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Abstract 1 

The single-step modification of the nanostructured polyaniline (PANI)/glucose oxidase (GOD) en-2 

zyme on double-sided, screen-printed, flexible electrodes doped with Prussian blue (PB), has been 3 

achieved and successfully applied in continuous glucose monitoring in vivo, and its biocompatibility has 4 

been evaluated systematically. The proposed fabrication procedure is simple, low cost, and suitable for 5 

large-scale production. PB doped with carbon ink catalyzes the reduction of hydrogen peroxide (H2O2) 6 

in low-voltage conditions, which could help eliminate interferences. And the PANI/GOD nanostructure 7 

makes the GOD enzyme more stable for long-term, in vivo monitoring. More importantly, a polyure-8 

thane (PU) layer is deposited on the electrode’s surface as a diffusion limiting membrane that enhanced 9 

the linear range and biocompatibility. In tests in vitro, the proposed biosensor achieved a linear range of 10 

0–12mM and a good sensitivity of 16.66 uA·mM-1·cm-2(correlation coefficient R2= 0.9962) with an ex-11 

cellent specificity to glucose. The biosensor exhibits long-term stability, with a maximum lifespan of 14 12 

days when stored in phosphate buffer solution at 4°C, and achieves a sensitivity of 120%. The biocom-13 

patibilities of the electrode materials have also been systematically evaluated in cytotoxicity and cell 14 

adhesion tests to ensure the safety of implantation. In experiments in vivo, the biosensor can successful-15 

ly monitor the glucose level fluctuation of rats after 24 hours following implantation. Overall, the bio-16 

sensor fabricated with the double-side, screen-printing process, satisfies the glucose monitoring range in 17 

vivo and eliminates various types of interference, thus establishing a new, large-scale production proce-18 

dure for flexible in vivo biosensors. 19 

 20 

KEYWORDS: Glucose biosensor; Prussian blue; Polyaniline; Screen-printed electrode; Cytotoxicity; 21 

Implantable sensor. 22 
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1. Introduction 1 

Diabetes mellitus is a metabolic disease that has been recognized as a worldwide public health 2 

problem. It can cause many complications, such as hypertension, kidney failure, heart disease, and 3 

blindness (Liang et al. 2013; Wang 2008). Fortunately, continuous glucose monitoring systems 4 

(CGMSs) provide an effective, real-time, and long-term self-monitoring method for diabetic therapy. 5 

Several commercial CGMS products and newly developed systems have been developed (Kim et al. 6 

2019). However, there are still several problems associated with CGMS, such as interference, mechani-7 

cal friction, and biocompatibility evaluation when these systems are implanted in the human body. Ac-8 

tive substances present in the interstitial fluid can directly react on invasive electrodes that cause errors 9 

in the final signal. Mechanical friction on the electrode layer induced when devices are worn leads to 10 

electrode failure (He et al. 2016). The biocompatibility and cytotoxicity of invasive electrodes are also 11 

significant but have not been investigated in detail. It is thus important that these attributes are evaluated 12 

before electrodes are used in practical applications. 13 

CGMS sensors work in biological tissues, and will be affected by active substances in the intersti-14 

tial fluid. Strategies employed to avoid interference have been studied and have involved the immobili-15 

zation of mediators with the GOD enzyme. These mediators have a lower oxidation potential, and facili-16 

tate electron transfer by rapidly shuttling electrons between the enzyme and electrode, thus decreasing 17 

the detection potential of the sensor (Kim et al. 2019). Many mediator types have been studied, includ-18 

ing graphene, metal–organic, and electron (Cinti et al. 2018; Kim et al. 2019; Kwak et al. 2012; Xu et 19 

al. 2015; Zeng et al. 2011; Zhang et al. 2004). Among these, Prussian blue (PB) has been extensively 20 

used. PB could catalyze the reduction of hydrogen peroxide at a very low voltage, and could avoid the 21 

interference of ascorbic acid, dopamine, and lactic acid when applied to in vivo monitoring (Karyakin et 22 

al. 2000; Nossol and Zarbin 2009; Xu et al. 2015; Zhang et al. 2004). Compared with electrochemical 23 

deposition, PB modified with screen-printing is more stable and has an improved anti-interference per-24 

formance. Therefore, herein, screen-printing with PB-doped carbon ink is explored for CGMS. 25 

Conventional invasive metallic electrodes are extensively used, but they are stiff, complicated, and 26 

costly (Fang et al. 2014; Fang et al. 2018). Rigid structures cause mechanical friction after implantation 27 

