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“Nature-inspired” functional porous materials for low-
concentration biomarkers detection 

Irene Papiano‡a,b, Simona De Zio‡b, André Hoferc, Marco Malferrarib, Ignacio Mínguez Bachoc, Julien 
Bachmannc, Stefania Rapinob, Nicolas Vogela, Giulia Magnabosco*a 

Nanostructuration is a promising tool for enhancing the performance of sensors based on electrochemical transduction. 

Nanostructured materials allow increasing the surface area of the electrode, and to improve the limit of detection (LOD). In 

this regard, inverse opals possess ideal features to be used as substrates for developing sensors, thanks to their 

homogeneous, interconnected pore structure and the possibility to functionalize their surface. However, overcoming the 

insulating nature of conventional silica inverse opals fabricated via sol-gel processes is a key challenge for their application 

as electrode materials.  In this work, colloidal assembly, atomic layer deposition and selective surface functionalization are 

combined to design conductive inverse opals as electrode material for novel glucose sensing platforms. An insulating inverse 

opal scaffold is coated with uniform layers of conducting aluminum zinc oxide and platinum, and subsequently functionalized 

with glucose oxidase embedded in a polypyrrole layer. The final device can sense glucose at concentrations below 1 nM and 

is not affected by the presence of the common interferents gluconolactone and pyruvate. The method may be also applied 

to different conductive materials and enzymes to generate a new class of highly efficient biosensors. 

Introduction 

Biomarker sensors play a fundamental role in point-of-care 

diagnostics, allowing patients to obtain life-saving data on 

demand with minimally invasive procedures. The most relevant 

example is glucose quantification, which is used multiple times 

a day by millions of patients with diabetes to monitor the sugar 

level in their blood and to properly dose the insulin 

administration.1 Typical glucometers measure the amount of 

glucose in the patient’s blood exploiting glucose oxidase (GOx) 

immobilized on a single-use test strip2 including the electrodes 

for the electrochemical transduction, which can be easily 

connected to an electronic device for the signal recording and 

digitalization. The enzyme oxidizes glucose to gluconolactone, 

and it is subsequently oxidized back to its original state by 

oxygen while hydrogen peroxide is produced.3 Hydrogen 

peroxide, in turn, is oxidized on the surface of the electrode 

present in the sensor, which generates an electrical current.4 

This method forces patients to prick their fingers to withdraw a 

blood drop multiple times a day, causing significant discomfort. 

Other body fluids, such as sweat or saliva, are an attractive 

alternative to blood,5  but they contain significantly less glucose 

and would thus require a much higher sensor sensitivity to 

produce a detectable signal.   

Nanostructured materials can provide novel approaches for 

sensor development thanks to their large surface area,6–10 

which allows both for miniaturization of the final device and for 

the decreasing of the detection limit. Regarding inorganic 

materials, examples in the literature are mainly based on the 

use of nanoparticles,11–13 nanowires,14 nanotubes15,16, and 

nanosheets17 architectures. Their precise fabrication on a large 

scale, however, is often complex and expensive,2 and poses a 

significant obstacle in their use in real-life applications. 

Electrochemical biosensing gained growing interest thanks to its 

flexibility and accuracy, 18 and it is the ideal method to sense 

glucose thanks to the possibility to generate an electric current 

from glucose exploiting glucose oxidase.19 One of the most 

efficient glucose electrochemical sensor developed so far is 

based on ‘black platinum’ grown electrochemically on planar 

surfaces.20 In this approach, nanostructured Pt is 

electrochemically deposited on a surface, generating an 

electrodic material with a large surface area. Its high surface 

area and its proficiency in the catalytical oxidation of hydrogen 

peroxide-one of the products of the glucose oxidation reaction 

by GOx- allow for the detection of glucose concentrations as low 

as 10 nM. A promising alternative is to use high surface area, 

nanostructured materials as the scaffold onto which the active 

metal is deposited. This strategy makes more efficient use of the 

active metal, exploits the current and well-assessed knowledge 

on conventional sensors, and allows for the development of 

sensors with improved performance.  

