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Abstract

:

Implantable sensors normally require devices with excellent biocompatibility and flexibility as well as wireless communication. Silk fibroin (SF) is an ideal material for implantable electronic devices due to its natural biodegradability and biocompatibility. In this work, we prepared SF protein materials with different force/chemical properties through mesoscopic regulation, and realized full protein replacement from substrate to dielectric elastomer for implantable sensors, so as to achieve controlled complete degradation. In wireless tests simulating intracranial pressure, the SF-based all-protein sensor achieved a sensitivity up to 4.44 MHz/mmHg in the pressure range of 0–20 mmHg. In addition, the sensor is insensitive to temperature changes and tissue environments, and can work stably in simulated body fluids for a long time. This work provides a wireless passive, all-protein material solution for implantable pressure sensors.
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1. Introduction


Implantable bioelectronics have made tremendous progress in the past decades. The future trend of implantable bioelectronics will shift to having multifunctional, flexible, miniaturized, wireless, and biodegradable micro/nano systems [1]. In addition, implantable devices require a high level of material biocompatibility. Among implantable bioelectronic devices, implantable sensors can monitor various physiological indicators of the human body, such as pH [2], oxygen [3], body temperature [4], glucose [5], pressure, and so on. Among them, implantable pressure sensors can monitor pressure in various parts of the body depending on the designed sensor structure, such as intraocular pressure [6,7], blood pressure [8,9], abdominal pressure [10], bladder pressure [11], intracranial pressure [12,13,14,15,16,17], etc. Intracranial pressure is a crucial diagnostic parameter for monitoring various types of severe brain injury diseases. Traumatic brain injury (TBI) is a major health and socioeconomic problem worldwide [18]. TBI raises intracranial pressure by 5–10 mmHg, which may block blood flow leading to fatal ischemia and requires immediate treatment [19]. Elevated intracranial pressure is also a key pathological symptom leading to secondary brain injury. Therefore, monitoring of intracranial pressure is essential for brain patients [20].



Existing implantable commercial sensors have been called the gold standard for intracranial pressure monitoring due to the accuracy of monitoring [21], but they are usually connected via a wired connection and require an external power supply, which limits the patient’s range of motion and has risks such as battery heating and failure. Therefore, researchers have prepared LC wireless passive pressure sensors for intracranial pressure monitoring. For example, Bao et al. prepared ultra-small size LC pressure sensors with a sandwich structure, using flexible polyimide as the substrate and microcone styrene-butadiene-styrene (SBS) as the dielectric layer. Its sensitivity was ≈ 1.084 MHz/mmHg, which can continuously monitor intracranial pressure values in mice models in real time and also human pulse signals [13]. Commercial sensors and some existing implantable wireless passive pressure sensors are made of non-degradable materials [12,13,14,15,16,17] and require surgical removal after patient recovery. Long-term implantation and secondary surgery both carry risks such as infection. In recent years, many researchers have prepared degradable materials for implantable devices. For example, Rogers et al. prepared bioresorbable wireless passive pressure sensors for monitoring intracranial pressure with a sensitivity of ≈200 kHz/mmHg and a resolution as low as 1 mmHg. When the sensor was implanted in a mice model, it exhibited stable operation for 4 days [19]. Silk (SF), a natural protein material derived from silk fibers, has excellent mechanical properties, biocompatibility, and biodegradability [22,23,24,25] and is well suited as a device material for implantation in vivo. However, inherent brittleness and chemical instability of pure SF limits its application in flexible electronic devices.



