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Although blood-contacting medical devices are used widely, blood clot formation (thrombosis) leads to device failure and 

potentially catastrophic adverse thrombotic events for patients, such as stroke or pulomonary embolism. Systemic anti-

thrombotic drugs aimed at reducing these complications do not always prevent device thrombosis and can cause increased 

bleeding risks. Therefore, our understanding of material thrombosis mechanisms needs to be improved in order to develop 

next generation blood-contacting medical devices and materials. Medical device development requires material 

thrombogenicity evaluation according to the International Standards 10993-4 Biological evaluation of medical devices–

Selection of tests for interactions with blood, which highlights that one of the key aspects for testing is a clincially relevant 

flow system. In this review, we first provide an overview of the current knowledge regarding material thrombosis and 

important physical and biological aspects of blood flow in relation to thrombus formation. We then examine commonly used 

in vitro flow systems to evaluate material and medical device thrombosis, focusing on their capabilities, advantages and 

disadvantages. Finally, we explore recent advances in technology that will aid in improving the design and fabrication of flow 

systems,  mechanistic analysis and computational modelling

1. Introduction 

Blood-contacting medical devices are often used to treat a wide 

range of diseases. Devices range in size, function, material 

composition, anatomical placement and duration of contact 

with the blood. Examples of blood-contacting medical devices 

include stents,1-3 catheters,4-6 ventricular assist devices (VADs), 

artificial heart valves and vascular grafts.7-9 Despite the many 

advantages provided by such devices, synthetic biomaterials are 

affected by biological fouling (Biofouling).10-13 Biofouling of 

medical devices is the non-specific adsorption of proteins onto 

material surfaces which then allows cell adhesion. In the 

presence of microbes this can lead to infection and sepsis,14, 15 

and in contact with blood, this can lead to blood clots 

(thrombosis) and subsequent complications such as occlusive 

thrombus formation, stroke via thrombus embolisation, as well 

as device failure through ‘clogging’.16, 17 

 

Medical-device induced thrombosis is one of the major 

complications of implantable medical devices that are exposed 

to blood.16, 18, 19 Virchow’s triad describes the 3 key conditions 

necessary for thrombosis to occur.20 In relation to material-

induced thrombosis, these are the hypercoagulability of the 

blood (pathology), haemodynamic factors (low flow/stasis or 

high flow), and medical device materials, shown in Fig. 1A. The 

typical process by which biomaterial thrombosis occurs is 

illustrated in Fig. 1B. Due to their high plasma concentrations 

and high diffusion coefficients, plasma protein adsorption to the 

material surface is followed by synergistic adhesion and 

activation of coagulation factors,21 platelets, leukocytes11 

and/or complement cascade proteins,21 resulting in 

thrombosis.19 A vast number of different types of proteins can 

adsorb to the surface to initiate thrombosis, including; 

fibrinogen, high molecular weight kininogen (HMWK), pre-

kallikrein (PK), factor XII (FXII), complement proteins, von 

Willebrand Factor (vWF), and immunoglobulins, leading to 

complex protein-biomaterial and protein-protein 

interactions.22 For example, activation of surface-bound FXII not 

only triggers thrombin generation via the intrinsic pathway of 

coagulation, but also induces complement activation.14 In the 

case of fibrinogen, conformational change after adsorption is 

the key parameter for platelet adhesion and activation rather 

than adsorbed quantity.23 On the surface of materials, the 

adsorbed amount and conformation of these plasma proteins is 

dependent on material surface properties such as wettability,24 

surface charge,25 chemistry, and topography.26-28 The adsorbed 

protein layer subsequently dictates the activation of 

coagulation, platelets, and leukocytes. For a detailed review of 

the thrombogenicity of biomaterials, we direct readers to a 

recently published review series.10-12, 14 Variations in medical 

device type, implant location and geometry can induce 

disturbed flow conditions (both low and high flow, see Section 

2), making the interplay of biological pathways complex. Our 

understanding of the mechanisms which underpin material-

induced thrombosis is still incomplete.14, 29, 30 

 

Current clinical solutions to medical-device thrombosis involves 

the administration of anticoagulants such as heparin, warfarin 

and/or antiplatelet therapies.17 However, they have the 

continued risk of bleeding complications and do not always 

prevent medical-device thrombosis.14 Despite the development 
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of many new medical devices, materials and surface coatings in 

recent decades, we have failed to decrease medical device 

thrombosis clinically or reduce the need for anti-thrombotic 

therapies.7, 22, 31-33 As such, there remains an unmet clinical need 

for low and anti-thrombogenic materials for blood-contacting 

medical devices.19, 31, 34 

 

There are a number of reasons for the lack of understanding of 

blood-material interactions,35 one in particular is due to a lack 

of standardised, predictive in vitro and in vivo 

haemocompatibility tests.35-38 The International Standard 

Medical Device Testing – ISO 10993-4 (Biological evaluation of 

medical devices – Selection of tests for interactions with blood) 

describes the recommended methods of testing for medical 

devices that interact with blood for regulatory purposes.3, 30, 38, 

39 According to these Standards, the characterisation of blood 

interactions with medical devices and materials should mimic 

the clinical conditions as closely as possible and analysis should 

be performed to assess activation of the major pathways 

involved in medical device thrombosis (depending on the device 

type): thrombosis, coagulation, platelets, haematology, and 

complement.40 Given these criteria, and that the majority of 

blood-contacting medical devices used clinically are exposed to 

flowing blood, the ISO10993-4 suggests model systems should 

include clinically relevant blood flow conditions and use whole 

blood.41, 42 A number of different in vivo and in vitro models and 

systems have been developed for this purpose, each with 

specific advantages and disadvantages.29, 43 In vivo animal 

models allow evaluation of medical devices or materials with 

whole blood under physiological flow conditions; however, they 

are cost prohibitive and time consuming.40 More importantly, 

animal model data may not be an accurate representation of 

clinical device performance due to the considerable variations 

in blood composition, anatomy and physiology between 

species.44, 45 

 

In vitro blood flow models for testing the thrombogenicity of 

device materials typically use human whole blood or separated 

blood components from volunteer donations, and are generally 

less costly.36 Small sample volumes allow for replicate testing of 

multiple materials and controls simultaneously using the same 

batch of blood. In combination with controlled flow conditions, 

temperature and anticoagulation, in vitro methods can provide 

further insights into thrombotic processes that may occur on 

medical device materials.36 Nonetheless, they are not without 

their own set of limitations.  The lack of activation-inhibiting 

functions of endothelial cells and blood recirculation in model 

systems can result in accumulation of activated cells and 

proteins and cause the material-induced thrombotic reactions 

to occur more quickly which prevents studies longer than a few 

hours being carried out with in vitro methods.36, 40 As such, a 

combination of methods are required to effectively assess the 

potential translation of materials to clinical applications. 

Utilising and further developing in vitro systems to their fullest 

potential will aid in the development of future anti-

thrombogenic medical devices and materials. 

Overview 

This review highlights and summarises some of the commonly 

used in vitro methods for analysing blood-biomaterial 

interactions dynamically. The focus is particularly on methods 

that include the effect of blood flow, which has key role in 

governing thrombus formation (See Section 2). We first 

describe the flow and biological parameters relevant to medical 

device thrombosis. Second, we describe some common systems 

used to evaluate and study material haemocompatibility, 

highlighting their applications, distinct advantages, as well as 

their limitations. We conclude by providing an outlook into the 

development of new techniques to assess and understand the 

dynamic interplay of events at the blood-material interface. 

Such strategies include the utilisation of cutting-edge 

bioengineering tools and advances in microscopy techniques as 

well as computational fluid dynamic modelling. 

