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SUPPLEMENTARY NOTES
Theoretical background on RTS design

Resistively tapered Vee dipole antennas were first successfully introduced in landmine
detection'. The design consisted of a linearly tapered thin film deposit, which allowed a radiation
profile less affected by the ground properties. When the conductivity is tapered from the feed
point to the extremity according to the Wu—King (WK) resistive profile®, the antenna field
radiation pattern uniformity from the feed point to the open end is greatly improved. Numerical
electromagnetic (EM) simulations validated experimentally were successfully used in evaluating
voltage differences within a 20% accuracy for an RTS design of thin triangular-shaped
conductive sheets attached to a feeding transmission line by thin perfect electric conductor (PEC)
traces. In contrast with all previously proposed RTS designs, including the WK profile, which
aimed to improve the antenna performance, the design proposed in this study decreases the
antenna performance and the induced currents along the wire. The RTS implant exposed to an
RF field can be represented with a hybrid model composed of an antenna attached to a
transmission line, which consists of resistive traces with sharp changes in conductivity to
maximize reflections, followed by a load such as an electrode connected to the tissue (Fig. 1a).
As described in*, the equivalent antenna (i.e., the entire RTS lead) receives the electromagnetic
field and injects it into the first port (i.e., layer) with impedance Z; of such a network (Fig. 1b). A
portion of the power transmitted to the first port of the RTS is reflected back as a result of an
impedance mismatch between the first port and the antenna, while a remaining portion is
supplied to the second layer of the RTS. The impedance of this second port is intentionally
mismatched to reflect the greatest amount of power back to the implantable pulse generator
(IPG) and away from the electrode that is in contact with the tissue. The fractional power

reflected away and delivered to the tissue can be computed from the reflection 'y and

transmission 'y coefficients:
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One must consider the superposition of two steady state sine waves in the RTS traveling in
opposite directions (Fig. 1b): one forward towards the tissue/electrode (blue) and one backward
(red) reflected by the mismatched boundary towards the IPG. The first and second layer of the
RTS act both as an antenna and transmission line for the signal that is reflected back away from
the tissue/electrode. The overall signal @ present in the electrode, which is the result of the

superposition of all the direct and reflected back signals towards the first layer, is*:
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where A; is the propagation coefficient, L; and L, are the lengths of the first and second layer,
respectively, A4H,;, 0L is the signal received by the first layer of the RTS, and 4H,;,0,L, is
the signal received by the second layer. The signal @ that emerges from the left side of the port
is the sum of all the terms that represent the intrinsic reflections in the RTS. The terms AH 4,
AH 4, (i.e., the variation of the magnetic field along the RTS or z-direction in the two adjacent
Yee cells), and A;can be estimated using a numerical approach, such as the finite element method

(FEM) algorithm used herein, based on the particular geometrical model considered”.

Equation (S2) has four positive definite unknowns, 1.e., 61,62, L1, andL,. Furthermore, there
are two additional minimization constraints on the upper limit (or) of the desired overall RTS

resistance and total RTS length:

0>0-1+O—22 O-T B L1+L2=L (83)



Equation (S2) has been introduced only to give an insight into the theory of RTS design. The

following section presents a more detailed description of the fields inside the RTS leads.

The peak inductance of the lead can be estimated as follows:

2
(ff 615 J(x,y,2) k(x,y,2) dS)

Lyax = 1 (S4)

where ||H(x,y, z)|| is the complex magnitude of the Fourier transform or harmonic
component of the magnetic field at the Larmor frequency fo= 128 MHz, u is the permeability of
the material (see Supplementary Table S1), R is the domain composed of RTS wire and
insulation, 0 is the section, k is the unitary vector between layers 1 and 2 of the RTS,
and J(x,y, z) is the current density inside the lead. One can only estimate Ly 4x or the peak
inductance of an ideal inductor which is an ideal magnetic field generator that stores the
magnetic field energy generated by the supplied current, whereas in a real inductor the

inductance L is always lower than Ly 4y because of magnetic flux losses.