Nanostructured materials are widespread in nature and they 

are an excellent source of inspiration for scientists, which, on 

top of the clever strategies optimized by nature itself, have 

access to a wider selection of materials to choose from. Inverse 

opals (IOs) are 3-dimensional porous networks obtained by 

backfilling a sacrificial colloidal crystal with a desired precursor, 

which is inspired by the natural opal gem stone and assembled 

taking advantage of self-assembly, another of the most 

fascinating natural phenomena. IOs, initially used to replicate 

the structural coloration occurring in nature both in the 

inanimate and animate world,10,21 possess ideal features to be 

used as materials for sensor development.9,10,22,23 The order 

typical of the IO structure poses significant advantages over the 

use of other porous, less ordered materials such as foams and 

mesoporous silica since the complete interconnectivity of the 

pores allows to exploit the whole area for surface-based 

processes . This characteristic becomes fundamental for sensing 

applications, as it facilitates the transport of the target analyte 

to the active surface and improves the signal measured, where 

the LOD was 5uM.10,24–26 So far, multiple example of organic IOs 

for detection of bioanalytes have been developed, with a 

particular focus on the use of hydrogels. 27–29 Inorganic IOs show 

increased thermal and mechanical stability compared to organic 

ones and their surface can be readily functionalized with a range 
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of chemical or physical methods, including atomic layer 

deposition (ALD),30 layer-by-layer deposition,30 and self-

assembled monolayers. 31 Additionally, inorganic IOs can be 

fabricated easily and reliably using the co-assembly technique, 

consisting of the simultaneous assembly of the sacrificial 

particles and the sol-gel precursor of the matrix.32  

Cao et al. 33 were able to increase the efficiency of glucose 

detection by immobilizing GOx on titania IOs grown on ITO 

substrates. Even though the resultant porous framework was 

not highly ordered, the increased surface area of the IOs 

allowed the adsorption of GOx with higher efficiency with 

respect to the analogous plain samples. Therefore, the sensors 

showed a higher catalytic activity toward glucose oxidation and 

a higher sensitivity to glucose detection than ordinary titania-

modified electrodes.33 To the best of our knowledge, this was 

the only attempt to generate inorganic electrochemical glucose 

biosensors based on IO produced with the sol-gel method. We 

ascribe this to the difficulties in preparing conductive IOs.  

Typical IO fabrication methods rely on sol-gel precursors that 

solidify around the templating particles. The most abundantly 

used sol-gel matrix for the fabrication of IOs is silica, which is an 

insulator. The integration of electrical conduction is typically 

achieved by the addition of metal or semiconducting particles 

during the assembly, which, however, leads to problems with 

mechanical stability and in the preservation of the porous 

structure of the templating particles.10,34 Other methods for 

preparing IOs using conductive materials exploiting atomic layer 

deposition (ALD) 35–39 or electrochemical deposition 40 are 

reported in the literature. In particular, ALD can coat the 

polymer colloidal crystal conformally and completely with the 

desired inorganic material. Due to the stepwise ALD process, 

this strategy is expensive and time-consuming. A more elegant 

approach uses conventional sol-gel IO fabrication followed by a 

shorter, efficient ALD process to coat the conductive material as 

a thin layer on top of the silica IO. This approach offers several 

advantages over the use of full ALD deposition and has so far 

applied to catalysis,30,41 photonic42,43 and biofouling 

prevention,44,45 but not for sensing applications.  

In this work, we overcome this challenge by separating the 

structure formation from the integration of the conductive 

component. We combine the structural regularity typical of 

silica IOs prepared from colloidal co-assembly,32 with the 

conductive properties of aluminum zinc oxide (AZO) deposited 

with ALD, which enables us to coat the entire interior surface 

with a homogeneous, thin layer of metal oxide. Finally, we add 

an ultrathin layer of Pt via ALD as a material-efficient way to 

introduce the active metal. This strategy allows for the 

fabrication of conductive Pt-decorated IOs able to efficiently 

transport electrical current. With respect to fabrication of the 

IO scaffold with ALD, our 2-step approach combining sol-gel 

methods and thin ALD coating minimizes the use of expensive 

materials compared to inverse opal scaffolds formed 

completely from the active precious metal, and decouples the 

formation of the porous media, the introduction of 

conductivity, and the deposition of active material. 

As several species can be directly oxidized at the Pt surface, it is 

necessary to functionalize it with a (bio)molecule that gives the 

proper selectivity to the detection. By embedding GOx in a 

polypyrrole layer, we fabricate a glucose sensor based on 

established transduction strategies with high sensitivity and 

selectivity.46 The possibility to fine-tune all these parameters 

gives our platform unprecedented control over the features of 

the final device and opens the possibility to apply it to different 

biomarkers by selecting the appropriate electrodic material-

enzyme combination. 