Fig. 1 (A) Modified Virchow’s Triad for factors contributing medical device thrombosis including; exposure to a foreign material surface, pathology or state of 

hypercoagulability and the presence of blood flow, or lack thereof. (B) Illustration of plasma protein and adsorption and activation of blood components from each 

potentially contributing pathway and the interplay of those pathways that lead to thrombosis on the surface of medical device materials.
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Understanding the complex interactions of medical device 

materials with blood, proteins, and cells is essential for the 

development of more sophisticated materials for the next 

generation of blood-contacting medical devices such as those 

used in the treatment of cardiovascular disease. Some proposed 

materials in development include the immobilisation of anti-

thrombogenic or thrombolytic proteins and biomolecules or the 

fabrication of anti-fouling coatings.11, 12, 46 However, this is 

beyond the scope of the current review and instead, we direct 

interested readers to numerous recent reviews on novel anti-

thrombogenic and thrombolytic surface coatings and 

materials.47-53 

2. Blood Flow-Induced Medical Device 
Thrombosis 

Blood flow in the body is driven by the physiological action of 

the heart or is imparted by the mechanical movement of the 

medical device. The interplay between blood flow and 

thrombus formation is complex and several reviews have 

summarised important flow features of blood.54, 55 In order to 

describe blood flow in vessels and constrained geometries 

typical of medical devices, it is useful to define first, in simple 

terms, a few concepts used in fluid dynamics. 

2.1 Physical Basis of Blood Flow and Fluid Dynamic Properties 

Shear rate and viscosity. Flow within blood vessels is pressure-

driven, and is often approximated with Poiseuille flow, such as 

the one depicted in Fig. 2A, where a fluid is flowing within a pipe 

of diameter D. As shown in the schematic, the velocity (v) of the 

liquid has a gradient within the pipe, being highest in the centre 

of the pipe and decreasing to zero according to a parabolic 

function near the stationary wall.56, 57 The velocity gradient near 

the wall is called wall shear rate ( = dv/dz, units of s-1). The fluid 

velocity is slowed down by the inherent resistance to flow 

within the fluid (quantified by the viscosity of the fluid) and by 

the friction between the fluid and the stationary walls of the 

pipe. Two measures of viscosity are often used: the dynamic 

viscosity (, SI unit is N·S.m-2 or Pa·s) and kinematic viscosity ( 

= /, where  is the density of the fluid; SI unit is m2 s-1, but 

the c.g.s. unit Stokes, St, is still used). 

 

Wall shear stress. Wall shear stress (, SI units Pa, but the c.g.s. 

units are still used, 1 dyne/cm2 = 0.1 Pa) is the tangential force 

(along the direction of flow x in Fig. 2A) per unit area that is 

exerted by the flowing fluid on the surface (wall) of the pipe. Its 

magnitude is equal to: 

 

𝜏 = 𝜂𝛾 = 𝜂
𝑑𝑣

𝑑𝑧
                                     (1) 

 

Wall shear stress  increases with increasing velocity gradient 

near the vessel wall and increasing fluid viscosity. It is important 

to quantify wall shear stress in blood vessels because the flow 

interacts with the vessels endothelium.58 For example, in 

Fig. 2 (A) Schematic of flow of blood within a blood vessel can be approximated by 

Poiseuille flow with maximum flow velocity in the centre of the vessel and minimum 

at the wall where the opposite is true for wall shear stress. (B) Blood flow under low 

shear conditions. (C) Blood flow under high shear. The colour scale bar in (A) applies 

to parts (A), (B) and (C), and the legend in (B) applies to (C).
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arteries at regions with lower wall shear stress, blood 

components have longer residence times near the wall, and this 

has been associated with higher risk of atherosclerosis.59 

 

Laminar flow and Turbulent Flow. Laminar flow is the regime in 

which the streamlines of liquid flow parallel to each other and 

parallel to the vessel wall; flow within regions of the vasculature 

where blood flow is slow and blood vessels have a small 

diameter is laminar.59 Flow is defined as laminar when the 

Reynolds number, Re, is much smaller than 1; the Reynolds 

number is: 

 

                                                𝑅𝑒 =
𝜌

𝜂
𝑣𝑟                                          (2) 

 

where r is the radius of the capillary,  is the viscosity and  the 

density of the fluid. On the other hand, for flow through larger 

vessels, and in medical devices where v may be high, the 

Reynolds number for pipe flow can become large and the flow 

regime then changes. For Re > 2300 the flow starts to transition 

and for Re >4000 pipe flow becomes turbulent, which means 

that complex flow patterns, such as eddies and vortices, can 

develop.60, 61 

 

Newtonian liquids. Liquids are defined as Newtonian when their 

behaviour is ideal i.e. when their behaviour under shear can be 

described by eqn. 1 and their viscosity decreases monotonically 

for increasing temperature but does not depend on the shear 

rate or of time of observation. Examples of Newtonian liquids 

are water (20 C=1.002 mPa·s), olive oil (=99 mPa·s) and 

glycerol (=2330 mPa·s). Other fluids, including blood, which 

contains complex components such red blood cells 

(erythrocytes), white cells and proteins behave differently 

depending on the time scale of the application of stress and the 

time of observation. Whole blood is a non-Newtonian liquid, 

and its viscosity changes non-monotonically with the applied 

shear stress,62, 63 attributed mainly to erythrocyte behaviour. 

Under low shear, erythrocytes aggregate in stacks (rouleaux) 

increasing blood viscosity (shear-thickening) and under high 

shear conditions, these aggregates dissociate and erythrocytes 

can deform to alight with the direction of flow, resulting in 

lower viscosity (shear-thinning).64 Therefore, whole blood flow 

is often approximated with that of a Newtonian liquid at high 

shear rates.58, 59 Blood plasma on the other hand, behaves as a 

Newtonian fluid with a constant shear viscosity.65, 66 

2.2 Implications of Blood Flow for Medical Device Thrombosis  

Physiologically, shear stress in blood vessels of differing sizes 

usually ranges between <1 and 15 dyne/cm2 (Table 1). There are 

well-established associations between fluid dynamic 

parameters such as stagnation, high shear stress and 

turbulence, and thrombotic processes such as coagulation and 

platelet activation and aggregation.20, 67 Low blood flow 

increases transport and diffusion of proteins and cells to 

surfaces, increasing the residence time of prothrombotic 

components on a surface and causing leukocyte adhesion.20, 21 

Additionally, high shear rate and stress induced by blood flow 

can affect mechanosensitive proteins and cells and cause 

thrombus formation.29, 68 These are discussed further in Section 

2.3.1 and 2.3.2.  

 

The shear forces in medical devices are typically far greater than 

those found in the body as shown in Table 1 (40-20,000 

dyne/cm2). Considerable variation in shear stress can occur 

within the one device, such as catheters and  ventricular assist 

devices, which introduce both low and high shear stress 

conditions depending on their size, placement and geometric 

configuration.69, 70 Of note, the highest shear rate in 

peripherally inserted catheters is caused by the mixing of the 

infusion solution with the blood at the catheter 

tip/endothelium/blood interface.69 Turbulent blood flow can 

occur in medical devices at regions of expansion, bifurcations, 

and joints/connections.71 Variations in device design can also 

affect haemodynamics, for example, the different pump 

mechanisms in left ventricular assist devices, axial and 

centrifugal flow pumps, have differing blood residence times 

and shear rates.72, 73 Additionally, it is worth noting that shear 

and turbulence can increase drastically during exercise, for 

example, in coronary stents.74 

2.3 Haemodynamic Implications for Thrombus Formation 

In the following sections, we will elaborate on the biological 

mechanisms affected by variations in flow described in Section 

2.2. For the purposes of this review, we will classify shear rates 

as ‘low’ and ‘high’. ‘Low’ shear rates refer to a range between 

0-1000 s-1, which are shear rates generally found in the veins, 

most arteries, and many medical devices. ‘High’ shear rates 

refer to values greater than 1000 s-1, which occur in specific 

arteries, pathological conditions, (such as atherosclerosis), and 

also found in number of medical devices (Table 1). 