The main or static magnetic field By present in an MRI will produce a spin or precession of
nuclei of the hydrogen atoms (protons) in the water molecules in the tissue. The precessional
path of these protons around the magnetic field is circular like and sometimes described in terms
of a spinning top. The Larmor or precessional frequency in MRI refers to the rate of precession
of the magnetic moment of the proton around the external magnetic field and is related to the
strength of the magnetic field By. The frequency of all fields considered here is the Larmor
frequency (i.e., 128 MHz at 3T). The behavior of a RTS wire inside an electromagnetic field can
be studied as a linear antenna under the thin wire assumption (i.e., the diameter d of the geometry
isd < 1/100, i.e. d=100 um). For an ideal linear thin antenna the current density J(x, y, z),

which determines the fundamental fields H(x, y, z) and E(x,y, z) is%:



J(x,y,2) = kI(2)5(x)6(y) (S35)

where k and I(z) are the unit vector and current intensity along the implant along the z-axis,
as shown in Fig. 1c. The current density field can be found by solving the following

Pocklington’s integral equation’:
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where Ep (z) is the electric field on the surface of the wire induced by the B; field, the
constant k = 27/ A is the free space wave number, ¢,,(z) and g, (z) are the electrical
permittivity and conductivity, respectively, along the wire, and G (z) is Green’s function. Note
that equation (S6) also includes the conductivity profile of the wire, which is not typically
present in implanted wires due to the common assumption of an ideal conductor. The kernel that

approximates the exact Green’s function of the integral in equation (S6) is given the following”:
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In the case of the RTS geometry, equation (S6) becomes:
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where 6,(2), &, (z) and L, (z) are respectively equal to 64,€; and L; when L, >z > L, +

L, and equal to 6,,¢&, and L, when z < L,.

The following current distribution along the wire is an approximate solution of equation (S8):
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Equation (S9) is the typical shape of the ideal current distribution in an RTS wire as sketched in

Fig. 1c. A more precise current distribution estimated using EM numerical simulations is shown
in Fig. 2d. The RTS design reduces the overall inductance of the lead (Fig. 2c). Additionally, the
current density has a minimum value along the lead in proximity to the electrode (Fig. 2d),

thereby reducing the risk for energy absorption in the surrounding tissue.

Finally, the skin depth &, plays an important role in the RTS design:
8s = |[— (S10)

where w = 2nf = 2n +128-10°Hz, u = 4n 107" H/m ,and g; = 1.968 - 10° S/m
0, = 25.61 - 103 S/m are the conductivity of the two RTS layers, respectively, calculated by
the simulations. Note that for these values, the skin depth of the optimal RTS design was 31.63
um for the first layer and 278 pm for the second layer, which is higher than the thickness of the
modeled lead, which was 9.7 um. The FEM simulation results shown in Fig. 2 take in

consideration the skin depth effect.
Computational modeling and simulations

Lead design optimization - All lead design optimization included models of a realistic MRI
birdcage transmit coil tuned at the Larmor Frequency f;=128 MHz, an ASTM phantom *°, a Ptlr
wire, and a realistic RTS lead that allowed for a physically realizable solution. The dimensions
and material properties of the coil, lead, and phantom are listed in the Table S1. Detailed

methods on the simulations can be found in'’. The computational models were created with the



finite element methods (FEM) electromagnetic solver high frequency structure simulator (HFSS)
v15.0 and circuit solver Designer v8.0, (ANSYS, Inc., Canonsburg, PA). The FEM method'!
allowed for high geometrical modeling accuracy (i.e., minimal tetrahedral length equal to 45 pum)
at the electrode, where the highest electric field was observed'>'*. The parameter used to
evaluate numerically the energy deposition in the phantom was the specific absorption rate
(SAR) averaged in a volume with a 10g mass (10g-avg. SAR) '°. SAR (W/kg) is a measure of
the energy rate absorbed by the human body when exposed to a RF field and is the dosimetric
parameter used in RF safety guidelines. For each lead design simulation, the 10g-avg. SAR was
computed in a location at 0.1 mm from the anterior face of the lead contact in the direction of the
positive Z-axis. In order to obtain a high increase of 10g-avg. SAR, the lead was placed in a

volume with high tangential electric field magnitude'® (see Fig.1e).

