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ABSTRACT 

 

DESIGN OF CENTRIFUGAL BLOOD PUMP 

 

In this thesis a centrifugal blood pump is studied numerically which will be used in 

ECMO systems. Pump mechanically designed to be compatible with 3D printer 

production and magnetic levitation will be used to drive rotor. Aim was to design a pump 

with 3.3 L/min at 5000 rpm having 200 mmHg head. Estimation of pump dimensions, are 

calculated by hand by following Igor J. KARASSIK’s “Pump Handbook”. These 

dimensions are modelled 3D by SolidWorks. This 3D model then used in ANSYS to 

make CFD calculations. In calculations, pump head and hydraulic pump efficiency are 

compared for different blade discharge angle and up-clearance. Model mesh is created by 

using first layer thickness inflation method for boundary layers. Meshed model than 

simulated by ANSYS Fluent. Realizable enhanced wall k-epsilon turbulence model is 

used. Blood is considered as Newtonian fluid, because expected shear rates are over 100 

s-1 where blood viscosity remains constant according to shear rate. Fluid is defined as 

water to model incompressible fluid flow, but density and viscosity of fluid changed to 

1060 kg/m3 and 4.0 cP respectively to represent blood properties. At pump inlet boundary 

condition is given as pressure and at pump outlet boundary condition is given as mass 

flow. Model convergence is accepted at 1x10-3 residual. Blade discharge angle values 

between 200 and 400 degrees are simulated with 50 intervals and 350 is found to be the 

most appropriate for hydraulic efficiency and head. Likewise, six different up-clearance 

values between 2.0mm and 0.1mm are studied to see effect of up-clearance on head and 

efficiency. Up-clearance value is decided as 0.1mm to reach required head. Designed 

pump is found to have 198mmHg head at 3.3 L/min and 5000 rpm with 20% hydraulic 

efficiency for 350 blade discharge angle and 0.1 mm up-clearance. Also to predict 

hemolysis is studied at 5.8 L/min for different up-clearance values by employing 

Giersiepen power law hemolysis  model with Lagrangian approach. Because of approach 

shortcomings reasonable values could not be obtained for hemolysis prediction. Designed 

pump is found to have 4% hemolysis for one pass. 
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ÖZET 

 

SANTRİFÜJ KAN POMPASI DİZAYNI 

 

Bu tezde ECMO sisteminde kullanılacak olan santrifüj kan pompası üzerinde nümerik 

olarak çalışılmıştır. Rotorun dönüşü manyetik levitasyon ile sağlanacaktır. Hidrolik 

tasarım kriterleri; 3.3 L/dk, 5000 rpm ve 200 mmHg basma yüksekliğidir.  Pompa dizayn 

ölçüleri Igor J. KARASSIK’in “Pump Handbook” kitabı kullanılarak hesaplanmıştır. 

Pompa mekanik olarak 3D yazıcıdan çıkarılmaya uygun bir şekilde SolidWork’de 

tasarlanmıştır. Tasarım tamamlandıktan sonra HAD (hesaplamalı akışkanlar dinamiği) 

yapabilmek için ANSYS kullanılmıştır. Hesaplamalarda, farklı çıkış kanat açıları ve üst 

boşluk mesafesi (üst salyangoz ve kanat tepesi arasındaki mesafe) değiştirilerek pompa 

basma yüksekliği ve hidrolik pompa verimliliği karşılaştırılmıştır. First layer thickness 

inflation metodu kullanılarak mesh atılmış ve simülasyon için ANSYS Fluent’e 

yüklenmiştir. Buradaki hesaplamalarda realizable enhanced wall k-epsilon türbülans 

modeli kullanılmıştır. ANSYS Fluent’de akışkan tanımı su olarak seçilmiş fakat 

yoğunluğu ve viskozitesi, kanın özelliği olan 1060 kg/m3 ve 4 cP olarak değiştirilmiştir. 

Giriş sınır koşulu olarak basınç, çıkış sınır koşulu olarak kütlesel debi verilmiştir. 

Sonuçlar 1x10-3 yakınsaklığına ulaşıldığında  alınmıştır. Çıkış kanat açısı 200’den 400’ye 

kadar 50 arttırılarak denenmiş ve 350lik kanat çıkış açısının, pompa yüksekliği ve hidrolik 

verim açısından en uygun olduğu gözlenmiştir. Sonraki aşamada 350lik çıkış açısına sahip 

pompa için 2.00 mm’den 0.10 mm’ye kadar 6 farklı üst boşluk mesafesi için denemeler  

yapılmıştır. Bu denemeler sonucunda 0.10 mmlik üst boşluk mesafesi olan pompanın 

istenen basma yüksekliğine ulaştığı gözlenmiş ve bu sebeple 0.1mmlik pompa dizaynı 

çalışma için uygun görülmüştür. Sonuç olarak; kanat çıkış açısı 350 ve üst boşluk mesafesi 

0.10 mm olarak dizayn edilen pompa 5000 rpm’de 3.3 L/dk akış debisinde %20lik bir 

hidrolik verimlilik ile 198 mmHg basma yüksekliğine ulaşmaktadır. Ek olarak, farklı up-

clearance değerleri için Giersiepen kuvvet yasası kullanılarak hemoliz hesabı yapılmıştır. 

Bu hesaplamada Lagrangian yaklaşımı uygulanmıştır. Seçilen pompada hemoliz değeri 

bir geçiş için %4 olarak bulunmuştur.  
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NOMENCLATURE 

Symbol Description Unit 

𝐴1 inlet area between blades mm2 

𝐴2 discharge area between blades mm2 

𝐴𝑠𝑝 spiral area mm2 

𝐴𝑡ℎ𝑟 throat area mm2 

𝐴𝑣 volute area mm2 

𝑏2 discharge impeller width mm 
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𝑐𝑚3 theoretical meridional velocity of impeller discharge m/s 

𝑐𝑡ℎ𝑟 throat velocity m/s 

𝑐𝑢3 
theoretical peripheral component velocity of impeller 

discharge 
m/s 

𝑐𝑢3
′  absolute peripheral component velocity of impeller discharge m/s 

𝐷1 impeller eye diameter mm 

𝐷2 impeller discharge diameter mm 

𝐷𝐻 hub diameter mm 
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𝑔 gravity acceleration 9.81 m/s2 

𝐻 total head 
mmHg or 

m-blood 

𝐻𝐻𝑔 height of mercury mmHg 

𝐻𝑏𝑙𝑜𝑜𝑑 height of blood m-blood 

𝑘 hub ratio - 

𝑁 angular velocity rpm 
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𝑁𝑃𝑆𝐻𝑅 net positive suction head-required m 

𝑃 pressure Pa 

𝑄 volumetric flow rate m3/s 
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𝑟1𝑚 mean inlet radius mm 
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𝑣 fluid velocity m/s 
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𝛽2 blade discharge angle degree 

𝜂 hydraulic efficiency % 

𝜇 slip factor - 

𝜌𝑏𝑙𝑜𝑜𝑑 density of blood g/cm3 

𝜌𝐻𝑔 density of mercury g/cm3 

𝜑𝑣 central angle degree 

𝜓 head coefficient - 
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CHAPTER 1 

 

INTRODUCTION 

 

1.1. Basic Concepts 

 

When making a health plan, governments consider the cause of mortality statistics 

and give priority accordingly. Since last 15 years, heart failure, also called cardiovascular 

disease, has been the first cause of death in the world [1]. This is clearly shown in Figure 

1.1 which shows number of deaths by cause globally in 2017. Also, cardiovascular 

diseases leading cause of death in Turkey as it is demonstrated in Figure 1.2. According 

to World Health Organization (WHO), annually 23.6 million people will die by 2030 

because of cardiovascular disease [2]. Therefore; studies of cardiovascular treatments 

have been increasing rapidly.  

Today’s world with technological advances, heart transplant can be done 

successfully. However, the main problem of heart transplant is to find suitable donor. 

Firstly, size of heart and blood group must match. Generally, waiting time for a suitable 

donor lasts more than six months. Most of patients die when waiting for a donor. To 

support or cure patients in this period, ventricular assist devices (VADs) are used. The 

most important part of VAD is blood pump. 

Blood pump is also used in extracorporeal membrane oxygenation (ECMO), 

which is one of the mechanical circularity support device. It is used during or after surgery 

for patients who need to support for heart and lungs. First deoxygenated blood is pumped 

to outside of body and blood is oxygenated in membrane of ECMO. Then, oxygenated 

blood pumped back to body. This process helps to increase surgery success and patients 

heal more quickly by using ECMO.  

As it is seen above, blood pumps are used in diverse applications and crucial for 

cardiovascular treatments. These pumps should be disposable and simple to produce. 

However, design of blood pump should be done precisely because of blood structure. 

Specially, parameters that damage blood like turbulence, stagnation point and high shear 

stress should be minimized to prevent excessive damage. 
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Figure 1.1. Number of deaths by cause, World, 2017 [3] 
 
 

 
 

Figure 1.2. Number of deaths by cause, Turkey, 2017 [3] 

 

 

1.2. Purpose of the Study 

 

 In this study, a centrifugal blood pump is designed for the use in a ECMO device. 

The pump is used externally and runs with magnetic levitation. It is used during or after 

surgery to support heart or lungs. Therefore, operating time for this pump is maximum 7 
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days for a patient. The main aim of this study is to design a centrifugal type blood pump 

which has minimum effect on blood damage. In this thesis, preliminary design of pump 

is done and CFD calculations are employed. By comparing with head and hydraulic 

efficiency for different designs, pump dimensions are determined. Blood damage analysis 

based on scalar shear stress is also investigated for different up clearance values. 

 

1.3. Outline of the Thesis 

 

After stating purpose of this study and giving a brief introduction in Chapter 1, literature 

research done for this study is given in Chapter 2. Information about blood structure, 

hemolysis conditions are stated. Also brief information about pump types and blood pump 

applications are given chronological. Their advantages and disadvantages are mentioned. 

In Chapter 3, pump is sized by hand calculation and details of this calculation are given. 

Also an example calculation is made in Appendix A. Next, in Chapter 4, CFD modelling 

logics, used software and methodology is given. Also, turbulence models are briefly 

discussed. In chapter 5 CFD results are stated and evaluated.     
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CHAPTER 2 

 

LITERATURE SURVEY 

 

2.1. Cardiovascular System 

 

Cardiovascular systems include heart, blood vessels and blood. As it is known 

heart is the center of cardiovascular system. It acts as a pump, that have four chambers. 

