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The emergence of transient electronics has created the need for bioresorbable conductive wires for 

signal and energy transfer. We present a fully bioresorbable wire design where the conductivity is 

provided by only a few micrometers thick electron-beam evaporated magnesium layer on the 

surface of a polymer fiber. The structure is electrically insulated with an extrusion coated polymer 

sheath, which simultaneously serves as a water barrier for the dissolvable magnesium conductor. 
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The resistance of the wires was approximately 1 Ω cm-1 and their functional lifetime in buffer 

solution was more than one week. These properties could be modified by using different conductor 

materials and film thicknesses. Furthermore, the flexibility of the wires enabled the fabrication of 

planar radio frequency coils, which were wirelessly measured. Such coils have the potential to be 

used as wireless sensors. The wire design provides a basis for bioresorbable wires in applications 

where only a minimal amount of metal is desired for example to avoid toxicity. 

INTRODUCTION 

Implantable conductive wires and cables provide the means for accessing difficult sensing and 

stimulation locations inside the body1 for example in cases where the working distance for wireless 

devices is too long. In addition, conductors are needed in fabricating radio-frequency (RF) coils, 

which can be used in resonating sensor structures2 or to transmit power wirelessly to implantable 

medical devices3. Implantable wires typically comprise metal alloy based core conductors and an 

insulating layer protecting the conductors from biological fluids1. In long-term applications, their 

robustness and durability are crucial. On the other hand, the emergence of bioresorbable 

implantable devices4 for monitoring or treating acute health conditions has created a need for 

conductive wires that disappear from the body after functioning for a defined time period.  

In conductive wire and cable applications, biodegradable materials have often been used only in 

the sheath. Previous studies include for example an extrusion coated poly(L-lactide) sheath on a 

copper wire5 and cellulose sheaths around carbon nanotube cores6. On the contrary, preclinical 

studies on biodegradable implantable sensors have been conducted using biodegradable 

transcutaneous molybdenum based wires for signal transfer7,8.  
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An implantable conductive wire with only minimal bioresorbable metal content might be useful in 

applications where excessive amounts of metals could cause problems. For example, the corrosion 

of magnesium produces hydrogen gas, which might lead to complications in vivo9. Zinc on the 

other hand is known to be neurotoxic and hinder bone development at immoderate quantities10. 

Furthermore, some bioresorbable metals like iron dissolve very slowly and are even noticed to 

cause similar problems that are observed with permanent implants11. These issues might be solved 

by depositing metallic thin films on bioresorbable polymer fibers to achieve conductivity. 

Depending on the application and the conductivity of the used metal, the metal thickness could be 

for example from a few hundred nanometers to a few micrometers. The resulting wire can be 

extrusion coated without destroying the conductivity, if the glass transition temperature of the core 

fiber is higher than the melting temperature of the coating material. The mechanical properties of 

such conductive wires are largely defined by the polymer materials, but at the same time 

constrained by the integrity of the conductive metal layer.  

In this study, prototype wires were fabricated using bioresorbable poly(desamino tyrosyl-

tyrosine ethyl ester carbonate), or poly(DTE carbonate) as the core fiber material owing to its 

relatively high glass transition temperature. After depositing magnesium onto the core fiber, it 

was extrusion coated using bioresorbable poly(caprolactone) (PCL). The obtained wires were 

characterized by demonstrating their conductivity, flexibility and lifetime in aqueous conditions. 

Furthermore, their application as wirelessly readable RF coils was shown. Such coils could be 

used for example as sensors to detect changes in their environment. 

EXPERIMENTAL SECTION 

Wire fabrication 
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Poly(desamino tyrosyl-tyrosine ethyl ester carbonate) (poly(DTE carbonate); Integra 

LifeSciences, New Jersey, USA) with a measured inherent viscosity (i.v.) of 0.89 dl/g was dried 

in vacuum for four days in room temperature before processing. A flat poly(DTE carbonate) 

monofilament fiber was extruded under nitrogen atmosphere using Gimac microextruder (Gimac, 

Gastronno, Italy) with a screw diameter of 12 mm. The shape and dimensions of the extrusion die 

are presented in Figure S1. The flat shape was chosen to prevent any unintentional twisting of the 

fibers during the subsequent metal deposition process. The fiber was collected with a conveyer at 

a speed of 4 m/min. The thickness and width of the poly(DTE carbonate) core fiber and the 

complete conductive wire were measured from different points (n=50) using a digital caliper. 