In this work, we modulate the internal structure of the material from the nanoscale to the mesoscale, i.e., mesoscopic modulation, and prepare SF protein materials with different stress/chemical properties to achieve an all-protein substitution of the implantable sensor from the substrate to the dielectric elastomer, thus achieving the key technical specification of controlled degradation. We prepared a flexible all-protein implantable wireless passive pressure sensor. It has a top-down seven-layer structure assembled as shown in Figure 1d. The mechanical properties and stability of natural silk protein materials are poor, and the SFPF (encapsulation layer, substrate) with good flexibility and stability and the SFE (dielectric layer) with low modulus and high elasticity were prepared using mesoscopically regulated silk protein; the water-soluble magnesium metal wire with good biocompatibility was used for the electrode. The whole sensor has good biocompatibility and controlled degradability. It has a novel compact LC structure, which allows the device to have high space utilization. The sensitivity of the device is increased to 4.44 MHz/mmHg in the pressure range of 0–20 mmHg. The sensitivity of the device was 4.46 MHz/mmHg even under porcine skin cover. Meanwhile, in vitro simulation experiments showed that the sensor was insensitive to temperature changes and tissue environmentd and could operate stably in simulated body fluids for 36 h. This work provides a wireless passive all-protein material solution for implantable pressure sensors.




2. Materials and Methods


2.1. Materials


All chemical reagents were in analytical grade and used as received without further treatment. Glycerol, ethyl alcohol, and sodium carbonate (Na2CO3) were purchased from Sinopharm Chemical Reagent Co., Ltd. (Shanghai, China). Polyurethane (PU) was obtained from EZ Brush Corporation (Qingdao, China). Lithium bromide (LiBr) was purchased from Aladdin Industrial Corporation (Shanghai, China). Bombyx mori silkworm cocoons were bought from Guangxi Sericulture Technology Co., Ltd. (Liuzhou, China). Horseradish peroxidase (HRP) was purchased from Shanghai Jiji Biochemical Technology Co. (Shanghai, China). Hydrogen peroxide was purchased from Shanghai Moen Chemical Technology Co. (Shanghai, China). Montmorillonite powder was purchased from Shanghai JiZhi Biochemical Technology Co., Ltd. (Shanghai, China). Dopamine hydrochloride was purchased from Beijing Solabao Technology Co. (Beijing, China). Magnesium wire was purchased from Hi-Tech New Material Technology Co. (Beijing, China). The biological tissue glue was purchased from Beijing Yoshida Biotechnology Co. (Beijing, China).




2.2. Preparation of SF Solution


The SF solution was prepared according to our previous method. First, 20 g of silk cocoon shells were boiled in 2 L of deionized water with 15 g of Na2CO3 for 30 min, rinsed with deionized water and this was repeated twice. Then, the washed silk protein was dried in an oven at 60 °C for 6 h; the dried silk protein was dissolved in 9.5 mol/L lithium bromide solution at 60 °C. The completely dissolved silk protein solution was dialyzed in deionized water using cellulose tubing (cut-off molecular weight of 3500 Da) for 3 days, and the deionized water was changed every 4 h. The regenerated SF solution was prepared and its concentration was 4–5%.




2.3. Preparation of SFPF and SFE


The preparation of silk fibroin composite film (SFPF) and hydrogel elastomer (SFE) requires the extraction of silk fibroin (SF) protein materials from silk fibers, which includes degluing, dissolution, dialysis, centrifugation, and molding (Figure 1). The solution method is used to prepare SFPF to facilitate the meso-doping of SF material regeneration. Here, we used the previously reported polyurethane (PU) and glycerin doping method to prepare SFPF with good flexibility, good water resistance, and certain high temperature resistance as the substrate and encapsulation layer of the device, so as to prevent liquid penetration and affect the stability of electrodes and wireless signals. Polyurethane and glycerol (0.1 drop/mL) were added to the regenerated silk solution, with PU accounting for 4% of the mixture. The mixed solution was injected into a Petri dish at 27 °C and 50% relative humidity to obtain about 25 μm thick SFPF.



In Figure 1b, highly elastic SFE was prepared by adding horseradish peroxidase (HRP) and hydrogen peroxide (H2O2) to the regenerated silk solution, followed by a mixture of dopamine hydrochloride (DA), montmorillonite (MMT), and deionized water. 1 mg of dopamine hydrochloride powder and 15 mg of montmorillonite powder were added to 2 mL of deionized water and stirred for 3 h at room temperature with a magnetic stirrer at 500 r. Next, 1000 µL of the mixture was added to 7 mL of regenerated silk solution, and then 500 μL of HRP solution (10,000 U mL−1) and 100 μL of H2O2 solution. After mixing well, the mixture was poured into a Petri dish and then put into a constant temperature and humidity chamber at 35 °C. After 5 h, the SFE was removed and obtained.