(flexible materials also but eventually less), and users also suffer pain and discomfort and bear a large 28 

economic burden that restricts the applications of CGMS. For this reason, flexible invasive electrodes 29 

are studied instead, such as screen-printed electrodes that have been used in the FreeStyle Navigator 30 

(Abbot, Abbot Park, IL, USA) (Yoo and Lee 2010), and in other invasive biosensors (Kim et al. 2019; 31 

Ling et al. 2018; Nguyen et al. 2019). Screen-printed electrodes are flexible, can match the deformation 32 

of tissue, and ease user discomfort. Otherwise, screen-printed electrodes are easily fabricated with rapid 33 
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prototyping that makes mass production possible. However, the structure of previous screen-printed bio-1 

sensors is not suitable for implantation. Thus, a double-sided screen-printing is applied in this study to 2 

reduce the electrode size for a better implantation.  3 

The biocompatibility of CGMS is very important. Many biocompatible materials have been intro-4 

duced as protective coatings, including chitosan and polyurethane (PU). These two materials can signif-5 

icantly improve the biocompatibility of the modified objects (Fang et al. 2017; Shin et al. 2004; Yu et al. 6 

2006). Nevertheless, a limited number of research studies have focused on the materials of screen-7 

printed electrodes, like carbon or insulating ink. Most of these materials contain organic polymers that 8 

may be toxic to humans. Previous studies only focused on the biocompatibility of single layers or mate-9 

rials, but not on the entire electrode system that is necessary for practical applications. Accordingly, the 10 

cytotoxicity of all the constituent materials of our glucose biosensors are systematically evaluated in this 11 

study in the effort to guarantee safe use after implantation. 12 

Correspondingly, in this study, we develop a single-step modification process for a nanostructured 13 

polyaniline (PANI)/glucose oxidase (GOD) enzyme biosensor based on flexible PB-doped, double-14 

sided, screen-printed electrodes. Our glucose biosensors use flexible, double-sided, screen-printed elec-15 

trodes that consist of PB-doped carbon ink as a working electrode and Ag/AgCl ink as the counter elec-16 

trode. Furthermore, we synthesize solid PANI powder and mix it with (GOD) to form a nano-17 

PANI/GOD structure (Kausar 2019; Shoaie et al. 2019). This single-step modification simplifies the fab-18 

rication process and structure of the glucose biosensor. A PU membrane was employed as a protective 19 

coating to limit the diffusion of glucose and improve biocompatibility. Before implantation, we designed 20 

several experiments to evaluate the biocompatibility of our electrode in vitro and validated the safety of 21 

the biosensor. Finally, the biosensor was applied in experiments in vivo based on which we successfully 22 

monitored the glucose levels in rats after a 24 hours implantation period. 23 
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 1 

Fig. 1 (A) Glucose sensor structure composed of polyethylene terephthalate (PET) substrate, Prussian 2 
blue (PB)-doped working electrode, Ag/AgCl counter electrode, and the insulating area. (B) The elec-3 
trode is printed on both sides and is cut to form individual electrodes. (C) The individual electrodes are 4 
25mm in length and 0.5 mm in width. (D) Photographs of the electrode before and after bending at an 5 
angle of 90°. 6 

2. Material and methods  7 

2.1 Reagents 8 

Polyethylene terephthalate (PET) film was purchased from Qicheng. PB-doped carbon ink and 9 

Ag/AgCl ink were purchased from the Gwent Group Ltd. GOD from Aspergillus Niger (>180 unitsmg-1 10 

protein), dimethylformamide (DMF), tetrahydrofuran (THF), ascorbic acid (AA), dopamine (DA), and 11 
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uric acid (UA),were purchased from Aladdin Ltd. (Shanghai, China). Aniline, HCl (36%), ammonium 1 

persulphate, glutaraldehyde (25%), lactic acid (LA), NaCl, glucose, and bovine serum albumin (BSA), 2 

were purchased from Sinopharnm Chemical Reagent Co. Ltd. (China). PU was purchased from Sigma 3 

Co. GOD (30 mg·mL-1) and BSA (10 mg mL-1) were prepared in 0.01 M phosphate buffer solution 4 

(PBS, pH=7.4). The 3-(4, 5-dimethylthiazol-2-yl)-2, 5-diphenyl tetrazolium bromide (MTT) array kit 5 

and polyurethane were purchased from Sigma Co. PBS (pH=7.4), and Dublecco’s modified eagle medi-6 

um (DMEM)was purchased from Genom Ltd. (Hangzhou). FPS and trypsin were purchased from 7 