Continuous poly(DTE carbonate) fibers were cleaned using isopropanol dampened clean room 

wipes and then coiled around a holder plate using Kapton tape for attachment. Magnesium thin 

films with a thickness of 7.5 µm were e-beam evaporated onto the fibers. This was close to the 

maximum Mg thickness that could be conveniently evaporated during one process using our 

system.  The e-beam evaporation rate was 2.0 Å/s with a vacuum level in the order of 10-6 torr. 

After evaporation, the Kapton tapes were removed, resulting in poly(DTE carbonate) fibers with 

various lengths (9-14 cm) of continuous magnesium coating limited by the tape. The fibers with 

a magnesium layer were extrusion coated with medical grade poly(caprolactone) (PCL; Corbion 

Purac, The Netherlands) having an i.v. of 1.18 dl/g as stated by the manufacturer. The extrusion 

was performed with the Gimac microextruder under nitrogen atmosphere using a crosshead die 

with an output diameter of 2 mm. The resulting wire was collected with a conveyer at a speed of 

3 m/min. 

Materials characterization 



 5 

The thermal transitions of the poly(DTE carbonate) and PCL raw materials were determined using 

a differential scanning calorimeter (DSC Q1000; TA Instruments, USA). The data was analyzed 

from the second heating using TA Universal Analysis software.  

The inherent viscosity measurements of the extruded poly(DTE carbonate) core fiber and the 

respective raw material were performed to evaluate the degradation of the material during 

processing. The analysis was done in ambient conditions using an automated Ubbelohde 

viscometer (LAUDA, Lauda-Königshofen, Germany). Samples of 20 ± 0.6 mg were weighed and 

dissolved in 20 ml of chloroform overnight before the measurement. Two parallel samples for both 

the raw material and the fiber were measured.  

Compression molded poly(caprolactone) sheets (n=5) with a size of 10×50×0.4 mm3 were used to 

study the water uptake properties of the PCL extrusion coating material. The samples were dried 

in a vacuum chamber at room temperature for one week, after which their mass was weighed using 

an analytical scale. The samples were then immersed in Sörensen buffer solution (Table S1), which 

was prepared according to the “ISO 15814:1999(E): Implants for surgery – Copolymers and blends 

based on polylactide – In vitro degradation testing” standard. The immersed samples were stored 

at +37 °C and weighed at pre-determined time points by gently wiping the excessive liquid from 

the samples with tissue paper and immediately weighing them. The wet weights were compared 

to the initial dry weight using equation 1: 

𝑊𝑊𝑊𝑊𝑊𝑊𝑊𝑊𝑊𝑊 𝑢𝑢𝑢𝑢𝑊𝑊𝑊𝑊𝑢𝑢𝑊𝑊 (%) = �𝑊𝑊𝑊𝑊𝑊𝑊 𝑤𝑤𝑊𝑊𝑒𝑒𝑒𝑒ℎ𝑊𝑊−𝐷𝐷𝐷𝐷𝐷𝐷 𝑤𝑤𝑊𝑊𝑒𝑒𝑒𝑒ℎ𝑊𝑊
𝐷𝐷𝐷𝐷𝐷𝐷 𝑤𝑤𝑊𝑊𝑒𝑒𝑒𝑒ℎ𝑊𝑊

�× 100%.  (1) 
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The possible error caused by the mass loss of PCL during hydrolysis was considered negligible, 

as virtually no molecular weight changes and an average mass loss of only 0.12% per month 

have been reported for the first 6 months of PCL hydrolysis12.  

The tensile properties of both the plain core fibers and the PCL coated fibers (n=10) were studied 

using Instron 4411 materials testing equipment (Instron Ltd., England) with a 500 N load cell. 

The distance between pneumatic grips was 50 mm and the crosshead speed was 10 mm/min. The 

cross sectional areas of the fibers were approximated using a rectangular shape as a basis. 

