemical toxicity at the metal electrode is avoided for the
duration of stimulation and the biological tissue is never exposed
to the toxic chemical byproducts.

An electrochemical barrier can be accomplished by physically
separating the electrode and the chemical corrosive byproducts
with a column of electrolyte or electrolytic gel. One example
of such an electrode is the Separated Interface Nerve Electrode
(SINE). This concept introduced silicone tubing filled with an
electrolyte between a syringe that contained a metal electrode
and the target nerve (Ackermann et al., 2011; Vrabec et al.,
2016, 2017). It is also possible to gel the electrolyte with Agar to
mechanically stabilize it in the column and prevent the electrolyte
from potentially leaking (Fridman and Della Santina, 2013a).
Other methods involve complex chemical film coatings that
“sequester” electrons in a chemical Faradaic reaction, whose
products do not diffuse into the solution and are reversible.
One example of such interface is activated iridium (Brummer
et al., 1983; Beebe and Rose, 1988). In the case of activated
iridium, the introduction or removal of an electron results in
transitions between Ir3+ and Ir4+ ionization states within the
coating achieve up to 25 mC/cm2 charge injection capacity at the
interface of the coating (Merrill et al., 2005).

In contrast, another approach has been to develop a method
by which ionic current can be delivered safely indefinitely
(Fridman and Della Santina, 2013a,b; Ou and Fridman, 2017).
The principle behind Safe Direct Current Stimulation (SDCS)
is to rectify short, biphasic electronic pulses delivered to metal
electrodes in the device into direct ionic current at the output
of the device. This way the metal electrodes never undergo
Faradaic reactions and there are no electrochemical byproducts
generated within or external to the device. Conceptually, the
SDCS delivers alternating current pulses to electrodes suspended
at the opposite ends of a torus filled with ionic solution (termed
“saline” in Figure 1). With each change in stimulation polarity
the valves on either side of each electrode change from open-
to-closed and closed-to-open, effectively modulating the path
for ionic flow through the valves between low impedance and
high impedance. Two extensions connected to the sides of the
torus are directed into the body to complete the ionic current
circuit. Figure 1 demonstrates this concept, comparing two states
of the apparatus. In both panels of the figure, ionic current flows
from left to right through the stimulated tissue. In this way, a
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FIGURE 1 | Principle of SDCS operation. The two diagrams indicate two

states of the same device. The device converts electronic current delivered

between electrodes eA and eB to ionic current delivered to the tissue. When

the pulse switches current direction, the valves switch states and the ionic

current is driven through the alternate paths of the bridge. In both cases the

ionic current is driven from left to right. Figures adapted with permission from

Fridman and Della Santina (2013a).

continuous AC square wave controlling the apparatus will deliver
DC ionic current (iDC) through the tissue from left to right.
This system creates a closed-circuit path for the ions to flow, so
that the anions that flow into the electrode tube on the right are
replaced by the anions that flow out of the electrode tube on the
left (Fridman and Della Santina, 2013a).

This concept originated from an attempt to develop
a way to maintain endocochlear potential for hearing
problems for people suffering from presbycusis, a common
age related hearing disorder (Corbett and Clopton, 2004).
This disorder disrupts the important ionic balance between
endolymph and perilymph in the cochlea. The idea behind
the system proposed by Spelman et al. was to create a
mechanism by which electronic current delivered in the
form of pulses could be rectified into ionic current flow.
While this original application therapy was not developed
further due to the advances in other treatments of age-related
hearing loss, such as improved hearing aids and cochlear
implants, this work did serve as an inspiration for developing
the SDCS.

The SDCS has gone through several conceptual iterations
and technological improvements. The original design shown
in Figures 1, 2A, suffered from current flow interruptions
due to valve transition timing. During state transitions, the
valves would be closed or open simultaneously for a short
duration at the same time, causing a short or an open circuit
and resulting in interruptions in current flow at the output
(Fridman and Della Santina, 2013a). The first solution to
the problem of current flow interruption used two SDCS
systems that worked in tandem shown in Figure 2B (Fridman
and Della Santina, 2013b; Ou and Fridman, 2017). The
system on the left would deliver the current to the tissue,
while the system on the right would switch its valve states;
the control of the current flow would switch electronically
from the system on the left to the one on the right and
the right system would change valve states, and then the

process would repeat. Even though this solution solved the
problem of current flow interruptions, the system suffered from
high power requirements due to the need to operate eight
independent valves.

The next design iteration addressed the problem of current
flow interruption, and power consumption by reducing the
number of valves to just two and requiring only one
actuator to control these valves (Fridman, 2017). The basic
construction is diagrammed in Figure 2C. Conceptually, this
construction drives the current through the tissue using
one current source, while the second discharges. During
the valve switch, both valves are open for a short time,
while the current sources ensure the proper amount of DC
current flow through the tissue. The microfluidic prototype
of this SDCS system is shown in Figure 2D. The valves
are designed to be controlled on the PDMS chip using
a shape memory alloy Nitinol muscle wire. The valves
have been shown to operate for over 1 million cycles
(Cheng et al., 2017, 2018; Fridman, 2017).

An alternative direction to mitigate electrical/biological
interface concerns has been to develop an organic electronic
ion pump (OEIP) that can deliver charged molecules directly
from a reservoir to neural tissue via electrophoresis (Moulton
et al., 2012; Arbring Sjöström et al., 2018). OEIP delivery
of neurotransmitters has been shown to modulate neural
activity both in-vitro- and in-vivo- (Isaksson et al., 2007;
Simon et al., 2009, 2010, 2015), which could allow for OIEP-
mediated neuromodulation to produce a more naturalistic
control of neural activity. While OIEPs typically use DC
current to drive electrophoresis, OIEPs are typically very
low voltage and do not influence the membrane voltage of
target neurons via a direct electric field effect, but rather by
either the electrophoretic modulation of neurotransmitter or
extracellular ionic concentrations (Simon et al., 2010; Larsson
et al., 2013; Tarabella et al., 2013; Arbring Sjöström et al.,
2018). Given the radically different mechanism of neural
interaction that OIEPs employ compared to traditional or
even ionic DC electrical stimulation, a full discussion of
their mechanisms and potential applications is beyond the
scope of this review. However, the reviews cited here discuss
the development and function of OIEPs comprehensively
(Svennersten et al., 2011;Moulton et al., 2012; Larsson et al., 2013;
Arbring Sjöström et al., 2018).

ELECTRICAL STIMULATION—NEURON
INTERACTION

With improvements to DC stimulation technology that reduce
or even eliminate the safety concerns associated with toxic
byproducts at the metal electrode-tissue interface, it becomes
important to understand how the resulting focal iDC interacts
with neurons. Unless explicitly mentioned, from here-on in
the review it should be assumed that we are discussing only
the effects of direct ionic current flow through the body and
not the effects of undesirable electrochemical reactions at the
tissue interface.
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FIGURE 2 | (A) SDCS 1. (B) SDCS2 was designed to remove interruptions in current flow observed in SDCS1 construction. (C) SDCS3 is designed to remove the

current flow interruptions, reduce power consumption and improve reliability. (D) SDCS3 microfluidic implementation. Figures adapted with permission from Fridman

and Della Santina (2013a) and Fridman (2017).

Current Flow Through Tissue
The electric field associated with current delivered to an electrode
in contact with the body depends on the impedance of the tissue
through which this current travels. Even though the impedances
differ greatly between different types of body tissues (Geddes
and Baker, 1967; Pethig, 1987), each individual type of tissue
impedance can be loosely modeled as a parallel resistor/capacitor
pair, with the capacitance of the tissue modeling the impedance
associated with the cell membranes, and the resistive components
modeling the interstitial spaces (Gudivaka et al., 1999; Kyle
et al., 2004). More accurately, finite element models (FEM) often
include realistic morphologies of tissue and electric properties
that include both conductivity and permittivity (Grant and
Lowery, 2010; Joucla and Yvert, 2012; Wongsarnpigoon and
Grill, 2012; Joucla et al., 2014). Capacitive and even dispersive
impedances (in which permittivity varies as a function of
frequency) are important when current propagation through
tissue is pulsed at sub-millisecond duration (Grant and Lowery,
2010). These considerations are simplified for electrical stimuli
at low DC-like frequencies, and can be reduced to models of
purely resistive current propagation and static electric fields
(Plonsey and Heppner, 1967). Just as for pulsatile stimuli, electric
field orientations can be modified by introducing multiple
electrodes, whose resulting electric fields would add in a standard
linear superposition.

Modeling the Effect of Direct Current on
Neurons
Whereas, determining the electrical current propagation
through the tissue is simpler for DC, the effect of DC

electric field on neurons is more complicated when compared
to the action potential (AP) evoked by a short biphasic
pulse presentation.

The theory governing the effect of an extracellular
electrode on neural membrane has been well-described
using a compartmental cable equation that relates membrane-
voltage to extracellular voltage and time-dependent membrane
currents (McNeal, 1976; Rattay, 1986, 1999; Joucla et al.,
2014). These equations were originally modeled on Hodgkin-
Huxley or Frankenhaeuser-Huxley descriptions (Hodgkin
and Huxley, 1952; Frankenhaueuser and Huxley, 1964),
but the same compartmental model can be modified to
rely on voltage-gated channel dynamics, based on the
wealth of latest cellular electrophysiology literature—there
are many types of voltage gated sodium and potassium
channels, all with different temporal dynamics and expression
densities, differentially expressed in the membranes of specific
neural types (Vacher et al., 2008; Eijkelkamp et al., 2012;
Toloza et al., 2018).

For a monopolar electrode in an isotropic medium
such as one diagrammed in Figure 3A, that delivers
current Iel through tissue with resistivity ρ, the
extracellular voltage Vn at distance rn from the
electrode is:

Vn =
ρIel

4πrn
, (1)

The relationship that then relates the currents crossing the
membrane of the targeted axon depicted in Figure 3B is the
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FIGURE 3 | (A) Diagram of the single monopolar electrode distance rn from

the center of the targeted neuron. Because current travels to the electrode

from all directions, we can assume that Iel is distributed over a sphere

indicated by short arrows in an isotropic medium. (B) Myelinated axon of

diameter d of the targeted neuron is modeled by compartments length 1s

between nodes of Ranvier, with L representing the length of exposed

membrane. Figure adapted with permission from Joucla and Yvert (2012).

cable equation:

Cm
d

(

Vint,n − Vn

)

dt
+ Gl

(

Vint,n − Vn − Vr

)

+ Ii,n

+Ga

(

2Vint,n − Vint,n−1 − Vint,n+1
)

= 0 (2)

Where the membrane conductances, currents, and capacitances
depend on the diameter of the fiber d, the length of the segment
1s, and the exposed length of the membrane L. Cm = cmπdL,
Gl = glπdL, Ga = πd2/(4ρi1s) , Ii,n = ii,nπdL. Cm is the
compartment membrane capacitance, Gl the membrane leakage
conductance, Ga the conductance along the axon, and Ii,n the
total transmembrane inward current (such as due to voltage
gated channels). Membrane voltage (Vm) can be expressed as the
difference between the intracellular and the extracellular voltage
Vm,n = Vint,n − Vn. For further simplification, we can introduce

the time and space constants: τ =
Cm
Gl
, λ = 1s

√

Ga
Gl

(Joucla and

Yvert, 2012). The equation can now be written as:

τ
dVm,n

dt
− λ2

Vm,n−1 − 2Vm,n + Vm,n+1

1s2

+ Vm,n +
ii,n

gl
= λ2

Vn−1 − 2Vn + Vn+1

1s2
(3)

While the actual solution to this equation for a given stimulus
is typically obtained by computational means it is possible to
intuitively understand of the changes to the membrane potential

FIGURE 4 | Anodic and cathodic stimulation model approximations. Top row

is the extracellular voltage distribution along the fiber. Second and third rows

are Activating Function (AF) and Mirror Estimate (ME) approximations of the

resulting membrane potential changes. Anodic stimulation delivers a

hyperpolarizing center, with short depolarized (shaded) side lobes. Cathodic

stimulation delivers a strong depolarization near the electrode and

hyperpolarization at the side lobes. The Activation Function is more accurate

for short pulses. The Mirror Estimate is more accurate for long duration stimuli.

Vm in response to a pulse presentation. Rattay introduced the
concept of an Activating Function (AF) based on the cable
equation (Rattay, 1986). For a rapid pulse presentation one can
assume a dominant capacitive current across the membrane,
negligible intracellular currents, and constant current through
membrane channels. Under these conditions, he demonstrated
that Vm α ∂2V

∂s2
. That is, the membrane voltage is proportional

to the second spatial derivative of the extracellular potential
(Figure 4, second row). This approximation has been the primary
tool used to predict the behavior of neurons in response to
extracellular stimulation pulses (McIntyre et al., 2004). The
drawback of this approximation is that it provides an intuitive
description for the responses to very rapid sub-millisecond
pulses, but not for the responses to long-duration stimuli such
as those encountered during DC.

An alternative approximation, the Mirror Estimate (ME),
was more recently proposed by Joucla and Yvert (2009). This
approximation assumes a long-duration stimulus at which
the capacitive currents become negligible and the membrane
currents have reached a steady state. Using this approximation,
it can be shown that the membrane voltage Vm(s) at any point s
along the fiber is proportional to the negative of the extracellular
potential V offset from its average along the fiber: Vm(s) ≈ V −

V(s). The authors demonstrated this approximation to be more
accurate over longer duration stimuli (Joucla and Yvert, 2012).
This approximation is more relevant for estimating the effects of
DC on the neural membranes.

Figure 4 shows an illustration of the predictions made by
AF and ME approximations of the neural membrane response
to a pulse presentation. The top row shows the extracellular
voltage distribution along the horizontal axon for an electrode
positioned in the center above the horizontal axon. The middle
row shows the AF approximation (i.e., proportional to the second
spatial derivative of the extracellular potential) of the membrane
potential in response to a short pulse. The bottom row shows
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the ME approximation that is better at estimating the response
for a long duration stimulus presentation. While AF and ME
approximations ofmembrane voltage appear similar in shape, the
ME has a much wider center, with considerably longer side lobes.