Four chambers, four valves, aorta, pulmonary artery and blood circulation in heart are 

shown in Figure 2.1. These chambers are right atrium (RA), right ventricle (RV), left 

atrium (LA) and left ventricle (LV). RA receives deoxygenated blood. Then, blood is 

send to RV for carrying deoxygenated blood to lungs by pulmonary (related with lungs) 

artery. Blood is re-oxygenated in lungs and LA receives oxygenated blood. Later, blood 

moves to LV  for carrying oxygenated blood to tissues, organs and muscles by aorta veins, 

which is the main artery. There are also check valves to prevent backflow and mixing of 

oxygenated-deoxygenated blood. These valves are pulmonary, tricuspid, mitral and aortic 

valves [4].   

Heart rates, or pulse, range 60 to 100 beats per minute for healthy adults. Every 

beats increases pressure. Increased pressure during heartbeat, is called as systolic 

pressure. Between two beats heart rests, and remaining pressure is called as diastolic . For 

healthy adults, systolic and diastolic blood pressure are 120 and 80 mmHg, respectively 

[5]. 

Cardiovascular system consists of vessels with many different diameters, given 

basically in Figure 2.2. When blood passes through these veins, it is exposed to different 

levels of shear rate as given in Table 2.1, these values are given approximately for 5 L/min 

which is a normal blood flow rate for a 70 kg healthy adult at rest [7]. Basically shear rate 

defined as velocity difference between adjacent layers of flow, schematically given in 

Figure 2.3 represented as 
𝑑𝑢

𝑑𝑧
.   
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Figure 2.1. Structure of heart and blood circulation in heart [6] 

 

 

 

 

Figure 2.2. Certain vessels in cardiovascular system [8] 

 

 

 

Figure 2.3. Representation of shear stress and shear rate in 2D [9] 
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Table 2.1. Wall shear rates in different vessels [10] 

 

Structure Diameter (cm) Wall shear rate (s-1) 

Aorta 1.0 400 

Large arteries 0.3 525 

Small arteries 0.1 640 

Arteriole 0.002 1200 

Capillaries 0.0005 - 

Venule 0.003 187 

Small veins 0.24 50 

Large veins 0.6 48 

Vena Cava 1.25 211 

 

 

2.2. General Information of Blood 

 Blood is the most vital fluid for animals in general, that carries oxygen, nutrients, 

hormones, vitamins and antibody to the tissues and removes waste materials from the 

body. Human blood constitutes approximately 7-8% of total body weight [11] and it 

corresponds to about 4.5-6 liters. 

Blood is a mixture of 55% plasma and 45% formed element by volume. Formed 

elements consist of red blood cells (erythrocytes), white blood cells (leukocytes), and 

platelets (thrombocytes).  

Red blood cells (RBCs) make up about 99% of formed elements. They have 

diameter of 7-8 µm and their biconcave shape as it is illustrated in Figure 2.4. Also, they 

usually aggregate as rouleaux that is shown in Figure 2.5. Oxygen is carried by  

hemoglobin protein that present in cytoplasm of RBC. Approximately 300 million 

hemoglobin exist in  a RBC [12]. The surface area to volume ratio of normal RBC is 40%. 

The ratio is greater than sphere that has same volume. Therefore, oxygen diffuses to RBCs 

easily [13]. In fact, 98% of oxygen going in to cells is carried by RBC and only 2% of 

oxygen is carried by plasma [14]. RBCs lifespan is approximately 115 days [15]. White 

blood cells defend body to viruses, bacteria, and other invaders. Its form is roughly 

spherical, and its lifespan range is from 13 to 20 days [16]. Platelets on the other hand is 
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used to stop bleeding. It is not exactly a cell, but only fragments of a cell. Platelets shape 

can be oval or rounded and their life span can range from 5 to 10 days [17]. 

 

 

 

Figure 2.4. Top view and cross section of RBC [18] 

 

 

 

 

 

Figure 2.5. Rouleaux formation [19] 
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2.3. Blood Rheology 

 

Fluid rheology branches into two main subgroups as Newtonian and non-

Newtonian according to relation between shear stress and shear rate. For Newtonian 

fluids, shear stress increases linearly by increasing shear rate. Remembering that ratio of 

shear stress to shear rate is known as the fluid’s viscosity, Newtonian fluids viscosity is 

independent of shear rate. On the contrary, viscosity of non-Newtonian fluids 

monotonically changes with respect to shear rate. Non-Newtonian fluids also branches 

subgroups as seen below. 

 

1. Time independent  

a. Pseudoplastic fluid’s (a.k.a shear thinning fluids) viscosity decreases with 

shear rate. Simple viscosity model of blood is classified as pseudoplastic. 

b. Dilatant fluid’s (a.k.a shear thickening fluids) viscosity increases with shear 

rate.  

c. Bingham fluids have viscoplastic properties which means at low shear rate, 

rigid body, at high shear rate, viscous flow are observed. 

 

 

2. Time dependent  

a. Thixotropic fluid’s viscosity decreases with shear rate and are reversible with 

time. 

b. Rheopectic fluid’s viscosity increases with shear rate and are reversible with 

time. 

 

3. Viscoelastic fluid: It has both fluid and elastic properties at the same time. Polymeric 

suspensions can be given as an example.  

  

 Blood is a complex fluid because of its suspension form.  According to applied 

shear rate, its structure and therefore, it is rheological behavior changes. This 

characteristic makes blood a Non-Newtonian fluid.  To understand effect of mechanical 

loading on the blood, fluid behavior should be known under specific conditions. 
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Therefore, we should take a closer look at some of the characteristic shear rate ranges 

where important structural changes occur in the blood. 

 

➢ Less than 10-3 s-1: In this region, shear stress can be regarded below yield stress [20]. 

Therefore; blood behaves like solid, so rheological state equation can’t be applied. If 

applied stress is more than yield stress, continuous viscous flow will be observed.  

 

➢ Between 10-3 and 100 s-1: RBCs have a flexible structure that changes by mechanical, 

thermal, and chemical effects. If the shear rate increases, aggregated rouleaux 

structure of RBC breakup into individual cells as it is demonstrated in Figure 2.6. 

Because of this, viscosity of blood decreases and rheological behavior changes to 

viscoelastic, thixotropic and pseudoplastic until shear rate reaches to 100 s-1 [21].  

 

➢ Higher than 100 s-1: Despite increasing shear rate, structural changes of RBC is 

minimal and therefore, its viscosity does not show a significant change anymore in 

this region. As a result of this, blood can be modeled like Newtonian fluid at higher 

than 100 s-1 shear rate [22]. Because, erythrocytes completely separated and 

independently moving. 

 

 

 

Figure 2.6. Visualization of aggregation [23] 

 

Blood viscosity is effected not only by shear rate but also temperature, macro 

rheological factors such as plasma viscosity and hematocrit, micro rheological factors 

such as aggregation, erythrocyte deformability and activity of platelets, etc [24]. 
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Hematocrit, which shows volume of RBC over volume of total blood, alters from 40% to 

45% for healthy human blood [13]. According to experimental study, when shear rate is 

higher than 100 s-1, viscosity of blood, shows Newtonian fluid properties, ranges between 

3.5-5 cP (mPa.s), for %45 hematocrit at 37 0C as it is indicated in Figure 2.7.  

 

 

Figure 2.7. Human blood viscosity vs shear rate for 45% hematocrit at 37 0C [25] 

 

Blood viscosity increases in directly proportional to hematocrit and inversely 

proportional to temperature. However, when shear rate is over 100 s-1, these variations 

with respect to temperature and hematocrit can be negligible as shown in Figure 2.8 and 

Figure 2.9. 

 

 

 

Figure 2.8. Human blood viscosity vs shear rate for different hematocrit  [26] 
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Figure 2.9. Human blood viscosity vs shear rate for different temperature  [27] 

 

2.4. Movements of RBCs 

 

There are two characteristics motions of RBCs under shear flow, known as 

tumbling and tank-treading motion. Whole RBC rotates like rigid body in tumbling 

motion. Tumbling motion is observed if shear rate is less than 10 s-1 and tank-treading 

motion is observed for shear rates greater than 10 s-1 [28]. In tank-treading motion, 

membrane rotates around the mass center of RBC [29] as illustrated in Figure 2.10. 

During tank-treading motion, membrane is deformed in shape. However, RBCs revert to 

their resting biconcave shape when shear rate is decreased. This elastic structure provides 

reversible deformation until 6% of areal strain, which is ratio of increased area after 

deformation to original area [30]. Areal strain can be calculated with Eq.2.1. given below 

where 𝜖xx, 𝜖yy represents normal strain and 𝜖xy, 𝜖yx represent shear strain. Normal strain 

is calculated with Eq. 2.2 and shear strain is calculated by Eq. 2.3. 

𝜖𝑎𝑟𝑒𝑎𝑙 = [
𝜖𝑥𝑥 𝜖𝑥𝑦

𝜖𝑦𝑥 𝜖𝑦𝑦
]                   (2.1) [31] 

𝜖𝑥𝑥 =
∆𝐿

𝐿0
=

𝜕𝑢𝑥

𝜕𝑋
 ,    𝜖𝑦𝑦 =

𝜕𝑢𝑦

𝜕𝑌
                (2.2) [31] 
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𝜖𝑥𝑦 = 𝜖𝑦𝑥 =
1

2
(

𝜕𝑢𝑦

𝜕𝑋
+

𝜕𝑢𝑥

𝜕𝑌
)                 (2.3) [31] 

 

 

 

 

Figure 2.10. Tank-treading motion of an RBC in shear flow [32] 

 

 

2.5. Blood Damage 

 

 When shear rate approaches to zero RBCs create rouleaux form. When shear rate 

increases, rouleaux form disperses and monodispersed RBCs begin to move with 

tumbling motions in biconcave shape. As shear rate continuous to increase, RBC changes 

shape to ellipsoidal and moves in tank-treading motion. If shear rate increases more, RBC 

expose to irreversible deformation and pores formed on the RBC’s membrane. The 

process is clearly shown in Figure 2.11.  