Tensile strength, elongation at break and Young’s modulus were calculated from the measured 

data. 

Scanning Electron Microscopy 

The scanning electron microscopy (SEM) images were taken from the cross section of the 

conductive wire. The wire was first immersed in methanol to fill the material (meso)pores and thus 

promote brittleness during cutting13. After the methanol treatment the wire was freeze fractured in 

liquid nitrogen, coated with a thin layer of chromium and imaged using a field emission SEM 

(JSM-7610F; JEOL Ltd., Japan). The imaged sample originated from an earlier fabrication batch 

compared to the samples used in other tests.   

Resistance measurements 

After evaporating magnesium onto the fibers, their resistance was measured using a digital 

multimeter (AxioMET AX-572) by gently pressing the probes onto the Mg layer. The length of 

the magnesium coatings, defined by the tapes in the evaporation phase, were measured using a 

ruler. The resistance per centimeter was calculated for each conductive fiber (n=21). The 

measurements and calculations were repeated after extrusion coating in order to evaluate the effect 
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of coating process to the wire resistance. Excessive PCL coating was first melted and skimmed off 

the tip of the wires, after which the multimeter probes were pressed through the residual PCL film. 

A paired Student’s t-test was applied for the statistical analysis, where p < 0.05 was considered 

significant. 

After the dry resistance measurements, the tips of the wires were treated with two layers of 

conductive silver epoxy adhesive (8331-14G; MG Chemicals, Canada) to ensure a measurement 

point for the water immersion tests. The bioresorbable wires (n=5) were then attached to 50 ml 

falcon tubes, leaving the Ag epoxy coated wire tips in air and the rest of the wire immersed in pre-

warmed Sörensen buffer solution. The samples were stored in an incubator at +37 °C and their 

resistances were measured with a multimeter using hook clip probes. 

Bending and resonator coils 

Flexibility is essential for implantable wires. However, bending should not compromise their 

conductivity. This aspect was tested by wounding the wires around a glass rod with a diameter of 

7 mm as shown in Figure 1a. The resistances of the wires (n=5) were measured with a 

multimeter before and after the bending experiment. 
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Figure 1. The wire flexibility demonstrations showing (a) a wire coiled around a glass rod with a 7 mm diameter 

and (b) a planar coil with an inner diameter of 7 mm and the external reader coil used for the wireless resonance 

measurements. 

One of the simplest functional structures that can be fabricated from conductive insulated wires is 

a coil. These coils are sensitive to their environment14 and can be used for example as sensors. The 

self-resonance frequencies of the coils can be wirelessly estimated by measuring a reader coil that 

is inductively coupled with the sensor coil. 

Three bioresorbable planar coils with three turns were fabricated from the conductive wires. First, 

the wires were coiled around a 3D printed template with a diameter of 7 mm. Then, a soldering 

iron was used to melt the PCL coating, which acted as an adhesive after cooling. In addition, three 

non-degradable reference samples were fabricated from insulated copper wire (Flexi-E 0.10, 
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Stäubli Group, Switzerland) using the same template and super glue as an adhesive. This 

commercial copper-based cable consisted of a non-degradable insulating polyvinyl chloride (PVC) 

sheath and a stranded Cu core with a conductor diameter of 0.40 mm and a total diameter of 1.0 

mm. 

The resonance frequencies of all the bioresorbable and non-degradable coils were first wirelessly 

measured through a plastic petri dish using an external two-turn reader coil (Figure 1b). An 

impedance analyzer (Agilent 4396B; 100 kHz - 1.8GHz) was used to measure the real part of the 

impedance of the reader coil from 650 MHz to 1 GHz. Thereafter, the reading distances of one 

bioresorbable coil and one non-degradable coil were tested. The coils with the highest resonance 

frequencies were chosen for this test. The reading distance was increased in a stepwise manner by 

adding 1 mm thick microscopy slides between the coil and the reader. The coils were measured 

after each 1 mm increment.  