2.4. Preparation of Electrode Layers


The 3D-printed molds of different sizes (1.5 cm × 1.5 cm and 2 cm × 2 cm in size, respectively) with 1 mm pitch between mold notches were used, and 5 turns of square coils of different sizes were wound with magnesium wire of 300 μm in diameter, which were used as upper and lower spiral induction coils (Figure 1c). Next, 20 V/V% acetic acid was used to remove the surface oxide layer, and then the electrodes were transferred to the SFPF.




2.5. Fabrication of SF Wireless Pressure Sensors


The prepared parts of the material were assembled into the sensor. The structure diagram is shown in Figure 1d. From top to bottom, the SF wireless pressure sensor consists of a combination of seven layers: upper encapsulation layer, upper electrode, upper substrate, dielectric layer, lower substrate, lower electrode, and lower encapsulation layer. The upper and lower encapsulation layers and substrate are composed of SF composite film, the upper and lower electrodes are wound magnesium wires, and the dielectric layer is a soft SF elastomer. The two magnesium coils are fixed to the SFPF by applying an appropriate amount of bio-glue, and the sealing machine will be used around the encapsulation layer (assisted by commercially available biocompatible tissue glue).




2.6. Characterization


As shown in Figure 2a, SFPF demonstrates high transparency (>90%) in visible light from 400 to 800 cm−1. In addition, SFPF had better malleability (240%) compared to pure SF (Figure 2b). The cross-sectional scanning electron microscopy image of SFE showed a porous structure (Figure 2d). Such a structure promoted the hydrogel to have good compression resistance (>60%), as shown in Figure 2e. The modified regenerated silk protein elastomer has good elasticity as shown in the 100 times compression stress–strain curve (Figure S1, Supplementary Materials). The modified silk protein elastomer has better curve recombination compared with pure silk protein elastomer, indicating that the modified elastomer has good resilience and stability, and the modified elastomer has a lower modulus. The tensile stress–strain properties of the pure SF film, SFPF membranes, and SFE were tested using a micro tensile tester (Instron 5948, Instron, High Wycombe, UK). The transmittance of the SFPF membranes was measured at a range of 400 nm to 2000 nm by a UV-Vis-NIR spectrophotometer (Lambda 750, Lambda, Singapore). The morphology of the SFE was obtained using scanning electron microscopy (Σ-HD, Karl Zeiss, 5 KV, ZEISS Sigma, Baden-Württemberg, Germany), which required the SFE to undergo a freeze-drying process. The S11 signal and resonant frequency were examined using a vector network analyzer. The temperature distribution images were obtained from a thermal imager (Fluke TiS40, Fluke, Everett, WA, USA).




2.7. Biocompatibility and Degradation Evaluation


The mouse preosteoblast cell line MC3T3-E1 (Cell Resource Center, Beijing, China) was maintained in minimal essential medium alpha medium (alpha-MEM, HyClone) supplemented with 10 volumes of fetal bovine serum and 1 volume of the antibiotic penicillin–streptomycin in a CO2 incubator. At approximately 80% confluence, cells were harvested and cultured on sterilized samples. Samples were kept in 24-well culture plates seeded at a density of 2 × 104 cells/well. After 1, 3, and 7 days of culture, cells were stained with Calcein-AM (Sigma, Cibolo, TX, USA) and observed under a fluorescent microscope. The SFPF and SFE were completely immersed in a solution of papain at a concentration of 10% at room temperature until the SFPF and SFE were completely degraded and disappeared.