 
2.3.1 Low Shear Rate Regime 

Stasis or low shear can promote accumulation of coagulation 

factors, leukocytes, and erythrocytes. Coagulation initiation on 

a surface is regulated by the biochemical reactions of the 

coagulation pathway and blood flow.21 Under low shear 

conditions (<1000 s-1) , coagulation factors diffuse to the surface 

and accumulate. Once a threshold concentration is reached, 

biochemical reactions dominate thrombus formation and the 

enzymatic coagulation cascade becomes activated, converting 

fibrinogen into fibrin resulting in a fibrin-rich thrombus, 

traditionally associated with venous thrombosis.75, 76 Further 

details of the transport mechanisms governing these 

phenomena, mathematical models and experimental validation 

were recently reviewed by Rana and Neeves.20  

 

As well as coagulation factor accumulation, cell adhesion can 

occur at low shear rates. Leukocyte adhesion is initiated above 

a shear stress threshold of ~0.5 dyne/cm2 and rolling occurs 

optimally between ~0.5-1.5 dyne/cm2. This process is regulated 

by the mechanical behaviour of specific classes of adhesion 

receptors on the leukocytes and endothelial cells on blood 
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vessel walls.77 Additionally, red blood cells, originally thought to 

only play a passive role in thrombosis, are now appreciated to 

be actively involved. At low shear rates, erythrocyte rouleaux 

increases blood viscosity and leads to increased local 

concentrations of coagulation factors.20 Furthermore, there is 

increasing evidence for the role of red blood cells in adhesion to 

the vessel wall and adhesion to growing thrombi, both indirectly 

and directly via fibrin and von Willebrand Factor (vWF).78  

Although platelets can bind to fibrinogen at low shear (100-300 

s-1)79 they are not activated at low shear rates and therefore are 

not thought to contribute significantly to thrombosis under low 

blood flow conditions. 

 

In relation to medical devices, changes in device geometry such 

as expansions and connections can cause regions of low flow, 

recirculation and stagnation (Fig. 2B). These regions have a 

higher propensity for coagulation and subsequent thrombotic 

complications, observed from computational modelling and 

clinical data,69, 80, 81 such as in catheters, extracorporeal device 

connection points, and haemodialysis access sites.29 The 

introduction of catheters to veins can impede blood flow and 

cause occlusion of the vessel, leading to regions of low velocity 

and recirculation.69 These effects are increased with larger sized 

catheters with flow rates being reduced by up to 93% in some 

cases.80 Indeed, clinical meta-studies of peripherally-inserted 

central catheters revealed an increased risk of venous 

thromboembolism with the use of larger-diameter catheters81 

and a decreased risk with the use of smaller-diameter 

catheters.82 

 

2.3.2 High Shear Rate Regime 

Platelets, vWF and erythrocytes are mechanically sensitive to 

high shear stress (Fig. 2C).68, 83 In areas of high shear stress 

(>1000 s-1) such as those in arteries, thrombi are platelet rich.84 

It is now well-established that platelet adhesion, activation and 

aggregation occurs specifically under high shear stress 

conditions and shear gradients, in the absence of soluble 

agonists.84, 85 Physiologically, platelets adhere to exposed 

collagen and vWF on injured endothelium, with platelets 

preferentially binding to vWF at high shear rates.84, 86 Under 

high shear rates, vWF undergoes conformational changes and 

elongates to expose the A1 domain which allows binding of the 

platelet glycoprotein receptor Ib (GPIb).87, 88 For a surface-

immobilised vWF, the crucial shear rate to induce 

conformational change was estimated to be around 3,000 s-1 in 

platelet-rich plasma (PRP) and ~1000 s-1 for whole blood.87 The 

shear-induced conformational changes also cause 

polymerisation and self-association of vWF at high shear rates 

of >10,000 s-1 which greatly enhances vWF-platelet binding.84 

 

In addition to the shear-induced activation of platelets and vWF, 

erythrocytes are also sensitive to high shear stress and 

turbulence, which can cause membrane rupture and release of 

haemoglobin.17, 89 Subsequent free haemoglobin can cause a 

number of thrombotic complications such as 

hypercoagulation,90, 91 thromboembolism,78 and platelet 

activation induced by a reduction in nitric oxide 

bioavailability.78, 91-93 

Table 1: Typical Blood Flow Properties of Blood-Contacting Medical Devices and Human Anatomy. 

Left ventricular assist device (LVAD); Extracorporeal membrane oxygenator (ECMO);  a calculated from Eqn. 1, assuming dynamic viscosity of human whole blood to be 

3.5 mPa·s at 37 °C.120 Medical device values are maximum with references representing ranges from different device types. Catheter dimensions are outer diameter.

These mechanosensitive properties of blood have major 

consequences for the thrombogenicity of medical devices. For 

instance, stents implanted in coronary arteries are exposed to 

high shear stress which causes platelet activation, requiring 

 Flow Rate (mL/min) 
Wall Shear Stress 

(dynes/cm2) 

Maximum Shear Strain 

Rate 

(s-1) 

References 

Anatomical Locations     

Aortic Valve 5000 4-11 20 94-98 

Large Arteries 250-500 14-36 300-800 83, 99, 100 

Coronary Artery 120-300 5-15 800-2,500 101-103 

Stenotic Vessels 120-180 36-450 800-10,000 83, 99, 103 

Large Veins 200-700 2-3.4 10-500 84, 104-106 

Medical Devices     

LVAD Pump 5400 6000 171,429a 99, 107 

ECMO Pump 4000 1750 50,000a 108 

Peripheral Intravenous Catheter 

2.1mm 

28 (blood flow rate) 

240 (infusion rate) 
20,000 571,429a 69, 109 

Peripheral Intravenous Catheter 

1.1mm 

28 (blood flow rate) 

60 (infusion rate) 
1000 28,571a 69, 109 

Coronary Stent 120 40 11,000 74, 103, 110-113 

Prosthetic Heart Valve 5000 2,400 68,571 114-119 
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patients to receive dual anti-platelet therapies to prevent stent 

thrombosis.121, 122 In VADs, the extremely high shear stress 

induces vWF conformational changes which exposes 

degradation sites for the protease ADAMTS-13, resulting in 

rapid depletion of large vWF multimers, leading to poor vWF-

platelet adhesion and a bleeding condition known as acquired 

von Willebrand Syndrome.99 Furthermore, haemolysis and 

associated complications can be caused by artificial heart 

valves,123 haemodialysis circuits,124 and VADs.16 

3. Methods to Assess Thrombosis on Medical 
Device Materials under Flow 

In this section, we will highlight some of the most common in 

vitro analysis methods which incorporate flow that are used to 

assess the interaction of biomaterials with blood and blood 

components, summarised in Table 2. We briefly describe the 

operating principle of each method along with some examples 

of their utility and application for studying the thrombogenicity 

of various materials under blood flow. Given its importance in 

designing and interpreting experimental model systems, we will 

first give a brief overview of computational fluid dynamic (CFD) 

simulation of blood flow in relation to medical devices and in 

vitro model systems. 

3.1 Computational Fluid Dynamic Modelling of Blood Flow in 

Medical Devices and in vitro models 

As medical device thrombus formation is material16 and flow 

dependent,67 numerical characterisation of the haemodynamic 

conditions within medical devices, including, but not limited to 

velocity, pressure and wall shear stress, is critical. The flow 

changes due to medical devices such as catheters (Fig. 3A),69 

stents,110, 111 and mechanical valves (Fig. 3B)115, 125 have been 

widely modelled using CFD simulations, as have ex vivo devices 

and tubing systems.126 CFD simulations of more geometrically 

complex medical devices such as ECMO108 and LVADs (Fig. 3C) 
107, 127 require more advanced, specialised knowledge and are 

more computationally expensive to accurately model. However, 

this is particularly important due to the widely varying 

geometries of components such as centrifugal pumps, roller 

pumps, and oxygenators. These contain dramatic expansion 

and contraction of flow at inlets, outlets, and in pump regions, 

which lead to turbulent flow, fluctuating viscosity, fluctuating 

velocity, and zones of stagnation.128 For example, previous CFD 

models from multiple groups have identified the shear stress 

range in LVAD impellors to range between 0-6000 dyne/cm2,99, 

107, 129, 130 however from the simulations it can be noted that 

99% of the blood volume does not experience shear stress 

greater than 500 dyne/cm2 (Table 1). However, this is similar for 

most devices. Additionally, dedicated simulations can be 

conducted that specifically investigate thrombus formation, for 

example, the positioning of an LVAD outflow cannula in the 

aorta significantly affect thrombus distribution throughout the 

aorta due to the altered aortic flow conditions.131 CFD models 

of in vitro experimental systems are useful for rigorous design 

of 

the 

model, 

to 

Fig. 3 Computational fluid dynamic (CFD) modelling is commonly used to 

model medical devices. (A) Wall shear stress (WSS) of catheter placement in 

a blood vessel.69 Reproduced from Ref. 69 with permission from Springer 

Nature (CC BY 4.0, https://www.nature.com/articles/s41598-018-21617-1)  