The illustrations for AF provide important intuitive
predictions of the neural responses to a short pulse presentation.
For example, from the second row, one can predict that a neuron
will have a higher threshold for evoking an action potential to an
anodic pulse presentation rather than to a cathodic pulse. This
prediction is based on the fact that the anodic pulse depolarizes
at the side lobes rather than in the center and since the side lobes
are much smaller than the center response, one would need a
larger amplitude stimulus to evoke an action potential. It is also
apparent that the AP will be generated at the side lobes for an
anodic stimulus, but it would be generated in the center for
a cathodic stimulus. One can also predict that if the cathodic
stimulus is large enough, the side lobes of the cathodic response
(second row left) would prevent the AP from propagating from
the center (Rattay, 1987).

Predicting Neural Responses to Direct
Current
Using the equations derived in the previous section, it is possible
to make similar intuitive predictions about the types of neural
responses generated in response to the long duration (DC-
like) current as shown on bottom row of Figure 4. Here we
present a set of predictions based on our examination of these
ME approximations and in the subsequent section we explore
the corresponding evidence from the empirical studies for DC
effects on neurons. We describe the effects in terms of current
amplitude, but these descriptions are equivalent if we describe the
effects in terms of distance from the electrode as per Equation 1.

1. (a) When presented with a gradually increasing anodic
stimulus, we would expect the membrane potential in the
center of the axon to hyperpolarize enough that it would block
or reduce the probability of AP propagation from its far distal
end. (b) As the anodic stimulus amplitude increases further,
we would expect to start depolarizing the side lobes enough
to bring those parts of the membrane close to AP generation
threshold and start to evoke its own action potentials.

2. (a) When presented with a gradually increasing cathodic
stimulus, we would expect the membrane in the center to
gradually become more depolarized, moving Vm closer to AP
generation threshold, which will start evoking more action
potentials from the center. (b) As the stimulus amplitude is
further increased, we would expect that the side lobes will
become sufficiently hyperpolarized to block or reduce the
probability of AP propagation.

3. (a) We would expect the action potential propagation along
the neuron to slow down during cathodic DC and (b)
to speed up during anodic DC. The AP propagates from
one segment (node of Ranvier) along the axon to the next
by causing membrane voltage depolarization in the latter
segment as a consequence of AP occurring at the previous
neighboring segment. During the cathodic stimulus, the
chronic hyperpolarization along the side lobes would require a

longer time to force the membrane potential at each segment
from their now more hyperpolarized state to AP generation
threshold potential. The opposite would be expected from an
anodic stimulus presentation.

4. In the low-cathodic or high-anodic DC delivery we would
expect a more “natural” increase in neural firing rate. Because
DC depolarization does not occur as a discrete event like
a pulse, but instead creates a gradual persistent change in
membrane potential, one would expect the resulting increase
in firing rate to maintain the stochastic properties of the
neuron’s normal firing pattern. That is, for example if the
neuron’s action potentials are evoked distally as the result of
excitatory postsynaptic potentials (EPSPs), we would expect
increased AP generation because the new “resting” membrane
potential is closer to threshold due to the extracellular
DC delivery.

5. Steady state membrane potential should be significantly
affected by the behavior of the membrane’s ion channels
during DC presentation. From this it follows that the
specific types and densities of ion membrane channels are
important to the membrane voltage change in response to
the extracellular DC field. These considerations are typically
ignored when the AF is used to predict the AP generation
in response to a pulse presentation. This is because the sub-
millisecond pulses are shorter than the changes needed to
affect membrane channel conductances which occur on the
order of milliseconds and longer.

Experimental Observations of DC Neural
Interaction
Because DC-based stimulation has not been on the forefront
of neuromodulation research, relatively few electrophysiology
experiments that assay single fiber responses to DC stimuli
have been conducted. There is confirmation that low-anodic DC
causes neural block and that low cathodic DC causes excitation.
Figure 5A shows the anodal block and cathodal excitation at
low amplitudes (10’s of µA) in support of predictions 1a and
2a (Hopp et al., 1980). In this experiment, DC stimulation was
delivered in-vivo to the middle of a dog vagal nerve axon while
AP propagation was assayed via periodic distal depolarization.
Further support for predictions 1a, 2a, and prediction 4 was
obtained in a chinchilla vestibular nerve experimental results
shown in Figure 5B (Goldberg et al., 1984). Vestibular afferents
normally maintain spontaneous activity at ∼60–100 spikes/s.
In this experiment, vestibular afferents were being recorded
during application of chronic DC stimulus. In this plot, the
responses of two types of afferents are shown. The regular
fiber maintains nearly constant inter-spike intervals (lower
stripe), while the irregular fiber (upper stripe) does not. As
expected from prediction 2a, cathodic stimulus (black dots)
increased the firing rate [shown as decrease in the inter-
spike interval (ISI)] of the afferent neuron. Also, in agreement
with prediction 1a, Anodic stimulus (open circles) decreases
firing rate. Furthermore, illustrating prediction 4, the coefficient
of variation (CV) that describes the regularity of inter-spike
intervals is maintained during DC stimulation when compared
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FIGURE 5 | Experimental evidence for the predictions of DC effect on neurons adopted here with permission from the original publications. (A) Small cathodic (–) DC

excites and small anodic (+) DC suppresses (Hopp et al., 1980). (B) Small cathodic DC excites and small anodic DC inhibits and the stochastic properties of each

neuron are maintained as shown in the coefficient of variance (CV) measurement during DC for both cathodic and anodic stimuli (Goldberg et al., 1984). (C) Cortical

neural responses to the direction of the DC field is consistent with a monopolar stimulation effect. Cathodic proximity excites (DEP) and anodic suppresses (HYP)

(Rahman et al., 2013). (D) The timing of AP generation is affected by the DC field. Dark lines represent voltage changes during the application of the extracellular DC

field (Radman et al., 2007). (E) Axonal latency of AP propagation plotted when the axon is parallel to the applied DC field. Red is cathodic, blue is an anodic stimulus.

Slope of each fitted line corresponds to the conduction velocity in each condition (Chakraborty et al., 2018). (F) DC has a clear effect on the potentiation and

depression of synapses as assayed here with an excitatory postsynaptic potential (EPSP) after exposure to the corresponding polarity DC fields (Rahman et al., 2013).

to those from behaviorally (not electrically)modulated spike rates
(Goldberg et al., 1984).

An increase and decrease of neural activity using
correspondingly small cathodic and anodic currents (predictions
of 1a and 2a) is further supported by a functional demonstration
of DC neuromodulation, also conducted in the vestibular system
(Aplin et al., 2018). The results of this work also suggest that DC
modulation does not cause entrainment of activity, consistent
with prediction 4. Previous experiments implicated phase-locked
synchronized multi-neuronal responses to the vestibular nerve
pulse-train presentations in the subsequent long-term depression
of the synapses in central nervous system (Mitchell et al., 2016,
2017). In contrast to pulsatile train modulation of the nerve,
DC modulation did not appear to cause the same depression of
sensitivity, although these results are not directly comparable
(Aplin et al., 2018).

The effect of anodic and cathodic block on efferent peripheral
fibers has been investigated more thoroughly (Bhadra and
Kilgore, 2004; Vrabec et al., 2016, 2017), and have concluded
that monopolar block can be achieved with both DC polarities
in support of predictions 1a and 2b, and 5. A surprising finding
in these investigations is that a cathodic block could occur at the
center part of the axon closest to the monopolar source, which
should be depolarized as seen in Figure 4 bottom row right. The
authors’ explanation for how this block could occur is that during
cathodic DC application, the voltage gated sodium channels
are held in their inactivated states, preventing AP propagation
(Bhadra and Kilgore, 2004). This argument is further supported
by the investigation of the peripheral afferent cathodic block
(Yang et al., 2018).

In agreement with predictions 3a and 3b, the timing
and shape of AP generation is affected by DC fields

Frontiers in Neuroscience | www.frontiersin.org 8 April 2019 | Volume 13 | Article 379

https://www.frontiersin.org/journals/neuroscience
https://www.frontiersin.org
https://www.frontiersin.org/journals/neuroscience#articles


Aplin and Fridman Implantable Direct Current Neural Modulation

(Shu et al., 2006; Radman et al., 2007). The timing of action
potential propagation is affected with DC fields as shown
in Figures 5D,E. Figure 5D shows the action potential
being generated more rapidly due to increased membrane
voltage slope affected by the DC field. Figure 5E shows
the latency associated with AP propagation when anodic
or cathodic DC stimulation is applied. The slopes of the
lines indicate conduction velocity. Anodic DC increases
the speed of AP propagation and cathodic DC decreases it
(Chakraborty et al., 2018).

Transcranial direct current stimulation (tDCS) has been
shown to have significant clinical implications for psychiatric
disorders, epilepsy, stroke, Parkinson’s disease, and pain
suppression (Jackson et al., 2016). While the mechanisms are
not well-understood, it is clear that cortical neurons subjected
to typical tDCS electric fields experience only very subtle sub-
millivolt changes to their membrane potentials—much lower
than the 10 s of millivolts necessary to evoke action potentials.
The effects of DC are therefore much more subtle and
likely involve synaptic modifications through controlling spike
propagation timing and consequently spike-timing dependent
plasticity (Radman et al., 2007). Isolated hippocampal slice
experiments that exposed neurons to weak directional DC fields
identified several important effects of DC on neural signaling.
One key finding in these experiments is that orientation of
the electric field matters. This field orientation is consistent
with the monopolar stimulation concept that we described
earlier. The part of the axon closest to the anodic (positive)
electrode will be more hyperpolarized than the parts that
are farther away (Figure 5C). If the electric field is oriented
parallel to the fiber, the fiber’s response is affected. If it’s
perpendicular, there’s no effect on the fiber’s membrane potential
(Bikson et al., 2004; Rahman et al., 2013; Jackson et al., 2016;
Chakraborty et al., 2018).

When synaptic transmission is occurring, the synaptic
connections are potentiated or depressed depending on the
orientation of the electric field. The effect of DC fields on
synapses is shown in Figure 5F with the size of the excitatory
postsynaptic potential after cathodic and anodic DC fields are
applied to the synapse. If the field is oriented such that the
cathode is on the postsynaptic end of the synapse, it will
be depressed. Conversely, if the anode is positioned toward
the postsynaptic end of the synapse, it will be potentiated
(Bikson et al., 2004; Kabakov et al., 2012; Rahman et al., 2013;
Jackson et al., 2016).

In support of prediction 5, ionic channel conductances
during DC presentation appear to critically influence the neural
response (Yang et al., 2018). This was indicated with a neural
block experiment in which a cathodic block exhibited different
thresholds on different neuronal fiber types, which could not be
explained entirely via differences in fiber diameter. Additional
evidence for the strong effect of membrane channel dynamics
in a DC field comes from an examination of network responses:
the modeled effect of DC on neural network responses matches
the observed effect only when hyperpolarization activated cation
current dynamics (Ih) are included in the model (Magee, 1998;
Toloza et al., 2018).

POTENTIAL APPLICATIONS FOR DC
MODULATION

As discussed in the previous section and summarized in Table 1,
DC can increase or decrease firing rate, block AP propagation,
potentiate and depress synaptic connections, and increase or
decrease neural conduction velocity. The parameters that control
how DC interacts with neurons are the position, polarity and the
amplitude of the electric field. It is clear that DC modulation
offers the ability to interact with the nervous system in many
new ways.

In the following discussion we focus on potential applications
for DC neuromodulation in systems that can potentially stand to
benefit from the unique aspects of DC modulation.

DC for Inhibition/Block of Peripheral Pain
Electrical neuromodulation is a clinical intervention used to
treat pain after unsuccessful pharmacological therapy. Although
there are multiple approaches to the electrical modulation of
pain, typically varying by the location of current delivery, they
all rely on pulsatile electric stimuli to disrupt afferent pathways
delivering nociceptive information to the brain (Gofeld, 2014;
Geurts et al., 2017; Krames et al., 2018). The ultimate aim of
neuromodulation of pain is to block undesirable nociceptive
input; this is problematic for pulsatile stimulation as it cannot
directly suppress neural firing and must indirectly suppress
nociceptive circuits via lateral inhibition or disrupt them via
the delivery of high-frequency modulation. Trials assessing the
efficacy of pulsatile electrical neuromodulation of pain relief
have mixed results and report side effects such as undesirable
hypersensitivity or somatosensory sensation (Nnoaham and
Kumbang, 2008; Geurts et al., 2013, 2017; Shamji et al., 2017).
Direct current modulation may hold a potential solution for
these issues. DC can suppress or completely block nociceptive
fibers directly, in principle foregoing the need for indirect or
alternative approaches for suppression of the target neurons
(Bhadra and Kilgore, 2004; Vrabec et al., 2017). DC fields
may also be able to better target the thin myelinated Aδ

fibers and unmyelinated, small-diameter C fibers that are the
primary transmitters of the nociceptive signal in the periphery
(Yang et al., 2018).

There have been several approaches to the development of
DC-mediated pain suppression. Charge balanced DC delivery via
an implanted microfluidic device (Fridman and Della Santina,
2013a; Cheng et al., 2017; Ou and Fridman, 2017) could
potentially deliver chronic inhibition or block to peripheral
nerves (Yang et al., 2018). High capacitance electrodes for
sustained DC block and a separated interface system could be
used to more efficiently deliver temporary DC pain suppression
(Ackermann et al., 2011; Vrabec et al., 2016, 2017). An alternative
percutaneous approach has also been developed to both suppress
pain and potentially encourage wound healing in traumatic
injury (Molsberger and McCaig, 2018). These technologies
remain in pre-clinical development but have promising results
and are likely to be among the first DC-based neuromodulation
therapies to attempt clinical translation.
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TABLE 1 | Summary of DC effects on neurons from both intuitive predictions suggested by the Mirror Estimate model and experimental evidence.