The flat-design RTS lead (Fig. 3a) contained two discrete sections of variable conductivity
and length, connected in series. Three requirements were used to minimize the optimal design
search including: a) total length fixed to 40 cm to match common lead lengths for implantable
devices'’, b) conductivity of the proximal section higher than the distal section; and c) total low-
frequency resistance of the lead equal to 400 Q, i.e., less than the typical impedance in patients'®.
Additional numerical simulations were also performed in order to determine the best design
parameters and estimate the performance of the wire-based RTS design since it utilizes different
materials and geometry. A detailed view of this model can be seen in Fig. 4d. The model
contains four identical RTS fibers each divided into six fixed-length sections of variable
thickness which allow the model to simulate the effects of varying length (by making two or
more adjacent sections equal in thickness) and number of sections (by choosing the number of

changes in adjacent section thickness). Total lead resistance was still R =400 Q and the ratio of



layer thicknesses t;; t, = 20. The simulation showed that the optimal design was obtained by
dividing the lead into two sections of equal lengths L; = 0.2 m and L, = 0.2 m and yielded a 33%
reduction in peak 10g-avg. SAR within 1cm of the lead (see also Fig. S1 for electric field and
magnetic field maps). A summary of optimal designs by number of sections can be seen in Fig.

de.

Additional analysis on effect of lead design - Additional simulations were performed to
evaluate the effect on 10g-avg. SAR of different design variables, including: shape (i.e., wire vs.
thin), lead conductivity, and proximal end boundary conditions (i.e., insulated vs. uninsulated).
The results of the simulations are shown in the Supplementary Fig. S2. Notably, the simulations,
manufacturing, and bench testing were performed with the electrode exposed only on a single
side, although additional simulations included the case of two exposed ends. Higher SAR was
predicted for models with wires compared to thin RTS geometries, in line with the skin depth
calculations discussed in equation (S10). Furthermore, based on the selected design the RTS
leads showed lower SAR than leads with homogeneous conductivity (see also Fig. 2a, case

o1/c=1).

Temperature simulations - The temperature simulations were performed by implementing

the following heat equation in solids, which corresponds to the differential form of Fourier's law:
oT E||?
pCy o=V (krVT) + fff, %dxdydz (S11)

where T [K] is the absolute temperature, C, [J/(kg K)] is the specific heat capacity at one
atmosphere of constant pressure, p [kg/m3 ] is the mass density, ky [W/(m K)] is the thermal
conductivity (see Table S1 for values) and @ is the volume of 10 g of polyacrylic acid (PAA) in

the point where T is estimated. The temperature distribution values of T were estimated by



solving the heat equation in solids (equation S11), which is used to model heat transfer by
conduction only. The equation was solved considering as a heat source term the SAR calculated
by the HFSS-based EM simulations (right term). The geometry consisted of two blocks modeling
the ASTM phantom (410x80x590 mm”® and 150x80%x290 mm®). The external surfaces of the
ASTM phantom were set to Dirichlet boundary conditions with T = 20.15°C. The solution was
calculated in a Cartesian 3D coordinate system and consisted of temperature values T. The
calculations were performed using a FEM-based commercially available software (Multiphysics

4.4, COMSOL, Burlington, MA).