Thermo Fisher Scientific Ltd. All aqueous solutions were prepared with deionized water. 8 

2.2 Apparatus 9 

The morphologies and structures of the modified screen-printed electrodes were characterized with 10 

a field emission scanning electron microscope (FESEM, Hitachi SU8010). All electrochemical meas-11 

urements are performed with an IVIUM CompacStat.h electrochemical workstation. The surface mor-12 

phological studies were conducted with the thermal field emission scanning electron microscope 13 

(FSEM), SIRON-100 (FEI, USA). The EDS spectrum was obtained with the FSEM that was equipped 14 

with an energy-dispersive X-ray spectrometer (EDS) (GENESIS4000, EDAX, USA). 15 

2.3 Preparation and fabrication of screen-printed electrode 16 

The fabrication of the screen-printed electrode is shown in Fig. 1B. Firstly, the PET sheets are 17 

ground with a cylinder sandpaper to get a rough surface (first graphic in Fig. 1B). Then they are cleaned 18 

by oxygen plasma (second graphic in Fig. 1B). The next step is printing of carbon and Ag/AgCl conduc-19 

tive ink onto a PET film (thickness = 200 μm). The carbon conductive ink was doped with PB before 20 

screen-printing. In comparison with other screen-printed electrodes, this film was printed on both sides. 21 

One side was printed with PB-doped carbon conductive ink as the working electrode. The other side 22 

was printed with Ag/AgCl conductive ink as the counter electrode (the third graphic in Fig. 1B). The 23 

front side was first printed with carbon ink as the working electrode and the other side was then printed 24 

with Ag/AgCl ink as the counter electrode. After printing the working and counter electrode areas, the 25 

film was printed with insulating ink to form a different electrode area (the fourth graphic in Fig. 1B). All 26 

of the printed layers were subjected to the curing process at 90°C for 10 min. Finally, the screen-printed 27 

film was cut by the cutting machine to form individual electrodes (the fifth graphic in Fig. 1B). The cut-28 

ting pattern was designed a priori and each film was cut in 20 individual electrodes. 29 

2.4 Modification of glucose biosensor 30 

Fabrication of solid PANI powder: Firstly, 1.4 mL aniline was added to 25 mL of 1 M hydrochloric 31 

acid solution with vigorous stirring. Subsequently, 2.0 mg ammonium peroxydisulfate was added to the 32 



 

7 

mixture at a slow pace, and was stirred for 3 h at 20°C until the reaction was completed. Ammonium 1 

peroxydisulfate can oxidize aniline to form PANI. Finally, the precipitation was collected by sucking 2 

filtration with a 0.22 μm membrane, and was rinsed with deionized water until the filtrate became color-3 

less. It was then dried in a vacuum oven at 50°C for 24 h to obtain a dark green PANI powder. 4 

Preparation of PANI/GOD mixed solution A: 30 mg PANI powder synthesized before was added to 5 

1 mL of PBS solution (0.01 M, pH = 7.4) via ultrasonication to obtain a dark green PANI solution. B 6 

solution: GOD enzyme (30 mg) and BSA (10 mg) were added to 1 mL of PBS (0.01 M, pH = 7.4). Solu-7 

tions A and B were mixed uniformly at a proportion of 2:1 and stored at 4°C for subsequent use. 8 

Fabrication of the glucose biosensor and immobilization of glucose oxidase enzyme: Firstly, the 9 

fabricated screen-printed electrode was electrochemically cleaned via cyclic voltammetry (CV) in 1 M 10 

H2SO4 between -0.4 V and 0.6 V at 50 mV/s for 5 cycles, and was rinsed with deionized water. Subse-11 

quently, 5 μL of the mixed PANI/GOD solutions prepared just before, was dropped in the area of the 12 

working and dried at room temperature for 6 h. The electrode was then crosslinked by glutaraldehyde 13 

(25%) for 90 min at 37°C. Finally, the electrode was covered with PU membranes with 1.5% PU (solu-14 

tion of 98% Tetrahydrofuran + 2% Dimethylformamide, contain 1.5% PU).  15 

2.5 In vitro evaluation and characterization 16 

In vitro evaluations of the prepared glucose biosensors were performed on the final glucose sensor. 17 