Prediction of DC effect on neural signaling Neurophysiological application importance Experimental evidence

1a. Low anodic (+): block of AP propagation Pain propagation block, urinary bladder control,

vestibular prosthesis

Hopp et al., 1980; Goldberg et al., 1984; Bhadra and

Kilgore, 2004; Vrabec et al., 2017; Aplin et al., 2018

1b. High anodic (++): increased firing rate

2a. Low cathodic (–): increased firing rate Vestibular prosthesis, other conventional

excitatory neuromodulation paradigms that

currently use pulsatile stimuli

Hopp et al., 1980; Goldberg et al., 1984; Aplin et al.,

2018

2b. High cathodic (– –): block of AP propagation Pain propagation block, urinary bladder control Bhadra and Kilgore, 2004; Vrabec et al., 2017; Yang

et al., 2018

3a. Anodic (+): increase of AP conduction velocity Synaptic connectivity, LTP, LTD, CNS modulation Radman et al., 2007; Chakraborty et al., 2018

3b. Cathodic (–): decrease of AP conduction velocity Synaptic connectivity, LTP, LTD, CNS modulation Radman et al., 2007; Chakraborty et al., 2018

4. Stochastic firing properties are maintained under

DC excitation and inhibition

Synaptic connectivity, LTP, LTD, CNS modulation Goldberg et al., 1984

5. Types and dynamics of ionic conductances play an

important role in membrane voltage changes during

extraceIIular DC stimulation

Synaptic connectivity, LTP, LTD, information

processing, fiber selectivity, CNS modulation

Shu et al., 2006; Chakraborty et al., 2018; Toloza et al.,

2018; Yang et al., 2018

DC for Modulation of the Vestibular
Periphery
Another system that could benefit from the ability of DC
modulation to inhibit neural activity is the vestibular system.
In a normally functioning system, the semicircular canals of
the vestibular labyrinth encode the direction and magnitude
of head rotational velocity by increasing or decreasing firing
rate from a spontaneous baseline of approximately 100 spikes
per second in primates (Miles and Braitman, 1980; Sadeghi
et al., 2009). In patients with bilateral loss of vestibular
function it becomes debilitatingly difficult to maintain stable
vision, balance or locomotion (Curthoys and Halmagyi, 1995).
Vestibular prostheses modeled on the cochlear implant are in
development to address a therapeutic need in patients with
vestibular pathologies (Della Santina et al., 2007; Valentin
et al., 2013; Hageman et al., 2016; Lewis, 2016). To generate
bidirectional encoding of motion, these implants artificially
elevate the spontaneous rate of the vestibular afferents via
adaptation to a constant pulse rate and then modulate around
this increased baseline. This approach has two main limitations:
the first is that an increased baseline rate reduces the dynamic
range of encodable head rotations (Davidovics et al., 2011, 2012;
Lewis, 2016) and the second is that entrained firing of the
vestibular nerve (a natural consequence of pulsatile stimuli)
is thought to result in long-term depression of post-synaptic
neurons in the vestibular nuclei (Lewis, 2016; Mitchell et al.,
2016). Direct current can address both of these limitations,
as it can both excite and inhibit neural activity as well as
deliver “naturalistic” changes in firing rate that retain stochastic
variability (Goldberg et al., 1984). iDC modulation using
ionic conduits implanted into the semicircular canals of the
chinchilla can produce a greater dynamic range of reflexive
eye rotations when compared to a pulsatile stimulus, without
suppression at higher current baselines (Aplin et al., 2018).
Further work will be necessary to test mechanism of action and
to demonstrate chronic efficacy and safety of an ionic DC-based
vestibular implant.

DC Stimulation for Bladder Control
A common consequence of spinal cord injury is difficulty
controlling micturition (urination) reflexes (Krause et al., 2004).
Typically, patients suffer from an inability to fully void the
bladder, which can lead to severe complications including kidney
failure (Krause et al., 2004; Biering-Sørensen et al., 2008). Non-
invasive DC modulation of the spinal cord has had some success
restoring micturition function in humans (Flamm et al., 1977;
Radziszewski, 2013; Stewart et al., 2016; Zhu et al., 2016). The
mechanism of action is thought to be subthreshold modulation
of spinal circuits rather than the result of DC-evoked spike trains
(Kerns et al., 1996; Ahmed and Wieraszko, 2012; Ahmed, 2013,
2017). The current focus has been on non-invasive DC delivery
due to the historical inaccessibility of invasive DC delivery. This
field might thus stand to benefit from the development of safer
DC delivery in-vivo-: in the human, non-invasive trans-spinal
DC affects a relatively large and non-uniform area (Kuck et al.,
2017), while invasive trans-spinal DC has the potential to deliver
current to a muchmore confined target. DC delivery closer to the
target tissue could improve effect thresholds and reduce current
spread to non-target tissues. Additionally, non-invasive DC still
must contend with toxic electrochemical reactions generated at
the metal-electrolyte interface, and is typically only delivered
therapeutically for relatively short periods (Radziszewski, 2013).
An implantable system capable of delivering chronic DC could
provide tonic active therapy for cases where short-duration
therapy is not efficacious.

Cortical Modulation Using Invasive DC
The potential for non-invasive (trans-cranial) DC to influence
cortical firing via diffuse, sub-threshold electric fields has seen
a great deal of recent interest and active research (Ruffini
et al., 2013; Bikson et al., 2016; Jackson et al., 2016). Invasive
DC has the advantage of being able to deliver higher and
much more locally directed electric fields, but the use of
invasive electrotherapy in the brain is harder to justify given
the difficulties and significant safety concerns associated with
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invasive penetration into the CNS. As invasive DC technology
matures, there may be opportunities to address neural targets
within the brain, particularly where pathological conditions
occur as a result of hyperexcitability, such as in epilepsy. Locally
delivered DC modulation can down-modulate neural activity
and has been shown in-vitro to suppress epileptiform activity in
the rat hippocampus (Lian et al., 2003). Invasive electrotherapy
is already used for suppression of epileptic activity when other
treatments have failed (Stefan and Lopes da Silva, 2013; Mina
et al., 2017) and non-invasive DC is an emerging therapy for
epilepsy although the extent of efficacy is controversial (San-
juan et al., 2015). However, invasive DC modulation will first
have to prove significant potential benefit over preexisting non-
invasive therapies for epilepsy to be considered as a viable
alternative approach.

Another potential cortical target for invasive DC is the
treatment of chronic tinnitus. Tinnitus is characterized by
persistent auditory illusion and is widespread with limited
available treatment options (Møller, 2007b). Etiology in tinnitus
is extremely varied, but some forms of the condition are thought
to arise due to corruption of auditory processing at the cortex
(Møller, 2007a,b; De Ridder et al., 2014). Some of the primary
effects of tonic, subthreshold DC fields are changes in excitability
and conduction velocity, which can create plastic changes in
cortical networks (Radman et al., 2007; Jackson et al., 2016).
Non-invasive DC has been explored as a potential therapy for
tinnitus, but existing evidence suggests it is not consistently
efficacious at reducing symptoms for most patients (Song et al.,
2012; Santos et al., 2018). One problem is that neural changes
in tinnitus may be highly heterogeneous across local cortical
regions (Møller, 2007a; De Ridder et al., 2014). We hypothesize
that locally delivered DC has the potential to deliver much more
constrained electric fields and thus might provide extra benefit
over diffuse non-invasive fields, but studies on animal models of
tinnitus will be necessary to test the validity of this hypothesis.

Cochlear Implants
Cochlear implants (CI) are the great success story of the field of
neuromodulation. Neuromodulation via CI is now a common
treatment for severe hearing loss, with bilateral implantation
becoming almost routine. Most people hear with the CI well-
enough to talk on the phone in a quiet room. While there’s no
debate regarding the usefulness of these devices in everyday life,
significant hearing deficiencies with the CI in presence of noise,
tonal language speech perception (such as Mandarin Chinese),
and poor music perception still remain as issues to be addressed
(Wilson and Dorman, 2008; Prevoteau et al., 2018).

One potential explanation for the difficulty to convey musical
melody is that the cochlear implants typically deliver pulses
using some variant of a continuous interleaved stimulation (CIS)
paradigm. This method of stimulation delivers pulses in a round-
robin sequence to each electrode along the implanted array. With
the traditional CIS, each electrode is pulsed at approximately
250–1,000 pps (An et al., 2007; Wilson and Dorman, 2008).
Sound information is introduced by varying the amplitude of the
delivered pulses proportional to the power of the sound localized
by its frequency band. This stimulation method is preferred in

cochlear implants because it clearly reduces hearing noise due to
channel interaction by allowing targeted populations of neurons
to respond without interference from the neighboring channels
(Wilson et al., 1991).

In normal hearing, the afferents that carry the sound
information to the brain can be divided by their spontaneous
activity profile. There are the high spontaneous, and low
spontaneous activity neurons. All of these neurons modulate
their firing rate depending on the amplitude of the signal within
the band. High spontaneous fibers have lower thresholds and
sharp rise in firing rate with increased sound amplitude. The
low spontaneous fibers have a higher threshold and a very slow-
rise linear relationship between firing rate and sound amplitude
(Kiang et al., 1976; Liberman, 1978).

From the perspective of neural firing, while the CIS coding
scheme recruits different populations of neurons depending on
the amplitude of the pulse, recruited neurons all respond in
synchrony with high spike rates that correspond to the constant
pulse rate delivered from the pulse generator. Thus, the louder
the sound within the frequency band, the more neurons fire at
high constant spike rate.

This method of stimulation bypasses the linear relationship
between firing rate and sound amplitude and compresses the
entire range of response to an almost a binary signal for each
responding neuron. Using cathodic DC amplitude to encoding
sound could reintroduce the more natural recruitment of firing
rates in proportion to sound amplitude.

NON-METAL-ELECTRODE BASED DC
SAFETY CONSIDERATIONS

As DC-enabling technology progresses toward chronic
implantation, it will become increasingly important to
characterize how DC fields affect the physiological and
electrochemical environment to which they deliver their charge.
Emerging technologies provide a potential means to mitigate
or eliminate the build-up of toxic electrochemical reactions
associated with DC stimulation due to a lack charge recovery at
the metal-tissue interface (Ackermann et al., 2011; Fridman and
Della Santina, 2013a). However, even charge balanced current
delivery is capable of damaging tissue when the total charge or
charge-per-phase is large (Brummer and Turner, 1977; McCreery
et al., 1990; Merrill et al., 2005; Cogan et al., 2016). Many of the
safety limitations for a DC-based implantable device, such as
electroporation thresholds, are likely to be a function of total
charge delivered (Merrill et al., 2005; Nakauchi et al., 2007;
Cogan et al., 2016) and thus similar to those of an IPG-based
device. Given that there are already many reviews addressing
safe charge densities in IPGs, this section will instead focus on
potential safety considerations that have a unique aspect specific
to tonic DC delivery.

Temperature
Biological tissue has an impedance associated with it which
varies depending on the current path through the tissue (Foster
and Schwan, 1989; McAdams and Jossinet, 1995; Gabriel et al.,
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1996). When electricity travels through a resistance, some of the
energy of the current is converted into heat via a process called
joule heating, with power as a function of the resistance and
current: P = I2R. Even relatively small changes in temperature
can impact neural function (Hodgkin and Katz, 1949) with an
increase of 4–5◦C resulting in rapid neuronal death (Wang et al.,
2014). Like any other device that passes current through the
body, implantable DC devices must therefore consider the effect
of joule heating on both acute and chronic device safety. It
might seem intuitive to consider tDCs safety margins as a close
analog to an implantable DC device, but joule heating effects
are not comparable between the two methodologies: tDCs must
address larger currents and dermal resistances but also benefits
from a greater surface area and distance from the target tissue
(Datta et al., 2009; Bikson et al., 2016; Gomez-Tames et al.,
2016). Implantable devices using DC in the body differ from
IPGs due to the lack of phase associated with DC. This has two
primary effects: the first is that, for a given current amplitude,
DC can potentially deliver a greater charge density, which directly
impacts the amount of joule heating produced per unit time. The
second effect is that tissue impedances are a function of both
the resistance and capacitance of the tissue (typically visualized
as a resistor and capacitor in parallel) and, because DC has no
frequency, impedances are thus typically higher for DC delivery
than for an equivalent high frequency AC waveform (Foster and
Schwan, 1989; McAdams and Jossinet, 1995; Faes et al., 1999). In
contrast, lower amplitude thresholds for implantable DC devices
may offset the higher durations of delivery. For example, a recent
comparison of behavioral responses for DC and AC stimulation
waveforms of the peripheral vestibular system (Aplin et al., 2018)
found that amplitudes for DC waveforms are typically less than
for AC waveforms. Similar impedances and peak behavioral
responses could be achieved using either 40 µA DC or 420Hz,
∼175 µA/phase, 400 µs/phase biphasic pulses. The total charge
delivered per second for both waveforms is comparable: 40 and
29.4 µC/s for DC and AC waveforms, respectively. As with any
electrically active device implanted in tissue, invasive devices that
deliver DC will have to show that local thermal changes remain
in a range (< ∼2◦C) where the effects on neuronal activity are
comparatively mild (Wang et al., 2014).

Electroporation
Electroporation is the process of pore formation in the lipid
bilayer of cells membranes when subjected to an electric field
(Bramlet, 1998). Irreversible electroporation occurs when this
process leads to formation of permanent fenestrations in the
membrane and subsequent loss of ion homeostasis and cell death
(Rubinsky, 2010). Electroporation thresholds are a function of
field density with thresholds in the range of 1 kV/cm and
can be achieved by both pulsed and DC fields (Bramlet, 1998;
Kim et al., 2007). Cell death due to irreversible electroporation
can occur as an unintended side-effect of pulsatile electrical
stimulation with a threshold relating to both the total charge
density and the charge delivered per pulse phase (Butterwick
et al., 2007). Electroporation thresholds are typically well above
the range of functional IPG stimulation (Merrill et al., 2005;
Butterwick et al., 2007; Nakauchi et al., 2007; Boinagrov et al.,

2010). There is a non-linear relationship between pulse width
and amplitude threshold for electroporation thresholds, with
charge delivered over a longer unit time resulting in higher
thresholds when compared to the same charge delivered over
a short period (Butterwick et al., 2007; Nakauchi et al., 2007;
Boinagrov et al., 2010). This may lead to comparatively higher
electroporation thresholds for DC because, even though charge
delivery per second might be higher, peak charge is much lower.