(B) CFD model showing high shear stress, stagnation and recirculation near 

the leaflets of a bileaflet mechanical heart valve (at 0 degree tilt) in straight 

or anatomic aortas, during different phases of the cardiac cycle (1-4).125 

Reproduced from Ref. 125 with permission from John Wiley and Sons. (C) 

Shear stress on a particle streamline of a centrifugal pump used in 

extracorporeal oxygenation machines (ECMO).108 Reproduced from Ref. 108 

with permission from Springer Nature (CC BY 4.0, 

https://ccforum.biomedcentral.com/articles/10.1186/s13054-019-2622-3).
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characterise the model set up and flow conditions, and to 

interpret results.132 They are referred to in subsequent parts of 

Section 3. 

3.2 Test Flow Loops 

Flow loops vary widely in their design and method of imparting 

fluid flow.29, 30 Flow loops allow the evaluation of thrombus 

formation directly via thrombus weight, as well as surface 

thrombosis using microscopy such as scanning electron 

microscopy (SEM).133 In blood sampled from these loops, cell 

number and activation state, and protein levels and activation 

state, can be measured via flow cytometry, enzyme-linked 

immunosorbent assays respectively, and desired specific assays 

can be carried out, for example, for haemolysis.133, 134 

 

Importantly, blood flow measurements allow comparison of 

results to clinical or medical device flow parameters. Laser 

doppler and laser speckle are useful techniques for measuring 

flow rates in vessels in vivo,135-137 however, these generally 

provide relative flow measurements and laser speckle is limited 

by its poor depth specificity.138 Therefore, they are not generally 

used for investigating biomaterial thrombogenicity, although 

laser speckle or laser doppler have been used to compare or 

calibrate flow rates in tubing or capillary tubes in vitro, prior to 

in vivo use.139-141 In contrast, doppler ultrasound provides 

quantitative flow rate measurements and has been used to 

measure blood flow in in vivo models of device 

thrombogenicity, for example, vascular grafts,142 as well as to 

measure blood flow in in vitro models of circuits containing 

medical devices143 or tubing systems.136, 137, 144 

 

The simplest flow loop system is the modified Chandler Loop 

which uses a rotating wheel to drive blood flow in tubing loops 

and is an established method for investigations into material 

thrombosis under flow.145  Materials can either be placed inside 

or used as the tubing (Fig. 4A), allowing blood contact under 

flow rates of 25-200 mL/min, replicating venous and coronary 

artery flow rates (Table 1). Modified Chandler Loops have been 

used to measure a variety of materials, with specific tests driven 

by the aims of each investigation (Table 2). For example, to 

investigate the haemocompatibility of alternative materials for 

prosthetic heart valves, Brubert et al. placed various block co-

polymers in a modified Chandler loop, exposing materials to 

blood flow at shear rates up to 300 s-1. Platelet and coagulation 

cascade activation on these materials was reduced relative to 

polystyrene and while more thrombogenic than clinically used 

alternatives including bovine pericardium, inflammation was 

reduced.146 

 

A key advantage of modified Chandler loops is the ability to 

incorporate whole blood into a simple, relatively low-cost setup 

to study material thrombogenicity under flow. However, these 

loops have several limitations. They require a large blood 

volume to test multiple materials and controls and the assays 

are usually end point. Modified Chandler loops are closed 

systems which recirculate the same, small blood volume over 

the material surface, which can overestimate the 

thrombogenicity of materials due to accumulation of activated 

blood components. While suitable for replicating low shear 

strain rates, to our knowledge, modified Chandler Loops have 

not replicated shear rates above 500 s-1 (Table 2). Additionally, 

the paucity of CFD simulations of modified Chandler Loops has 

impaired our understanding of flow conditions within these 

systems, with some studies indicating that, due to the tubing 

curvature, traditional straight tube approximations of flow are 

inaccurate at higher rotation rates.147  

 

To overcome the flow limitations of Chandler loops for testing 

medical grade tubing, components and devices, large flow loops 

powered by peristaltic pumps,133, 134, 148 and flow loops linked 

directly to medical device circuits (e.g. LVAD,133, 149 ECMO148) 

have been used (Fig. 4B, C). The peristaltic pump flow loop 

pumps blood from a reservoir, through a tubing loop and back 

to the reservoir (Fig. 4B). The peristaltic pump generates 

pulsatile flow more characteristically similar to that observed in 

vivo, as flow velocity and thus the resulting rheological 

conditions may be controlled by varying the pump power and 

frequency.127, 134 Furthermore, these pumps are used in clinical 

haemodialysis and cardiopulmonary bypass circuits. Previously 

van Oeveren et al. mimicked coronary blood circulation in 

peristaltic flow loops using a flow rate of 40 mL/min to generate 

a shear stress of 12 dyne/cm2.134 Similar to the modified 

Chandler loop, the material being tested may be placed inside 

or used as the tubing of the loop. Meanwhile for medical device 

flow loops, a loop is formed by tubing connected between the 

inlet and outlet of the medical device, in which part of the tube 

contains a fill port and outlet port from which the circulating 

blood is filled and removed (Fig. 4C). As the medical device 

being tested is part of the loop, flow and shear rate conditions 

such as those of the LVAD and ECMO are more easily replicated, 

and the material surface being tested is contained within the 

medical device component.133, 148, 149  

 

Key advantages of large flow loops compared to modified 

Chandler loops include the ability to achieve and control a wider 

range of flow and shear rate conditions and to recirculate larger 

volumes of blood, allowing evaluation of actual clinical devices. 

However, they require acquisition of large volumes of fresh 

blood and haemolysis can occur due to blood recirculation 

(although this is not a disadvantage if evaluating rates of 

haemolysis).134 Furthermore, generating CFD models of 

peristaltic flow to ascertain the precise flow and shear 

conditions within the large flow loop experimental setup is 

much more difficult than producing CFD models for fully-

developed, ‘smooth’ flow experimental systems.127, 150, 151  

Previous attempts to computationally model peristaltic pump 

systems revealed that flow and shear conditions are 

significantly affected by the wall geometry (highlighting the gap 

between CFD assumptions and experimental models).127
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Table 2: Summary of Common Methods used for Assessing Medical Device Material Thrombogenicity under Blood Flow in vitro 

Method 
Shear Strain 

Rate (s-1) 
Advantages Disadvantages References 

Chandler Loops 50-428 

• Whole blood 

• Simple  

• Low cost 

• Material inside tubing or tubing itself 

• Narrow shear range  

• Only mimics low shear medical devices 

• Recirculation 

• End-point assay 

• Medium blood volume (~3-20 mL/sample) 

134, 146, 152, 

153 

Flow Loops 50-82143 

• Whole blood 

• Medically relevant pumps/devices can 

be incorporated or material inside 

tubing or tubing itself 

• Time point sampling possible 

• Single pass flow possible 

• Medical device flow/shear difficult to 

replicate unless medical device is used to 

drive flow 

• Recirculation (generally) 

• Large blood volume (~50-100 mL/sample) 

• Haemolysis (unless evaluating haemolysis) 

134, 144, 152 

TEG/ROTEM 0.1-0.5 

• Whole blood or plasma 

• Low blood volume (<1 mL/sample) 

• No effects of stasis (Virchow's Triad) 