3. Results and Discussion


3.1. Biocompatibility and Degradability


Biodegradability and biocompatibility are important for implantable electronic devices. To investigate the biocompatibility of SFPF and SFE, we prepared SFPF with a diameter of 1 cm and a thickness of 50 μm and a cylindrical SFE with a diameter of 1 cm and a height of 1 mm for the cell proliferation test. The proliferation of mouse osteoblast precursor MC3T3-E1 cells cultured on SFPF and SFE within one week was evaluated using the CCK-8 assay. According to Figure 2c,f, it can be seen that the cell count increased with the increasing number of days for both SFPF and SFE. The cell count on the seventh day was significantly higher than that on the first and third days. To further observe the attachment, proliferation, and morphology of cells on SFPF and SFE, the cells were fluorescently stained as shown in Figure 2g. The fluorescence staining showed that on the first day, the attached cells were shuttle-shaped and showed a filamentous stretching morphology and the cells were healthy. As the number of days increased, clusters of cells with a more diffuse cell morphology appeared, and the cell density was increasing, indicating that the cells were proliferating and growing. These indicate that both SFPF and SFE have good biocompatibility and non-toxicity to ensure the biosafety of the implanted devices.



Figure 2h shows the degradation of SFPF and SFE in 10% papain solution. SFPF was broken into many small fragments after 48 h immersion, and the fragments were further broken down after 96 h, while SFE was completely degraded at 12 h. These results confirm the degradability of SFPF and SFE. It is worth mentioning that the material used for the inductor coils—magnesium wire—is a recognized metal with good biocompatibility and easy hydrolysis (Mg + 2 H2O → Mg(OH)2 + H2), which ensures the biocompatibility and degradability of the whole device.




3.2. Structural Design and Principle of the Sensor


The device structure is a typical sandwich structure. SFPF is used as the substrate and encapsulation layer. SFE is used as the dielectric layer. The device structure is shown in Figure 1d. The entire device is soft with a size of 2 cm × 2 cm × 5 mm so that only a small incision in the scalp is required, making it less invasive and easier to implant. As shown in Figure 3a, the device adopts a highly integrated compact asymmetric LC structure and replaces both the upper and lower pole plates of the parallel plate capacitor with inductor coils so that the spiral coil acts as inductor, capacitor pole plate, and antenna at the same time. The upper and lower coils do not need to be wired, and the connection is created by electromagnetic coupling. The quality factor of the sensor is high with such a structure (Figure 1d). This structure was tested in vitro with an S11 signal strength of −30.73 dB, and under a pig skin cover (simulation of implantation in human body), the S11 signal was able to reach −18.42 dB (Figure S2, Supplementary Materials). The defining equation of quality factor Equation (1) is as follows:


  Q =  1 R     L C     



(1)




where R is the resistance, L is the inductance, and C is the capacitance. To increase Q, C and R can be reduced or L increased as much as possible. The device adopts a dual coil structure to increase the inductance value. In fact, the equivalent circuit of the sensor includes both the parallel plate capacitance of the upper and lower double coils and the parasitic capacitance of the upper and lower coils, but the parasitic capacitance is much smaller than the parallel plate capacitance, so it is not considered. The specific sensing principle is that under pressure, the spacing d between the two coils above and below the sensor decreases, and the outer diameter of the flat spiral coil increases. The determinant of parallel plate capacitance is Equation (2):


  C =    ε r  S   4 π k d    



(2)




where    ε r    is the dielectric constant of the hydrogel elastomer, S is the relative area of the polar plates, k is the electrostatic force constant, and d is the spacing between the two polar plates. The determinant of rectangular planar spiral inductance is shown in Equation (3):


  L =  K 1  μ    N 2   d  a v g     1 +  K 2  ρ    



(3)




where N is the number of turns of the coil, μ is the permeability, and K1 and K2 are related to the layout and can be taken as 2.34 and 2.75. The average diameter is calculated in Equation (4):


   d avg  =    (   d  i n   +  d  o u t    )   2   



(4)




where din is the inner diameter and dout is the outer diameter. The filling rate is calculated in Equation (5):


  ρ =    (   d  o u t   −  d  i n    )     (   d  i n   +  d  o u t    )     



(5)







It is known that both capacitance and inductance of the resonant system increase (ignoring parasitic capacitance). The resonant frequency definition equation is Equation (6):


  f =  1  2 π   L C        



(6)







It is known that circuit resonant frequency which is monitored by the wireless coupling of the readout coil of the vector network analyzer decreases. The sensor is based on the principle of inductive coupling. The transmitting coil of the vector network analyzer generates a changing magnetic field that will excite the sensor, and the analyzer then outputs the resonant frequency signal of the sensor, making the device realize wireless passive sensing. The equivalent circuit diagram is shown in Figure 3c. Figure 3b shows a scenario diagram of the application of this sensor for intracranial pressure monitoring, and the inset shows a partial enlargement. The frequency variation with pressure has been pre-calibrated, and the pressure variation curve with time can be obtained from the frequency variation curve with time, thus enabling real-time dynamic pressure monitoring (Figure S3, Supplementary Materials).