For example, an implantable DC neuromodulation for pain
would be expected to be delivered at a maximum 10mA (Vrabec
et al., 2016, 2017; Yang et al., 2018). The worst-case assumption
is that the current is driven in a straight line through a nerve,
rather than spread through a homogeneous environment like the
brain. Ten milliampere current driven through nerve tissue of 1
k�cm specific resistance will produce only 10V potential over
a cm of tissue. This voltage is 100 times lower than the typical
1 kV/cm electroporation threshold. It is therefore unlikely that
electroporation would result from DC neuromodulation.

pH Changes
IPGs typically only generate transient pH changes (<1 unit)
within a small (∼1µm) radius at the tissue-electrode interface
(Ballestrasse et al., 1985; Huang et al., 2001; Chu et al., 2004)
and, unless the device is malfunctioning, are not considered
to be a significant safety concern (Merrill et al., 2005). While
DC electrolysis will, by definition, generate large pH changes
between the cathode and anode, proposed DC implantable
technologies mitigate this by reversing electrolytic reactions
via charge balancing the metal electrodes (Fridman and Della
Santina, 2013a) or by chemically and physically buffering the
electrode/tissue interface (Ackermann et al., 2011). Ionic DC
delivery could still influence pH at the microfluidic/tissue
interface as sustained ionic current acts as an ion pump that
over time might change the H+/OH− concentrations at the
tissue/device interface, and a locally sustained electric field
can create a pH gradient even in the absence of electrolysis
(Macounová et al., 2000; Berkelman, 2005). Given that these
effects have historically been masked by pH changes from
DC electrolysis there has not yet been an exploration of
their significance in-vivo. We hypothesize that the theoretical
pH gradients generated by ionic DC would be mild and
easily compensated for by e.g., natural diffusion and acid-
base homeostasis (Hamm et al., 2015) particularly given that
neurons are resistant to small (<1 unit) changes in pH (Goldman
et al., 1989). Ultimately, the magnitude of potential pH changes
in ionic DC fields will have to be confirmed in preclinical
safety experiments.

Electrophoresis
Electrophoresis is the movement of charged particles in a fluid
as the result of an electric field. In fluids, current is propagated
via the physical movement of charged species (ions) through
the conductive media. In biological tissue, these species are
predominantly Na+, K+ and Cl+, but also any other charged
molecule including large protein complexes—this has long been
exploited by biologists to separate proteins on the lab bench
(Abramson et al., 1942). The movement of ions is dependent
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on the size and mass of the ion, the density of the media, the
charge of the ion and the strength of the electric field, with
typical flow speeds of small ions in the range of ∼100 µm/s for a
100 V/cm field in an unobstructed media. Electrophoresis is not
normally a consideration for neural stimulators: during pulsatile
stimulation, charge balanced waveforms ensure virtually no net
movement of charged molecules. In contrast, DC waveforms are
not charged balanced and will cause electrophoretic transport of
ions over time. It is known that the body utilizes electrochemical
gradients to transport charged proteins (Jaffe, 1977) and it has
been proposed that non-invasive DC may have electrophoretic
effects on neural tissue (Rae et al., 2013), so there is at least some
evidence to suggest that electrophoretic mechanisms should be
considered when designing chronically stimulating DC devices.
For example, if the ionic composition at the cathode/anode are
not identical to the physiologic medium it might be possible to
locally deplete a charged protein or ion by “pumping” ions from
the microfluidic device to the tissue and displacing preexisting
ionic concentrations. This can be mitigated by ensuring that
the microfluidic system supplying ionic DC to the tissue has an
ionic composition similar to the extracellular medium, and by
placing the anode/cathode in locations with similar interstitial
ionic concentrations.

TISSUE EFFECTS OF SUSTAINED
ELECTRIC FIELDS

Neural tissue is the most electrically active tissue in the body
and the typically the primary target for therapies involving
electrical stimulation, including those discussed in this review.
Endogenous electric fields also occur naturally within other
tissues in the body, and these tissues can have electric-field
mediated responses, particularly for directing cell migration
during development or wound healing (Bramlet, 1998; McCaig
et al., 2005). Sustained electric fields may also influence the
distribution of charged proteins, membrane potentials and pH
gradients in otherwise electrically inactive tissues (Abramson
et al., 1942; Jaffe, 1977; Funk, 2015). Locally delivered DC fields
via an invasive device may avoid some of these considerations
due to a finer control of field distribution, but as the intention
may be to deliver chronic DC current over the lifetime of the
device, focal effects may be stronger than what might be expected
in e.g., tDCs where treatment times are typically very short (5–
30min vs. potentially years or decades for an implanted device).
This section briefly outlines several effects of DC electric fields
on non-neural tissue and discusses their potential relevance to
chronic DC neural stimulation.

Neural Migration and Axonal Growth
Endogenous electric fields are an important mechanism in
the developing nervous system to facilitate differentiation and
stratification of nervous tissue, and in the mature animal in
response to nervous tissue damage (Mccaig and Rajnicek, 1991;
McCaig et al., 2005). Artificially generated electric fields have
been shown both in-vivo and in-vitro to direct stem cell migration
(Yao and Li, 2016; Feng et al., 2017), axonal growth (Yamashita,

2015), and may also influence stem cell differentiation (Zhao
et al., 2015). Typically, in a DC field, axonal growth or cell
migration is attracted toward the cathode and repelled away
from the anode, although this can vary depending on the neural
type and substrate (Mccaig and Rajnicek, 1991). Axonal and cell
growth can be influenced in-vitrowith sustained electric fields on
the order of∼10–100 mV/mm (Mccaig and Rajnicek, 1991).

The effect of polarity-dependent axonal growth is an
important consideration for the functional modulation of
nervous tissue with DC. If the modulated field is excitatory
it might encourage axonal growth near the implantation site
(Fehlings et al., 1989). An inhibitory field may have an opposite
effect—which could be beneficial if the aim is to reduce
overall connectivity in the area but could also potentially cause
axonal retraction and thus increased stimulation thresholds.
It is difficult to predict how these effects may interact with
ongoing degeneration of a neural substrate or the regions of
inflammation and glial scar formation that tend to surround
implanted neural stimulators in-vivo and reduce their efficacy
over time (Szarowski et al., 2003; Cicchetti and Barker, 2014;
Groothuis et al., 2014). Careful consideration of these effects
will be an important component of any long-term histological
assessment of implantable DC stimulators aiming to deliver tonic
DC fields.

Vascular Changes
Neural tissue is often extensively vascularized due to the high
energy requirements of neurons. Externally applied currents
can potentially influence ionic movement across the blood-
brain barrier via electroporation, electrophoretic or electro-
osmotic mechanisms (Bonakdar et al., 2017; Brinton et al.,
2018). There has been compelling evidence both in-vivo and -
in-vitro to suggest that both sustained direct current and
pulsed electric fields in the brain can transiently modify blood
vessel permeability without cell death or electroporation at
field strengths relevant to electrical stimulation of neural tissue
(Hladovec, 1971; Lopez-Quintero et al., 2010; Brinton et al.,
2018). Changes in vascular permeability have been proposed as
a possible mechanism contributing to the sustained effects of
transcranial DC (Cancel et al., 2018). Locally delivered DC for
neural stimulation may output much greater field strengths than
in non-invasive DC delivery and proposed uses of invasive DC
stimulation involve continuous or near-continuous delivery of
DC. Given this, it is important to consider vascular permeability
when addressing potential mechanisms for any observed chronic
effects of focal DC delivery in the cortex.

Epithelial Migration and Bone Growth
When the body is injured via physical trauma, a complex host of
signaling ques inform surviving tissue to direct cell proliferation
and orientation (Singer and Clark, 1999; Gurtner et al., 2008).
One of these signaling pathways involves endogenous electric
fields, that are thought to direct cells to migrate toward the
injured site during wound healing (Jaffe and Vanable, 1984;
Zhao, 2009). Endogenous field strengths can be relatively strong,
ranging from 40 to 140 mV/mm at the wound edge in
epithelial tissue (Jaffe and Vanable, 1984; Chiang et al., 1992);

Frontiers in Neuroscience | www.frontiersin.org 13 April 2019 | Volume 13 | Article 379

https://www.frontiersin.org/journals/neuroscience
https://www.frontiersin.org
https://www.frontiersin.org/journals/neuroscience#articles


Aplin and Fridman Implantable Direct Current Neural Modulation

several orders of magnitude larger than in uninjured tissue.
These voltages are thought to be generated via ionic currents
both as a direct result of the injury (non-ion-specific leakage
currents) and as a sustained effect in the surviving tissue,
typically via active Na+/Cl− transport (Reid et al., 2005; Zhao
et al., 2006). The delivery of artificially generated, tonic electric
fields at physiologic field strengths could result in an override
of endogenous field activity and subsequent cell migration
(Zhao et al., 2006).

An invasive device requires a wound for the device to
be surgically implanted in the body. Neural implants using
DC may also be interfacing with target neural epithelia that
has undergone some previous or ongoing degeneration or
injury. Given the relative infancy of DC-mediated in-vivo neural
stimulation there is currently no indication as to the effect
of implanted DC stimulation on surrounding tissue response.
We might, for example, expect the insertion site of a DC
interface to exhibit different tissue responses when it is primarily
delivering cathodal vs. anodal constant current. Like with any
invasive neural implant, potential tissue reaction will have to
be assessed histologically following in-vivo implantation and
chronic stimulation studies.

Endogenous electric fields also play a similarly important role
in bone growth and repair (Fukada and Yasuda, 1957; Konikoff,
1975; McDonald, 1993). Constant current electric stimulation
can reliably induce ossification at the cathode, particularly in
conjunction with the placement of tissue engineering scaffolds
(O’Connor et al., 1969; Buch et al., 1984; Kuzyk and Schemitsch,
2009; Victoria et al., 2009; Griffin and Bayat, 2011; Leppik et al.,
2018). DC electric fields are thought to influence ossification
primarily via local electrochemical/pH changes at the electrode
interface (Brighton et al., 1975; Griffin and Bayat, 2011). Devices
that deliver DC for chronic stimulation of neural tissue are
unlikely to influence ossification mechanisms as they must
mitigate these electrochemical changes in order to function.

CONCLUSION

The development of implantable neuromodulation therapies
has been historically constrained by the need to deliver short,
biphasic pulses to prevent toxic electrochemical reactions
forming at the tissue interface. More recent technological
advances have enabled the safe delivery of ionic direct current
to neural targets. This method of neuromodulation has the
potential to significantly diversify our ability to interact with

the nervous system by not only being able to excite neural
targets, but also being able to suppress neural activity, control AP
conduction velocity, and remodel synaptic connections to affect
neural processing. Devices that locally deliver DC modulation
could greatly expand the range of applications available to
neuromodulation therapies beyond what is achievable with
standard IPG waveforms.

While pulsatile neuromodulation methods have been
thoroughly investigated for safety limitations, the exploration of
DC safety is sparse. This is primarily due to the historic inability
to deliver DC in an implantable device without violating charge-
injection-criteria. As new technology eliminates the problem
of metal-tissue stimulation toxicity for ionic DC delivery, new
complications will likely be uncovered.

Future applications could use a combination of DC and
pulsatile stimuli to even further enhance our ability to modulate
the nervous system. Pulsatile deliverymethods have an advantage
over DC sources in that pulses can be delivered through very
small interfaces such as ∼10µm diameter metal electrodes. DC
requires larger interfaces (currently the smallest is 200µm in
diameter). One could therefore envision cortical arrays of DC
stimulation ports and pulsatile stimulation and recording probes.
DC arrays would create localized electric fields that control
synaptic connectivity and information flow and implantable
recording and stimulation electrodes would take advantage of the
modified neural network connections to record from or convey
information to the brain in a more controlled fashion.

While DC neuromodulation must address previously un-
encountered safety challenges, it offers an exciting possibility
of improving machine-neural interfaces in ways that may be
difficult or even impossible to achieve otherwise.

AUTHOR CONTRIBUTIONS

GF wrote the first half of the manuscript and conducted
the compilation and final edits. FA wrote the last half
of the manuscript and conducted interim edits of the
overall manuscript.

FUNDING

We would like to thank the grant sources that provided us
with the means to pursue this review. JHU Neurosurgery Pain
Research Institute, NIH R01 DC009255, NIH R21 NS081425-
01A1, NIH R01 NS092726, and MedEl Corporation.

REFERENCES

Abramson, H. A., Moyer, L. S., and Gorin, M. H. (1942). Electrophoresis

of Proteins and the Chemistry of Cell Surfaces. New York, NY: Reinhold
Publishing Corporation. Available at: https://www.cabdirect.org/cabdirect/
abstract/19432202796 (accessed November 18, 2018).

Ackermann, D. M., Bhadra, N., Foldes, E. L., and Kilgore, K. L. (2011).
Separated interface nerve electrode prevents direct current induced nerve
damage. J. Neurosci. Methods 201, 173–176. doi: 10.1016/j.jneumeth.2011.
01.016

Ahmed, Z. (2013). Electrophysiological characterization of spino-sciatic and
cortico-sciatic associative plasticity: modulation by trans-spinal direct current
and effects on recovery after spinal cord injury in mice. J. Neurosci. 33,
4935–4946. doi: 10.1523/JNEUROSCI.4930-12.2013

Ahmed, Z. (2017). Effects of cathodal trans-spinal direct current stimulation
on lower urinary tract function in normal and spinal cord injury mice
with overactive bladder. J. Neural Eng. 14:056002. doi: 10.1088/1741-2552/a
a76f2

Ahmed, Z., and Wieraszko, A. (2012). Trans-spinal direct current enhances
corticospinal output and stimulation-evoked release of glutamate

Frontiers in Neuroscience | www.frontiersin.org 14 April 2019 | Volume 13 | Article 379

https://www.cabdirect.org/cabdirect/abstract/19432202796
https://www.cabdirect.org/cabdirect/abstract/19432202796
https://doi.org/10.1016/j.jneumeth.2011.01.016
https://doi.org/10.1523/JNEUROSCI.4930-12.2013
https://doi.org/10.1088/1741-2552/aa76f2
https://www.frontiersin.org/journals/neuroscience
https://www.frontiersin.org
https://www.frontiersin.org/journals/neuroscience#articles


Aplin and Fridman Implantable Direct Current Neural Modulation

analog, D-2,3- 3H-aspartic acid. J. Appl. Physiol. 112, 1576–1592.
doi: 10.1152/japplphysiol.00967.2011

An, S. K., Park, S.-I., Jun, S. B., Lee, C. J., Byun, K. M., Sung, J. H., et al. (2007).
Design for a simplified cochlear implant system. IEEE Trans. Biomed. Eng. 54,
973–982. doi: 10.1109/TBME.2007.895372

Aplin, F. P., Singh, D., Della Santina, C. C., and Fridman, G. Y. (2018).
Ionic direct current modulation for combined inhibition/excitation
of the vestibular system. IEEE Trans. Biomed. Eng. 66, 775–783.
doi: 10.1109/TBME.2018.2856698

Aquilina, O. (2006). A brief history of cardiac pacing. Images Paediatr. Cardiol.