CV was performed different concentrations of glucose in PBS (0.01 M, pH = 7.4) at first to determine 18 

an appropriate working voltage (Fig. S3). To evaluate the biosensing performance, the modified biosen-19 

sors were immersed in 13 mL of stirred PBS (0.01 M, pH = 7.4) for 10 min before the onset of succes-20 

sive injections (26 μL) of 1 M glucose solution. The sensitivities of the electrodes were measured after 21 

1, 3, 5, 7 and 14 days with the same method over a two-week period. Glucose solution (1M), ascorbic 22 

acid solution (0.1 M), lactic acid solution (0.1 M), dopamine solution (0.1 M), uric acid solutions 23 

(50mM) and NaCl solution (0.1 M) were prepared before experiment (The same day of experiment). 24 

The specificity of the electrodes was tested in 13 mL of stirred PBS (0.01 M, pH = 7.4) by successively 25 

adding 26 μL of glucose solution, 26 μL of ascorbic acid solution, 26 μL of lactic acid solution, 52 μL of 26 

uric acid solution, 26 μL of NaCl solution and 26 μL of glucose solution to the same solution. 27 

2.6 Biocompatibility test in vitro 28 

Cytotoxicity was tested with the MTT test (detailed steps are listed in the supporting information). 29 

Cell adhesion tests were conducted with scanning electron microscopy (SEM) (detailed steps are listed 30 

in the supporting information). 31 

2.7 In vivo experiment 32 
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The animal experiment is operated under the guide of laboratory animal center of Zhejiang univer-1 

sity and we get the ethical approval from laboratory animal welfare ethics committee of Zhejiang uni-2 

versity. In vivo experiments were conducted on Sprague–Dawley rats (weights in the range of 180 to 3 

230 g) at the experimental animal center of the Zhejiang Province in Hangzhou, China, under anesthe-4 

sia. The rats were anesthetized with 0.6 mL of pentobarbital sodium by injection. After the induction, 5 

the rats were immobilized on the operating table with tape to avoid body movements. The glucose bio-6 

sensors were implanted under the skin in dorsal cervical areas. Before implantation, the dorsal cervical 7 

areas of the rats were shaved using depilatories, and the exposed skins were surgically cleaned with 2% 8 

chlorhexidine and alcohol. A circular skin incision (diameter of 3 - 5 mm) was made, and the sensor was 9 

implanted under the skin. The wound was protected by transparent dressings after operation. During the 10 

following 24 h, the rats were awakened, but were not allowed to eat for 12 h. Within this interval, ether 11 

anesthesia was administered by inhalation, and 0.6 mL of pentobarbital sodium was administered by 12 

injection to avoid violent grabbing. The sensor was then connected to an electrochemical workstation. 13 

The sensor was allowed to operate for 1600 seconds to reach a stable state before the injection of 14 

0.4 mL of glucose solution (wt. 50%) by intraperitoneal injection. During recording, we collected the 15 

blood by cutting a small wound in the toe and measured the blood glucose level using the ACCU-CHEK 16 

Performa. The total experimental time was approximately 2 h, and the rat was sacrificed by CO2 after 17 

the experiment.  18 

 19 
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 1 
Fig. 2 Scanning electron microscopy (SEM) images of the glucose sensor. (A) Surface of the PANI 2 
nanostructure without the enzyme. (B) Nanostructured polyaniline (PANI)/glucose oxidase (GOD) en-3 
zyme intermixture. (C) Surface of the PANI/GOD nanostructure after crosslinking. (D) Polyurethane 4 
membranes. (E-F) EDS mapping: (E) EDS mapping includes C, O, Fe and N. (F) The same area of E 5 
that only shows Fe. 6 

 7 

3. Results and discussion 8 

3.1 Fabrication of glucose sensor 9 
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In this study, we developed a flexible double-sided, screen-printed electrode, which had a different 1 

structure from the traditional three-electrode structure (Fig. 1A). Twenty electrodes were screen-printed 2 

on a PET film, and were cut into independent, small electrode sizes (Fig. 1C). The electrode structure is 3 

simple, so electrodes can be potentially mass-produced with rapid prototyping. The electrode design 4 

was intentionally thin to ensure its suitability for implantable applications and detections (Kim et al. 5 