 

 

 

Figure 2.11. RBC deformation in shear flow [32] 
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 After 6% areal strain limit, corresponding to 42000 s-1, RBCs are damaged 

irreversibly at this region [30]. Hemoglobin leaks from RBCs to plasma through pores on 

the surface which are created because of high shear rate. This type of blood damage is 

called as hemolysis. Hemoglobin which exist in plasma, is called as free hemoglobin. 

Free hemoglobin can be removed from blood by kidneys easily because of its tiny size. 

Free hemoglobin also increases viscosity and colloidal osmotic pressure of blood. 

Normally human blood consists approximately  0.05 g/L free hemoglobin [33]. This free 

hemoglobin comes from natural rupture of RBCs after 115 days.  

 There are two main models to predict hemolysis analytically, strain based and 

stress based. Strain based models try to predict deformation of RBC membrane which 

results hemoglobin leak to plasma as stated above. Stress based models are originates 

from experimental data and because of that they are also called empirical model. 

Experiments are carried out with constant shear rates and increase in free hemoglobin is 

measured for various shear rates and exposure times. Stress based models are commonly 

employed as power laws because of their easy approach. Power law model is given in Eq. 

2.4 where D is damage index indicating ratio of leaking hemoglobin to total hemoglobin, 

t is exposure time in seconds and 𝜏̅ is scalar shear stress in Pa. Giersiepen et al, found C, 

α and β constants as 3.63x10-7, 2.416 and 0.785 respectively [34] and these value are 

applied in this thesis. With these constant hemolysis is generally over predicted as shown 

in Figure 2.12. In this figure Hai Yu et al. have compared numerous models with 

experimental results for three different shear rates for 7200 s. C-GW indicates power law 

using Giersiepen constants. Over prediction provides to be in safe side for calculations.      

𝐷(𝜏̅, 𝑡) =
∆𝐻𝑏

𝐻𝑏
= 𝐶𝜏̅𝛼𝑡𝛽                              (2.4) [34] 

 

In computational fluid dynamics power law model can be applied in two different 

approach; Lagrangian and Eulerien. In Eulerien model D is integrated over all flow 

domain while in Lagrangian model, D is integrated over a path line. Eulerian models 

gives relatively more accurate solution. But required computational time is higher and 

application is harder for Eulerian model. So, Lagrangian approach is chosen for this thesis 

and Eq 2.5 is used to calculate D index. In literature generally HI (Hemolysis Index) is 

used instead of D. HI is simply percentage format of D and given in Eq. 2.6. American 

Society for Clinical Pathology considers 2% is an acceptable value for HI [35]. 
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𝐷 = ∑ 3.62 ∗ 10−7 ∗ 𝜏İ̅
2.416 ∗ ∆𝑡𝑖

0.785𝑁
𝑖=1                       (2.5) [34] 

 

𝐻𝐼(%) = 𝐷 ∗ 100                              (2.6) [34] 
 

 

 

Figure 2.12. Different hemolysis model and experimental result for different  

shear rate for 7200s [34] 

 

2.6. Pump Types 

 

Pumps are classified according to working principle, flow type and flow direction 

as it is shown in Figure 2.13.  

Positive displacement pumps create flow and this flow produces pressure. 

Therefore, flow rate is constant, although pressure changes [36]. Although there are many 

types of displacement pump, basically pump pushes fluid with a moving solid body. After 

pushing fluid, cavity occur in pump chamber which creates vacuum and fluid fill into 

chamber again. According to motion type, positive displacement pumps divided into 

reciprocating and rotary.  

 In reciprocating pumps, check valves at inlet and outlet are used. This check 

valves direct fluid in expanding and contacting chamber. Piston-plunger and diaphragm 

pumps are the most common ones, shown in Figure 2.14. When piston-plunger or diagram 

move to up, pressure decrease and inlet check valves open and chamber is filled with 
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fluid. Check valves operate for one direction, so it prevents backflow. When pressure 

increases, check valves at outlet open and release fluid into the system. 

 

 

Figure 2.13. Classification of pumps [37] 

 
 
 

 
 

Figure 2.14. Basic reciprocating pumps design [38] 

 

In rotary pumps, unlike reciprocating pumps, chambers are not fixed. Chambers 

take fluid and carry it from inlet side to outlet side. Example of rotary pumps are seen in 

Figure 2.15. 
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Figure 2.15. Basic rotary pumps design [39] 

 

Unlike displacement pumps, dynamic pumps create pressure and this pressure 

difference produce flow. Thus, when pressure changes, flow rate also changes [36]. 

Centrifugal pump is popular among dynamic pumps. Centrifugal pump has two 

components, impeller and volute casing as it is indicated Figure 2.16. Fluid enters the 

center of impeller, which is called suction eye. Fluid gains kinetic energy by rotating 

impeller. Then, this kinetic energy is converted to potential energy when fluid leave from 

pump.  

 

 

 

Figure 2.16. Basic centrifugal pumps design [40] 
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2.7. History of Blood Pumps 

 

2.7.1. Early Pumping Devices for Blood 

 

 In the middle of the 19th century, perfusion, which means blood or any solution 

is injected and pumped via vessels to organs or tissues, was achieved by gravity assisting 

devices. Simply, it was an open circuit system where continuous circulation did not occur. 

Blood flowed out and then oxygenated blood transferred into the arterial reservoir. 

However, process was interrupted due to lack of a pump. The first closed perfusion circuit 

was designed by Max von Frey and Max Gruber in 1885 [41] which can be seen Figure 

2.17. Circulation was accomplished by engine-power syringe pump. A film type 

oxygenator, valves, pressure measuring device  and 10 mL motor-driven syringe were 

included in this closed circuit.  

 

 
 
 

Figure 2.17.  Pioneer of today’s heart-lung machine [42] 
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Figure 2.18. Electrical pendular cock developed by Hammel (1889) [43] 

 

  

 In 1887, manually operated roller pump was investigated by Allen. In 1889, 

Hamel was designed electrical pendular cock to provide pulsatile perfusion [41]. As it is 

indicated in Figure 2.18,  magnet (M) activated pendulum (P) and it opened and closed a 

stop-cock (H).Because of the pulsatile flow in Hammel’s design, tissue edema which is 

swelling caused by fluid, decreased when compared to continuous flow. Following years, 

pulsatile pumping devices were studied even further by other researchers due to this 

advantageous pulsatile flow characterization. In 1890, Jacobj invited rhythmically 

compressed rubber balloon for pulsatile flow. Pulsatile membrane pump was popular 

during 1950s [41]. However, because of noisy, vibrate and large size, it has been lose 

popularity in time. In 1960s, VADs begun to replace cardiopulmonary bypass circuits and 

researchers interested more with study about VADs [43]. 

 

 

2.7.2. First Generation VADs (1965-1990) 

 

 These VADs were displacement pumps, which generates pulsative flow. It had 

pneumatically or electrically driven models [44]. Direction of blood flow was controlled 

by inlet and outlet valves. These pumps split by three groups according to connection 
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parts; left, right- or biventricular assist devices as it can be demonstrated in Figure 2.19. 

For example, left VADs are connected to LV.  

 

 
 

Figure 2.19. Left-, right- and biventricular assist devices [45] 

 

 In 1966, DeBakey and Dr. Lioatta used first LVAD during a surgery [44]. 

Heartmate XVE LVAS, centrimag RVAD and Berlin Heart EXCOR are examples of first 

generation VADs. Heartmate XVE LVAS is shown in Figure 2.20. However, first 

generation VADs have some disadvantage. First, these pumps were not small so it created 

portability problem. Second, they involved many moving parts and that created 

mechanical problems. Third, there was high possibility of blood damage because of 

moving parts. Fourth, these pumps had to be changed after two weeks which is very a 

short time for a patient waiting for heart transplant. Because of these reasons these type 

of pumps can only be used in a hospital or in a controlled environment [46]. 

 

 
 

Figure 2.20. Heartmate XVE LVAS - example of first generation LVADs [46] 
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2.7.3. Second Generation VADs (1990-2000) 

 

 In 1990s, second generation VADS were developed for more durability and 

smaller sizes [47]. These pumps provide continuous flow. Both centrifugal types and axial 

types were used. High rotational speeds were employed to reached required pressure 

head. They had mechanical bearings which was the main disadvantage of these types 

pumps. Because these mechanical bearings and seals cause extensive hemolysis (a.k.a. 

blood damage). Eveheart and Jarvik 2000 are two examples for centrifugal and axial 

second generation VADs, respectively as they were shown in Figure 2.21.  

 

 
 

Figure 2.21. Second Generation VADS (a)Eveheart [47] (b)Jarvik 2000 [48] 

 
 

2.7.1. Third Generation VADs (2000-present) 

 

Generally, blood damage occurs in vicinity of seals and mechanical bearings 

because of high local shear stress. In this third generation pump type, magnetic bearings, 

couplings are used, where local shear is eliminated, instead of mechanical ones [49]. 

Therefore, blood damage decreases considerably. Levitronix CentriMag, MedTech Heart 

and Berlin Heart INCOR are commercial examples of this pump type [47]. In this 

generation to lift rotor first hydrodynamic levitation is used. Later magnetic levitation 

pumps are developed for reasons stated below. 

In hydrodynamic levitation, two types of bearings are used; spiral groove and 

passive magnetic bearing. Spiral groove bearing employed in hydrodynamic bearings 

without lubricant, is shown in Figure 2.22. These groves create a pressure difference to 

levitate rotor. However, it cannot provide stability in radial direction. To prevent 
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imbalance, passive magnetic or permanent magnet bearings, shown in Figure 2.23, are 

used. These two are used together to provide more stable balance for rotor movement. In 

Figure 2.24, a simple schematic is given. 

 

 
 

Figure 2.22. Spiral groove bearing profile [50] 

 

 In next technology, named maglev, active magnetic bearings are applied in rotor 

and stator (pump housing) as shown in Figure 2.25. Several positions sensors are placed 

around rotor to detect rotor positions precisely. This position information is interpreted 

by a microprocessor and according to rotor position, coils magnetic force is adjusted to 

conserve equal clearance at all circumference [51]. This gives rotor more stable positions 

compared to hydraulic levitation method. Control principle of the system is roughly 

illustrated in Figure 2.26.  