8, 17–81. Available online at: http://www.impaedcard.com/
Arbring Sjöström, T., Berggren, M., Gabrielsson, E. O., Janson, P., Poxson,

D. J., Seitanidou, M., et al. (2018). A decade of iontronic delivery
devices. Adv. Mater. Technol. 3:1700360. doi: 10.1002/admt.2017
00360

Aregueta-Robles, U. A., Woolley, A. J., Lovell, N. H., Poole-Warren, L.
A., and Green, R. A. (2014). Organic electrode coatings for next-
generation neural interfaces. Front. Neuroeng. 7:15. doi: 10.3389/fneng.2014.
00015

Ballestrasse, C. L., Ruggeri, R. T., and Beck, T. R. (1985). Calculations of
the pH changes produced in body tissue by a spherical stimulation
electrode. Ann. Biomed. Eng. 13, 405–424. doi: 10.1007/BF024
07769

Beebe, X., and Rose, T. L. (1988). Charge injection limits of activated iridium
oxide electrodes with 0.2ms pulses in bicarbonate buffered saline. IEEE Trans.

Biomed. Eng. 35, 494–495. doi: 10.1109/10.2122
Berkelman, T. (2005). 4 Generation of pH gradients. Sep. Sci. Technol. 7, 69–92.

doi: 10.1016/S0149-6395(05)80007-8
Bhadra, N., and Kilgore, K. L. (2004). Direct current electrical conduction block

of peripheral nerve. IEEE Trans. Neural Syst. Rehabil. Eng. 12, 313–324.
doi: 10.1109/TNSRE.2004.834205

Biering-Sørensen, F., Craggs, M., Kennelly, M., Schick, E., and Wyndaele, J.-J.
(2008). International lower urinary tract function basic spinal cord injury data
set. Spinal Cord 46, 325–330. doi: 10.1038/sj.sc.3102145

Bikson, M., Grossman, P., Thomas, C., Zannou, A. L., Jiang, J., Adnan, T., et al.
(2016). Safety of transcranial direct current stimulation: evidence based update
2016. Brain Stimul. 9, 641–661. doi: 10.1016/j.brs.2016.06.004

Bikson, M., Inoue, M., Akiyama, H., Deans, J. K., Fox, J. E., Miyakawa,
H., et al. (2004). Effect of uniform extracellular DC electric fields on
excitability in rat hippocampal slices in vitro. J. Physiol. 557 (Pt 1), 175–190.
doi: 10.1113/jphysiol.2003.055772

Boinagrov, D., Loudin, J., and Palanker, D. (2010). Strength-duration relationship
for extracellular neural stimulation: numerical and analytical models. J.

Neurophysiol. 104, 2236–2248. doi: 10.1152/jn.00343.2010
Bonakdar, M., Graybill, P. M., and Davalos, R. V. (2017). A microfluidic model of

the blood–brain barrier to study permeabilization by pulsed electric fields. RSC
Adv. 7, 42811–42818. doi: 10.1039/C7RA07603G

Bramlet, R. (1998). Electromanipulation of Cells. Clin. Nucl. Med. 23:560.
doi: 10.1097/00003072-199808000-00026

Brighton, C. T., Adler, S., Black, J., Itada, N., and Friedenberg, Z. B. (1975).
Cathodic oxygen consumption and electrically induced osteogenesis. Clin.
Orthop. Relat. Res. 107, 277–82. doi: 10.1097/00003086-197503000-00033

Brinton, M., Mandel, Y., Schachar, I., and Palanker, D. (2018).
Mechanisms of electrical vasoconstriction. J. Neuroeng. Rehabil. 15:43.
doi: 10.1186/s12984-018-0390-y

Brummer, S. B., Robblee, L. S., and Hambrecht, F. T. (1983). Criteria for selecting
electrodes for electrical stimulation: theoretical and practical considerations.
Ann. N. Y. Acad. Sci. 405, 159–171. doi: 10.1111/j.1749-6632.1983.tb3
1628.x

Brummer, S. B., and Turner, M. J. (1977). Electrochemical considerations for safe
electrical stimulation of the nervous system with platinum electrodes. IEEE
Trans. Biomed. Eng. 24, 59–63. doi: 10.1109/TBME.1977.326218

Buch, F., Albrektsson, T., and Herbst, E. (1984). Direct current influence
on bone formation in titanium implants. Biomaterials 5, 341–346.
doi: 10.1016/0142-9612(84)90032-2

Butterwick, A., Vankov, A., Huie, P., Freyvert, Y., and Palanker, D. (2007). Tissue
damage by pulsed electrical stimulation. IEEE Trans. Biomed. Eng. 54, 2261–7.
doi: 10.1109/TBME.2007.908310

Cancel, L. M., Arias, K., Bikson, M., and Tarbell, J. M. (2018). Direct current
stimulation of endothelial monolayers induces a transient and reversible
increase in transport due to the electroosmotic effect. Sci. Rep. 8:9265.
doi: 10.1038/s41598-018-27524-9

Chakraborty, D., Truong, D. Q., Bikson, M., and Kaphzan, H. (2018).
Neuromodulation of axon terminals. Cereb. Cortex 28, 2786–2794.
doi: 10.1093/cercor/bhx158

Cheng, C., Nair, A. R., Thakur, R., and Fridman, G. (2018). Normally
closed plunger-membrane microvalve self-actuated electrically using a shape
memory alloy wire. Microfluid. Nanofluidics 22:29. doi: 10.1007/s10404-01
8-2049-1

Cheng, C., Thakur, R., Nair, A. R., Sterrett, S., and Fridman, G. (2017).
“Miniature elastomeric valve design for safe direct current stimulator,” in
Proceedings of IEEE Biomedical Circuits and Systems Conference Technology

(Turin). doi: 10.1109/BIOCAS.2017.8325194
Chiang, M., Robinson, K. R., and Vanable, J. W. (1992). Electrical fields in the

vicinity of epithelial wounds in the isolated bovine eye. Exp. Eye Res. 54,
999–1003. doi: 10.1016/0014-4835(92)90164-N

Chu, A. P., Morris, K., Greenberg, R. J., and Zhou, D.M. (2004). “Stimulus induced
pH changes in retinal implants,” in The 26th Annual International Conference

of the IEEE Engineering in Medicine and Biology Society (San Francisco, CA:
IEEE), 4160–4162. doi: 10.1109/IEMBS.2004.1404160

Cicchetti, F., and Barker, R. A. (2014). The glial response to intracerebrally
delivered therapies for neurodegenerative disorders: is this a
critical issue? Front. Pharmacol. 5:139. doi: 10.3389/fphar.2014.
00139

Cogan, S. F., Ludwig, K. A., Welle, C. G., and Takmakov, P. (2016). Tissue damage
thresholds during therapeutic electrical stimulation. J. Neural Eng. 13:021001.
doi: 10.1088/1741-2560/13/2/021001

Corbett, S., and Clopton, J. (2004). Apparatus and Method for Treating Strial

Hearing Loss. International Patent No. WO2004041072 (Geneva: World
Intellectual Property Organization).

Curthoys, I. S., and Halmagyi, G. M. (1995). Vestibular compensation: a
review of the oculomotor, neural, and clinical consequences of unilateral
vestibular loss. J. Vestib. Res. 5, 67–107. doi: 10.1016/0957-4271(94)0
0026-X

Datta, A., Elwassif, M., and Bikson, M. (2009). “Bio-heat transfer model
of transcranial DC stimulation: comparison of conventional pad versus
ring electrode,” in 2009 Annual International Conference of the IEEE

Engineering in Medicine and Biology Society (Minneapolis, MN: IEEE),
670–673. doi: 10.1109/IEMBS.2009.5333673

Davidovics, N. S., Fridman, G. Y., Chiang, B., and Della Santina, C. C.
(2011). Effects of biphasic current pulse frequency, amplitude, duration, and
interphase gap on eye movement responses to prosthetic electrical stimulation
of the vestibular nerve. IEEE Trans. Neural Syst. Rehabil. Eng. 19, 84–94.
doi: 10.1109/TNSRE.2010.2065241

Davidovics, N. S., Fridman, G. Y., and Della Santina, C. C. (2012). Co-modulation
of stimulus rate and current from elevated baselines expands head motion
encoding range of the vestibular prosthesis. Exp. Brain Res. 218, 389–400.
doi: 10.1007/s00221-012-3025-8

De Ridder, D., Vanneste, S., Weisz, N., Londero, A., Schlee, W., Elgoyhen, A. B.,
et al. (2014). An integrative model of auditory phantom perception: tinnitus as
a unified percept of interacting separable subnetworks.Neurosci. Biobehav. Rev.
44, 16–32. doi: 10.1016/J.NEUBIOREV.2013.03.021

De Volder, M. F., Tawfick, S. H., Baughman, R. H., and Hart, A. J. (2013). Carbon
nanotubes: present and future commercial applications. Science 339, 535–539.
doi: 10.1126/science.1222453

Della Santina, C. C., Migliaccio, A. A., and Patel, A. H. (2007). A
multichannel semicircular canal neural prosthesis using electrical stimulation
to restore 3-d vestibular sensation. IEEE Trans. Biomed. Eng. 54, 1016–1030.
doi: 10.1109/TBME.2007.894629

Eijkelkamp, N., Linley, J. E., Baker, M. D., Minett, M. S., Cregg, R., Werdehausen,
R., et al. (2012). Neurological perspectives on voltage-gated sodium channels.
Brain 135, 2585–2612. doi: 10.1093/brain/aws225

Faes, T. J., van der Meij, H. A., de Munck, J. C., and Heethaar, R. M.
(1999). The electric resistivity of human tissues (100 Hz-10 MHz): a meta-
analysis of review studies. Physiol. Meas. 20, R1–R10. doi: 10.1088/0967-3334/2
0/4/201

Frontiers in Neuroscience | www.frontiersin.org 15 April 2019 | Volume 13 | Article 379

https://doi.org/10.1152/japplphysiol.00967.2011
https://doi.org/10.1109/TBME.2007.895372
https://doi.org/10.1109/TBME.2018.2856698
http://www.impaedcard.com/
https://doi.org/10.1002/admt.201700360
https://doi.org/10.3389/fneng.2014.00015
https://doi.org/10.1007/BF02407769
https://doi.org/10.1109/10.2122
https://doi.org/10.1016/S0149-6395(05)80007-8
https://doi.org/10.1109/TNSRE.2004.834205
https://doi.org/10.1038/sj.sc.3102145
https://doi.org/10.1016/j.brs.2016.06.004
https://doi.org/10.1113/jphysiol.2003.055772
https://doi.org/10.1152/jn.00343.2010
https://doi.org/10.1039/C7RA07603G
https://doi.org/10.1097/00003072-199808000-00026
https://doi.org/10.1097/00003086-197503000-00033
https://doi.org/10.1186/s12984-018-0390-y
https://doi.org/10.1111/j.1749-6632.1983.tb31628.x
https://doi.org/10.1109/TBME.1977.326218
https://doi.org/10.1016/0142-9612(84)90032-2
https://doi.org/10.1109/TBME.2007.908310
https://doi.org/10.1038/s41598-018-27524-9
https://doi.org/10.1093/cercor/bhx158
https://doi.org/10.1007/s10404-018-2049-1
https://doi.org/10.1109/BIOCAS.2017.8325194
https://doi.org/10.1016/0014-4835(92)90164-N
https://doi.org/10.1109/IEMBS.2004.1404160
https://doi.org/10.3389/fphar.2014.00139
https://doi.org/10.1088/1741-2560/13/2/021001
https://doi.org/10.1016/0957-4271(94)00026-X
https://doi.org/10.1109/IEMBS.2009.5333673
https://doi.org/10.1109/TNSRE.2010.2065241
https://doi.org/10.1007/s00221-012-3025-8
https://doi.org/10.1016/J.NEUBIOREV.2013.03.021
https://doi.org/10.1126/science.1222453
https://doi.org/10.1109/TBME.2007.894629
https://doi.org/10.1093/brain/aws225
https://doi.org/10.1088/0967-3334/20/4/201
https://www.frontiersin.org/journals/neuroscience
https://www.frontiersin.org
https://www.frontiersin.org/journals/neuroscience#articles


Aplin and Fridman Implantable Direct Current Neural Modulation

Fehlings, M. G., Wong, T. H., Tator, C. H., and Tymianski, M. (1989). Effect of a
direct current field on axons after experimental spinal cord injury. Can. J. Surg.
32, 188–91.

Feng, J.-F., Liu, J., Zhang, L., Jiang, J.-Y., Russell, M., Lyeth, B. G., et al. (2017).
Electrical guidance of human stem cells in the rat brain. Stem Cell Rep. 9,
177–189. doi: 10.1016/j.stemcr.2017.05.035

Ferlauto, L., D’Angelo, A. N., Vagni, P., Leccardi, A., Ildelfonsa, M. J., Mor, F. M.,
et al. (2018). Development and characterization of PEDOT:PSS/alginate soft
microelectrodes for application in neuroprosthetics. Front. Neurosci. 12:648.
doi: 10.3389/fnins.2018.00648

Flamm, J., Kiesswetter, H., and Hufschmidt, H. J. (1977). Treatment of the
neurogenic bladder with direct current on the spinal cord (Myelotron). Urol.
Int. 32, 247–256. doi: 10.1159/000280138

Foster, K. R., and Schwan, H. P. (1989). Dielectric properties of tissues
and biological materials: a critical review. Crit. Rev. Biomed. Eng. 17,
25–104.

Frankenhaueuser, B., and Huxley, A. F. (1964). The action potential in the
myelinated nerve fiber of xenopus laevis as computed on the basis of
voltage clamp data. J. Physiol. 171, 302–15. doi: 10.1113/jphysiol.1964.sp0
07378

Fridman, G. (2017). “Safe Direct Current Stimulator design for reduced power
consumption and increased reliability,” in Conference Proceedings Annual

International Conference of the IEEE Engineering in Medicine and Biology

Society (Seogwipo). doi: 10.1109/EMBC.2017.8037015
Fridman, G. Y., and Della Santina, C. C. (2013a). Safe direct current stimulation to

expand capabilities of neural prostheses. IEEE Trans. Neural Syst. Rehabil. Eng.