Uncertainty analysis

A simulation study to assess the uncertainty of design and simulation parameters was
performed (Table 2). The parameters studied were selected such that they could be considered
independent. The methods used were based on the work of Neufeld et al.">. To determine the
impact of the contribution of an individual parameter to the total uncertainty of the simulations,
first two simulations were run for each parameter by assigning two different values (“Vall” and
“Val2” in Table S2) to each parameter studied. The first value (“Vall”) was the one used for the
simulations shown in Fig. 2 whereas the modified value (“Val2”) was set to a realistic value that
could occur due to either design choice or manufacturing tolerance. Assuming linear dependence
of the measurement values on the varying parameter, a sensitivity factor was determined for each
parameter by calculating the percent error difference between the two evaluation results and then
dividing by the absolute value of the change in parameter value. The individual uncertainty
contribution was then calculated by multiplying the sensitivity and the standard deviation of the
parameter uncertainty. The standard deviations were small for parameters such as the implant
length, which can be accurately determined, and large for parameters such as the conductivity.
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The analysis confirmed a high sensitivity — and relative high uncertainty — to the thickness and
dispersion properties of the insulation layer, in line with previous studies®. Lower SAR values
resulted with a 25.4 um vs. 50.8 pm dielectric thickness of both insulation and substrate, which
is consistent with the notion that insulation characteristics strongly affect the antenna behavior'”.
Moreover, Fig. 2a shows that the ideal length of layer 2 is 3.3 cm, thus microscopic surface
mount resistors (e.g., 0.4 x 0.2 x 0.2 mm’), often connected to each electrode in commercial
EEG/fMRI caps, and cannot be used to create an ideal RTS geometry since they are too short.
Additionally, larger resistors would be too bulky and rigid to be attached to a microscopic wire
of an implant. Finally, the simulations showed that conductor thickness plays a fundamental role
in the RF-induced currents'”, with a low uncertainty coefficient (see Table S2). Notably, a
homogenously conductive thin design decreased the current density at thicknesses less than the
skin depth (Supplementary Fig. S2). The uncertainty analysis performed showed that the
permittivity of the binder used in conductive inks can significantly affect 10g-avg SAR.
Binders® serve to bind together the nanoparticles of the material, ensure the necessary viscosity
for proper transfer of the ink from the press to the substrate, provide adhesion to the substrate,
and contribute to the drying speed and resistance properties of the ink?'. The relative permittivity
of binders varies from two to fifteen®* or higher in composites™, and it is essential for the RTS
effect presented in this paper, as no RTS effect was found in simulations with binders with the

unity relative permittivity of vacuum.
Bench test experiments

Manufacturing of flat-design RTS prototype - A flat-design RTS lead prototype was
manufactured using two different commercially available conductive ink materials for initial

proof-of-concept testing. The first ink (479SS, Electrodag, Acheson LTD., Kitano, Japan) is a

11



silver (Ag) based PTF ink and was fixed to a specified resistivity of 0.02 Q/sq./mil**. This ink
was used in the higher conductivity section L;. The second ink (423, Electrodag) is a carbon (C)
based PTF ink, which has significantly higher resistivity compared with Ag based PTF inks of 42

1%°. The final layer L, was fabricated by chemically mixing the two PTF inks to adjust

)/sq./mi
the conductivity of the second section to the value prescribed by the simulations, which was
constrained to be within the conductivity values of the Ag and C-based PTF inks. The length of
layer 1 was proportional to the conductivity of the silver ink and was fixed to allow a target ratio
o1/c, = 77 with the optimal total resistance of 400 Q. Notably, the resistivity of both the carbon
traces and silver electrodes is constant from 100 Hz to 200 MHz*'. The 400 Q resistance was
well within the range of current commercial IPGs considering that the contact electrode/tissue

resistance is usually below 1.5 kQ'®. The tolerance for resistivity was 5% and the tolerance for

length was 50 um.