 

 
 

 

Figure 2.23. Passive magnetic bearing with permanent magnets [51] 
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Figure 2.24. Blood pump with hydrodynamic levitation [52] 

 
 

 
 
 

Figure 2.25. Maglev centrifugal pump [53] 

 
 

 
 
 

Figure 2.26. Active magnetic bearings [51] 
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2.8. Blood Pump Types 

 

Pumps has very wide usage nearly in every sector with vital functions. In health 

care sector, blood pumps are used very commonly, especially for cardiovascular diseases. 

Blood pumps are divided into two categories according to usage area. If blood pump is 

placed inside of the body, it is called intracorporeal VAD. This VAD should not be 

confused with total artificial heart (TAH). When intracorporeal VAD is placed in the 

body, heart stays at same place and VAD is located just below of heart [54]. However, in 

TAH surgery, heart is completely removed and replaced with TAH [55].  It functions for 

both LV, RV and also four cardiac check valves are used. It is demonstrated in Figure 

2.27. 

Some pumps are designed to placed outside of body. These pump types are 

extracorporeal VADs. Example of extracorporeal and intracorporeal VADs are shown in 

Figure 2.28. VADs consists three parts; pump, that is placed inside or outside, console 

and battery, that placed outside for both pump types [54]. Console is used to change 

settings and battery provides required power for adequate time.  

 

 
 

Figure 2.27. Simple sketch of TAH [55] 

 

 Intracorporeal pumps are placed inside of the body only by surgically. However, 

extracorporeal pumps are placed by surgically or percutaneously, which means  through 

the skin [56]. When pump is placed by surgically, one side is connected to chamber and 

other side connect to vessels. In percutaneous method, both sides are connected to vessels. 
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Tie-in points for percutaneous is determined according to patient needs. Two different 

examples of percutaneously extracorporeal connections are indicated in Figure 2.29. 

 

 

 

Figure 2.28. Simple sketch of VADs (a) Extracorporeal VADs  

(b)Intracorporeal VADs [57] 

 

 
 

Figure 2.29. Simple sketch of two different percutaneous methods for VADs treatment 

(a)Venovenous type (b)Venoarterial type[56] 

 

VADs are classified in terms of time period as short-term and long-term. 

Generally, short-term VADs are used for approximately 7 days. If treatment is over 7 

days, it is defined as “prolonged short-term VADs” [58]. Long-term VADs have been 

developed and nowadays, they can be used up to about 10 years [59]. In long-term 

treatment, LVAD is more preferred. BIVAD and RVAD are less than 15% of VADs 

usage for long-term [60].  



25 

 

Generally, intracorporeal VADs are applied for long-term. Long-term 

extracorporeal VAD trials show 53 out of 69 patients have systematic inflation (SI). SI is 

observed in blood streams and has effect on whole body. 17% of these patients who have 

SI have died sooner [61].  

Short-term VADs are used in cases like, cardiogenic shock, acute decompensated 

heart failure and cardiac arrest. Generally, cardiogenic shock result from heart attack. 

Because heart cannot pump with enough head, blood is not able to reach organs [62]. In 

acute decompensated heart failure, heart is also insufficient. However, reasons of 

decompensated heart failure are viruses attacking cardiac muscles, severe infection, 

allergic reactions, etc. [63]. Hearth attack does not cause acute decompensated heart 

failure. The other disfunction is cardiac arrest which often confused with heart attack. In 

heart attack, veins are blocked in hearth and blood flow decreases dramatically even 

hearth is still beating, on the contrary, in cardiac arrest, heart stop beating although all 

veins are fine. In other words, heart attack is about circulation problem and cardiac arrest 

is associated with electrical pulses hearth receives, that creates irregular rhythm [64].  

VADs are also separate each other in terms of flow types, that are continuous flow 

(CF) and pulsatile flow (PF). Heart creates pulsatile flow, which means flow with periodic 

change, when beating. CF-VADs cause more vascular and aortic valve disease and 

gastrointestinal bleeding [65]. Vascular and aortic means related with vessels and aorta, 

respectively. Gastrointestinal concerned about digestion system. In addition, von 

Willebrand disease appears more frequent with CF-VADs [56]. Von Willebrand is 

bleeding disorder which effects clotting. Despite of these disadvantages, CF-VADs are 

smaller, more reliable and more durable [66]. Also, possibility of  blood clot formation 

[67] and infection risk decreases [56]. Therefore, CF-VADs are preferred as it is seen in 

Figure 2.30. 

According to usage purpose, VADs are divided three categories, bridge to 

transplant (BTT), bridge to recovery (BTR) and destination therapy (DT).  

VADs, which is used to survive patient until find suitable donor, are called as 

BTT-VADs Usually, BTT-VADs are applied more than 6 months and intracorporeal 

types are preferred for this application [57]. But this treatment is risky for patients over 

50 years old. Approximately, donor can be found for  50% of patients in 1 year. However 

40% of these patients die when using BTT-VADs. However, patients younger than 30 

years old are more enduring for this treatment. 70% of them reach suitable donor and only 
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13% of them die when supporting with BTT-VADs [68]. In 2008, first CF-BTT-LVAD 

HeartMate II (Thoratec, Pleasanton, CA) is approved. Before 2008, 70% of patients, who 

use LVAD, confront serious problems or even die in 1 year. However, after CF-BTT-

LVAD application, their life spans prolong up to about 4 years [69].  

Rarely, VADs can be used for treatment and they are defined as BTR-VADs. The 

number of patients, recovering by this method, consists only 5% of all patients, who used 

VADs. BTR-VADs are applied mostly less than 3 months.  In addition, BIVADs are 

preferred for these patients [70]. 

Some patients are not suitable candidates for a heart transplant. For these patients 

DT-VADS are used.  These are applied to prolong their life and improve their life quality 

[71]. Generally, pulsatile flow is preferred for DT-VADs [70].  

 

 
 

Figure 2.30. Number of implant VADs between 2006 and 2014, reported in 

 INTERMACS database [68] 
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CHAPTER 3 

 

CENTRIFUGAL PUMP DESIGN 

 

3.1. Pump Sizing 

 

 Pump operating point is given as 3.3 L/min, 200 mmHg and 5000 rpm. In this 

project, design method and all equations are taken from “Pump Handbook” by Igor J. 

Karassik [37]. This method is mainly employed for common commercial pumps. These 

pumps have much larger flow rate and considerably lower rpm. To accommodate that 

difference, pump head is taken as 300 mmHg for calculations. While designing pump, 

two main parts are considered; impeller and volute. An example calculation for procedure 

given below is made in Appendix A. 

 Firstly, specific speed of the pump is calculated to determine the general shape of 

the impeller. In literature many different specific speed equations could be found. In this 

project pump specific speed is calculated with Eq. 3.1 given below.  

𝑁𝑠𝑚 =
𝑁√𝑄

𝐻0.75
                                                          (3.1) 

where; N is rpm, Q is m3/s and H is m-blood. According to specific speed value, impeller 

orientation is decided as shown in Figure 3.1. For designed blood pump specific value is 

about 14. Accordingly, high head radial impeller type is chosen. 

 After impeller shape is determined, slip factor should be calculated. Slip factor 

shows ratio between, absolute peripheral component velocity of impeller discharge to 

theoretical peripheral component velocity of impeller discharge as given in Eq. 3.2. This 

difference arises from three main reasons; non uniform velocity distribution on impeller, 

flow separation and accumulation on boundary layer. Since the velocities in Eq. 3.2 are 

all unknowns, this can be estimated by many different empirical correlations such as the 

one given by Stodola [37] in Eq. 3.3. 
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Figure 3.1. Impeller design for different specific speed [72] 

 

𝜇 =
𝑐𝑢3

′

𝑐𝑢3
                         (3.2) 

𝜇 = 1 −
𝜋𝑠𝑖𝑛𝛽2

𝑧
               (3.3) 

 

where; z is blade number and β2 is blade discharge angle. β2 can be taken from Figure 

3.2. According to calculated specific speed, β2 can be chosen from an interval. For 

designed pump β2 range from 200 to 900. This is a base parameter that have the highest 

uncertainty. Because of that, many different β2 values have been investigated in this 

thesis, results are given in CFD results part. For blade numbers, six is chosen according 

to literature research and commercial pump investigations. Basically, blade number 

should be kept at minimum, to prevent flow blockage which increases shear rate for a 

great amount. According to Qein at al. (2002), blade number should be kept between 5-7 

to minimize hemolysis for β2 values between 200 and 400. Their test results indicate that 

for 300 minimum hemolysis is achieved with 6 blades [73]. Also Peng Fang et. Al. (2020) 

achieved similar results with Qein at al. They tested 5-8 blades with β2 ranging from 00-

400. According to results scalar shear stress is found minimum at 6 blades [75].      

 In next step, hydraulic efficiency of pump, η is assumed. Actually, it is possible 

to calculate this parameter but, designed pump is small and has higher rpm accordingly 

commonly applied pumps in industry. Because of that reasons using these equations does 

not give accurate results. So, instead of calculation, hydraulic efficiency is assumed by 
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using ref [73] and Figure 3.3 as 30%. This value will be checked later with CFD 

calculation. 

 

 
 

Figure 3.2. Impeller discharge angle vs specific speed [37] 

 

 

 
 

Figure 3.3. Hydraulic efficiency vs volumetric flow rate of PediVAS compared with 

CentriMag pump systems [75] 
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Peripheral speed of impeller discharge, u2,  is calculated according to Eq. 3.4 given below, 

where ψ is head coefficient and H is total head. Head coefficient is defined  for 

characterizing pump head for specific operating conditions. Note that total head  (300 

mmHg) should be taken as meter of blood column. Head coefficient is taken as 1 from 

‘pump types table’ in ref [76] regard to specific speed.  

𝑢2 = √
2𝑔𝐻

𝜓
              (3.4) 

 Based on peripheral speed of impeller discharge and specific speed, theoretical 

meridional velocity of impeller discharge calculated by using Eq. 3.5 and Figure 3.4. 

Then meridional absolute speed; cm3 is used to calculate the theoretical peripheral 

component velocity of impeller discharge, cu3 with Eq. 3.6.  

𝑐𝑚3 = (
𝑐𝑚3

𝑢2
)𝑔𝑟𝑎𝑝ℎ𝑢2           ( 3.5) 

𝑐𝑢3 = 𝑢2 − 𝑐𝑚3𝑐𝑜𝑡𝛽2                    (3.6) 

 

 

Figure 3.4. cm3/u2 vs Nsm [37] 

 

 In next step absolute peripheral component velocity of impeller discharge is 

calculated by using slip factor with Eq. 3.2. Velocities calculated up to  here is given 

schematically in Figure 3.5. Then impeller discharge diameter can be calculated with Eq. 