21, 319–328. doi: 10.1109/TNSRE.2013.2245423
Fridman, G. Y., and Della Santina, C. C. (2013b). Safe direct current stimulator

2: concept and design. Conf Proc IEEE Eng Med Biol Soc. 2013, 3126–3129.
doi: 10.1109/EMBC.2013.6610203

Fukada, E., and Yasuda, I. (1957). On the piezoelectric effect of bone. J. Phys. Soc.
12, 1158–1162. doi: 10.1143/JPSJ.12.1158

Funk, R. H. (2015). Endogenous electric fields as guiding cue for cell migration.
Front. Physiol. 6:143. doi: 10.3389/fphys.2015.00143

Gabriel, S., Lau, R. W., and Gabriel, C. (1996). The dielectric properties of
biological tissues: II. Measurements in the frequency range 10Hz to 20 GHz.
Phys. Med. Biol. 41, 2251–2269. doi: 10.1088/0031-9155/41/11/002

Geddes, L. A., and Baker, L. E. (1967). The specific resistance of biological
material—a compendium of data for the biomedical engineer and physiologist.
Med. Biol. Eng. 5, 271–293. doi: 10.1007/BF02474537

Geddes, L. A., and Hoff, H. E. (1971). The discovery of bioelectricity and
current electricity The Galvani-Volta controversy. IEEE Spectr. 8, 38–46.
doi: 10.1109/MSPEC.1971.5217888

Geurts, J. W., Joosten, E. A., and van Kleef, M. (2017). Current status
and future perspectives of spinal cord stimulation in treatment of
chronic pain. Pain 158, 771–774. doi: 10.1097/j.pain.00000000000
00847

Geurts, J. W., Smits, H., Kemler, M. A., Brunner, F., Kessels, A. G. H., and van
Kleef, M. (2013). Spinal cord stimulation for complex regional pain syndrome
type I: a prospective cohort study with long-term follow-up. Neuromodulation

Technol. Neural Interface 16, 523–529. doi: 10.1111/ner.12024
Gilmour, A. D., Green, R. A., and Thomson, C. E. (2013). A low-maintenance,

primary cell culture model for the assessment of carbon nanotube
toxicity. Toxicol. Environ. Chem. 95, 1129–1144. doi: 10.1080/02772248.2013.8
44429

Gofeld, M. (2014). New horizons in neuromodulation. Curr. Pain Headache Rep.

18:397. doi: 10.1007/s11916-013-0397-9
Goldberg, J. M., Smith, C. E., and Fernández, C. (1984). Relation between

discharge regularity and responses to externally applied galvanic currents
in vestibular nerve afferents of the squirrel monkey. J. Neurophysiol. 51,
1236–1256. doi: 10.1152/jn.1984.51.6.1236

Goldman, S. A., Pulsinelli, W. A., Clarke, W. Y., Kraig, R. P., and Plum, F. (1989).
The effects of extracellular acidosis on neurons and glia in vitro. J. Cereb. Blood
Flow Metab. 9, 471–477. doi: 10.1038/jcbfm.1989.70

Gomez-Tames, J., Sugiyama, Y., Laakso, I., Tanaka, S., Koyama, S., Sadato, N., et al.
(2016). Effect of microscopic modeling of skin in electrical and thermal analysis
of transcranial direct current stimulation. Phys. Med. Biol. 61, 8825–8838.
doi: 10.1088/1361-6560/61/24/8825

Grant, P. F., and Lowery, M. M. (2010). Effect of dispersive conductivity and
permittivity in volume conductor models of deep brain stimulation. IEEE
Trans. Biomed. Eng. 57, 2386–2393. doi: 10.1109/TBME.2010.2055054

Griffin, M., and Bayat, A. (2011). Electrical stimulation in bone healing: critical
analysis by evaluating levels of evidence. Eplasty 11:e34. Available online at:
http://www.eplasty.com/

Groothuis, J., Ramsey, N. F., Ramakers, G. M. J., and van der Plasse, G. (2014).
Physiological challenges for intracortical electrodes. Brain Stimul. 7, 1–6.
doi: 10.1016/j.brs.2013.07.001

Gudivaka, R., Schoeller, D. A., Kushner, R. F., and Bolt, M. J. (1999).
Single- and multifrequency models for bioelectrical impedance
analysis of body water compartments. J. Appl. Physiol. 87, 1087–1096.
doi: 10.1152/jappl.1999.87.3.1087

Guleyupoglu, B., Schestatsky, P., Edwards, D., Fregni, F., and Bikson, M.
(2013). Classification of methods in transcranial electrical stimulation
(tES) and evolving strategy from historical approaches to contemporary
innovations. J. Neurosci. Methods 219, 297–311. doi: 10.1016/j.jneumeth.2013.
07.016

Gurtner, G. C., Werner, S., Barrandon, Y., and Longaker, M. T. (2008).
Wound repair and regeneration. Nature 453, 314–321. doi: 10.1038/nature
07039

Guyton, D. L., and Hambrecht, F. T. (1973). Capacitor electrode stimulates
nerve or muscle without oxidation-reduction reactions. Science 181, 74–76.
doi: 10.1126/science.181.4094.74

Guyton, D. L., and Hambrecht, F. T. (1974). Theory and design of
capacitor electrodes for chronic stimulation. Med. Biol. Eng. 12, 613–620.
doi: 10.1007/BF02477223

Hageman, K. N., Kalayjian, Z. K., Tejada, F., Chiang, B., Rahman, M. A.,
Fridman, G. Y., et al. (2016). A CMOS neural interface for a multichannel
vestibular prosthesis. IEEE Trans. Biomed. Circuits Syst. 10, 269–279.
doi: 10.1109/TBCAS.2015.2409797

Hamm, L. L., Nakhoul, N., and Hering-Smith, K. S. (2015). Acid-base homeostasis.
Clin. J. Am. Soc. Nephrol. 10, 2232–2242. doi: 10.2215/CJN.07400715

Hladovec, J. (1971). Experimental arterial thrombosis in rats with
continuous registration. Thromb. Diath. Haemorrh. 26, 407–10.
doi: 10.1055/s-0038-1653690

Hodgkin, A. L., and Huxley, A. F. (1952). A quantitative description of membrane
current and its application to conduction and excitation in nerve. J. Physiol.
117, 500–44. doi: 10.1113/jphysiol.1952.sp004764

Hodgkin, A. L., and Katz, B. (1949). The effect of temperature on the
electrical activity of the giant axon of the squid. J. Physiol. 109, 240–249.
doi: 10.1113/jphysiol.1949.sp004388

Hopp, F. A., Zuperku, E. J., Coon, R. L., and Kampine, J. P. (1980). Effect
of anodal blockade of myelinated fibers on vagal C-fiber afferents.
Am. J. Physiol. 239, R454–R4R462. doi: 10.1152/ajpregu.1980.239.
5.R454

Huang, C. Q., Carter, P. M., and Shepherd, R. K. (2001). Stimulus induced pH
changes in cochlear implants: an in vitro and in vivo study. Ann. Biomed. Eng.

29, 791–802. doi: 10.1114/1.1397793
Isaksson, J., Kjäll, P., Nilsson, D., Robinson, N., Berggren, M., and Richter-

Dahlfors, A. (2007). Electronic control of Ca2+ signalling in neuronal
cells using an organic electronic ion pump. Nat. Mater. 6, 673–679.
doi: 10.1038/nmat1963

Jackson, M. P., Rahman, A., Lafon, B., Kronberg, G., Ling, D., Parra,
L. C., et al. (2016). Animal models of transcranial direct current
stimulation: methods and mechanisms. Clin. Neurophysiol. 127, 3425–3454.
doi: 10.1016/j.clinph.2016.08.016

Jaffe, L. F. (1977). Electrophoresis along cell membranes. Nature 265, 600–602.
doi: 10.1038/265600a0

Jaffe, L. F., and Vanable, J. W. (1984). Electric fields and wound
healing. Clin. Dermatol. 2, 34–44. doi: 10.1016/0738-081X(84)
90025-7

Joucla, S., Glière, A., and Yvert, B. (2014). Current approaches to model
extracellular electrical neural microstimulation. Front. Comput. Neurosci. 8:13.
doi: 10.3389/fncom.2014.00013

Joucla, S., and Yvert, B. (2009). The “Mirror” estimate: an intuitive predictor
of membrane polarization during extracellular stimulation. Biophys. J. 96,
3495–3508. doi: 10.1016/j.bpj.2008.12.3961

Frontiers in Neuroscience | www.frontiersin.org 16 April 2019 | Volume 13 | Article 379

https://doi.org/10.1016/j.stemcr.2017.05.035
https://doi.org/10.3389/fnins.2018.00648
https://doi.org/10.1159/000280138
https://doi.org/10.1113/jphysiol.1964.sp007378
https://doi.org/10.1109/EMBC.2017.8037015
https://doi.org/10.1109/TNSRE.2013.2245423
https://doi.org/10.1109/EMBC.2013.6610203
https://doi.org/10.1143/JPSJ.12.1158
https://doi.org/10.3389/fphys.2015.00143
https://doi.org/10.1088/0031-9155/41/11/002
https://doi.org/10.1007/BF02474537
https://doi.org/10.1109/MSPEC.1971.5217888
https://doi.org/10.1097/j.pain.0000000000000847
https://doi.org/10.1111/ner.12024
https://doi.org/10.1080/02772248.2013.844429
https://doi.org/10.1007/s11916-013-0397-9
https://doi.org/10.1152/jn.1984.51.6.1236
https://doi.org/10.1038/jcbfm.1989.70
https://doi.org/10.1088/1361-6560/61/24/8825
https://doi.org/10.1109/TBME.2010.2055054
http://www.eplasty.com/
https://doi.org/10.1016/j.brs.2013.07.001
https://doi.org/10.1152/jappl.1999.87.3.1087
https://doi.org/10.1016/j.jneumeth.2013.07.016
https://doi.org/10.1038/nature07039
https://doi.org/10.1126/science.181.4094.74
https://doi.org/10.1007/BF02477223
https://doi.org/10.1109/TBCAS.2015.2409797
https://doi.org/10.2215/CJN.07400715
https://doi.org/10.1055/s-0038-1653690
https://doi.org/10.1113/jphysiol.1952.sp004764
https://doi.org/10.1113/jphysiol.1949.sp004388
https://doi.org/10.1152/ajpregu.1980.239.5.R454
https://doi.org/10.1114/1.1397793
https://doi.org/10.1038/nmat1963
https://doi.org/10.1016/j.clinph.2016.08.016
https://doi.org/10.1038/265600a0
https://doi.org/10.1016/0738-081X(84)90025-7
https://doi.org/10.3389/fncom.2014.00013
https://doi.org/10.1016/j.bpj.2008.12.3961
https://www.frontiersin.org/journals/neuroscience
https://www.frontiersin.org
https://www.frontiersin.org/journals/neuroscience#articles


Aplin and Fridman Implantable Direct Current Neural Modulation

Joucla, S., and Yvert, B. (2012). Modeling extracellular electrical neural stimulation:
from basic understanding to MEA-based applications. J. Physiol. 106, 146–158.
doi: 10.1016/j.jphysparis.2011.10.003

Kabakov, A. Y., Muller, P. A., Pascual-Leone, A., Jensen, F. E., and Rotenberg, A.
(2012). Contribution of axonal orientation to pathway-dependent modulation
of excitatory transmission by direct current stimulation in isolated rat
hippocampus. J. Neurophysiol. 107, 1881–1889. doi: 10.1152/jn.00715.2011

Kerns, J. M., Truong, T. T., Walter, J. S., and Khan, T. (1996). Do direct current
electric fields enhance micturition in the spinal cat? J. Spinal Cord Med. 19,
225–233. doi: 10.1080/10790268.1996.11719438

Kiang, N. Y., Liberman, M. C., and Levine, R. A. (1976). Auditory-nerve
activity in cats exposed to ototoxic drugs and high-intensity sounds.
Ann. Otol. Rhinol. Laryngol. 85, 752–768. doi: 10.1177/0003489476085
00605

Kim, S. K., Kim, J. H., Kim, K. P., and Chung, T. D. (2007). Continuous low-voltage
dc electroporation on a microfluidic chip with polyelectrolytic salt bridges.
Anal. Chem. 79, 7761–7766. doi: 10.1021/ac071197h

Konikoff, J. J. (1975). Origin of the osseous bioelectric potentials: a review. Ann.
Clin. Lab. Sci. 5:5.

Krames, E., Peckham, P. H., and Rezai, A. (2018). Neuromodulation:

Comprehensive Textbook of Principles, Technologies, and Therapies. Cambridge,
MA: Academic Press.