 Results and discussion 

Our biosensor is based on a combination of colloidal self-

assembly and precise surface modification steps (Figure 1). 

First, we use the co-assembly technique to form IOs with well-

defined, interconnected and ordered pores on a conductive 

indium tin oxide (ITO)-coated glass substrate (Figure 1a). 

Subsequently, we employ ALD to form a continuous, conductive 

layer of aluminum zinc oxide (AZO) that conformably coats the 

entire inner surface of the IO (Figure 1b). This step ensures the 

charge transfer through the 3D structure and the proper current 

measurement by the potentiostat. Next, we add a thin layer of 

Pt, using a single ALD deposition cycle (Figure 1c). This step 

provides the active metal needed to catalyze the oxidation of 

hydrogen peroxide47 – the product of the glucose enzymatic 

oxidation. Both these last two steps are important for the 

reliable functioning of the device. In fact, using only Pt in the 

ALD process does not easily form a continuous layer due to its 

growth in polycrystalline islands.48–51 In contrast, AZO more 

readily forms conformal coatings, thereby ensuring an efficient 

charge transport but it is not as efficient as platinum in 

catalyzing the electrochemical oxidation of hydrogen 

peroxide.52 Additionally, this approach also minimizes the use 

of expensive Pt and therefore provides a resource-efficient 

sensor design. Thus, our approach combining sol-gel deposition 

and ALD is significantly more resource-efficient than a complete 
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deposition of the IO components using solely ALD. Finally, we 

integrate GOx as the enzyme responsible for the selective 

oxidation of glucose. We use a well-established protocol that 

relies on embedding the enzyme in a polypyrrole layer, which 

facilitates the immobilization of GOx and has been shown to 

improve the selectivity of the device53 (Figure 1d). In the final 

device, the electrochemical detection of glucose is achieved as 

follows (Figure 1e): the reduction of the FAD redox cofactor in 

the enzyme is promoted by reaction with glucose, which is 

oxidized to gluconolactone; molecular oxygen regenerates the 

oxidized form of the FAD group in GOx producing hydrogen 

peroxide, which is amperometrically assessed at the Pt surface 

by the application of an anodic potential. Then, the catalytic 

cycle is repeated. 

In the following, we systematically investigate in detail the 

individual steps needed for the sensor design. We first optimize 

the electrode porosity and its conductivity. Both parameters are 

controlled by a combination of two factors: (i) the pore size, 

which is determined by the diameter of the templating 

particles; and (ii) the thickness of the conductive layer 

deposited onto the IO surface to control the flow of charges. 

Both factors impact on the aperture of the small openings 

between pores — referred to as necks — that regulate the 

transport of the chemical species within the inner structure and, 

thus, the sensitivity of the sensor.10   Balancing charge 

conductivity and mass transport through the structure is 

therefore essential for proper device performance. 

We use the co-assembly technique, in which hydrolyzed 

tetraethyl orthosilicate (TEOS) assembles together with 

sacrificial templating polymeric particles to form the inverse 

opal structure. Particles are transported to the drying edge and 

self-assemble in a well-ordered colloidal crystal. 

Simultaneously, TEOS as the silica source is also transported to 

the meniscus and is being integrated into the interstitial sites. 

Upon calcination the polymeric particles are removed and silica 

further condense to form a continuous matrix in the interstitial 

sites of the particles.32 We produced IOs with pores sizes of 220 

nm, 290 nm, 350 nm, and 565 nm, controlled by the diameter 

of the templating polystyrene colloidal particles 32(Figure SI1). 

For this specific application, the main goal is to obtain IOs with 

the most regular morphology achievable, and with a neck size 

that allows sufficient flow of substances for subsequential 

functionalization steps, taking into consideration the challenge 

of diffusion in IOs.54 Note that as no photonic effect is exploited, 

the pore size is not limited to dimensions that would interact 

with light to form structural color, which is a common design 

criteria for IOs.10,55 IOs with 350 nm pores showed the lowest 

number of cracks, the highest pore connectivity, and the highest 

surface-to-volume ratio at a fixed number of layers to enable 

comparison. We, therefore, used these IOs in the subsequent 

experiments.  