Temperature Measurements in MRI - Evaluation of RF-induced heating during MRI was
assessed by loading the MRI RF body coil with a standard ASTM phantom ° (Fig. 3b). The
phantom shell was made of Plexiglas and filled to a volume of 24.6 L with a gel consisting of
PAA (436364, Sigma Aldrich Co., St. Louis, MO), distilled water (conductivity less than 10°
S/m), and reagent grade NaCl (S9888, Sigma Aldrich Co., St. Louis, MO). The ratio of the
mixture was 1.32 g NaCl and 10 g PAA for each 1 L of water to obtain a conductivity of
approximately 0.47 S/m at room temperature °. The mixture created a semisolid gel that
approximated the dielectric constant and thermal convection of human tissue™®. A plastic scaffold
with adjustable posts (i.e., plastic screws, bolts and washers) was placed on the far right side of
the phantom and was utilized to consistently position system components (i.e., electrode lead and

temperature probes) within the phantom (Figs. 3¢ and 3d). As shown in Fig. le, the electric field
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magnitude inside the phantom at 128 MHz in the selected configuration was highest in a location
close to the body coil . In order to have high magnitude of electric field incident to the lead, the
phantom was shifted as far right as possible within the bore and the leads were placed on the side
of the phantom (Fig. 3b, Fig. 1e and 1f). Temperature measurements were recorded using four
fiber-optic temperature sensors compatible with MRI (Neoptix Reflex, Qualitrol LLC, Fairport,
NY). Three thermometry probes were positioned within the phantom to capture the temperature
profiles of set points on the electrode lead. Probes were positioned (Figs. 3¢ and 3d)
perpendicular to the electrode contact (0.3 mm from the center of the contact), in-line with the tip
(0.3 mm away from tip), and perpendicular to the middle of the lead (0.3 mm from center of
lead)”’. The 3T MR system (Skyra, Siemens Medical Systems, Erlangen, Germany) used for
imaging was programmed with parameters set to investigate high RF energy exposures that meet
the maximum limit allowed for averaged SAR generated by an MRI scan (Turbo Spin-echo
sequence, TR=654 ms; TE=16 ms; 180° flip angle; 1.2x1.2x1.2 mm’ voxel volume). Each
experimental session consisted of a 5-minute epoch for baseline temperature recordings, a 15-
minute MRI scan, and a 15-minute epoch post-scan to assess temperature decay rates. A
commercially available DBS lead (3389, Medtronic Inc., Minneapolis, MN) and the RTS
prototype were tested in the same sessions. The Medtronic 3389 lead was chosen because it is
approved for use in MRI with very specific conditions™. The proximal end of the Medtronic
3389 lead was not insulated. Temperature was recorded at 1-second intervals. A baseline
experimental session in which no lead was positioned within the scaffolding of the phantom was

conducted to establish the RF-induced heating of the phantom alone.

The design optimization was performed with a model of a body coil based on literature®. In

order to compare the temperature measurements with the simulations, additional simulations
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were performed with a second body coil model, matching the geometrical characteristics of the
coil used in the MRI measurements (i.e., 70 cm diameter, 40 cm length, tuned to a Larmor
frequency of 123.2 MHz). The coil was loaded with the ASTM phantom placed off-center, as in
the experimental setup (Fig. 3b). Supplementary Figure S3 shows the results of the temperature

simulations compared with the experimental measurements (shown also in Fig. 3e).

Implantable pulse generator (IPG) battery testing - The testing was performed using the
following parameter settings for the Activa PC IPG (Medtronic, Inc., Minneapolis, MN): 1)
single lead (contact 0, according to the Medtronic numbering in Fig. 4d) set to negative (-), ii)
case set to positive (+ and contacts 1, 2 and 3 were all turned off), iii) unipolar cathodic pulse
train set to an amplitude of 2 V, a frequency of 130 Hz and a pulse width of 90 pus. For the
Medtronic 3389 lead the following procedure was used: the extension wire was connected and
fastened (with set screw) on one side to the IPG and on the other side to the lead. The connection
site was covered with silicon wrap and sealed on both ends with non-dissolvable suture, which is
the same procedure utilized in the operating room to produce a water tight implant. For the RTS
lead the following procedure was used: The extension wire was connected and fastened (with set
screw) to the IPG and the RTS lead was connected (contact 0) to the extension wire with silver
epoxy (8331, MG Chemicals, Surrey B.C., Canada) and insulated with super glue. The
connection site was covered with silicon wrap and sealed on both ends with non-dissolvable
suture. A digital multimeter was used to check for conductivity between RTS contact and
extension wire. For both leads, the IPG, extension, and lead were placed in a quart of deionized
water. Saline solution at room temperature was added to the deionized water until the impedance
measured 1500 Q. Because the lead impedance of the RTS prototype was higher than the