• Fast results and real-time outputs 

• Only low shear 

• Non-physiological flow pattern 

• Baseline variability across individuals 

• Choice of material limited to cup material 

or coating thereof 

154-161 

Cone-and-Plate 

Rheometry 
0.1-10000 

• Whole blood or platelets 

• Wide range of shear rates 

• Easily interchangeable sample material 

• Physical clot properties at known time-

point 

• Low blood volume (<1 mL/sample) 

• Potential for real-time measurements 

• Complicated flow regimes at higher shear 

rates 

• Cone material is usually not modifiable 

• Possibility of fluid evaporation over time 

158, 162 

Parallel Plates and 

Microfluidic 

Devices 

50-1000 

• Whole blood or platelets 

• Wide range of shear rates 

• Low blood volume (<1 mL/sample) 

• Real-time measurements 

• Desired geometry possible to replicate 

wide range of flow conditions 

• Materials/coatings can be incorporated 

• Replicating turbulence is difficult at the 

microscale 

• Impact of viscosity effects is greater 

148, 163-170 

 

 

Arising from the need for a flow loop system which produces 

higher shear rate ranges while minimising haemolysis, the 

Haemobile ball valve model was recently designed to generate 

flow waves most similar to that of in vivo physiological 

conditions, compared to modified Chandler Loops and large 

flow loops.134 The pulsatile flow within the loop is controlled by 

a ball valve in the cylindrical chamber of the flow loop, which 

also ensures uni-directional flow of blood within the loop.144  A 

doppler ultrasound flow probe was used to determine flow 

rates and subsequently calculate the wall shear stress and 

confirm pulsatile flow patterns.144 The only drawback is that it 

is still a closed loop system. So far, the Haemobile has been used 

successfully to evaluate the thrombogenicity of polymer tubing 

and vascular graft materials.134, 144  

3.3 Thromboelastrography (TEG)/Rotational Thromboelastometry 

(ROTEM): 

TEG/ROTEM are viscoelastic methods of monitoring clot 

formation. These tests consist of a plastic cup and a pin attached 

to a torsion wire (Fig. 4D, E). In TEG, the cup oscillates 4.75o 

every 5 seconds (Fig. 4D), while in ROTEM the pin oscillates 

5.25o every 6 seconds, inducing low shear rates analogous to 

venous blood flow (Fig. 4E).161 In response to recalcification, 

fibrin fibre formation increases torsion on the wire, which is 

detected as clot firmness.156 These assays provide several useful 

indicators of material thrombogenicity, including: time to fibrin 

formation or clotting time, rate of clot formation, maximum clot 

strength and clot susceptibility to fibrinolysis.156, 161 Shear stress 

in TEG/ROTEM is low (0.1~0.5 dyne/cm2) however, limited CFD 

information is available for how these numbers were 

derived.155, 157 TEG/ROTEM systems are predominantly used 

clinically to diagnose a range of coagulopathies including 

trauma induced coagulopathy and to assess bleeding risks 

during cardiac surgery.161 

 

TEG/ROTEM is an easy and effective technique which shows 

promise for assessing the effects of low shear on biomaterial 

coagulation. Recently, TEG has been utilised to study the 

thrombogenicity of material surface coatings applied to the 

base cup under low flow. The anti-adhesive, omniphobic 

tethered-liquid perfluorocarbon (TLP) surface coating applied 

to TEG cups displayed increased clotting time, reduced rate of 
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clot formation and reduced clot strength relative to untreated 

Cryolite® (acrylic polymer) cups. Furthermore, TLP displayed 

faster fibrinolysis compared to control cups.160 Similarly, a 

poly(carbonate-urea)urethane polymer coating incorporating 

polyhedral oligomeric silsesquioxanes displayed reduced 

maximum clot strength and increased clot lysis at 60 minutes 

post-thrombus formation.154, 171 

 

TEG/ROTEM have several limitations. TEG/ROTEM recycles the 

same volume of blood throughout the assay in a non-

physiological flow pattern. Furthermore, the cup material is 

currently limited to polymethylmethyacrylate (PMMA, acrylic) 

in ROTEM and cryolite® in TEG.161 Thus, material thrombosis 

studies are currently restricted to surface modifications which 

can be applied to the cups supplied with the TEG/ROTEM 

analysers. In TEG®6s and ROTEM® Sigma devices, the test cup 

comes integrated into microfluidic channels which contain 

reservoirs with lyophilised activator or inhibitor reagents (e.g. 

tissue factor).122,123 While this modification has allowed even 

faster thrombogenicity/haemostasis monitoring clinically, 

utilisation of older models to study biomaterial thrombosis 

might be most appropriate due to detachable cups allowing 

facile material modifications (e.g. with surface coatings). 

Additionally, there is high variability between individuals 

necessitating the use of baseline measurements if comparison 

to clinical data is desired.172  

3.4 Cone-and-Plate Rheometry 

Cone and plate (CP) rheometry has been used for decades to 

study haemorheology and blood coagulation processes.63, 173, 174  

The cone-and-plate set-up typically consists of a rotating cone 

on top of a flat baseplate, with the fluid of interest between the 

conical surface and the baseplate as illustrated in Figure 4F. The 

angular separation between the cone surface and the base-

plate usually varies between 0.5°–5°,175 which allows it to 

maintain uniform shear stress on the fluid of interest 

(independent of the radial location and the gap clearance).176, 

177 The rotation of the cone can be varied to impart different 

Fig. 4 Illustrations of commonly used methods to assess the thrombogenicity of materials under blood flow. (A) Modified Chandler Loops showing the test material can be 

placed inside the tubing loop or is the tubing loop. (C) Large Flow Models. (C) Medical Device Loop. (D) Thromboelastography (TEG). (E) Rotational Thrombogelastometry 

(ROTEM). (F) Cone-and-Plate Rheometer. (G) Parallel Plate. (H) Microfluidic Devices. Test materials are colour coded in beige while the direction of blood flow is indicated 

by red arrows. Blue arrows in (G) and (H) refer to applied vacuum.
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shear rates while the cone geometry can confer varying shear 

stresses as well as producing turbulent flow at high shear 

rates.176, 178 Some applications of the CP rheometer in the 

context of blood rheology and coagulation have included 

measurement of platelet activation,83 blood viscosity,65 

erythrocyte aggregation,  haemolysis,64, 179 effect of shear stress 

on whole blood coagulation,158, 159 and thrombus 

contraction.180, 181  

 

To assure that the desired fluid shear stress and shear rate are 

reflected in the experimental setup, CFD simulations have been 

used to model cone and plate apparatuses. Important 

parameters influencing thrombus formation that should be 

considered in CFD modelling include the cone surface and base-

plate angle, the rotation and the heat transfer occurring 

between the cone and fluid.182 The accuracy of cone and plate 

CFD models is limited by the temperature and diffusion profile 

of the cone to disk gap, assumptions for the Nusselt and 

Sherwood numbers for heat transfer,182 whether a non-slip 

(zero velocity) assumption applies at fluid-surface boundary,183 

whether flow may be assumed to be unidirectional,184 and 

accurately modelling the non-Newtonian properties of blood. 