The next step is the introduction of the conductive AZO and Pt 

layers using ALD. We chose AZO according to its ability to carry 

charges at low thickness56–58 and we vary its thickness via the 

number of ALD cycles used for its deposition to optimize the 

conductivity while maintaining pore accessibility. We integrate 

small amounts of Pt, the active metal responsible for the 

oxidation of H2O2 on the AZO-coated IOs, by performing just 1 

cycle of ALD deposition. 

Figure 2 compares two different AZO coatings with nominal 

layer thicknesses of 4 nm and 20 nm, determined by 

ellipsometry on a reference planar substrate, and a thin Pt layer. 

The Scanning Electron Microscopy (SEM) images shown in 

Figure 2a-c indicate that the ALD layer conformally coats the 

entire surface, as no uncovered patches in the structure are 

seen. The visual impression of the reduction of pore sizes with 

increasing AZO layer thickness is corroborated by statistical 

image analysis, shown in Figure 2 d,e. The dimension of pores is 

reduced from 277±13 nm in the pristine sample to 262±20 nm 

for the nominal 4 nm thick AZO film, and to 237±13 nm for the 

20 nm AZO film. A similar behavior is observed for the 

necks10(Figure 2e), which are reduced from 118±10 nm to an 

Figure 1. Schematic representation of the preparation of the device. a) Step one: Preparation of a silica inverse opal on an ITO-covered glass slide. b) Step 
two: AZO deposition over the SIO2 IO. c) Step three: Pt deposition. d) Step four: electrochemical polymerization of polypyrrole embedding GOx. e) Schematic 
of the enzymatic reaction taking place in the biosensor. 
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(Figure SI6), increasing the sensitivity of more than one order of 

magnitude with respect to the current state of the art.20 

However, we experimentally tested the responses of the 

biosensors in the glucose concentration range 10 nM- 2.5 mM, 

which provides a more realistic concentration range for 

detection. A clear detection by the current change, taking into 

account the measurement error can be seen from values above 

25 nM (Figure 4e).  

When compared to IO-based systems, our platform performs 

significantly better than what previously reported in the 

literature for ZnO IO sensors, where the LOD was 5 μM.65 

The low limit of detection, together with the low amount of 

noble metal needed, make our platform the ideal candidate for 

glucose sensing. 

To prove the selectivity of the final device, we studied the effect 

for two relevant interferents66,67 on the current density using 

chronoamperometry. The selectivity towards glucose in the 

presence of gluconolactone is of fundamental importance as 

gluconolactone is the product of glucose oxidation, and its 

presence can thus not be avoided during sensing. Pyruvate is 

the product of the glycolysis, which plays a fundamental role in 

diabetes. 68 As observed in Figure 5, both pyruvate and 

gluconolactone do not significantly impact the electric signal, 

thus making our sensor selectively responsive to glucose even 

in the presence of other biomarkers. We also investigated the 

stability of the platform over a 72-hour period and under high 

stressing working conditions (Figure SI7). We tested the sensor 

at significantly higher glucose concentrations (up to 2.5 mM) 

than what it would experience in the envisioned applications – 

the analysis of body fluid with low concentration of glucose (up 

to 0.5 mM69) - and we verified that it is still able to detect 

changes in current density after that time frame and stress 

tests. We consider this result to represent the minimum 

sensitivity retained under stress, as the loss in performance 

would be decrease when exposed to glucose concentrations in 

the envisioned range. This is ensuring a high stability especially 

when thinking to the single use of typical point-of-care 

solutions. Furthermore, the inorganic components of the 

electrode can potentially be regenerated with thermal or 

solvent treatments and re-functionalized with a fresh enzyme 

solution to allow for multiple uses of the electrode component. 

These fundamental findings pose the basis for the application 

of our strategy in real glucose monitoring systems. 