2019; Ling et al. 2018). The screen-printed electrode was printed with PB-doped carbon ink that can 6 

directly decompose catalytically hydrogen peroxide. In this way, we did not need to modify the surface 7 

of the carbon-printed electrode with other catalytically active nanometal materials, such as nano-Pt or 8 

nano-Cu. PB was deposited on the surface of working electrode through printing carbon ink. The carbon 9 

ink doped with PB can catalytically decompose hydrogen peroxide. As shown in Fig. 2E and Fig. 2F, 10 

the energy-dispersive X-ray spectrum analysis confirmed the presence of iron, which is one of the com-11 

ponents of PB. The carbon and nitrogen in the map should be from the substrate. In this way, a large 12 

amount of double-side screen-printed electrode used for glucose biosensor was able to be fabricated in a 13 

short time. The cost of single electrode was lowered and mass-production of glucose biosensor became 14 

easy. 15 

To simplify the fabrication process and biosensor structure, we used a chemical instead of an elec-16 

trochemical modification process. Therefore, the PANI was first chemically synthesized based on the 17 

mixture of an aqueous solution of aniline with ammonium persulphate. Single aniline molecules were 18 

polymerized in long-chain PANI with the oxidation of ammonium persulphate (Goto 2011). Through 19 

ultrasonication, the PANI chains formed nanostructures. Then the aqueous solution was dropped on the 20 

carbon electrode that resulted in the absorbance of the GOD enzyme (Fig. 2B). In most used methods, 21 

PANI was firstly modified on the surface of the electrode during the electrochemical process, and then 22 

adsorbed the GOD enzyme (Fang et al. 2014; Gaikwad et al. 2006). In comparison with these methods, 23 

the copolymerization of PANI and GOD enzyme formed a nanostructure. In this way, the GOD enzyme 24 

was tightly absorbed on the surface of the nano-PANI directly. Fig. 2A shows the nanostructure of PANI. 25 

Compared with the PANI fiber synthesized by the electrochemical process, the nano-PANI in our work 26 

was short and thick (Fang et al. 2017). The nano-PANI was less than 100 nm and was much shorter than 27 

the electro polymerized PANI. The nano-PANI increased the area of absorbing enzymes. During the 28 

mixing process, each PANI nanoparticle could adsorb enzymes instead of forming a three-dimensional 29 

(3D) network that may in turn increase the total amount of enzymes. In addition to physical adsorption, 30 

there are many amino groups in the PANI chains that could react with carboxyl groups on the side 31 

chains of the GOD enzyme (Pan et al. 2012). The two factors resulted in a better performance regarding 32 

enzyme immobilization. After crosslinking, glutaraldehyde covered the enzyme and linked with en-33 
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zymes to form an integral structure (Fig. 2C). As shown in Fig. 2B, nano-PANI still have some bumps 1 

and branches. However, Fig. 2C showed that crosslinking with glutaraldehyde forms smooth polyhe-2 

drons. Thus, the structure of nano-PANI/GOD became more stable. 3 

 4 

 5 
Fig. 3 Characterization of glucose biosensor. (A) Amperometric responses to glucose. (B) Amperometric 6 
responses to different interferences. (C) Relative sensitivity drift when the sensor is stored in PBS solu-7 
tion. 8 

 9 

3.2 Characterization of glucose biosensor 10 

CV showed that the Epa of the scanning glucose was -0.3 V and the potential of Ipa/2 was 0 V. To 11 

achieve a broader linear range, the detection potential was selected as 0 V (Fig. S3). For sensing per-12 

formance, the modified biosensors were immersed in 13 mL of PBS (0.01 M, pH = 7.4) and stirred for 13 

10 min in the current–time experiment before the successive glucose solution injections (26 μL, 1 M) 14 
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subject to the applied potential of 0 V (potential of Ipa/2). The amperometric responses are shown in Fig. 1 

3A. The reduction current increased gradually when a certain concentration of glucose was added to the 2 

PBS solution. The corresponding calibration curve is shown in Fig. 3A. According to the calibration 3 

curve, the sensitivity of the fabricated biosensor was 16.66 μA·mM-1·cm-2 (correlation coefficient R2 = 4 