RESULTS AND DISCUSSION 

Wire Structure and Processing 

Fabrication of the conductive wire started by extruding poly(DTE carbonate) to form the core 

fiber. Based on an SEM image of the wire cross section (Figure 2), the poly(DTE carbonate) core 

took accurately the shape of the extruder die. The core located in the lower portion of the PCL 

sheath with an approximately 50 µm thick coating layer in the thinnest region. As measured using 

the digital caliper, the average (n=50) width of the core fibers was 0.79 ± 0.03 mm and thickness 

0.29 ± 0.02 mm, whereas the same dimensions for the complete wire including the extrusion-

coated sheath were 1.05 ± 0.05 mm and 0.73 ± 0.09 mm, respectively. The dimensions in the SEM 

image differ from these measurements, showing a core fiber width of approximately 0.9 mm. The 
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SEM sample was prepared from a preliminary fibers batch, where the fibers were collected at a 

lower conveyer speed. The fibers from the preliminary test batch showed similar behavior with the 

reported fibers. The dimensions of both the core and the sheath could be tuned by modifying the 

extruder dies or collecting the fibers at a different rate. For example, Bourke et al. have extruded 

poly(DTE carbonate) fibers with a diameter of 61 µm15. 

 

Figure 2. Cross section of the conductive wire showing (a) the whole cross section, (b) magnesium film on top of 

the core fiber and (c) magnesium attached to the PCL sheath. 

The e-beam evaporated magnesium layer appeared to have a relatively uniform thickness of 7-8 

µm also in the grooves of the core fiber (Figure 2b). Interestingly, some parts of the magnesium 

had a greater adhesion on PCL than on the poly(DTE carbonate) core (Figure 2c), causing partial 

detachment of the Mg layer from the core fiber. We estimate that the detached Mg layers have 

been surrounded by molten PCL in the extrusion coating phase and have possibly detached during 

the cooling phase of PCL or even later when cutting the SEM sample. However, the PCL sheath 

was not fully in contact with the core fiber and specifically did not reach the grooves of the core 
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fiber, which should remain conductive even if larger flakes would be detached. However, this issue 

might be improved by using adhesion promotion methods such as plasma treatment before metal 

evaporation.  

Based on the shape of the sheath, we conclude that the lack of contact at some locations existed 

already before cutting the wire for the SEM imaging. The lengths of the conductive wires were 

limited by the Kapton tapes that were used to attach the fibers to the holder in the evaporation 

phase. Reeling the core fiber onto a spool that rotates in the evaporation chamber would enable 

fabricating wires with meters of length. Longer continuous wires could be made for example by 

using a roll-to-roll sputtering deposition16 process. 

Materials characterization 

As an amorphous polymer17, poly(DTE carbonate) does not have a melting temperature. Its glass 

transition temperature (Tg = 99 °C) is higher than the melting temperature of PCL  

(Tm = 57 °C), enabling the extrusion coating process without damaging the core fiber by excessive 

heating. Within this constraint (Tg, core > Tm, sheath), the material choices in the wire can be tuned if 

for example faster degradation is preferred.  

The tensile properties of the core fiber were examined to assess the extrusion process. The tensile 

properties of the extrusion products are illustrated in Table 1. The tensile strength of our fibers (56 

± 3 MPa) was slightly higher than the 44 ± 11 MPa of the first-generation poly(DTE carbonate) 

fibers of Bourke et al.15 However, the Young’s Modulus of our fibers (1.9 GPa) was lower 

compared with their second-generation fibers (3.1 GPa) with a diameter of 79 µm. Both the 

Young’s Modulus and tensile strength were lower in the PCL coated fiber. 
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Table 1. Properties of the plain and the extrusion coated core fibers as averages ± standard deviations. 

 Young’s 
Modulus (GPa) 

Tensile strength 
(MPa) 

Elongation at 
break (%) 