 

The cone-and-plate rheometer has also found applications in 

the testing of materials thrombogenicity and propensity for 

protein and cellular adsorption to artificial surfaces.185-187  These 

studies include the interaction between platelets and 

erythrocytes on synthetic surfaces such as stainless steel, 

PMMA and PEO-modified PMMA where the number of platelets 

in an aggregate were dependent on the material and shear rate 

(more platelets per aggregate for hydrophilic surfaces and at 

higher shear rates).188 Conversely, increased shear rates led to 

the decrease in the number of platelet-erythrocyte 

aggregates.188 Another study of platelet adhesion to 

tetrafluoroethylene-propylene copolymer surfaces suggested 

that shear-induced platelet ADP release determines the 

deposition, following the activation of thrombin.189, 190 

Interestingly, this is not the case for artery subendothelium.191 

Recently, the study of platelet aggregation on carbon-based 

ceramic coatings under blood flow revealed interesting insights 

into the different mechanisms of aggregate formation.192 

Platelet aggregation on hydrophobic carbon-coated surfaces at 

shear rates of 1800 s-1 was found to be dependent upon platelet 

activation. Under the same shear conditions, platelet 

aggregation on the more hydrophilic carbon-coatings were not 

shown to be reliant on the platelet activation state.192 

 

Some of the advantages provided by the cone-and-plate 

method includes the ability to impart uniform shear stress 

across the sample and over a wide range of shear conditions (up 

to order of 105 s-1),162 and the ability to test different materials, 

with relatively small blood volumes with the potential for real-

time outputs.174, 177 A similar set-up with parallel plate 

geometries exists, (not to be confused with parallel plate flow 

chambers as discussed in Section 3.5) which utilises a flat, 

rotating plate instead a cone geometry. However, the parallel 

plate geometry imparts non-uniform shear stress due to the 

varying radial velocity of the flat plate.193  

 

The limitations of the cone-and-plate system are that the 

technique does not reproduce the exact conditions of the blood 

flow such as in the case where eddy currents and regions of 

disturbed flow arise upon cellular adsorption causing 

undulations in the topography of the sample surface.64, 176 

Importantly, the testing of modified materials is limited to the 

sample placed on the baseplate since the cone is left 

unmodified which may influence the adhesion of blood 

components, depending on the cone material.194 Additionally, 

the rheological data are influenced heavily by the utilised 

geometries and are susceptible to user errors caused by 

incorrect blood sample loading such as underfilling or overfilling 

and the inclusion of trapped air and air bubbles.64, 195, 196, 197 

3.5 Parallel Plate & Microfluidics 

Parallel plate and microfluidic flow devices are miniaturised 

flow models which have been used extensively in the field of 

haematology ranging from early straight channel glass capillary 

flow chambers to more recent custom devices.86, 148, 198  Studies 

using these devices have included the impact of surface 

adsorbed coagulation proteins on platelet adhesion,199 shear 

strain rates on vWF elongation,200 and shear gradient 

dependent platelet activation.67 The same techniques have 

been explored for clinical use in diagnostic applications.201, 202 

 

There are no strict criteria differentiating parallel plate and 

microfluidic flow systems, and in some cases these terms are 

used interchangeably.203-205 Broadly, parallel plate flow 

chambers have channel cross sections with smaller height to 

width ratios and simpler flow paths (Fig. 4G, H). Velocity 

distribution through the channel cross section changes 

depending on the height to width ratios of the channel, from 

square (1.0) to parallel plate (0.0).206 Theoretical shear stress 

profiles for commonly used rectangular channels of finite width 

are highest at channel faces and drops to zero at the corners.207 

Shear stress profiles in devices with complex geometries can be 

characterised with CFD to ensure the desired flow 

characteristics are replicated in vitro.148  

 

Miniature flow models with channel geometries closer to 

parallel plate flow are commonly constructed by sandwiching a 

gasket (which defines the height) between two plates on which 

the surface of interest is mounted (Fig. 4G). A vacuum can be 

applied through the gasket to seal the flow channel and prevent 

device separation. In comparison, microfluidic devices can vary 

widely in channel complexity to generate complex flow paths. 

Devices can be formed using a variety of fabrication methods, 

most commonly by casting channels in elastomeric polymers, 

e.g. polydimethylsiloxane (PDMS) (Fig. 4H), termed soft 

lithography, from moulds fabricated utilising photolithography 

techniques. This result in channels with an open rectangular 

cross section, which are sealed by adhesion to a base containing 

the material of interest, to create an enclosed device (Fig. 4H). 
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For both systems, precise flow control can be achieved using 

syringe or peristaltic pumps. 

 

These systems have been applied to the study of thrombosis on 

medically relevant materials through the incorporation of a 

broad range of relevant polymers, metals and coatings in 

parallel plate and microfluidic devices. For example, platelet 

adhesion to various polymers and metals was investigated 

under flow, without165-169, 208 or with pre-adsorption from 

protein solutions or plasma 163, 209 at shear strain rates of 43 – 

1000 s-1. Notably, Jamiolkowski et al. measured dynamic 

adsorption of platelets over time to a range of medically 

relevant opaque materials using a suspension of platelets and 

cleared erythrocytes to minimise light scattering enabling 

surface visualisation by epifluorescence microscopy. The 

medical grade titanium alloy, Ti6Al4V, supported high levels of 

platelet adhesion, which was more pronounced at the highest 

shear strain rate (1000 s-1), compared to silicon carbide, 

alumina, coated titanium alloy (MPC-Ti6Al4V), yittria partially 

stabilised zirconia, and zirconia toughened alumina.165 Unique 

flow effects such as stagnation caused by crevice geometries,164 

or due to sudden expansion of a flow path can also be modelled 

at this scale.166 Kragh et al. showed decreased platelet 

embolisation on carbothane compared to pelethane, with 

increasing embolic events at lower flow rates (<100 s-1 

compared to ~500 s-1), using a stagnation point flow chamber, 

where whole blood flow originated from a single point and 

spread radially across the surface.166 Additionally, the 

thrombogenicity of surface coatings has been evaluated using 

parallel plates or microfluidics. A tetraglyme coating reduced 

platelet adhesion compared to control, observed by real-time 

microscopy,210 and pressure measurements in a microfluidic 

channel showed a prolonged thrombus formation time on the 

anti-adhesive, TLP coating compared to control.211  

 

Advantages of parallel plate and microfluidic devices include the 

replication of key aspects of fluid flow in vitro such as wall shear 

stress, shear strain rates, and fluidic effects resulting from 

channel geometry.148 Due to their small scale and low perfusion 

volumes these models allow the conservation of donor blood 

and reagents while maintaining physiologically relevant single 

pass flow where blood or individual blood components are 

passed over a test surface without recirculation. Dynamic 

changes in surface platelet adhesion and thrombotic events can 

be monitored through microscopy revealing aspects of 

thrombosis not seen on end-point or fixed samples.164-166, 208 

This technology has become more accessible over time as many 

commercial miniature flow systems have become available.  

 

There are, however, limitations to these models as 

miniaturisation can also be a weakness. Flow at this scale is 

laminar, therefore, it is not possible to induce turbulent flow 

unless the smallest channel dimension is greater than 500 

µm.148 Additionally, aspects of microscale blood flow should be 

considered when designing microfluidic models. Flow in small 

vessels (<1mm) and therefore microfluidic channels, is non-

Newtonian, meaning, the cell free layer at the vessel wall 

occupies a larger portion of the vessel, which decreases the 

viscosity of the blood, known as the Fahraeus-Lindqvist 

Effect.212, 213 Channel dimensions also influence shear stress 

distribution in rectangular cross sections, therefore, lower 

height to width ratios should be used when even shear stress 

distributions are desired across the width of the channel.214, 215 

3.6 Remarks on Current Blood Flow-Material Evaluation Methods  

A wide variety of flow systems are utilised to evaluate medical 

device thrombogenicity under flow, each providing numerous 

and varied data outputs. Here we described the advantages and 

disadvantages of the most commonly used techniques including 

peristaltic pump driven flow systems, modified Chandler Loops, 

TEG/ROTEM, cone and plate rheometry, parallel plates and 

microfluidics. Flow loops and Chandler loops require larger 

volumes of blood but can measure multiple soluble markers 

from the blood. They can also evaluate medical devices directly, 

making them useful for translational studies. TEG/ROTEM allow 

evaluation of clotting parameters that are comparable to 

clinical measurements using low blood volumes, however, they 

can only operate under low flow conditions. Shear-induced 

adhesion and activation of blood proteins and cells has been 

made possible with cone-and-plate rheometry, and parallel 

plate or microfluidic systems. These systems require lower 

volumes of blood and can operate under a wider range of shear 

stress conditions. Furthermore, the parallel plates and 

microfluidic systems can provide real-time outputs such as 

pressure and microscopic visualisation, and are single pass flow 

systems compared to the flow loops and cone-and-plate 

rheometers which continuously expose materials to the same 

blood sample over the duration of the experiment. 