0.9962). The amperometric response current showed a linear variation from 0 – 12 mM. Although the 5 

nano-PANI can increase the number of absorbed enzymes, the biosensors do not show a very high sensi-6 

tivity toward glucose. The limiting diffusion of the PU layer may be the main reason. The amperometric 7 

response toward glucose and the linear range were worse than those for traditional metal needle elec-8 

trodes given the poor conductivity of screen-printed electrodes (Fang et al. 2018). Nevertheless, this re-9 

sponse was considered adequate for the detection of blood glucose.  10 

The advantage of the biosensor is great specificity due to its low working voltage. The selectivity 11 

of the present glucose biosensor was studied by comparing the amperometric responses of physiological 12 

levels of various electroactive species. The amperometric response at different interference levels is 13 

shown in Fig. 3B. When firstly added glucose solution, the glucose biosensor gives an obvious response 14 

current. Then we added AA, LA, DA and UA solutions separately to figure out the glucose biosensor's 15 

response to these major interferences in blood. NaCl was also tested as ionic interference. The responses 16 

to these interferences were very small. Exactly, the prepared biosensor does not yield responses to LA, 17 

UA and NaCl. The amperometric responses after the injection of AA and DA became stable quickly. Fi-18 

nally, we added glucose solution again and the glucose biosensor gave a same response as before. It 19 

means that the glucose biosensor only reacts with glucose. A lower reaction voltage implies a less exten-20 

sive reaction of active substances on the working electrode area, such as lactic and ascorbic acids 21 

(Ahmadalinezhad et al. 2009; Ricci and Palleschi 2005). However, the reaction of glucose was not af-22 

fected due to the presence of PB that could catalytically reduce hydrogen peroxide at a very low voltage 23 

(Epa = -0.3 V). In this study, the detection of glucose was performed at 0 V to reduce the interference 24 

from physiological species. This result shows that the biosensor printed with PB-doped carbon ink 25 

achieved enhanced specificity toward glucose. 26 

The stability of the final glucose sensor was tested with the same sensitivity method every few days 27 

by storing it in PBS solution at 4°C, as shown in Fig. S4 (A - E). Fig. 3C shows the change of the aver-28 

age amperometric response of the final biosensor. As shown in Fig. 3C, the sensitivity of the biosensor 29 

increases as a function of the storage time. The amperometric responses toward glucose increase after 3 30 

days. The main reason for the phenomenon is the fast degradation of the PU membranes that can poten-31 

tially limit the diffusion of glucose. More glucose could pass through the diffusion limiting membrane 32 

so the sensitivity increased in the initial stage of the experiment (Henry et al. 2007; Wang et al. 2013). 33 
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After 1 week, the structure of the PU membrane became stable so the sensitivity of these biosensors did 1 

not change. As studied by Fang et al., the electrode coated with PU had longer stabilization time for 2 

about 2 weeks (Fang et al. 2017). However, the time of our electrodes was much shorter. In their study, 3 

they used PU/E-PU membrane. We used single layer of PU so the membrane became stable faster, 4 

which might be more helpful for obtaining a stable signal. 5 

 6 
Fig. 4 (A) Cell viabilities of the four tested materials leaching liquor after cultures for 48h. 3 groups of 7 
PET substrate are printed with insulating ink (PET|ink), carbon ink (PET|C), Ag|AgCl (PET|Ag/AgCl). 8 
The fourth group of PET substrate is unprinted (PET). Each group is coated with chitosan (CS-coated), 9 
polyurethane (PU-coated) and uncoated. (B-E) SEM figures of cell adhesion on insulating ink, carbon 10 
ink, Ag/AgCl ink and PET substrates coated with polyurethane.  11 

 12 

3.3 Evaluation of biocompatibility 13 

The biocompatibility of biosensor materials was studied with cytotoxicity and cell adhesion tests. 14 

We evaluated the cytotoxicity via the MTT test following the addition of leaching liquor on these pads 15 

printed with different ink types coated with chitosan and polyurethane. The level of cell viability reflects 16 

the cytotoxicity of these materials (Atay et al. 2012; Lugscheider et al. 1994; Morales et al. 2014; Zhou 17 

et al. 2019). The cell viability could be calculated by the following formula: 18 

 Cell viability = (A - B) /B × 100%  (1) 19 

Where A represents the absorption of the experimental group, and B represents the absorption of 20 

the blank control group. As shown in Fig. 4A, the pads were screen-printed with Ag/AgCl ink were as-21 
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sociated with low-cell viabilities. These findings indicated that the Ag/AgCl ink might have higher cyto-1 

toxicity than other groups, even though it was coated with biocompatible materials. The other three ma-2 

terials had lower but almost the same cytotoxicity. As shown in Fig. S5 (A - D), the cell viability chang-3 

es as a function of culture time. In every group, the pads coated with PU yielded the highest cell viabili-4 

ties. The bare electrode exhibited a poor response in increasing cell viability but this could be improved 5 

when the electrode was coated. This phenomenon became more obvious as a function of culture time. 6 