3.3. LC Pressure Sensor Output Characteristics


The measurements show that the device provides a sensitivity of up to 4.44 MHz/mmHg over a pressure range of 0–20 mmHg, as shown in the calibration curve in Figure 4a. To simulate in vivo sensing, a 6 mm section of pigskin is spaced between the device and the detection antenna. The sensitivity of the device is not affected even with the pigskin covering up to 4.46 MHz/mmHg, as shown in Figure 4d. In the pressure range of 20–80 mmHg, the sensitivity of the device decreases to 0.89 MHz/mmHg (0.54 MHz/mmHg under the pigskin) due to reduced compressibility of the elastomer. In medicine, exceeding the normal intracranial pressure range (5 to 15 mmHg) requires immediate medical intervention. It is worth noting that this range coincides with the highly sensitive pressure monitoring range of our device. In addition, the device can monitor pressures from 0 to 150 mmHg. Figure 4b,e shows the measurement spectra at different pressures, showing that the device has a stable response to different pressures with and without pigskin. The sensor still has a clear S11 values even under the pigskin. The resonant frequency of the sensor decreases continuously under increasing pressure. The specific resonant frequency values and S11 values with pressure are shown in Tables S1 and S2. Figure 4c shows the measured spectrum of the device at different reading distances. The reading distance here is the distance between the reading coil and the top surface of the device (the reading coil is directly above the device). It can be seen that the farther the distance, the weaker the S11 signal. The maximum test distance can reach 13 mm. Figure 4f shows the variation of S11 intensity with the distance between the device and the reading coil under the pigskin. The reading distance at this point is the distance between the reading coil and the upper surface of the pigskin (the reading coil is directly above the device). It can be seen that the maximum readout distance is 7 mm under the pigskin cover. The variation tendency of S11 is consistent with those without the pigskin cover, indicating that the device operates independently of the pigskin and has the feasibility of being implanted into the organism. The specific S11 values with reading distance are shown in Tables S3 and S4. In addition to being implantable to monitor pressure in the body, the device can also be used as an electronic skin to wirelessly detect the motion of human joint movements. For example, the device can respond to finger flexion from 0° to 90°, with or without pigskin coverage to detect changes in frequency with pressure, the larger the bending angle, the smaller the resonant frequency (Figure S4, Supplementary Materials). In addition, considering the thermal effect of the induced current, the heat generation during the operation of the sensor implanted in the body was simulated and tested. The temperature change of the sensor was measured before and after one hour of operation (Figure S5, Supplementary Materials). It can be seen that the temperature of the device basically did not change (from 25.2 °C to 25.0 °C), indicating that the Joules of heat generated by the device is small and does not cause burning and discomfort when implanted in the body.