3.7. At this point a base size for pump can be predicted. This calculations lead to another 

important step, calculating discharge impeller width b2 with Eq. 3.8. b2 is also shown 

schematically in Figure 3.6.  
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𝐷2 =
60∗𝑢2∗1000

𝜋𝑁
                  (3.7) 

𝑏2 =
𝑄∗106

2𝜋𝑟2𝑐𝑚3
                                    (3.8) 

 

 
 

Figure 3.5. Velocity triangles [37] 
 
 
 

 
 

Figure 3.6. Impeller cross-section [37] 

 

 Q is volumetric flow rate, β0 is flow angle and k is the hub ratio defined in  Eq. 

3.10 where Dh is hub diameter , Ds is suction diameter. For designed pump Ds is taken as 

8 mm for compatibility with medical devices. Also designed pump does not have hub on 



32 

 

impeller. For this case or when Eq. 3.10 result is close to zero, in other words hub ratio 

can be taken as 1.  

 β0 is an important value when calculating NPSHR. This pump will operate about 

normal body temperature which could be assumed as 37 C0. At these temperatures water 

vapor pressure is very low and because of dissolved substances blood vapor pressure is 

lower than water vapor pressure. For this reasons cavitation is not expected and NPSHR 

value is not critical. In cases like this it is acceptable to take β0 as 170. 

𝑟1 =
1

2
∗ 2897 ∗ (

𝑄

𝑘𝑁𝑡𝑎𝑛𝛽0
)           (3.9) 

𝑘 = 1 − (
𝐷𝐻

𝐷𝑆
)2             (3.10) 

 Assumptions made up to this point is justified by checking r1m ratio to r2. This 

ratio should be smaller than 0.5 to ensure assumptions made are acceptable [37]. r1m is 

called as mean inlet radius and calculated by Eq. 3.11 given below, where rH is hub radius 

and r1 is inlet radius.  

𝑟1𝑚 = √𝑟1
2+𝑟𝐻

2

2
                                  (3.11) 

 After finding r1 with Eq 3.9 and checking assumptions, cm0, theoretical meridional 

velocity of impeller eye and u1, peripheral speed of impeller eye is calculated with Eq. 

3.12 and 3.13 respectively.  

𝑐𝑚0 =
𝑄∗106

𝜋𝑟1
2            (3.12) 

𝑢1 =
𝜋𝑟1𝑁

30∗1000
                    (3.13) 

  

 Based on assumed value of β0, blade inlet angle, β1, is calculated with Eq. 3.14. 

Where z is blade number, s1 is inlet blade thickness, r1 is impeller eye radius as shown in 

Figure 3.7. For designed pump inlet blade thickness s1 is taken as 1 mm. Also to simplify 

impeller production whole blade thickness is assumed as 1mm and CFD calculations are 

made accordingly.   

𝑡𝑎𝑛𝛽1 =
𝑡𝑎𝑛𝛽0

1−
𝑧𝑠1

2𝜋𝑟1𝑠𝑖𝑛𝛽1

                  (3.14) 
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Figure 3.7. Schematic illustrating r1 measurement [37] 

 

  

 After calculating all these parameters summarized in Table 3.1, all required 

information is found and now it is possible to design the blade shape. 

 For impeller design two different methods are commonly employed; circular arc 

and point by point method. In point by point method blade is divided into smaller pieces 

and more precises calculation could be done. This method is generally used for bigger 

impellers. But in smaller ones, circular arc method is adequate. There are two different 

ways to implement circular arc method; single arc and double arc method. As can be 

interpreted in single arc method only one curve is used for to determine vane shape. 

Considering designed pump diameter and for practical reasons, single arc method is 

applied for this pump. Drawing of single blade by single arc method is demonstrated in 

Figure 3.8. 

 To apply single arc method firstly two circles is drawn with D2 and D1 diameters 

which found by eq. 3.8 and 3.10 respectively. After an arbitrary point B is chosen on 

circle with D2 diameter and this point is connected with center of circles. This creates 

[OB] line. After this [BN] line is created having β2 angle respect to [OB] line. Then a 

[OK] line is created from circle center having β1 + β2 angle respect to [OB] line. After, a 

line is drawn through point B on outer circle passing from point K on inner circle. This 

line intersects again with inner circle on point A. From middle point of [BA] line a 

perpendicular line is drawn which intersects with [BN] line on point G. Point G is the 

center of arc drawn from point A to point B. This arc gives blade shape. 
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Table 3.1. Parameters  to design blade shape 

 

Description Symbol Value Unit 

specific speed Nsm 14 - 

impeller discharge angle* Β2 25 degree 

slip factor* µ* 0.78 - 

hydraulic efficiency** η 30 % 

head coefficient** ψ 1 - 

peripheral speed of impeller discharge u2 8.7 m/s 

theoretical meridional velocity of impeller discharge cm3 0.5 m/s 

theoretical peripheral component velocity of impeller 

discharge* 
cu3* 

7.6 m/s 

absolute peripheral component velocity of impeller 

discharge* 
cu3'* 

5.9 m/s 

impeller discharge diameter D2 35 mm 

impeller radius r2 17.5 mm 

impeller discharge width b2 0.9 mm 

impeller eye diameter D1 10 mm 

impeller eye radius r1 5 mm 

mean inlet radius r1m 3.5 mm 

blade inlet angle β1 28 degree 

theoretical meridional velocity of impeller eye cm0 0.7 m/s 

peripheral speed of impeller eye u1 2.6 m/s 
 

* These parameters change accordinly with β2 

** These parameters taken from  references  (Not calculated). 

 

 After completing impeller design, volute shape is designed by following 

calculations. Firstly inlet area between blades; A1 and discharge area between blades; A2 

are calculated by following Eq. 3.16 and 3.17 respectively where s2 is discharge blade 

thickness. As mentioned above outlet blade thickness and inlet blade thickness are taken 

as 1 mm in this project. 
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Figure 3.8. Drawing of single blade by using single arc method [77] 
 
 

  

𝐴1 = 𝜋𝑟1
2𝑠𝑖𝑛𝛽1                (3.16) 

𝐴2 = 𝑏2(2𝜋𝑟2𝑠𝑖𝑛𝛽2 − 𝑧𝑠2)            (3.17) 

  

 Then a quick check for ratio between A2 to A1 is made. If ratio is less than 1.3, 

values are acceptable.  

 For next step throat velocity cthr is calculated by using Figure 3.9 and Eq. 3.18 

where u2 is peripheral speed of impeller discharge. This figure is generated for common 

usage pumps having much larger diameter and lower rpm than designed pump. So, it is 

not logical to use graph directly. When values are taken directly from graph, cthr is about 

5 m/s which is a very high velocity for blood flow. To ensure more reasonable speed, cthr 

is taken as 1.4 m/s which similar to outlet flow velocity.  

 

𝑐𝑡ℎ𝑟 = (
𝑐𝑡ℎ𝑟

𝑢2
)

𝑔𝑟𝑎𝑝ℎ
𝑢2                                         (3.18) 
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Figure 3.9. Cthr/u2 vs Nsm [37] 

 

 After that, according to throat velocity, required throat area and throat radius is 

calculated by Eq. 3.19 and 3.20 respectively. 

𝐴𝑡ℎ𝑟 =
𝑄∗106

𝑐𝑡ℎ𝑟
                       (3.19) 

𝑟𝑡ℎ𝑟 = √
𝐴𝑡ℎ𝑟

𝜋
                       (3.20) 

 Tongue clearance, which is an important parameter indicating minimum distance 

of blade tips to volute is calculated by Eq. 3.21. This distance generally taken as 7% of 

impeller diameter because of mechanical reasons. 

𝑡 = 0.07 ∗ 𝑟2                     (3.21)   

 With calculated values it now possible to find r4 by Eq. 3.22 which gives distance 

of the throat center from the impeller center indicated in Figure 3.11.  

𝑟4 ≅ 𝑟2 + 𝑡 + 𝑟𝑡ℎ𝑟               (3.22) 

 Volute area, shown in Figure 3.10, is calculated by Eq. 3.23. Athr is illustrated in 

Figure 3.11. 𝜑𝑣 is called as central angle and takes multiples of 450 starting form 00 up to 

3600. 

𝐴𝑣 = 𝐴𝑡ℎ𝑟 ∗
𝜑𝑣

360
             (3.23) 

 When calculating rshort, illustrated in Figure 3.10, volute height should also be 

considered. In this design, volute height is taken as 8mm. rlong is 4 mm, found by dividing 

volute height by two. Then rshort is calculated by using Eq. 3.24. 

𝑟𝑠ℎ𝑜𝑟𝑡 =
𝐴𝑣

𝜋𝑟𝑙𝑜𝑛𝑔
              (3.24) 
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Figure 3.10. Cross-sectional area of 3D centrifugal pump from SolidWorks 

 
 

 Volute area varies with respect to central angle. While rlong stays same, rshort 

changes with central angle. rshort values directly used for drawing volute and give volute, 

its helix shape, which characterizes shape of centrifugal pump, as demonstrated in Figure 

3.12. Small circles placed around impeller circumference are called spiral area, total 8 of 

them are drawn for each 𝜑𝑣 value. rshort values are defined as radius of Asp circles and 

these values are used to find rv, shown in Figure 3.11, by using Eq. 3.25. Also, volute area 

should be checked according to fluid velocity by using Eq. 3.26. Results should be nearly 

same with throat velocity. Because theoretically, as central angles increases, mass flow 

rate should also increase proportionally at volute area. To accommodate velocity increase, 

volute area should also increase at least same proportion.    

 

𝑟𝑣 = 𝑟2 + 𝑡 + 𝑟𝑠ℎ𝑜𝑟𝑡           (3.25) 

𝑣 =
𝑄∗

𝜑𝑣
360

𝐴𝑣∗10−6
        (3.26) 
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Figure 3.11. Volute casing [37] 

 

 

 
 

Figure 3.12. Volute casing from SolidWorks 
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3.2. Designed Pump Shape Considerations 

 

 Designed blood pump production method aims to be compatible with 3D printer 

technology. This feature makes it easier to produce different sized pumps for experiments 

less time consuming and cost efficient.  To achieve this volute is designed in two separate 

pieces shown in Figure 3.13. After production these pieces can easily combined together.  