Medtronic 3389 lead, a lower amount of saline solution was added for the latter case. A hand-
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held Medtronic Physician programmer was utilized to activate the IPG to test for therapeutic
impedance. As the proprietary battery and circuit designs of the IPG were unknown, a direct
quantification of power consumption could not be calculated. Therefore, battery level (in volts,
analogous to the indicator on a cell phone or laptop) was measured using the handheld
programmer. The battery level provides an indication of power consumption. Although the exact
relationship between battery level and power consumption is not disclosed by the manufacturer,
the changes in battery level recorded can still inform about possible changes in the amount of
charge delivered when comparing the two lead designs. The IPG was turned on and left on for a
total of four weeks; during this time the IPG was tested once a week by two measures, 1) an
oscilloscope was used to check and measure the emitted pulse train in saline solution, and 2) the
hand-held programmer was used to monitor changes in the therapeutic impedance. Saline was
added to the water if impedance dropped below 1500 Q (Figs. 4f and 4g). Testing was done with
constant impedance to check that — with given conditions — the RTS would deliver the same
charge compared to the Medtronic 3389. When implanted, the impedance of the RTS (~400 Q)
would in fact be different from the Medtronic 3389 (~50 ), which can result in a lower battery
life or a shorter time period before recharging™. However, any overall differences in total
impedance would still be within the normal variability (between 5002 and 1.5 k€2) measured in

patients a few weeks post-implantation'®.

Manufacturing of wire-design RTS prototype - A second RTS wire prototype was
manufactured using the state-of-the-art physical E-Beam vapor deposition (PVD) technology
(Thin-Films Research, Inc., Westford, MA) over a rotating suture (Ethilon 6-0, Ethicon Inc.,
Bridgewater, NJ) substrate (80 um diameter), which was selected for its biocompatibility. The

polymer fiber core was composed of Ethilon 6.0 (Ethicon Endo-Surgery Inc., Somerville, NJ), a
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non-absorbable monofilament suture composed of the long-chain aliphatic polymers Nylon 6 and
Nylon 6.6, due to its mechanical properties (e.g., tensile strength) and long history of use as a
permanent implantable material’'. Ethilon has excellent mechanical properties, for instance the
selected 6-0 fiber size or 80pum has a maximum tensile strength of 6.68N>?, which diminished by
only 10% after thin film deposition. Ethilon has also a very high breaking stress of 6.25GDP
compared to other non-absorbable sutures™, which may increase long term mechanical stability
and reduce likelihood of failures. The Ethilon nylon core was coated first with titanium and then
with gold, using PVD. The suture was first coated with a thin Ti layer (100 nm) to improve
bonding between gold and the polymer core fiber’>**. Subsequently the two-layers of RTS
microwire were formed by depositing gold layers of two different thicknesses, one for each layer
(i.e., 600nm layer 1 and 1,000nm layer 2) to allow the creation of a different conductivity within
each layer. The two thickness levels were selected in order for the two layers to match the
conductivity prescribed by the simulations (Fig. 4). The gold coating produced the desired
conductivity profiles while maintaining the proper resistivity and inductance properties. The RTS
core was finally coated with Parylene and marked with a biocompatible ink to indicate the
direction in which the core is to be connected to the electrodes and the proximal connector.
Parylene C was used for the conductor wire insulation since it can be applied at room
temperature which avoids exposure of the RTS core wire to high temperatures during processing.
Medical grade Parylene C is an excellent neural prosthetic coating as shown by the good
encapsulation overall performance™. The RTS wire will be inserted in the original Medtronic
3389 design, which has a stylet in the lumen which is removed during surgery that confers the