Poly(DTE carbonate) core fiber 1.9 ± 0.1 56 ± 3  4.2 ± 0.2  

PCL coated core fiber 0.9 ± 0.1 25 ± 3 4.0 ± 0.4 

The tensile properties of the core fiber could be significantly modified by adding a further drawing 

step. Orientation of semicrystalline polymer fibers typically increases the Young’s Modulus and 

tensile strength parallel to the drawing direction but reduces the elongation at break, whereas an 

increase in elongation at break is often noticed in oriented amorphous polymer fibers18. As an 

example, hot drawn poly(L-lactide-co-glycolide) (PLGA) 80/20 monofilament fibers with a 

diameter of 0.4 mm had a tensile strength of 377 MPa19. On the other hand, the relative decrease 

in inherent viscosity of our extruded poly(DTE carbonate) fiber (0.58 ± 0.03 dl/g) compared to the 

raw material (0.89 ± 0.01 dl/g) was 35%, indicating that some polymer degradation has occurred 

during extrusion. The result is in line with a comprehensive study of oriented PLGA 85/15 fibers 

reporting relative post-extrusion i.v. value decreases between 29% and  56% depending on the 

processing conditions and raw material batch20. 

The water uptake properties of PCL (Figure 3) were tested to estimate the water barrier properties 

of the extrusion coating. An equilibrium water uptake of PCL was noticed to be around 0.30-0.35 

wt-%, which is low compared to many of the other biodegradable polymers whose typical water 

uptake is in the order of 1 wt-%21. Correspondingly, PCL water uptake after 60 days has been 

reported to be 0.5%, whereas the respective value for other tested polymers like poly(butylene 

succinate) (PBS) and poly(lactic acid) (PLA) were approximately 1.5% 22. Due to these properties, 

PCL has been previously described as a good material candidate for encapsulating sensors23. 
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Figure 3. Water uptake behavior of poly(caprolactone) sheets (n=5) immersed in Sörensen buffer solution. The error 

bars denote standard deviations. 

Resistance measurements 

The average electrical resistance of the wires after e-beam evaporation of Mg was 0.9±0.1 Ω cm-1, 

as shown in Figure 4a. A slight increase in resistance to 1.1±0.2 Ω cm-1 was noticed after extruding 

the PCL sheath onto the wire. This might be due to the detachment of Mg from the core fiber in 

some locations as seen in the SEM image (Figure 2). All of the tested wires (n=21), however, 

remained electrically conductive after the extrusion coating process, addressing the applicability 

of the fabrication method.  

The resistance values of our conductive wires can be considered reasonable, factoring in the 

electrical properties of magnesium and its dimensions in our application. With thinner Mg layers, 

the resistance increases, which might be problematic in some applications. For example, a 0.5 µm 

thick Mg layer on a poly(DTE carbonate fiber) resulted in a resistance of about 10 Ω cm-1 (Table 

S2), which would impair their application as RF coils. On the other hand, a 0.5 µm thick Cu layer 

on a fiber provided a much lower resistance of approximately 0.5 Ω cm-1. In the literature, the 
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resistance of a copper wire based non-resorbable implantable wire of approximately 0.1 Ω cm-1 

has been reported1. On the other end of the scale, conductive polymer based yarns24 and wires25 

have been reported with resistances of 77 Ω cm-1 to around 2550 Ω cm-1, respectively. 

Coiling wires around a glass rod (r=3.5 mm) did not significantly increase the resistance of the 

wires and none of the tested wires (n=5) were destroyed during the experiment. Thus, the bending 

radius that the wires withstand without breaking the magnesium layer is 3.5 mm or less, illustrating 

the flexibility of the prototype wire.  
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Figure 4. The average resistances of conductive wires (a) before and after extrusion coating (b) before and after 

bending (bending radius r=3.5 mm). The error bars denote standard deviations. A paired Student’s t-test was used to 

assess the statistical significance: *p < 0.05, n.s. = not significant. 

Immersing wires in Sörensen buffer solution was done to evaluate the water barrier properties of 

the PCL coating and to approximate the functional lifetime of the wires in vitro. The silver epoxy 

adhesive connection at the tip of the wires was used to protect the thin Mg layer during repeated 

measurements. However, this connection led to a slight resistance increase in the other samples 

and a larger effect in sample #4. After the first 24 hours of immersion in buffer solution, all the 

samples showed increased resistances (Figure 5). This is probably due to the low amount of 

absorbed water (~0.35 wt-%) inside the PCL coating. The absorbed water might initiate the 

corrosion of Mg or facilitate the delamination of the PCL coating21, thus leading to some Mg 

detachment. For comparison, wires without PCL coating lose their conductivity completely in a 

few minutes in buffer solution (data not shown). 