The reason of this phenomenon may be attributed to the fact that coatings limit the diffusion of toxic 7 

particles released from substances. This explained the foundation of protective coatings. 8 

The latex is the positive control and it should have the lowest cell viability because of its high cyto-9 

toxicity (Pariente et al. 2000). Nevertheless, latex had the highest viability in the Ag/AgCl group (Fig. 10 

S5D). This indicates again that the Ag/AgCl ink has a higher cytotoxicity than latex, and may not be 11 

suitable for implantation. This is because Ag+ was highly cytotoxic even though coatings could limit the 12 

diffusion of Ag+. A low Ag+ concentration that diffused from the surface of the Ag/AgCl pads was ade-13 

quate to kill the cells in this experiment.  14 

The cell viability reached its maximum level after 24 h culture. This shows that the cells still have 15 

some resistance to toxic substances at the beginning of the experiment because there is an adequate 16 

quantity of nutrients in the culture medium, and cells proliferate faster. After the 24 h cultures, the num-17 

ber of cells increased but the nutrients left were inadequate and led to faster cell death rates compared 18 

with cell proliferation rates. Therefore, the number of cells decreased after 24 h. 19 

In summary, biocompatible material coatings can partly decrease the cytotoxicity of screen-printed 20 

electrodes, especially in the cases of carbon and insulating inks. It will be better to replace the Ag/AgCl 21 

ink with other inks if the former is not necessary. 22 

We then observed the morphologies of the cells after their cultures on pads screen-printed with dif-23 

ferent inks and coated with chitosan and PU, as shown in Fig. S6. The pads coated with biocompatible 24 

materials are more suitable for cell growth. This is because the coatings are smoother than bare pads. 25 

This makes cells attach more tightly on the surface of the pads. Seeded cells exhibit stretched cell mor-26 

phology. As shown in Fig. S6 (D - F), spherical cells show that they do not grow well on the surface of 27 

Ag/AgCl pads. The chitosan and PU coatings can improve the surface morphology of the pads, but the 28 

high cytotoxicity of Ag/AgCl still kills most of the cells, while the remaining cells exhibit very poor 29 

morphologies. The results showed that substrate materials also affected the growth of cells. These find-30 

ings are consistent with MTT test. 31 

There is no doubt that chitosan and PU are beneficial in improving cells growth. However, out-32 

comes based on cytotoxicity tests and SEM observations are opposite to what was expected. It seems 33 
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that the PU coating could increase cell viability because it has a limiting diffusion pertaining toxic sub-1 

stances, but the SEM observation showed that the chitosan coating leads to an increased cell number 2 

and better morphologies (Kalyoncuoglu et al. 2018). This contradiction is attributed to the degradation 3 

and hydrophobicity of PU. The PU surface has some lipid groups that are hydrophobic, but the surface 4 

of chitosan is hydrophilic (Kim and Masuoka 2009). In addition, the degradation of PU makes the sur-5 

face of the PU coating uneven. The two disadvantages make the PU coating unsuitable for cell growth. 6 

However, the PU has a better diffusion limit than chitosan. The leaching liquor of PU coating contains 7 

fewer toxic substances than chitosan coating. This explains the cytotoxicity test outcomes. If all the ef-8 

fects are taken into consideration, the choice of PU as the biocompatible layer is justified. 9 

 10 
Fig. 5 (A) Block diagram of collector. Analog-to-Digital Converter (ADC) and System-on-a-chip (SoC) 11 
are integrated in one microcontroller unit (MCU). Bluetooth low energy (BLE) interacts with smart 12 
phone via the Bluetooth 4.0. (B) Circuit diagram of collector. (C-D) Response of biosensor toward the 13 
injection of glucose (blue line) and real-time blood glucose level measured by the AUCC-CHEK Per-14 
forma from samples extracted from the paws (red scatter plot). 15 

 16 

3.4 In vivo glucose level monitoring 17 

We designed a collector to sample, process, and transmit the electric signal form our glucose sensor 18 

(Fig. 5A and Fig. 5B). A low-power sampling circuit can collect the electrode current and convert the 19 

analog signal to a digital form. The signal can be simply processed and transmitted to our cell phone by 20 

a Bluetooth ceramic antenna. The entire system is powered with a 45 mA·h lithium battery and can 21 