Experimental 

Inverse Opals preparation. SiO2 inverse opals (IOs) were 

generated via the colloidal co-assembly technique on 0.9 cm x 

5 cm indium tin oxide (ITO) – coated glass substrates, previously 

cleaned with O2 plasma. A mixture of tetraethyl orthosilicate 

(TEOS), ethanol, and 0.1 M hydrochloric acid (volumetric ratio 

1:1.5:1) was stirred for 1 hour at room temperature to pre-

hydrolyze TEOS. Then, a 0.1 wt % dispersion of polystyrene 

colloidal particles and 75 µL of pre-hydrolyzed TEOS solution 

were added to MilliQ H2O for a total volume of 12 mL. The 

substrate was immersed vertically into the solution and placed 

in an oven equipped with vibration-absorbing rubber plates at 

65°C to evaporate the water. During this evaporation process, 

the convective flows led to the deposition of a composite thin 

film composed of a close-packed crystal of the polymer colloidal 

particles with silica-filled interstitial sites. The templating 

colloidal particles were removed by thermal treatment at 500 

°C to produce the IO. The polystyrene colloidal particles with 

different diameters were synthesized by surfactant-free 

emulsion polymerization using ammonium persulphate as the 

initiator and acrylic acid as the comonomer, as described 

elsewhere.32,70 All reagents were purchased from Sigma-Aldrich 

and used without further purification unless stated otherwise. 

Coating of conductive materials. The IOs were coated with 

conductive materials using atomic layer deposition  (GEMStar 

XT 6 reactor, Arradiance). First, aluminum doped zinc oxide 
(AZO) with a ratio Al2O3/ZnO = 1:20 was deposited starting from 

diethylzinc (DEZ 95%, abcr), trimethylaluminium (TMA 97%, 

abcr) and H2O at a reaction temperature of 90 °C. The number 

of deposition cycles was varied to tune the AZO film thickness.  

Subsequently, platinum was deposited on top by ALD using71 

trimethyl(methylcyclopentadienyl)platinum(IV) (MeCpPtMe3 

98%, abcr) as precursor together with ozone at 220 °C.  The 

nominal thickness and homogeneity on planar substrates (AZO 

1 cycle: 4 nm, 5 cycles 20 nm, Pt 1 cycle: 1 nm) was determined 

on SiO2 wafers by spectroscopic ellipsometry (SENPro, 

SENTECH). Due to possible nucleation inhibition the true 

loading in the porous system can be lower than the nominal 

value recorded on a planar reference sample. 

Planar reference platforms fabrication. To determine what is 

the effect of the nanostructure on the glucose sensing 

performances, we prepared sensors on planar surfaces. Here, 

0.9 cm x 5 cm indium tin oxide (ITO) – coated glass substrates 

were first treated with O2 plasma. We then deposited AZO and 

Pt as described in the paragraph “Coating of conductive 

materials”. The nominal thickness and homogeneity on planar 

substrates (AZO 1 cycle: 4 nm, 5 cycles 20 nm, Pt 1 cycle: 1 nm) 

was determined on SiO2 wafers by spectroscopic ellipsometry 

(SENPro, SENTECH). The deposition process was carried out 

Figure 5. Selective response of the IO-based biosensor. Representative 

chronoamperometric measurements of standard additions of glucose (black), 

gluconolactone (blue), and pyruvate (green). The curves are obtained in PBS solution 

at RT, E=+0.65 V vs Ag/AgCl (3 M KCl). 
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together with the one on IO-based sensors to minimize 

variations due to the deposition procedure.  

Electrochemical instrumentation. The nanostructures were 

electrochemically characterized by cyclic voltammetry (CV) 

using a three-electrode system, comprising an Ag/AgCl (3 M KCl) 

and a Pt wire acting as reference and counter electrode, 

respectively. The IO surfaces were used as the working 

electrode after being contacted to the bipotentiostat circuit 

using a copper stripe. The cyclic voltammograms were recorded 

at a scan rate of 20 mV/s in the region from ‒0.8 to 0.8 V vs. 

Ag/AgCl (3 M KCl). Ferrocenemethanol 2 mM in phosphate 

buffer (pH 6.9) was used as redox species to characterize the 

electron transfer properties of the IO-based electrode. 

Ferrocene methanol 97%, sodium phosphate monobasic and 

sodium phosphate dibasic were purchased from Merck. 