Krause, J. S., DeVivo, M. J., and Jackson, A. B. (2004). Health status, community
integration, and economic risk factors for mortality after spinal cord injury.
Arch. Phys. Med. Rehabil. 85, 1764–1773. doi: 10.1016/j.apmr.2004.06.062

Kuck, A., Stegeman, D. F., and van Asseldonk, E. H. F. (2017). Modeling trans-
spinal direct current stimulation for the modulation of the lumbar spinal motor
pathways. J. Neural Eng. 14:056014. doi: 10.1088/1741-2552/aa7960

Kuzyk, P. R., and Schemitsch, E. H. (2009). The science of electrical
stimulation therapy for fracture healing. Indian J. Orthop. 43:127.
doi: 10.4103/0019-5413.50846

Kyle, U. G., Bosaeus, I., De Lorenzo, A. D., Deurenberg, P., Elia, M., Gómez, J. M.,
et al. (2004). Bioelectrical impedance analysis—Part I: review of principles and
methods. Clin. Nutr. 23, 1226–1243. doi: 10.1016/j.clnu.2004.06.004

Larsson, K. C., Kjäll, P., and Richter-Dahlfors, A. (2013). Organic bioelectronics
for electronic-to-chemical translation in modulation of neuronal signaling and
machine-to-brain interfacing. Biochim. Biophys. Acta - Gen. Subj. 9, 4334–4344.
doi: 10.1016/j.bbagen.2012.11.024

Leppik, L., Zhihua, H., Mobini, S., Thottakkattumana Parameswaran, V., Eischen-
Loges, M., Slavici, A., et al. (2018). Combining electrical stimulation and
tissue engineering to treat large bone defects in a rat model. Sci. Rep. 8:6307.
doi: 10.1038/s41598-018-24892-0

Lewis, R. F. (2016). Vestibular implants studied in animal models:
clinical and scientific implications. J. Neurophysiol. 116, 2777–2788.
doi: 10.1152/jn.00601.2016

Lian, J., Bikson, M., Sciortino, C., Stacey, W. C., and Durand, D.
M. (2003). Local suppression of epileptiform activity by electrical
stimulation in rat hippocampus in vitro. J. Physiol. 547, 427–434.
doi: 10.1113/jphysiol.2002.033209

Liberman, M. C. (1978). Auditory-nerve response from cats raised in a low-noise
chamber. J. Acoust. Soc. Am. 63, 442–455. doi: 10.1121/1.381736

Loeb, G. E. (2018). Neural prosthetics: a review of empirical vs.
systems engineering strategies. Appl. Bionics Biomech. 2018:1435030.
doi: 10.1155/2018/1435030

Lopez-Quintero, S. V., Datta, A., Amaya, R., Elwassif, M., Bikson, M.,
and Tarbell, J. M. (2010). DBS-relevant electric fields increase hydraulic
conductivity of in vitro endothelial monolayers. J. Neural Eng. 7:016005.
doi: 10.1088/1741-2560/7/1/016005

Macounová, K, Cabrera, C. R., Holl, M. R., and Yager, P. (2000). Generation of
natural pH gradients in microfluidic channels for use in isoelectric focusing.
Anal. Chem. 72, 3745–3751. doi: 10.1021/AC000237D

Magee, J. C. (1998). Dendritic hyperpolarization-activated currents modify
the integrative properties of hippocampal CA1 pyramidal neurons.
J. Neurosci. 18, 7613–7624. doi: 10.1523/JNEUROSCI.18-19-0761
3.1998

McAdams, E. T., and Jossinet, J. (1995). Tissue impedance: a historical overview.
Physiol. Meas. 16, A1–A13. doi: 10.1088/0967-3334/16/3A/001

Mccaig, C. D., and Rajnicek, A. M. (1991). Electrical fields, nerve growth and
nerve regeneration. Exp Physiol. 76, 473–494. doi: 10.1113/expphysiol.1991.sp0
03514

McCaig, C. D., Rajnicek, A. M., Song, B., and Zhao, M. (2005). Controlling
cell behavior electrically: current views and future potential. Physiol. Rev. 85,
943–978. doi: 10.1152/physrev.00020.2004

McCreery, D. B., Agnew, W. F., Yuen, T. G., and Bullara, L. (1990). Charge
density and charge per phase as cofactors in neural injury induced by electrical
stimulation. IEEE Trans. Biomed. Eng. 37, 996–1001. doi: 10.1109/10.102812

McDonald, F. (1993). Electrical effects at the bone surface. Eur. J. Orthod. 15,
175–183. doi: 10.1093/ejo/15.3.175

McIntyre, C. C., Grill, W. M., Sherman, D. L., and Thakor, N., V (2004). Cellular
effects of deep brain stimulation: model-based analysis of activation and
inhibition. J. Neurophysiol. 91, 1457–1469. doi: 10.1152/jn.00989.2003

McNeal, D. R. (1976). Analysis of a model for excitation of myelinated
nerve. IEEE Trans. Biomed. Eng. 23, 329–37. doi: 10.1109/TBME.1976.3
24593

Merrill, D. R., Bikson, M., and Jefferys, J. G. R. (2005). Electrical stimulation of
excitable tissue: design of efficacious and safe protocols. J. Neurosci. Methods

141, 171–198. doi: 10.1016/j.jneumeth.2004.10.020
Miles, F. A., and Braitman, D. J. (1980). Long-term adaptive changes in

primate vestibuloocular reflex. II. Electrophysiological observations on

semicircular canal primary afferents. J. Neurophysiol. 43, 1426–1436.
doi: 10.1152/jn.1980.43.5.1426

Mina, F., Modolo, J., Recher, F., Dieuset, G., Biraben, A., Benquet, P.,
et al. (2017). Model-guided control of hippocampal discharges by local
direct current stimulation. Sci. Rep. 7:1708. doi: 10.1038/s41598-017-01
867-1

Mitchell, D. E., Della Santina, C. C., and Cullen, K. E. (2016). Plasticity within non-
cerebellar pathways rapidly shapes motor performance in vivo. Nat. Commun.

7:11238. doi: 10.1038/ncomms11238
Mitchell, D. E., Della Santina, C. C., and Cullen, K. E. (2017). Plasticity

within excitatory and inhibitory pathways of the vestibulo-spinal
circuitry guides changes in motor performance. Sci. Rep. 7:853.
doi: 10.1038/s41598-017-00956-5

Møller, A. R. (2007a). The role of neural plasticity in tinnitus. Prog. Brain Res. 166,
37–544. doi: 10.1016/S0079-6123(07)66003-8

Møller, A. R. (2007b). Tinnitus: presence and future. Prog. Brain Res. 166, 3–16.
doi: 10.1016/S0079-6123(07)66001-4

Molsberger, A., and McCaig, C. D. (2018). Percutaneous direct current
stimulation—a new electroceutical solution for severe neurological
pain and soft tissue injuries. Med. Devices Evid. Res. 11, 205–214.
doi: 10.2147/MDER.S163368

Moulton, S. E., Higgins, M. J., Kapsa, R. M. I., and Wallace, G. G. (2012). Organic
bionics: a new dimension in neural communications. Adv. Funct. Mater. 22,
2003–2014. doi: 10.1002/adfm.201102232

Nakauchi, K., Fujikado, T., Kanda, H., Kusaka, S., Ozawa, M., Sakaguchi,
H., et al. (2007). Threshold suprachoroidal–transretinal stimulation
current resulting in retinal damage in rabbits. J. Neural Eng. 4, S50–S57.
doi: 10.1088/1741-2560/4/1/S07

Nnoaham, K. E., and Kumbang, J. (2008). “Transcutaneous electrical nerve
stimulation (TENS) for chronic pain,” in Cochrane Database of Systematic

Reviews, ed K. E. Nnoaham (Chichester, UK: John Wiley and Sons, Ltd.),
CD003222. doi: 10.1002/14651858.CD003222.pub2

Nyberg, T., Inganäs, O., and Jerregård, H. (2002). Polymer hydrogel
microelectrodes for neural communication. Biomed. Microdevices 4, 43–52.
doi: 10.1023/A:1014219828983

O’Connor, B. T., Charlton, H. M., Currey, J. D., Kirby, D. R. S., and Woods,
C. (1969). Effects of electric current on bone in vivo. Nature 222, 162–163.
doi: 10.1038/222162a0

Ou, P., and Fridman, G. (2017). “Electronics for a safe direct current stimulator,”
in Proceedings of IEEE Biomedical Circuits and Systems Conference Technology

(Turin). doi: 10.1109/BIOCAS.2017.8325191
Pethig, R. (1987). Dielectric properties of body tissues. Clin. Phys. Physiol. Meas. 8

(Suppl. A), 5–12. doi: 10.1088/0143-0815/8/4A/002
Piccolino, M. (1998). Animal electricity and the birth of electrophysiology: the

legacy of Luigi Galvani. Brain Res. Bull. 46, 381–407.

Frontiers in Neuroscience | www.frontiersin.org 17 April 2019 | Volume 13 | Article 379

https://doi.org/10.1016/j.jphysparis.2011.10.003
https://doi.org/10.1152/jn.00715.2011
https://doi.org/10.1080/10790268.1996.11719438
https://doi.org/10.1177/000348947608500605
https://doi.org/10.1021/ac071197h
https://doi.org/10.1016/j.apmr.2004.06.062
https://doi.org/10.1088/1741-2552/aa7960
https://doi.org/10.4103/0019-5413.50846
https://doi.org/10.1016/j.clnu.2004.06.004
https://doi.org/10.1016/j.bbagen.2012.11.024
https://doi.org/10.1038/s41598-018-24892-0
https://doi.org/10.1152/jn.00601.2016
https://doi.org/10.1113/jphysiol.2002.033209
https://doi.org/10.1121/1.381736
https://doi.org/10.1155/2018/1435030
https://doi.org/10.1088/1741-2560/7/1/016005
https://doi.org/10.1021/AC000237D
https://doi.org/10.1523/JNEUROSCI.18-19-07613.1998
https://doi.org/10.1088/0967-3334/16/3A/001
https://doi.org/10.1113/expphysiol.1991.sp003514
https://doi.org/10.1152/physrev.00020.2004
https://doi.org/10.1109/10.102812
https://doi.org/10.1093/ejo/15.3.175
https://doi.org/10.1152/jn.00989.2003
https://doi.org/10.1109/TBME.1976.324593
https://doi.org/10.1016/j.jneumeth.2004.10.020
https://doi.org/10.1152/jn.1980.43.5.1426
https://doi.org/10.1038/s41598-017-01867-1
https://doi.org/10.1038/ncomms11238
https://doi.org/10.1038/s41598-017-00956-5
https://doi.org/10.1016/S0079-6123(07)66003-8
https://doi.org/10.1016/S0079-6123(07)66001-4
https://doi.org/10.2147/MDER.S163368
https://doi.org/10.1002/adfm.201102232
https://doi.org/10.1088/1741-2560/4/1/S07
https://doi.org/10.1002/14651858.CD003222.pub2
https://doi.org/10.1023/A:1014219828983
https://doi.org/10.1038/222162a0
https://doi.org/10.1109/BIOCAS.2017.8325191
https://doi.org/10.1088/0143-0815/8/4A/002
https://www.frontiersin.org/journals/neuroscience
https://www.frontiersin.org
https://www.frontiersin.org/journals/neuroscience#articles


Aplin and Fridman Implantable Direct Current Neural Modulation

Plonsey, R., and Heppner, D. B. (1967). Considerations of quasi-stationarity
in electrophysiological systems. Bull. Math. Biophys. 29, 657–64.
doi: 10.1007/BF02476917

Pour Aryan, N., Kaim, H., and Rothermel, A. (2014). Stimulation

and Recording Electrodes for Neural Prostheses. Cham: Springer.
doi: 10.1007/978-3-319-10052-4

Prevoteau, C., Chen, S. Y., and Lalwani, A. K. (2018). Music enjoyment
with cochlear implantation. Auris Nasus Larynx 45, 895–902.
doi: 10.1016/j.anl.2017.11.008

Radman, T., Su, Y., An, J. H., Parra, L. C., and Bikson, M. (2007).
Spike timing amplifies the effect of electric fields on neurons:
implications for endogenous field effects. J. Neurosci. 27, 3030–3036.
doi: 10.1523/JNEUROSCI.0095-07.2007

Radziszewski, K. (2013). Outcomes of electrical stimulation of the neurogenic
bladder: results of a two-year follow-up study.NeuroRehabilitation 32, 867–873.
doi: 10.3233/NRE-130911

Rae, C. D., Lee, V. H.-C., Ordidge, R. J., Alonzo, A., and Loo, C. (2013).
Anodal transcranial direct current stimulation increases brain intracellular pH
and modulates bioenergetics. Int. J. Neuropsychopharmacol. 16, 1695–1706.
doi: 10.1017/S1461145713000084

Rahman, A., Reato, D., Arlotti, M., Gasca, F., Datta, A., Parra, L. C., et al.
(2013). Cellular effects of acute direct current stimulation: somatic and synaptic
terminal effects. J. Physiol. 591, 2563–2578. doi: 10.1113/jphysiol.2012.2
47171

Rattay, F. (1986). Analysis of models for external stimulation of axons.
IEEE Trans. Biomed. Eng. 33, 974–977. doi: 10.1109/TBME.1986.3
25670

Rattay, F. (1987). Ways to approximate current-distance relations
for electrically stimulated fibers. J. Theor. Biol. 125, 339–49.
doi: 10.1016/S0022-5193(87)80066-8

Rattay, F. (1999). The basic mechanism for the electrical stimulation of
the nervous system. Neuroscience 89, 335–46. doi: 10.1016/S0306-4522(98)
00330-3

Reid, B., Song, B., McCaig, C. D., and Zhao, M. (2005). Wound healing
in rat cornea: the role of electric currents. FASEB J. 19, 379–386.
doi: 10.1096/fj.04-2325com

Rubinsky, B. (2010). Irreversible Electroporation. Berlin: Springer.
doi: 10.1007/978-3-642-05420-4

Ruffini, G., Wendling, F., Merlet, I., Molaee-Ardekani, B., Mekonnen, A.,
Salvador, R., et al. (2013). Transcranial current brain stimulation (tCS):
models and technologies. IEEE Trans. Neural Syst. Rehabil. Eng. 21, 333–345.
doi: 10.1109/TNSRE.2012.2200046

Sadeghi, S. G., Goldberg, J. M., Minor, L. B., and Cullen, K. E. (2009). Efferent-
mediated responses in vestibular nerve afferents of the alert macaque. J.
Neurophysiol. 101, 988–1001. doi: 10.1152/jn.91112.2008

San-juan, D., Morales-Quezada, L., Orozco Garduño, A. J., Alonso-Vanegas,
M., González-Aragón, M. F., Espinoza López, D. A., et al. (2015).
Transcranial direct current stimulation in epilepsy. Brain Stimul. 8, 455–464.
doi: 10.1016/j.brs.2015.01.001

Santos, A., dos, H. M., Santos, A. P. S., Santos, H. S., and da Silva, A. C. (2018).
The use of tDCS as a therapeutic option for tinnitus: a systematic review. Braz.
J. Otorhinolaryngol. 84, 653–659. doi: 10.1016/J.BJORL.2018.02.003

Shamji, M. F., De Vos, C., and Sharan, A. (2017). The advancing role of
neuromodulation for the management of chronic treatment-refractory pain.
Neurosurgery 80, S108–S113. doi: 10.1093/neuros/nyw047

Shannon, R. V. (1992). A model of safe levels for electrical
stimulation. IEEE Trans. Biomed. Eng. 39, 424–426. doi: 10.1109/10.1
26616

Shu, Y., Hasenstaub, A., Duque, A., Yu, Y., and McCormick, D. A.
(2006). Modulation of intracortical synaptic potentials by presynaptic
somatic membrane potential. Nature 441, 761–765. doi: 10.1038/nature
04720

Shvedova, A. A., Castranova, V., Kisin, E., Schwegler-Berry, D., Murray, A.,
Gandelsman, V., et al. (2003). Exposure to carbon nanotube material:
assessment of nanotube cytotoxicity using human keratinocyte cells. J. Toxicol.
Environ. Heal. Part A. 66, 1909–1926. doi: 10.1080/713853956

Simon, D. T., Kurup, S., Larsson, K. C., Hori, R., Tybrandt, K., Goiny, M.,
et al. (2009). Organic electronics for precise delivery of neurotransmitters

to modulate mammalian sensory function. Nat. Mater. 8, 742–746.
doi: 10.1038/nmat2494

Simon, D. T., Larsson, K. C., Berggren, M., and Richter-Dahlfors, A. (2010).
Precise neurotransmitter-mediated communication with neurons in vitro

and in vivo using organic electronics. J. Biomech. Sci. Eng. 5, 208–217.
doi: 10.1299/jbse.5.208

Simon, D. T., Larsson, K. C., Nilsson, D., Burström, G., Galter, D.,
Berggren, M., et al. (2015). An organic electronic biomimetic neuron
enables auto-regulated neuromodulation. Biosens. Bioelectron. 71, 359–364.
doi: 10.1016/j.bios.2015.04.058

Singer, A. J., and Clark, R. A. F. (1999). Cutaneous wound healing. N. Engl. J. Med.