 

 
 

Figure 3.13. Upper and lower volutes 

 

  

 Mentioned above pump will be using magnetic levitation for rotor movement. For 

this application passive magnets should be embedded inside rotor. Because of that a part 

under impeller is left for magnet placement with 8.5 mm height and 11.5 mm radius as 

shown in Figure 3.14. Accordingly lower part of volute should have the same shape with 

rotor as demonstrated in Figure 3.15. Clearance between rotor and volute in lower part is 

taken as 2 mm both from circumference and bottom, shown in Figure 3.16. Also lower 

volute part should be compatible with active magnet system. When in operation pump 

will be placed on active magnet drive system. Up clearance value firstly assumed as 2 

mm, illustrated in Figure 3.16, but different values are also tried in CFD. Suction and 

discharge diameters is taken as 8 mm as shown in Figure 3.16. Other parts dimensions 

are directly used from values found in section 3.1 and pump modelled as 3D in 

SolidWorks.       

 



40 

 

 

 

Figure 3.14. Rotor height and radius 

 

 

 

Figure 3.15. Lower volute height and diameter 

 

 

 

Figure 3.16. (a) Pump section view (b) Suction and discharge radius 
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CHAPTER 4 

 

CFD MODELLING 

 

 Firstly, pump modeled 3D in SolidWorks according to details given in Chapter 3. 

Pump is drawn in three different parts; upper volute, lower volute and rotor. Then these 

parts are assembled and exported to Ansys SpaceClaim. In SpaceClaim a 2D interface is 

drawn between rotor and volute parts as shown in Figure 4.1. Interface is drawn along 

middle points between rotor and volutes. This interface will be useful for defining rotating 

parts and stationary parts of pump. Then model is opened in Ansys DesignModeler and 

2D interface is rotated around rotor axis and a 3D thin surface is created between rotor 

and volute as illustrated in Figure 4.2. After that, in the same software fluid parts of pump 

is defined and model is exported to meshing. 

 

 
 

Figure 4.1. 2D interface drawing in Ansys SpaceClaim 

 
 

In meshing, software divides fluid space in smaller pieces according to given parameters. 

A well-structured mesh is very important for an accurate CFD solution. The most 

important parameter is skewness which is an indication of mesh quality and defined as 

difference between the shape of the cell and shape of an equilateral cell of equivalent 

volume, illustrated in Figure 4.3. Generally, values under 0.95 is acceptable. 
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Figure 4.2. 3D isometric and cross-sectional view of interface in Ansys DesignModeler 

 

 

 

Figure 4.3. Schematically equilateral cell [78] 

 

 Also, for more accurate results, special consideration is taken for boundary layers 

at solid surfaces where velocity gradients are expected to be large. In Ansys Fluent, 

inflation  meshing can be used at boundary to cover boundary layers with several layers 

mesh. Inflation type meshing is applied at these locations to improve boundary layer 

results quality which in turn improves overall results accuracy. For inflation first layer 

thickness type is selected. For this type user should define first layer thickness of 

boundary layer, mesh size growth rate, and number of maximum boundary layers. First 

layer thickness is actually thickness of the first mesh elements near walls. Mesh grow rate 
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defines, increase in element edge length for each upper layers of mesh. Mesh structure 

which is used in this study shown particularly in Appendix B.  Number of maximum 

boundary layer indicate, number of mesh layers that should be in inflation  zone. To 

decide these values, one should consider y+ value. y+ is a non-dimensional wall distance 

of which non-dimensional turbulence velocity is defined, this is also known as wall 

function. For clear understanding, an illustration is given in Figure 4.4. 

 

 

Figure 4.4. Representation of y+ in 2D [79] 

 

 Theoretically dimensionless y+ can be calculated with Eq. 4.1 given below. But 

for complex systems calculating y+ with this equation is not possible, generally numerical 

solutions or empirical equations are used. Another likewise dimensionless wall function 

is U+ which is calculated by Eq. 4.2 given below. 

𝑦+ =
𝜌𝑦√𝜏𝑤/𝜌

𝜇
                 (4.1) [79] 

𝑈+ =
𝑈

√𝜏𝑤/𝜌
                 (4.2) [79] 

 Based on these two walls function a numerical experiment is conducted and 

results are summarized in Figure 4.4. U+ and y+ are corelated with each other for different 

boundary layer sections with Eq 4.3 and 4.4 for viscous sub-layer and log-law region 

respectively. In Figure 4.5, green line represents Eq. 4.3, blue line represents Eq. 4.4 and 

black line represent experimental and directly numerical solution results. But this graph 

is built for a zero pressure gradient flow and no flow separations. According to y+ value, 

CFD software uses Eq. 4.3 or 4.4, based on y+ range. Generally, recommendation is to 
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have y+ value around one so that it occurs in the viscous sub-layer section. Because, in 

this, region Reynolds number does not have big impact on velocity profile. So, for models 

where high pressure gradients and flow separation occur, more accurate results are 

obtained in this region with these empirical equations. So, to begin CFD calculations 

logical guessed first layer thickness value “y” is given to software. Then in post 

processing part y+ results are checked. If results are not in intended range, meshing is 

repeated with different first layer thickness values. In this project this procedure is 

repeated until y+ results are around one. 

 

Figure 4.5. U+ vs y+ [79] 

 

𝑈+ = 𝑦+                                   y+<5   (4.3) [79] 

𝑈+ =
1

𝜅
log(𝐸𝑦+)                         30<y+<200   (4.4) [79] 

 So, with all of these preprocessing part of CFD is completed and it is now possible 

to move CFD solver part. Boundary conditions are created, like inlet, outlet, rotating 

walls, stationary walls. Inlet and  outlet boundary conditions are demonstrated in Figure 

4.6. At walls no slip boundary condition is assumed. Two zones are defined in Fluent for 

rotating and stationary volumes. To define rotor rotation rpm is stated 5000 as absolute 

to frame at rotating zone and 0 rpm is stated for stationary zone relative to absolute frame. 

Rotating walls are defined as 0 rpm for relative to adjacent cell zone which is rotating at 
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5000 rpm relative to absolute frame. Stationary walls are defined as 0 rpm relative to 

absolute frame to make sure walls are stationary. 

 

 
 

 

Figure 4.6. Inlet and outlet boundary conditions 

 

  

 Then appropriate solving model should be selected according to problem’s nature. 

There are eleven different main viscous models available in the Fluent software. These 

models can be divided into three main categories; scale resolving simulation (SRS), 

Reynolds Averaged Navier Stokes (RANS), unsteady RANS (URANS) where their sub-

models are shown in Figure 4.7. In SRS, large eddies are calculated by using Navier 

Stokes and little eddies are modeled. Therefore, this model is chosen for large separated 

flows like strongly swirling flows and acoustics where unsteady events and large 

turbulent scales becomes important sources of noise generation. In RANS and URANS 

simulations, average flow equations are solved but all eddies are modeled, so their 

computational requirements are much less than SRS’s. However, URANS is used in 

special cases like periodic or quasi-periodic flows. If flow is steady or unsteady and 

aperiodic, RANS is usually preferred and used for almost all industrial applications. 
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Figure 4.7. Models in ANSYS fluent 

 

  

 RANS equation is given Eq. 4.5 where the last term is Reynolds Stress. This term 

should be modelled for CFD solving. Generally, Boussinesq hypothesis is used to 

calculate Reynolds Stress. However, in this hypothesis µt is assumed as isotropic scalar 

quantity. In Fluent, Spalart-Allmaras, k-epsilon and k-omega models utilize Boussinesq 

hypothesis. Boussinesq hypothesis approach has low computational cost and calculated 

with Eq. 4.6 given below.      

𝜕(𝜌𝑢𝑖)

𝜕𝑡
+

𝜕

𝜕𝑥𝑗
(𝜌𝑢𝑖𝑢𝑗) = −

𝜕𝑝

𝜕𝑥𝑖
+

𝜕

𝜕𝑥𝑗
[µ (

𝜕𝑢𝑖

𝜕𝑥𝑗
+

𝜕𝑢𝑗

𝜕𝑥𝑖
−

2

3
𝛿𝑖𝑗

𝜕𝑢𝑙

𝜕𝑥𝑙
)] +

                                                         
𝜕

𝜕𝑥𝑗
(−𝜌𝑢𝑖

′ 𝑢𝑗
′̅̅ ̅̅ ̅̅ ̅̅ )                                    (4.5) [80] 

−𝜌𝑢𝑖
′ 𝑢𝑗

′̅̅ ̅̅ ̅̅ ̅̅ = µ𝑡 (
𝜕𝑢𝑖

𝜕𝑥𝑗
+

𝜕𝑢𝑗

𝜕𝑥𝑖
) −

2

3
(𝜌𝑘 + µ𝑡

𝜕𝑢𝑖

𝜕𝑥𝑖
) 𝛿𝑖𝑗       (4.6) [80] 
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 Difference between k-epsilon and k-omega models arises from calculation of µt 

called as “Eddy Viscosity”. In k-epsilon model µt is calculated by Eq. 4.7 and in k-omega 

it is calculated by Eq. 4.8. Epsilon is defined as turbulence dissipation rate whereas omega 

is defined as the specific turbulence dissipation rate both of which are a measure of 

viscous forces converting kinetic energy to heat.  

µ𝑡 =
𝜌𝐶µ𝑘2

𝜖
                      (4.7) [79] 

µ𝑡 =
𝜌𝑘

𝜔
                             (4.8) [79] 

Generally for centrifugal pump simulation, k-omega model is employed. In 

Fluent, there are three different options for k-omega model; standard, baseline (BSL) and 

shear stress transport (SST). BSL model was proposed by Menter in 1992 [81]. BSL 

model uses combination of k-epsilon and k-omega models where k-epsilon is used far 

away from wall flows and k-omega is used for the near wall locations of the boundary 

layers. So, ω isn’t extremely sensitive in freestream [82]. In 1994, Menter developed SST 

k-omega model to accurately estimate adverse pressure gradient cases. Also it includes 

viscosity limiter which gives better results  at mildly separated flows compared to other 

models [83].  