(theoretically) work for at least 14 days.  22 

During the vivo experiments, the rats were anesthetized with pentobarbital sodium, and the sensor 23 

was implanted under the skin in dorsal cervical areas (Fig. 5C). The sensor was stabilized in vivo for 24 24 

h before amperometric recordings. The recordings were conducted with the IVIUM CompacStat.h elec-25 
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trochemical workstation for increased accuracy at a 0 V potential. Fig. 5D shows the current–time re-1 

sponse and blood glucose levels as measured by the AUCC-CHEK Performa. Before testing, the rats 2 

were forbidden to eat for 12 h to stabilize their blood glucose levels. The biosensor was allowed to sta-3 

bilize for approximately 2 h before testing. After the injection of0.4mL of glucose solution (wt. 50%) 4 

through the abdominal cavity at ~1600s, the blood glucose level increased immediately and reached its 5 

maximum value ~20 min later. The blood glucose levels returned to baseline after ~1 h. The trend of the 6 

blood glucose was different when injections were performed with caudal vein catheters (Fang et al. 7 

2018) because the intraperitoneal absorption was relatively slower than the intravenous injection, and 8 

the process lasted for a longer time. 9 

The recording data from the sensor was compared to the blood glucose level. The sensor data 10 

yielded almost the same blood glucose level trend with a noted delay of ~10 min. This phenomenon is 11 

attributed to the fact that the biosensor measures the glucose in the interstitial fluid rather than blood. 12 

There is a 5 - 10 min delay until the time effective tissue fluid change occur, which is consistent with 13 

other studies (Fang et al. 2014; Fang et al. 2018). Meanwhile, the glucose level in the tissue fluid is 14 

lower than that of blood that results in a lower current response in vivo. However, the response of the 15 

sensor declines continually when the blood glucose level becomes stable and lasts longer compared with 16 

the blood glucose levels. This may be attributed to the instability of the sensor itself and the low-17 

diffusion rate in the interstitial tissue fluid. Complex internal environment components and foreign body 18 

response (FBR) also lead to a faster degradation in the sensor performance compared with its in vitro 19 

response (Morais et al. 2010). Another possible reason for the drift after ~6000 s is short polarization 20 

time of the electrode. This electrode had not been reached equilibrium in such a short time. 21 

 22 

4. Conclusions 23 

In this study, we developed a CGMS with a flexible double-sided screen-printed electrode. The PB-24 

doped carbon ink and nano-PANI/GOD mixture immobilizations were introduced in the implantable 25 

glucose biosensor. Flexible double-sided, screen-printed electrodes are more suitable for implantation, 26 

and they ease user pain. The PB-doped carbon ink can directly catalyze the reduction of hydrogen per-27 

oxides, makes it possible to detect glucose at a low voltage, and thus decreases the interference from 28 

physiological species. The nano-PANI/GOD mixture increased the area of absorbing glucose. The in 29 

vitro experiment proved the long lifespan of the biosensor and its enhanced specificity toward glucose. 30 

Cytotoxicity evaluation explored the cytotoxicity of all the materials we used in the electrodes. The re-31 

sults of the MTT test and the SEM observations showed good PU biocompatibility. The in vivo experi-32 

ments showed that the CGMS could detect glucose levels in rats. Through these improvements, we low-33 
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er the cost of glucose biosensor for CGMS and simplify the fabrication process. It is helpful for large-1 

scale production. A delicate quantitative analysis for biocompatibility of materials in the biosensor was 2 

given to guarantee safe use for implantation. However, the CGMS still needs some improvements in lin-3 

earity and long-time stability in vivo. Our future work will focus on the enhancements of the sensitivity 4 

and linear range of the glucose biosensor. In vivo measurements should be optimized for stability and 5 

sensitivity in consideration of the disparities of the physiological environment of interstitial tissue fluid. 6 

Our previous works have applied PLAG, E-PU and zwitterionic materials in protective layer to improve 7 

in vivo performance of glucose biosensors. Additionally, the FBR also plays a significant role in the per-8 

formance of the implantable biosensor, and its impact on the biosensor requires further study (Gray et 9 

al. 2019; Morais et al. 2010).  10 
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Highlights 

� A new design of flexible biosensor for continuous glucose monitoring with 

double-side screen-printed electrode. 

� Suitable for large-scale fabrication achieved by single-step modification of 

nano-polyaniline and glucose oxidase. 

� Excellent specificity towards glucose using Prussian blue doped carbon ink. 

� Quantitative cytotoxicity evaluation of the entire biosensor through MTT 

test.  
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