implant the rigidity to reach the target. In regards to the long-term implantation, following the
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Medtronic 3389 design, the RTS wire will be completely encapsulated in biocompatible and

implantable polymers that enhance durability.
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Geometry Dimension
Coil Diameter 610 mm*
Coil Length 620 mm*
Coil Shield Diameter 660 mm*
Coil Shield Length 1220 mm*
Coil and Shield Thickness 0.1 mm*
Coil Ring/Rung Width 25 mm*
Coil Former Inner Diameter 590 mm*
Coil Former Wall Thickness 10 mm*
Lead Length 40 cm
Lead Width 0.5 mm
Lead Thickness 15.7 um
Contact Length 1.5 mm
Contact Width 0.5 mm
Lead Substrate Width 10 mm
Lead Substrate Thickness 25 um
Lead Insulation Width 5mm
Lead Insulation Thickness 25 um
Material Value
Copper (Coil and Shield) Conductivity 5.810’S/m
PMMA (Coil Former) Permittivity 3.0
Platinum (RTS Contact) Conductivity 9.310°S/m
Ptir (Electrode/Wire) Conductivity 4.0-10°S/m
ASTM Phantom Conductivity 0.47 S/m**
ASTM Phantom Permittivity 80**
Kapton HN (Lead Substrate) Permittivity 3.5
DI-7502 (Lead Insulation) Permittivity 2.5
Conductive Ink (Lead) Permittivity 5.0
PAA Gel (ASTM Phantom) Thermal Diffusivity 1.3:107 m/s***
PAA Gel (ASTM Phantom) Specific Heat Capacity 4150 J/(kg-C)**
PAA Gel (ASTM Phantom) Density 1200 kg/m>**

Supplementary Table S1 (Top) Dimensions of numerical model. Coil dimensions (indicated with *) were based on
the work of Yeo et al. (Bottom) Electrical and thermal properties used for the simulations. The properties of the

ASTM phantom (indicated with **) were based on the ASTM standard °.
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Supplementary Figure S1 | Electromagnetic simulations. Maps of (top) electric field and (bottom) B,

1 | -

field magnitude in the coronal (XZ) plane of the ASTM phantom at the isocenter of the lead. The B, " field
is the circularly polarized component of the magnetic field used to elicit the MRI signal _ENREF_37°.
Three cases are presented: (1*' column from the left) phantom model without lead, (2™ column) with the
selected RTS lead (i.e., L;=0.367 m, L, = 0.033 m, 5,=1.968-10° S/m, and 6,=25.61-10° S/m), and (3"
column) with a Ptlr wire (100 um diameter, 40 cm long). The top row shows the magnitude of the electric
field at the computed frequency. The electric field peaks near the electrode and was maximum for the Ptlr
lead (3" column), whereas it was much lower with the RTS (2™ column) and the ASTM phantom without
lead (1% column). The second row shows the magnitude of B, field. The ASTM phantom without lead is
the reference and any change in B, field near the lead when introducing the implant into the phantom

with respect to the reference implies distortions in the field homogeneity.
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Supplementary Figure S2 | Effect of lead configuration on 10g-avg. SAR. Histogram showing 10g-
avg. SAR in the phantom at 0.1 mm from the electrode calculated with different lead configurations. The
10g-avg. SAR varied with shape (i.e., wire vs. thin) and conductivity (homogeneous vs. RTS). These
results illustrate that — with the configurations evaluated — wires produce larger peak SAR than thin
leads. Additionally, the RTS design allowed for lower peak SAR when compared with a resistively

homogeneous (i.e., 6;/6,=1) thin stripline.
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Supplementary Figure S3 | Temperature measurements in MRI vs. numerical simulations.
Temperature simulations with standard error as computed by the model used for the RTS design
compared with the temperature changes measured in the MRI scanner. Simulations and measurements

agreed within the standard error.
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