 

Medical device thrombosis is a complex, multi-phase process 

involving protein/cellular adhesion, clot growth and 

thrombolysis. Therefore, a single method cannot provide 

accurate assessment of all aspects of material thrombosis. It is 

clear that a combination of different methods should be 

employed in order to thoroughly evaluate the thrombogenicity 

of materials for applications in medical devices. Naturally, this 

could include the development of new and improved methods 

(both experimental and computational) that can offer an 

enhanced understanding of the processes underlying materials 

thrombosis. The following section (Section 4) will explore some 

emerging bioengineering and characterisation techniques that 

could be employed for future investigations that aim to study 

the dynamic interaction of blood and materials. Of note, the 

examination of material thrombogencitiy should always be 

closely aligned to those outlined in the ISO 10993-4 standards 

and will also require effective pre-clinical, animal models in 

order to complement the understanding of the safety and 

efficacy of blood-contacting materials for potential future 

applications. 
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4. Emerging Bioengineering and Characterisation 
Techniques 

Recent progress in microfabrication, microscopy, and other 

multidisciplinary fields have enabled greater understanding of 

numerous physiological and pathological processes. Application 

of these novel techniques and adaptation of older techniques 

to the field of biomaterial thrombosis presents an opportunity 

to advance testing systems, knowledge and ultimately improve 

medical devices. We will highlight some exciting advances that 

could be used to develop model systems to address specific 

gaps in the field, improve analysis methods to obtain greater 

insight into dynamic events in material thrombosis, and 

advances in computational modelling that could improve 

accuracy of models and better predict outcomes of newly 

developed anti-thrombotic materials. 

4.1 Microfabrication for Advanced Experimental System Design  

Fabrication techniques on the milli- to nanometre scale have 

improved dramatically in recent decades. This has enabled 

more complex geometries to be incorporated into flow systems 

that replicate physiological and pathological conditions.148 

Traditional soft lithography limits these channel shapes to 

rectangular structures and thus, they do not mimic the 

geometries of medical devices. Mannino et al. produced 

cylindrical channels using thin optical fibres as moulds (Fig. 5A). 

Changes in the optical fibre shape created complex channel 

geometries, with these used to develop vascular models of 

aneurysms, bifurcations, and stenoses (Fig. 5B).216 This low-cost 

and simple fabrication process could be adopted to replicate 

specific desired geometries of medical devices on a small scale. 

 

Stereolithography (SLA), a more advanced additive 

manufacturing technique, has enabled the reproducible 

fabrication of microfluidics with complex geometries, cross-

sectional channel resolution down to 18 µm x 20 µm217 and low 

surface roughness.218 Using SLA, Costa et al. 3D-printed 

microfluidic replicas of healthy and stenotic blood vessels from 

patient computerised tomography scans (Fig. 5C-H).219 The 

ability to combine patient- and device-specific geometries with 

rapid prototyping techniques could allow personalised 

evaluation of medical device complications.  

Another emerging fabrication technique is Two-Photon 

Polymerisation (2PP) lithography.220 This enables fabrication of 

fluidic systems with complex 3D architectures and nanoscale 

resolution. By combining standard photolithography with 2PP, 

channel widths of 420 nm have been fabricated in a non-

cleanroom environment.220 However, the high cost and long 

print times have so far restricted use to specialised applications 

requiring significant precision.221 Recent attempts at 

customising the printing setup have significantly reduced print 

times.220, 222 With a wider adoption of such systems, further 

advances in medical device mimetic models will be likely. 

 

In addition to developing model systems with more 

sophisticated geometries, incorporation of more medically 

relevant materials could improve model systems. Traditionally, 

microfluidic systems are fabricated from glass and PDMS. 

However, glass is not generally used in medical devices and 

silicone is only used in a subset of medical devices. Recently, 

microfluidics have been fabricated out of a wide range of 

medically relevant polymers including polyurethane,223 

polycarbonate, polyvinylchloride, and 

polytetrafluoroethylene,224 although the specific properties of 

these materials used for research differ from their clinically 

used counterparts, partly due to differences in the 

manufacturing and finishing processes.224 Furthermore, with 

advances in blood-contacting tissue engineered constructs for 

medical applications such as vascular grafts225 and heart 

valves226, these tissue engineered materials could also be 

Fig. 5 Novel Fabrication Techniques for Microfluidic Models. (A) Casting PDMS around optical fibres generated perfusable models of (B) straight vessels, stenoses, aneurysms 

and bifurcations.216 Complex, patient-specific geometries were obtained from computed tomography scans, modelling (C) healthy and (D) stenotic vessels. (E) Higher 

resolution 3D-Printing technologies including stereolithography were used to develop microfluidic moulds of those geometries. (F) Geometric features were accurately 

reproduced with high resolution. (G and H) Microchannels were perfusable, enabling experiments with whole blood. 219 (A-B) Reproduced from Ref. 216 with permission 

from Springer Nature (CC BY 4.0, https://www.nature.com/articles/srep12401). (C-H) Reproduced from Ref. 219 with permission from the Royal Society of Chemistry. 
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incorporated into experimental systems to evaluate their 

thrombogenicity.227, 228 It should be noted that many of these 

techniques are for use to generate micron scale flow channels 

and if studies on turbulence are desired, larger channel 

dimensions are necessary as discussed in Section 3.5. 

4.2 Microscopic Analysis for Medical Device Thrombosis 

Recent microscopy advances which overcome the technical 

limitations of conventional microscopes present the 

opportunity to capture material thrombosis events under flow 

with improved spatiotemporal resolution. Super resolution 

microscopy (SRM) techniques have recently pushed the 

boundaries of resolution to the tens of nanometre scale and 

offer the opportunity to study material-protein and material-

cell interactions in greater detail to understand the cellular and 

molecular mechanisms involved in material thrombosis. The 

optimal choice of the SRM method depends on the in vitro 

experimental set-up. Generally, structured illumination 

microscopy (SIM) is better suited for live 3D-imaging due to 

reduced light intensity allowing longer imaging with less 

phototoxicity. For example, SIM has recently been used to 

observe dynamic cell rolling in a microfluidic flow model.229, 230  

However, the reduced light intensity comes at the expense of 

spatiotemporal resolution relative to other SRM methods.231  

 

To capture highly dynamic material thrombosis events in 

flowing blood, it is important to be able to acquire volumetric 

data at high speed with sufficient axial resolution. Suitable 

methods include, spinning disk confocal microscopy and lattice 

light sheet microscopy (LLSM). For example, LLSM was recently 

utilised to image leukocyte interactions with the vascular 

endothelium under flow in 3D, in an in vivo zebrafish model.232 

New advances combining LLSM with adaptive optics (AO-LLSM) 

has helped to enhance spatial resolution.233 Of note, AO-LLSM 

was used to image the in vivo interactions of human breast 

cancer cells with zebrafish vascular endothelial cells.233 To our 

knowledge, LLSM is yet to be applied to in vitro biomaterial 

thrombosis flow models. The requirement for open working 

space above the sample and immersion into media for imaging 

in LLSM means spinning disk confocal microscopy is currently 

better suited for imaging enclosed in vitro blood flow 

experiments. 

 

Live imaging deep within whole blood biomaterial thrombi is 

limited currently due to increased light scattering with 

increased tissue penetration, particularly due to the large 

number of opaque erythrocytes in whole blood. Combining 

two-photon imaging or spinning disk confocal microscopy with 

tissue clearing has enabling imaging up to a millimetre into fixed 

and cleared whole blood thrombi.234 This technique enables 

assessment of differences in thrombus formation at the 

biomaterial surfaces. However, drawbacks include the necessity 

for end point analysis, long tissue processing time, and possible 

sample shrinkage.234 

 

In addition to advances in microscopy techniques themselves, 

integrating microscopy with traditional flow techniques can 

provide more detailed information. For example, placing an 

inverted microscope under the baseplate of a custom cone-and-

plate rheometer has previously been employed to observe the 

differential responses of cells under shear stress.179, 235-237 This 

method could potentially allow the simultaneous gathering of 

rheological information, as well as real-time visualisation of the 

changes to thrombotic behaviour of blood on various materials 

under applied shear. The main drawback of this method to 

study the thrombogenicity of materials is that the materials 

need to be optically transparent to allow for the acquisition of 

microscopy data, however, this is also the case for many of the 

microscopy techniques discussed here.  