SST k-omega was used in previous studies and verified with experimental results 

[85]. One very similar project where SST k-omega model has been used is by Yue Wu 

(2017) et al. They investigated blood flow through a centrifugal pump and compare 

experimental and model results. Comparison of the experimental data and SST k-omega 

model is presented in Figure 4.8. As can be seen head vs. volumetric flowrate results are 

well matched between experimental and model. Except for the higher flow rates at a lower 

rotational speeds where separated regions are expected to be large, agreement is very 

good. Since this design will be operating between 2000-5000 rpms, even better agreement 

should be expected. 

In another project, flow and hemolytic performance of  UltraMag blood pump is 

investigated by Ertan Taskin et al.(2010) [85] by SST k-omega turbulence model. Head-

volume flow rate curves are indicated at different rotational speeds; 5000, 7000 and 9000 

rpm in Figure 4.9. It is seen that the experimental results are slightly under predicted but 

trend is matched very closely. 
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Figure 4.8. Comparison of experimental and SST k-omega numerical pressure  

head of the pump [84] 

 

Figure 4.9. Comparison of experimental  and SST k-omega numerical pressure head of 

the pump [83] 
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Although SST k-omega model is commonly used for centrifugal blood pump CFD 

simulations, there are also many studies which employs realizable k-epsilon model. A 

well-established study is made by Jeffrey Kennington et al, in which experimental results 

are compared with CFD results [87]. They have investigated a pump with 0.5 – 4.4 l/min 

flow rate at  1000-5000 rpm interval which is similar to one that is studied in this thesis. 

In Figure 4.10, experimental results and CFD results are given in head vs volume flow 

rate graph. At high rpm’s, experimental  data closely matched with CFD results.  

This thesis can be interpreted as preliminary work to determine base parameters. 

So, trying many different combinations was first priority which is time consuming. When 

solving times are compared, k-omega model took almost three times longer than k-epsilon 

model to converge for designed pump case. So, to reduce calculation time, realizable k-

epsilon enhanced wall model is employed in this thesis.  

Fluid is chosen as water as to simulate an incompressible liquid flow, but density 

and viscosity of blood is used instead as of default values. Because of incompressible 

flow, pressure based solver is chosen. In solution method part, coupled algorithm is 

employed. In discretization part, pressure is 2nd order, momentum is 2nd  order upwind, 

turbulent kinetic energy and turbulent dissipation rate are 1st order upwind.  

 

Figure 4.10. Comparison of experimental  and enhanced k-epsilon numerical pressure 

head of the pump [86] 
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Stated in Chapter 2 blood damage calculation is made by power law model with 

Giersiepen constants in Lagrangian form. For this Discrete Phase Model(DPM) particle 

injection is used in Fluent. Massless particle type is used. Total 100 particle is injected 

from inlet. Then results are exported to Post CFD software. In this software Eq. 2.4 is 

entered. For t, particle time step is used and 𝜏̅ is calculated by Eq. 4.9 for every time step 

of particle. Then according to Eq 2.5, D is summed for every time step to find total D on 

the particle path line.  

𝜏̅ = [

1

3
(𝜏𝑖𝑖

2 + 𝜏𝑗𝑗
2 + 𝜏𝑘𝑘

2 ) −
1

3
(𝜏𝑖𝑖𝜏𝑗𝑗 + 𝜏𝑗𝑗𝜏𝑘𝑘 + 𝜏𝑘𝑘𝜏𝑖𝑖)

+(𝜏𝑖𝑗
2 + 𝜏𝑗𝑘

2 + 𝜏𝑘𝑖
2 )

]

1/2

         (4.9) [87] 
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CHAPTER 5 

 

CFD RESULTS & DISCUSSION 

 

In this thesis, important parameters that has direct impact on pump performance 

are studied primarily. Firstly impeller discharge angle impact on pump head is 

investigated. β2 values ranging from 200 to 400 with 50 intervals for 2.00 mm up-clearance 

are studied and results are given in Figure 5.1. As can be seen from figure higher β2 values 

leads to higher pump head specially for lower flow rates. But after 4.0 L/min pump with 

β2 400, pump head decreases more rapidly than other discharge angles. Considering pump 

BEP capacity is 5.0 L/min, the pump head in 4.0-7.0 L/min range should not degrade as 

seen with β2 400. 

 

 
 

Figure 5.1. Head vs Q for different β2 

 

 Hydraulic efficiency calculation Eq. 5.1 is used where Pshaft is power given to 

rotor, and Pfluid is the energy fluid gained in pump. Pshaft is taken directly from CFD 

software while Pfluid is calculated according to Eq.5.2. Flow rate Q is in m3/s, pump head 

is in m of blood, fluid density ρ is in kg/m3, earth acceleration constant in m/s2. Hydraulic 

efficiency of pump is checked for all β2 values with different flow rates as shown Figure 

5.2.  Although efficiency is nearly same for low flow rates, after 4.0 L/min, β2 350 shows 
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better performance which was expected. So accordingly, β2 pump is chosen as 350 and 

further studies are performed. 

𝜂 =
𝑃𝑠ℎ𝑎𝑓𝑡

𝑃𝑓𝑙𝑢𝑖𝑑
             (5.1) 

𝑃𝑓𝑙𝑢𝑖𝑑 = 𝑄𝐻𝜌𝑔                      (5.2) 

 

Figure 5.2. Efficiency vs Q for different β2 

 

 Highest efficiency is achieved with 5.8 L/min when β2 is 35 and up-clearance is 

2.00 mm. In this configuration, 116 mmHg pump head is achieved with 29% hydraulic 

efficiency for 2.00 mm up-clearance. Pressure profiles at impeller cross-section for 

different β2 values at 5.8 L/min, which is BEP, are given in Appendix C. Suction pressure 

at impeller eye location increases with increasing β2 values which shows us that NPSHR 

is decreasing for higher β2 values. Blade shape also effects lowest pressure points at blade 

inlet tips. Lowest pressure values are decreasing with increasing β2 values at blade tips. 

Also, velocity profiler for all β2 is given in Appendix C. 

 Six different up-clearance values between 2mm and 0.1mm are investigated for 

β2 350. Head vs flow rate and hydraulic efficiency vs flow rate graphics are given in Figure 

5.3 and 5.4. As expected, lower up-clearance values results in head increase. This occurs 
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due to less leakage flow. Pressure profiles and velocity profiles are illustrated in Appendix 

D. 

 

 
 

Figure 5.3. Head vs Q for different up-clearance 

 

 

 

Figure 5.4. Efficiency vs Q for different up-clearance 
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 Efficiency vs flow rate results are a bit more complex then head difference. For 

lower up-clearance, results are found proportional, with decreasing up-clearance 

efficiency increases. But for 1.50 mm and 2.00 mm efficiency is higher. This is due to 

sudden decrease in shaft power for 1.50 mm and 2.00 mm. Shaft powers and fluid powers 

are summarized in Table 5.1 for 5.8 L/min and 350 β2.  

 

Table 5.1. Pshaft and Pfluid for different  up-clearence at 5.8 L/min and 350 β2 

 

Up-clearance (mm) Pshaft (W) Pfluid (W) 

2.00 5.16 1.3 

1.50 5.12 1.5 

1.00 8.18 1.5 

0.50 8.22 1.8 

0.25 8.30 2.0 

0.10 8.44 2.2 

 

 After investigating results, it is seen that required pump head is accomplished with 

0.10 mm up-clearance at 350 β2 for 3.3 L/min. Efficiency of pump, 20%, is also 

satisfactory. 

 Hemolysis values for different up-clearance values are also studied. Firstly to have 

an rough idea about where hemolysis occurs more aggressively, wall shear stress values 

are investigated both for stationary and rotating walls, given in Figure 5.5 and 5.6 

respectively. As can be seen from Figure 5.5 at stationary walls, higher up clearance 

values like 2.00 and 1.50 mm wall shear stress increases at pump throat which is expected 

and inevitable. This increase can only be lowered by increasing throat clearance which 

impacts pump head severely. For smaller up clearance values, this increase at stationary 

walls spreads to upper area of volute. For rotating walls, shear stress decreases with 

decreasing up-clearance values contrary to stationary walls. As expected shear stress 

accumulated on blade tips and blade surfaces where blade stand out from rotor. This 

effects lowers as up-clearance value decreases and average wall shear decreases.      
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Figure 5.5. Stationary wall shear stress for different up-clearance for 350 β2 at 5.8 

L/min 
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Figure 5.6. Rotating wall shear stress for different up-clearance for 350 β2  at 5.8 L/min 
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 To investigate further scalar shear stress percentage distribution graphics are also 

examined and given in Figure 5.7 where y axis shows percentage of elements. These 

distribution graphics are generated for all flow domain not only particle path ways. All 

histograms show similar patterns but average scalar shear stress decreases with 

decreasing up-clearance.      
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Figure 5.7. Scalar shear stress of all domain for different up-clearance for 350 β2 

at 5.8 L/min 

 

 Although D index is calculated individual particle time steps and summed, total 

particle time residence is investigated to have an idea about how quickly particles pass 

through pump and how does up-clearance effect residence time. Population distribution 

of particle residence time is given in Figure 5.8 for different up-clearance values. 

Generally average particle residence time is about 0.2 seconds and residence time ranging 

from 0.05 to 1.2 seconds. Unfortunately, a clear relationship between up-clearance and 

residence time is not found. Expectation was to observe decrease in residence time with 

decreasing up-clearance. This contradiction may arise from several reasons; 

- While modelling pump in SolidWorks, 15 mm inlet and 30 mm outlet piping is 

considered. Particle injection point located at pipe inlet boundary and particles are 

traced up to outlet pipe boundary. It means a lot of data while calculating these 

values are come from inlet and outlet piping. This issue may shadowing important 

data for volute and rotor part.  

- In DPM, 100 particles are used to investigate flow properties along path lines. 

This sampled particles may not represent whole flow domain properties. So more 

analysis should be made with increased particle number and results should be 

compared.  
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Figure 5.8. Particle time population distribution for different up-clearance  

for 350 β2 at 5.8 L/min 

 

 D-index population distribution is also generated for different up-clearance values 

given in Figure 5.9. As seen in figure and given in Table 5.2 average D-index for particles 

range between 0.05 and 0.1 which means 5-10% of total hemoglobin is leaking to plasma 

for one pass. This value is abnormally high. As seen  in  Figure 5.10, at tip of the blade 

scalar shear stress is too high. Probably, these points results in very high D-index. 