341, 738–746. doi: 10.1056/NEJM199909023411006
Song, J.-J., Vanneste, S., Van deHeyning, P., andDe Ridder, D. (2012). Transcranial

direct current stimulation in tinnitus patients: a systemic review and meta-
analysis. Sci. World J. 2012, 1–7. doi: 10.1100/2012/427941

Stefan, H., and Lopes da Silva, F. H. (2013). Epileptic neuronal networks:
methods of identification and clinical relevance. Front. Neurol. 4:8.
doi: 10.3389/fneur.2013.00008

Stewart, F., Gameiro, L. F. F., El Dib, R., Gameiro, M. O. O., Kapoor, A., and
Amaro, J. L. L. (2016). Electrical stimulation with non-implanted electrodes
for overactive bladder in adults. Cochrane Database Syst. Rev. 12:CD010098.
doi: 10.1002/14651858.CD010098.pub4

Strang, C. E., Ray, M. K., Boggiano, M. M., and Amthor, F. R. (2018). Effects of
tDCS-like electrical stimulation on retinal ganglion cells. Eye Brain 10, 65–78.
doi: 10.2147/EB.S163914

Svennersten, K., Larsson, K. C., Berggren, M., and Richter-Dahlfors, A. (2011).
Organic bioelectronics in nanomedicine. Biochim. Biophys. Acta Gen. Subj.

1810, 276–285. doi: 10.1016/j.bbagen.2010.10.001
Szarowski, D. H., Andersen, M. D., Retterer, S., Spence, A. J., Isaacson, M.,

Craighead, H. G., et al. (2003). Brain responses to micro-machined
silicon devices. Brain Res. 983, 23–35. doi: 10.1016/S0006-8993(03)
03023-3

Tarabella, G., Mahvash Mohammadi, F., Copped,è, N., Barbero, F., Iannotta,
S., Santato, C., et al. (2013). New opportunities for organic electronics
and bioelectronics: ions in action. Chem. Sci. 4:1395. doi: 10.1039/c2sc
21740f

Toloza, E. H. S., Negahbani, E., and Fröhlich, F. (2018). Ih interacts with somato-
dendritic structure to determine frequency response to weak alternating
electric field stimulation. J. Neurophysiol. 119, 1029–1036. doi: 10.1152/jn.005
41.2017

Vacher, H., Mohapatra, D. P., and Trimmer, J. S. (2008). Localization and targeting
of voltage-dependent ion channels inmammalian central neurons. Physiol. Rev.
88, 1407–1447. doi: 10.1152/physrev.00002.2008

Valentin, N. S., Hageman, K. N., Chenkai Dai, C., Della Santina, C. C.,
and Fridman, G. Y. (2013). Development of a multichannel vestibular
prosthesis prototype by modification of a commercially available
cochlear implant. IEEE Trans. Neural Syst. Rehabil. Eng. 21, 830–839.
doi: 10.1109/TNSRE.2013.2259261

Victoria, G., Petrisor, B., Drew, B., and Dick, D. (2009). Bone stimulation
for fracture healing: what’s all the fuss? Indian J. Orthop. 43:117.
doi: 10.4103/0019-5413.50844

Vrabec, T., Bhadra, N., Van Acker, G., Bhadra, N., and Kilgore, K.
(2017). Continuous direct current nerve block using multi contact high
capacitance electrodes. IEEE Trans. Neural Syst. Rehabil. Eng. 25, 517–529.
doi: 10.1109/TNSRE.2016.2589541

Vrabec, T., Bhadra, N., Wainright, J., Bhadra, N., Franke, M., and Kilgore, K.
(2016). Characterization of high capacitance electrodes for the application of
direct current electrical nerve block. Med. Biol. Eng. Comput. 54, 191–203.
doi: 10.1007/s11517-015-1385-5

Wang, H., Wang, B., Normoyle, K. P., Jackson, K., Spitler, K., Sharrock, M.
F., et al. (2014). Brain temperature and its fundamental properties: a review
for clinical neuroscientists. Front. Neurosci. 8:307. doi: 10.3389/fnins.2014.
00307

Wilson, B. S., and Dorman, M. F. (2008). Cochlear implants: a remarkable past and
a brilliant future. Hear. Res. 242, 3–21. doi: 10.1016/j.heares.2008.06.005

Wilson, B. S., Finley, C. C., Lawson, D. T., Wolford, R. D., Eddington, D. K., and
Rabinowitz, W. M. (1991). Better speech recognition with cochlear implants.
Nature 352, 236–238. doi: 10.1038/352236a0

Frontiers in Neuroscience | www.frontiersin.org 18 April 2019 | Volume 13 | Article 379

https://doi.org/10.1007/BF02476917
https://doi.org/10.1007/978-3-319-10052-4
https://doi.org/10.1016/j.anl.2017.11.008
https://doi.org/10.1523/JNEUROSCI.0095-07.2007
https://doi.org/10.3233/NRE-130911
https://doi.org/10.1017/S1461145713000084
https://doi.org/10.1113/jphysiol.2012.247171
https://doi.org/10.1109/TBME.1986.325670
https://doi.org/10.1016/S0022-5193(87)80066-8
https://doi.org/10.1016/S0306-4522(98)00330-3
https://doi.org/10.1096/fj.04-2325com
https://doi.org/10.1007/978-3-642-05420-4
https://doi.org/10.1109/TNSRE.2012.2200046
https://doi.org/10.1152/jn.91112.2008
https://doi.org/10.1016/j.brs.2015.01.001
https://doi.org/10.1016/J.BJORL.2018.02.003
https://doi.org/10.1093/neuros/nyw047
https://doi.org/10.1109/10.126616
https://doi.org/10.1038/nature04720
https://doi.org/10.1080/713853956
https://doi.org/10.1038/nmat2494
https://doi.org/10.1299/jbse.5.208
https://doi.org/10.1016/j.bios.2015.04.058
https://doi.org/10.1056/NEJM199909023411006
https://doi.org/10.1100/2012/427941
https://doi.org/10.3389/fneur.2013.00008
https://doi.org/10.1002/14651858.CD010098.pub4
https://doi.org/10.2147/EB.S163914
https://doi.org/10.1016/j.bbagen.2010.10.001
https://doi.org/10.1016/S0006-8993(03)03023-3
https://doi.org/10.1039/c2sc21740f
https://doi.org/10.1152/jn.00541.2017
https://doi.org/10.1152/physrev.00002.2008
https://doi.org/10.1109/TNSRE.2013.2259261
https://doi.org/10.4103/0019-5413.50844
https://doi.org/10.1109/TNSRE.2016.2589541
https://doi.org/10.1007/s11517-015-1385-5
https://doi.org/10.3389/fnins.2014.00307
https://doi.org/10.1016/j.heares.2008.06.005
https://doi.org/10.1038/352236a0
https://www.frontiersin.org/journals/neuroscience
https://www.frontiersin.org
https://www.frontiersin.org/journals/neuroscience#articles


Aplin and Fridman Implantable Direct Current Neural Modulation

Won, S. M., Song, E., Zhao, J., Li, J., Rivnay, J., and Rogers, J. A. (2018). Recent
advances in materials, devices, and systems for neural interfaces. Adv. Mater.

30:1800534. doi: 10.1002/adma.201800534
Wongsarnpigoon, A., and Grill, W. M. (2012). Computer-based model

of epidural motor cortex stimulation: effects of electrode position and
geometry on activation of cortical neurons. Clin. Neurophysiol. 123, 160–172.
doi: 10.1016/J.CLINPH.2011.06.005

Yamashita, M. (2015). Weak electric fields serve as guidance cues that direct
retinal ganglion cell axons in vitro. Biochem. Biophys. Rep. 4, 83–88.
doi: 10.1016/j.bbrep.2015.08.022

Yang, F., Anderson, M., He, S., Stephens, K., Zheng, Y., Chen, Z., et al. (2018).
Differential expression of voltage-gated sodium channels in afferent neurons
renders selective neural block by ionic direct current. Sci. Adv. 4:eaaq1438.
doi: 10.1126/sciadv.aaq1438

Yao, L., and Li, Y. (2016). The role of direct current electric field-guided stem
cell migration in neural regeneration. Stem Cell Rev. Rep. 12, 365–375.
doi: 10.1007/s12015-016-9654-8

Zhao, H., Steiger, A., Nohner, M., and Ye, H. (2015). Specific intensity direct
current (DC) electric field improves neural stem cell migration and enhances
differentiation towards βIII-tubulin+ neurons. PLoS ONE 10:e0129625.
doi: 10.1371/journal.pone.0129625

Zhao, M. (2009). Electrical fields in wound healing—An overriding
signal that directs cell migration. Semin. Cell Dev. Biol. 20, 674–682.
doi: 10.1016/J.SEMCDB.2008.12.009

Zhao, M., Song, B., Pu, J., Wada, T., Reid, B., Tai, G., et al. (2006).
Electrical signals control wound healing through phosphatidylinositol-
3-OH kinase-γ and PTEN. Nature 442, 457–460. doi: 10.1038/nature
04925

Zhu, T., Feng, X. J., Zhou, Y., and Wu, J. X. (2016). Therapeutic effects of
electrical stimulation on overactive bladder: a meta-analysis. Springerplus

5:2032. doi: 10.1186/s40064-016-3737-5
Zoski, C. G. (2007). Handbook of Electrochemistry. Amsterdam: Elsevier Science.

doi: 10.1016/B978-0-444-51958-0.X5000-9

Conflict of Interest Statement: GF holds the following US patents:
2012 GF, CC Della Santina, “Implantable Vestibular Prosthesis and Methods for
Sensing Head Motion and Conveying the Signals Representing Head Movements
to the Vestibular Nerve,” JHU US Pat. US20120277835.
2012 GF, CC Della Santina, “Artifact Control and Miniaturization of the Safe DC
Stimulator for Neural Prostheses,” JHU US Pat. US20140364796.
GF has submitted the following pending patents for JohnsHopkins internal review:
2016 GF, “Safe Direct Current Stimulation (SDCS) Self-Curling Nerve Cuff
Electrode,” JHU C14442.
2017 GF, “Safe Direct Current Stimulator Design for Reduced Power and Increased
Reliability,” JHU C14620.

The remaining author declares that the research was conducted in the absence of
any commercial or financial relationships that could be construed as a potential
conflict of interest.

Copyright © 2019 Aplin and Fridman. This is an open-access article distributed

under the terms of the Creative Commons Attribution License (CC BY). The use,

distribution or reproduction in other forums is permitted, provided the original

author(s) and the copyright owner(s) are credited and that the original publication

in this journal is cited, in accordance with accepted academic practice. No use,

distribution or reproduction is permitted which does not comply with these terms.

Frontiers in Neuroscience | www.frontiersin.org 19 April 2019 | Volume 13 | Article 379

https://doi.org/10.1002/adma.201800534
https://doi.org/10.1016/J.CLINPH.2011.06.005
https://doi.org/10.1016/j.bbrep.2015.08.022
https://doi.org/10.1126/sciadv.aaq1438
https://doi.org/10.1007/s12015-016-9654-8
https://doi.org/10.1371/journal.pone.0129625
https://doi.org/10.1016/J.SEMCDB.2008.12.009
https://doi.org/10.1038/nature04925
https://doi.org/10.1186/s40064-016-3737-5
https://doi.org/10.1016/B978-0-444-51958-0.X5000-9
http://creativecommons.org/licenses/by/4.0/
http://creativecommons.org/licenses/by/4.0/
http://creativecommons.org/licenses/by/4.0/
http://creativecommons.org/licenses/by/4.0/
http://creativecommons.org/licenses/by/4.0/
https://www.frontiersin.org/journals/neuroscience
https://www.frontiersin.org
https://www.frontiersin.org/journals/neuroscience#articles

	Implantable Direct Current Neural Modulation: Theory, Feasibility, and Efficacy
	Introduction
	DC Enabling Technology
	The Tissue-Electrode Interface
	Improving Charge Injection Criteria
	Ionic Direct Current Delivery

	Electrical Stimulation—Neuron Interaction
	Current Flow Through Tissue
	Modeling the Effect of Direct Current on Neurons
	Predicting Neural Responses to Direct Current
	Experimental Observations of DC Neural Interaction

	Potential Applications for DC Modulation
	DC for Inhibition/Block of Peripheral Pain
	DC for Modulation of the Vestibular Periphery
	DC Stimulation for Bladder Control
	Cortical Modulation Using Invasive DC
	Cochlear Implants

	Non-Metal-Electrode Based DC Safety Considerations
	Temperature
	Electroporation
	pH Changes
	Electrophoresis

	Tissue Effects of Sustained Electric Fields
	Neural Migration and Axonal Growth
	Vascular Changes
	Epithelial Migration and Bone Growth

	Conclusion
	Author Contributions
	Funding
	References