Finally, developments in approaches to data analysis is another 

area which could further complement and enhance the 

capability of microscopy techniques. Image processing 

techniques utilising machine learning have been used recently 

to rapidly classify platelet morphology in large data sets.238 

Similar techniques could potentially be employed to monitor 

platelet response to material surfaces, for instance. This type of 

automation saves time and reduces human error and bias. 

4.3 Computational Modelling for Medical Device Thrombosis 

As previously discussed, CFD modelling is a valuable tool in the 

study of haemodynamic flow conditions in vivo, in vitro, and in 

situ. However, remaining challenges are associated with 

replicating aspects of flow dynamics, device material 

properties, and incorporating biological pathways when 

modelling medical devices and experimental systems. 

Flow dynamics in medical devices and in vitro often involve 

pulsatile, low shear and turbulent regimes. As previously 

discussed, (Section 2) blood behaves as a non-Newtonian fluid 

under low shear conditions.62, 65 Studies comparing different 

approaches to modelling both pulsatile150, 151,239 and non-

Newtonian blood flow,240, 241 revealed variability in the results 

of fluid flow parameter numerical maps. Therefore, to improve 

accuracy of models in these flow regimes, further studies could 

validate computational models with experimental data using 

methods such as particle tracking velocimetry (PTV),242 and 

laser doppler velocimetry (LDV).97 These techniques are 

valuable to determine blood flow patterns in models of medical 

devices (Fig. 6),97, 243, 244 however, their use to correlate flow 

parameters with material thrombogenicity in experimental in 

vitro flow systems is lacking. With advances in microscopy 

discussed in Section 4.2, future improvements in this area are 

possible. For example, spinning-disc microscopy allowed 

velocity profiles to be generated at desired depths throughout 

the microfluidic channel using an RBC suspension (20% 

haematocrit),245 and high-speed confocal microscopy revealed 

temperature-dependent changes in blood cell dispersion (using 

12% haematocrit).246 Furthermore, turbulence can be a 

challenge to model and study experimentally,71, 247 and the 

accuracy of the CFD turbulence models are limited by the 

accuracy of the chosen computational equations. Micro particle 

image velocimetry (microPIV),248-251 LDV249-251 and 3D PTV252 
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have been useful tools to study turbulence. However, the 

accuracy of microPIV, LDV and PTV are limited by data 

acquisition speed, because microturbulence is challenging to 

capture and track.249 

 

In addition to flow, the accurate modelling of material surface 

properties in a CFD model is important as material surface 

properties significantly influence protein adhesion and 

subsequent thrombus formation.10, 11 The exact surface 

properties which result in such phenomena (e.g. wettability,24 

surface charge,25 chemistry and topography26-28) are not easily 

converted into parameters for use in CFD models. For example, 

surface roughness, is often introduced into CFD simulations by 

altering the surface friction coefficient.253, 254 While useful for 

characterising the bulk fluid dynamics at surfaces, this approach 

does not account for the complex protein and cellular 

interactions with the surface material, which contribute to 

material thrombosis.  

 

Mathematically modelling biological pathways has  also been 

applied to the field of thrombosis to predict overall thrombus 

growth,255  coagulation,20 platelet activation,256 and platelet 

adhesion and aggregation.257, 258 A future direction for assessing 

thrombosis in vivo and in medical device is through CFD 

modelling combined with mathematical models of the 

biomechanical and biochemical pathways involved in thrombus 

formation. Ultimately, all mathematical and computational 

models need to be supported by experimental validation and 

improved in vitro experimental flow systems to understand 

material interactions with biological systems. 

5. Conclusions 

Methods to test the performance of blood-contacting medical 

devices should account for the multitude of factors which 

reflect their end-use and carefully weigh up their benefits 

against the potential risks. Such factors for consideration 

include materials, medical device design and the clinical 

conditions under which the medical devices are handled, 

implemented, and operate. Haemodynamics is a key parameter 

of medical device thrombosis due to its crucial role in governing 

thrombus formation as well as the potential for the devices to 

be exposed to disturbed blood flow (or the lack of), during 

clinical applications, and should be appropriately reflected in 

the testing of material and device thrombosis. 

 

This review explored the advantages and disadvantages of the 

range of available in vitro methods that are commonly used to 

assess the interaction of medical devices and materials with 

blood under flow conditions. While many models exist, there is 

no single method which allows accurate assessment of all 

aspects of material thrombosis. Multiple methods should be 

used to evaluate the thrombogenicity of materials, surface 

coatings, or medical devices, in alignment with ISO 10993-4 

Standards. Furthermore, while traditional material 

development and medical device evaluation has used blood 

flow loop systems such as the modified Chandler Loop and 

peristaltic pump driven flow, a more mechanistic understanding 

of material thrombosis is possible with cone and plate 

rheometry, and parallel plate or microfluidic systems, because 

these systems require lower volumes of blood, can operate 

under a wider range of shear stress conditions and can provide 

real-time outputs.  

  

As the field reaches maturity, we can hope to see studies that 

are able to include higher levels of complexity to more closely 

mimic relevant clinical scenarios. Improvements in engineering 

systems, design and production capabilities have enabled 

researchers to fabricate more advanced testing models on 

smaller scales with geometries to replicate clinically relevant 

flow conditions, increased resolution, and to incorporate 

device-specific materials. Continuing progress in other closely 

aligned areas of research such as high speed and high-resolution 

microscopy and computational fluid dynamics modelling can be 

utilised for biomaterial thrombosis studies to gain more in-

depth knowledge of material thrombogenicity. Improved 

methods for assessing biological interactions with materials 

under blood flow, and for evaluating their potential for clinical 

applications will enable the development of safer blood-

contacting medical devices. 
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µ Kinematic viscosity (SI unit: m2s-1) (c.g.s unit: 

Stokes, St) 

γ     Wall shear rate (SI unit: s-1) 

η     Dynamic viscosity (SI Unit: Pas) 

2PP    Two-photon polymerisation 

CFD     Computational fluid dynamics 

CP Cone and plate (in context of cone and plate 
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D     Diameter 

ECMO    Extracorporeal membrane oxygenation 

FXII    Factor XII 

GPIIb    Platelet glycoprotein receptor Ib 

HMWK    High-molecular weight kininogen 

ISO International Organisation for 

Standardisation 

Fig. 6 (A) Particle image velocimetry (PIV) and (B) computational fluid dynamic (CFD) 

comparisons of the fluid velocity profiles modelled in stented artery.243 For devices 

where fluid dynamic conditions may be difficult to computationally model, PIV may 

be used to gain experimental data. Alternatively, experimental PIV models may be 

used to verify CFD models. Figure reproduced from Ref. 243 with permission from 

SAGE Publishing.
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LDV    Laser doppler velocimetry 

LLSM/AO-LLSM Lattice light-sheet microscopy/Adaptive 

optics lattice light-sheet microscopy 

PMMA    Polymethylmethacrylate 

PK     Pre-Kallikrein 

PRP    Platelet-rich plasma 

PTV/micro PIV Particle tracking velocimetry/micro particle 

image velocimetry 

Re     Reynolds Number  

ROTEM   Rotational thromboelastometry 

SEM    Scanning electron microscopy 

SIM    Structured illumination microscopy 

SLA    Stereolithography 

SRM    Super-resolution microscopy 

TEG    Thromboelastography 

TLP     Tethered-liquid perfluorocarbon 

ν     Velocity (SI unit: m/s) 

VAD/LVAD Ventricular assist device/left ventricular 

assist device 

vWF    Von Willebrand Factor 

Τ Wall Shear Stress (SI unit: Pa)(c.g.s. unit: 

dyne/cm2 , conversion 1 dyne/cm2 = 0.1 Pa) 
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