Enzyme layer incorporation. The enzyme glucose oxidase was 

immobilized on the Pt surface by electropolymerizing a thin 

polypyrrole (PPy) film in the presence of glucose oxidase, this 

results in a thin polymer film embedding the enzyme stably 

adherent to the Pt surface. This GOx/PPy film was prepared via 

electro-polymerization of 0.15 M pyrrole and 2 mg/mL GOx 

phosphate buffer solution. A three-electrode configuration 

consisting of an Ag wire as the quasi-reference electrode (QRE), 

a Pt wire as the counter electrode and the conductive IO 

structure as the working electrode was used. The 

electrochemical cell was covered with silicone rubber to 

prevent O2 to diffuse back from the atmosphere into the 

solution after degassing it: the pyrrole-containing enzymatic 

solution was inserted into the cell and degassed for 5 minutes 

with Ar bubbling. Before the polymerization, CVs were recorded 

to verify the absence of oxygen in solution at a scan rate of 20 

mV/s in the region from ‒0.7 to 0 V vs. Ag wire QRE. The electro-

polymerization was started under moderate stirring: the film 

was grown chronoamperometrically at a fixed potential +0.9 V 

vs. Ag wire QRE for approximately 15 minutes. The procedure 

has been adapted from Soldà et al.46. Glucose Oxidase (GOx) 

type X-S (EC 1.1.3.4. from Aspergillus Niger, Merck) and pyrrole 

98 % (Merck) were used as received. 

Evaluation of sensor performances. The biosensing 

performance was evaluated at different stages of the sensor 

fabrication. The ability of the metal-coated IOs to detect 

hydrogen peroxide, the response of the enzyme-coated IOs to 

β-D-glucose, and the selectivity to the analyte against 

interfering species, such as pyruvate and gluconolactone were 

studied. These analyses were conducted using 

chronoamperometric calibrations in phosphate-buffered saline 

solution (PBS pH 7.4, Lonza) at room temperature.46 After 

current equilibration, standard concentrations of the 

appropriate analyte – H2O2, β-D-glucose, pyruvate, or 

gluconolactone – were added every 100 s. The electric potential 

of the electrode was kept at E = +0.65 V vs.Ag/ AgCl (3 M KCl) , 

at which the H2O2 oxidation is detected. The curves were 

treated, and data were processed by employing OriginPro 9.1. 

Calibration plots reporting electrochemical responses of 

IO/planar biosensing substrates to analytes additions were 

obtained by processing amperometric calibration curves: 

oxidation current before the addition of the analyte was 

subtracted from the current after each addition (after steady 

state was reached) obtaining a series of increments that are 

attributed to the relative analyte concentrations. These 

resulting current steps are plotted against the concentrations of 

the analyte in the solution for the addition of interest. 

Phosphate-Buffered Saline 1x (pH 7.4) (Microtech), β-D-glucose 

(Merck), sodium pyruvate (>99%, Merck), δ-Gluconolactone 

(Merck), Hydrogen Peroxide (30% w/v, Panreac) were used as 

received. 

Scanning electron microscopy observations. The multilayered 

ALD-coated IO was characterized by scanning electron 

microscopy (SEM). The images were acquired with a Zeiss 

Gemini 500 working at 1 kV, equipped with an Inlens detector.  

Energy-Dispersive X-ray analysis. We analyzed the elemental 

composition of the metal-coated IOs built on silicon wafers with 

a scanning electron microscope Gemini Ultra 55 (Zeiss) 

combined with an EDX detector (Noran System Six model NSS 

302, Thermo Electron). The samples were placed on a metallic 

stub using a carbon tape disc and the instrument worked at 6 

kV. 

Conclusions 

In this work, we propose a new approach to preparing a 

nanostructured porous electrode with tunable features for 

glucose detection. We combine colloidal self-assembly, giving 

well-defined nanoporous IOs, with atomic layer deposition to 

precisely engineer the surface properties of the device and 

minimize the use of precious metals. This strategy enables us to 

create conductive electrodes while exploiting the attractive 

morphological properties of conventional IOs. We optimize the 

conductive AZO layer thickness to balance the transport of 

chemicals and electrode performance. We add Pt and a layer of 

GOx embedded in a polypyrrole matrix to form the biosensing 

unit. Our sensor is able to detect glucose concentrations below 

1 nM, and it shows selectivity against pyruvate and 

gluconolactone as possible interferents in the biological fluids. 

The low limit of detection may open the possibility to detect 

glucose in body fluids with lower glucose concentration than 

blood, minimizing the discomfort for the patient. The compact, 

interconnected porous nature of the IOs may further integrate 

into microfluidic devices and thus provides an opportunity 

toward miniaturization. 
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