3.4. In Vitro Simulation Experiments


To test the response of the pressure sensor over a wide range of pressures, we constructed a measurement device using a gas pressure chamber with the sensor glued to the side wall of the gas pressure chamber and a N2 gas pump to apply different pressures to the sensor relative to atmospheric pressure. Next, 60 mM salt water is added to the pressure chamber to submerge the sensor to simulate the human intracranial environment, so the sensor is subjected to a pressure that is the sum of variable air pressure and fixed hydraulic pressure. In addition, an external barometer (XINSTER digital pressure gauge) is connected to the gas pressure chamber, which allows real-time monitoring of the air pressure value inside the gas pressure chamber. Similarly, the network analyzer is used in combination with a 20 mm diameter hand-wound single coil antenna used as a wireless reader, which is fixed to the outside wall of the pressure chamber and used to detect changes in resonant frequency. To better simulate the human tissue environment, the pressure chamber was temperature-controlled using a heat table (temperature range of 36–42 °C with a gradient of 2 °C). As in Figure 5a, the initial resonant frequencies of the sensors were measured at four temperatures. The results showed that the initial resonant frequencies of the devices remained the same at the four temperatures, indicating that the temperature had no effect on the initial resonant frequencies. This can ensure that the resonant frequency change of the device is caused by the pressure change. The sensitivity of the sensor at the 4 temperatures does not differ significantly, with an average sensitivity of 0.106 MHz/mmHg, and the detectable pressure range is 0–130 mmHg (Figure 5b). Figure 5c shows the measured spectrum of the device at 36 °C with different pressures. The device has a stable response at different pressures, and the resonant frequency decreases as the pressure increases. The device was immersed in salt water for 36 h. The resonant frequency remained unchanged, showing insensitivity to the tissue environment, which could ensure stable operation of the device in vivo for 36 h. After the 37th hour, the resonant frequency of the device slightly decreased, presumably due to the infiltration of salt water into the device, which causes an increase in capacitance (Figure 5d). The time for stable operation of the device is shorter than the time for the encapsulation layer to start degrading (in the degradation experiments, the degradation of the silk protein film started at the 48th hour), which ensures that the device will degrade after it has finished working. In conclusion, we prepared a pressure sensor with high pressure sensitivity and low temperature sensitivity.





4. Conclusions


In conclusion, we report on a flexible implantable all-silk protein wireless passive LC pressure sensor with simple compact asymmetric structure, good biocompatibility, and controlled degradability. The sensitivity of the sensor reaches 4.44 MHz/mmHg in the range of 0–20 mmHg and remains high under the pigskin coating. The maximum reading distance of the device is 13 mm. In vitro simulation experiments show that the sensor has the potential to be implanted in vivo for real-time monitoring of dynamic pressure. The structure of the device can be further designed as a non-compact structure, that is, the inductive element and the capacitor element are separated. This is expected to increase the implantation depth so it can be applied to abdominal pressure, bladder pressure, and vascular pressure.
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Figure 1. Flow chart of sensor preparation. (a) Flow chart of SFPF preparation. (b) Flow chart of SFE preparation. (c) Flow chart of inductor coil preparation. (d) Sensor structure diagram. 
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Figure 2. Characterization of SFPF and SFE. (a) Light transmission and optical photographs of SFPF. (b) Tensile test of SFPF, inset is a graph of tensile test of pure SF film. (c) Plot of proliferation data of cells cultured on SFPF over one week. (d) SEM image of SFE. (e) Compression properties of SFE at 60% strain. (f) Plot of proliferation data of cells cultured on SFE over one week. (g) Immunofluorescence images of cells cultured on SFPF and SFE over one week. Scale bar: 250 μm. (h) Optical images of gradual degradation of SFPF and SFE under 10% papain. 
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Figure 3. Schematic diagram of a flexible LC wireless passive pressure sensor, application scenario diagram and equivalent circuit diagram for wireless sensing. (a) Schematic diagram of an LC sensor with an integrated asymmetric structure, illustrated with a vertical inductive coil applying pressure. (b) Application scenario diagram of LC pressure sensor for intracranial pressure monitoring, inset shows a partial enlarged view and a top view of the device. (c) Equivalent circuit diagram of the pressure sensor and wireless readout system. 
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Figure 4. Output characteristics of the LC wireless passive pressure sensor without (a–c) and with pigskin coverage (d–f). (a,d) Sensitivity of the sensor. (b,e) Measurement spectra at different pressures. (c,f) The measured spectrum of the device at different reading distances. 
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Figure 5. In vitro simulation experiments. (a) Initial resonant frequency of the sensor at different temperatures. (b) Sensitivity magnitude of the sensor at different temperatures. (c) The measurement spectrum of the sensor at different pressures at 36 °C. (d) The rate of change of the initial resonant frequency of the sensor versus the submersion time in salt water, where the insets show the measured spectrum of the sensor at 0 h and 36 h, respectively. 
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