 

Figure 5. The resistances of PCL-coated conductive wires immersed in Sörensen buffer solution at +37 °C. 
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The samples demonstrate a moderate resistance increase between the first and the sixth day. After 

one week the measurement results start to drift, probably due to the noticed flaking of the silver 

epoxy adhesive layer. The observed flaking of the Ag epoxy was probably caused by repeated 

mechanical stress that was derived from the hook clip probes. All the wires were still conductive 

(<100 Ω) after 9 days. At the 10-day time-point, the first two wires have lost their conductivity 

(not shown). Three days later, the three samples were still conductive. After 14 days, the hydrolysis 

was terminated and the conductivities were measured directly from the Mg layer. Only samples 

#3 and #4 had remained conductive with the resistances of 120 Ω (10.7 Ω cm-1) and 175 Ω (14.1 

Ω cm-1), respectively.  

The results indicate that water does not penetrate the PCL coating excessively during the first week 

of immersion. Furthermore, by choosing a more corrosion resistant metal such as iron or zinc, the 

functional lifetime of the wire could probably be significantly extended. Other tuning possibilities 

include e-beam evaporating both sides of the core fiber leading to a conductive cable with two 

separate conductors in one fiber, or using sputter deposition to cover the whole fiber with metal. 

Planar coil RF measurements 

To demonstrate the usability of the developed fabrication methods, bioresorbable coils were built 

and their self-resonance frequencies were inductively measured. Both magnesium and copper 

based coils were clearly readable through the Petri dish, but the copper wire based reference coils 

produced higher and sharper resonance peaks compared to the bioresorbable coils (Figure 6a). This 

was an expected result considering the thickness and conductivity of the magnesium layer in 

comparison with the commercial copper wire with a conductor diameter of 0.40 mm. 
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Correspondingly, one of the key challenges in producing high quality factor biodegradable RF 

resonators is the conductivity of the materials26.  

The varying resonance frequencies of the coils were probably caused by the manual assembly; the 

turns are difficult to position identically, which leads to different capacitances between the turns. 

The changes in capacitance lead to significant changes in the resonance frequency. 
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Figure 6. The resonance peaks of (a) all the fabricated planar coils, including three resorbable coils and three non-

degradable copper wire based reference coils (b) one resorbable and one non-resorbable coil measured with 

increasing reading distance through glass microscopy slides. 

The reading distance of the bioresorbable coil was approximately 4-5 mm (Figure 6b), after which 

it became challenging to distinguish the resonance curve from the background noise. The higher 

conductivity of the non-degradable coils lead to an approximately twice as high reading distance 

compared with the Mg based bioresorbable coils. The resonance frequencies increase with 

decreasing reading distance due to stronger inductive coupling, which is in agreement with 

previous simulation results27.  

In order to use these kind of structures in practical sensor applications, the manual assembly of the 

coils should be replaced with a more consistent process, for example by using more sophisticated 

templates. This would minimize the differences in the geometry of the RF coils. In typical 

applications the measured quantities are linked to the change of the resonance frequency. In our 

measurements, the reading distance affected the detected resonance frequency. This phenomenon 

was caused by the fact that in this setup the self-resonance frequency of the reader coil (not shown) 

was lower than the measured frequencies. Thus, the readout configuration should be optimized 

and in addition, the errors could be mitigated by adapting a method for reading distance 

compensation28. In the future, physical changes in the coil dimensions and their effect to the 

resonance frequency could be utilized in a wireless sensor for example to monitor the dimensions 

of stents or tubular organs. 

CONCLUSIONS 
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The design and processing strategy of a bioresorbable implantable wire with minimal metal content 

has been described. This approach might be beneficial in signal and energy transfer applications 

where higher metal content would be problematic considering their toxicity, degradation rate or 

the degradation by-products. In addition, the manually fabricated test coils were wirelessly 

readable and their improved versions could be used in the future as biodegradable sensors. The 

lifetime of the wires immersed in buffer solution was more than one week, although only a few 

micrometers thick layer of extremely fast corroding magnesium was used. To conclude, the 

presented bioresorbable prototype wires showed promising properties for an application as 

implantable transient wires.  
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