Normally, any point should not exceed 250 Pa which is threshold for hemolysis [34].In 

Figure 5.11 shows iso-contour which exceeds to 250 Pa. In addition, like particle 

residence time a clear relationship could not be found with up-clearance. Same reasons 

stated for residence time is also applicable for D-index. Eulerian method could be 

employed to overcome particle sampling issues for D-index. 
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Figure 5.9. D-index population distribution for different up-clearance for 350 β2  

 at 5.8 L/min 

 

Table 5.2. Average scalar shear stress, particle time and D-index for different up-

clearance for 350 β2 at 5.8 L/min 

 

Up-clearance 

(mm) 

Average scalar 

shear stress (Pa) 

Average particle 

time (s) 
Average D-index 

2.00 68 0.20 0.08 

1.50 66 0.18 0.07 

1.00 63 0.15 0.08 

0.50 60 0.19 0.10 

0.25 56 0.21 0.08 

0.10 56 0.17 0.05 
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Figure 5.10. Scalar shear stress on particle path lines for 350 β2 at 5.8 L/min for  

0.10 mm up-clearance 

 

 

Figure 5.11. Iso-contour higher than 250 Pa for 350 β2 at 5.8 L/min for  

0.10 mm up-clearance 

  

 To eliminate some possible reasons stated above further investigations is made 

for particle number and solution domain. Firstly, to decrease generated data and focus on 

pump impeller zone, inlet and outlet piping of pump is trimmed as shown in Figure 5.12. 

Comparison between new case and old one for average scalar shear stress in given in 

Table 5.3. As can be seen table, eliminating inlet and outlet piping does not lead to a 

visible difference. Still average scalar shear stress is decreasing with decreasing up-

clearance values. After trimming inlet and outlet piping, average values for all up-
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clearance values are increased as expected because in piping region scalar shear stress is 

very low. 

 After that, particle number independence is studied. For 1.0 mm up-clearance, 

surface injection is applied which corresponds to 978 particles. After particle number is 

decreased to 600, 400, 200 and finally 100. For 978, 600, 400 and 200 results are very 

similar but at 100 particles, results diverge. Particle time and D-index for different particle 

numbers are given at Figure 5.13 and 5.14 respectively for 1.0 mm up-clearance. 

According to this study it is decided that 200 particles will be applied for comparison of 

different up-clearance values.  

 

 

 

Figure 5.12. Trimmed inlet and outlet of pump 

 

 

Table 5.3. Average scalar shear stress for different up-clearance  

for 350 β2 at 5.8 L/min (trimmed case) 

 

Up-clearance (mm) Average scalar shear stress (Pa) 

2.00 80 

1.50 77 

1.00 73 

0.50 70 

0.25 68 

0.10 68 
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Figure 5.13. Particle time population distribution for different particle number for 350 

β2 at 5.8 L/min 

 

 

Figure 5.14. D-index population distribution for different particle number for  

350 β2 at 5.8 L/min 
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 Population distribution and comparison are given in Figure 5.15 and 5.16 for 

particle time and D-index respectively. For higher up-clearance values distribution is 

wider which means at these designs there are more spots with high hemolysis. Also 

average values are given in Table 5.4.  In previous study which was applied 100 particles, 

there is no any relation with up-clearance and particle time. However, when used 200 

particles, it is seen that particle time decreasing by decreasing up-clearance. If D-index is 

checked for 200 particles, again there is no exact relation but more stable than trial of 100 

particles. The least D-index is observed at 0.25 and 0.10 mm up-clearance as previous 

one. According to this D-index, %4  of total hemoglobin is leaking to plasma for one pass. 

This value is again too high for blood pump design. Hemolysis does not change greatly. 

 In further study, hemolysis should be calculated and compared for different 

impeller discharge angles. Because, the maximum hemolysis is observed at tip of the 

impeller.  

 

 

 

Figure 5.15. Particle time population distribution for different up-clearance for 350 β2 at 

5.8 L/min (200 particles) 
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Figure 5.16. D-index population distribution for different up-clearance for 350 β2 at 5.8 

L/min (200 particles) 

 

 

Table 5.4. Particle time and D-index for different up-clearance for 350 β2 at 

5.8 L/min (200 particles) 

 

Up-clearance (mm) Average particle time (s) Average D-index 

2.00 0.10 0.07 

1.50 0.09 0.08 

1.00 0.09 0.08 

0.50 0.07 0.07 

0.25 0.07 0.04 

0.10 0.06 0.04 
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APPENDICES 

APPENDIX A. CALCULATION FOR DESIGN 

 

Example calculation given in this appendices are based on values given below. 

 

Table A.1. Design Parameters 

Symbol Unit Value 

N rpm 5000 

Q L/min 3.3 

H mmHg 300 

 

𝑃 = 𝑚𝑔𝐻 =  𝜌𝑄𝑔𝐻 

𝜌𝐻𝑔𝑄𝑔𝐻𝐻𝑔 = 𝜌𝑏𝑙𝑜𝑜𝑑𝑄𝑔𝐻𝑏𝑙𝑜𝑜𝑑 

Q and g are same for mercury and blood so it can be simplified this equation as below. 

𝜌𝐻𝑔𝐻𝐻𝑔 = 𝜌𝑏𝑙𝑜𝑜𝑑𝐻𝑏𝑙𝑜𝑜𝑑 

13.53 
𝑔

𝑐𝑚3
∗ 300 𝑚𝑚𝐻𝑔 = 1.06

𝑔

𝑐𝑚3
∗ 𝐻𝑏𝑙𝑜𝑜𝑑 

𝐻𝑏𝑙𝑜𝑜𝑑 = 3.82 𝑚𝑏𝑙𝑜𝑜𝑑  

𝑄 = 3.3 
𝐿

𝑚𝑖𝑛
∗

10−3𝑚3

1 𝐿
∗

1 𝑚𝑖𝑛

60 𝑠
= 5.5 ∗ 10−5 𝑚3/𝑠 

𝑁𝑆𝑚 =
𝑁√𝑄

𝐻0.75
=

5000 ∗ √(5.5 ∗ 10−5)

3.82 0.75
= 14 

𝜇 = 1 −
𝜋𝑠𝑖𝑛𝛽2

𝑧
= 1 −

𝜋 sin(250)

6
= 0.78 

𝑢2 = √
2𝑔𝐻

𝜓
= √

2 ∗ 9.81 ∗ 3.82

1
= 8.7 𝑚/𝑠 

𝑐𝑚3 = (
𝑐𝑚3

𝑢2
)

𝑔𝑟𝑎𝑝ℎ

𝑢2 = 0.06 ∗ 8.7 = 0.5 𝑚/𝑠 
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𝑐𝑢3 = 𝑢2 − 𝑐𝑚3𝑐𝑜𝑡𝛽2 = 8.7 − 0.5 ∗ cot(250) = 7.6 𝑚/𝑠 

𝑐𝑢3
′ = 𝜇𝑐𝑢3 = 0.78 ∗ 7.6 = 5.9 𝑚/𝑠 

𝐷2 =
60 ∗ 𝑢2 ∗ 1000

𝜋𝑁
=

60 ∗ 8.7 ∗ 1000

𝜋 ∗ 5000
≅ 35 𝑚𝑚 

𝑟2 =
𝐷2

2
=

35

2
= 17.5 𝑚𝑚 

𝑏2 =
𝑄 ∗ 106

2𝜋𝑟2𝑐𝑚3
=

5.5 ∗ 10−5 ∗ 106

2𝜋 ∗ 0.0175 ∗ 0.5
= 0.9 𝑚𝑚 

𝐷1 = 2897 ∗ (
𝑄

𝑘𝑁𝑡𝑎𝑛𝛽0
) = 2987 ∗ (

5.5 ∗ 10−5

1 ∗ 5000 ∗ tan(170)
)

1
3

= 10 𝑚𝑚 

𝑟1 =
𝐷1

2
=

10

2
= 5 𝑚𝑚 

𝑟1𝑚 = √
𝑟1

2 + 𝑟𝐻
2

2
 = √

52 + 02

2
= 3.5 𝑚𝑚 

𝑟1𝑚

𝑟2
=

3.5

17.5
= 0.2 < 0.5  

Below equation was solved by using ‘excel solver’. 

𝑡𝑎𝑛𝛽1 =
𝑡𝑎𝑛𝛽0

1 −
𝑧𝑠1

2𝜋𝑟1𝑠𝑖𝑛𝛽1

→  𝛽1 = 280 

𝑐𝑚0 =
𝑄 ∗ 106

𝜋𝑟1
2 =

5.5 ∗ 10−5 ∗ 106

𝜋 ∗ 52
= 0.7 𝑚/𝑠 

𝑢1 =
𝜋𝑟1𝑁

30 ∗ 1000
=

𝜋 ∗ 5 ∗ 5000

30 ∗ 1000
= 2.6 𝑚/𝑠 

𝐴1 = 𝜋𝑟1
2𝑠𝑖𝑛𝛽1 = 𝜋 ∗ 52 ∗ sin(280) = 37 𝑚𝑚2 

𝐴2 = 𝑏2(2𝜋𝑟2𝑠𝑖𝑛𝛽2 − 𝑧𝑠2) = 0.9 ∗ (2 ∗ 𝜋 ∗ 17.5 ∗ sin(250) − 6 ∗ 1) = 36 𝑚𝑚2 

𝐴2

𝐴1
=

36

37
= 0.97 < 1.3 
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𝑐𝑡ℎ𝑟 = (
𝑐𝑡ℎ𝑟

𝑢2
)

𝑔𝑟𝑎𝑝ℎ

𝑢2 = 0.15 ∗ 8.7 = 1.3 𝑚/𝑠 

𝐴𝑡ℎ𝑟 =
𝑄 ∗ 106

𝑐𝑡ℎ𝑟
=

5.5 ∗ 10−5 ∗ 106

1.3
= 42 𝑚𝑚2 

𝑟𝑡ℎ𝑟 = √
𝐴𝑡ℎ𝑟

𝜋
= √

42

𝜋
= 3.6 𝑚𝑚 

𝑡 = 0.07 ∗ 𝑟2 = 0.07 ∗ 17.5 = 1.2 𝑚𝑚 

𝑟4 ≅ 𝑟2 + 𝑡 + 𝑟𝑡ℎ𝑟 = 17.5 + 1.2 + 3.6 = 22.3 𝑚𝑚 

For volute central angle is 450; 

𝐴𝑣 = 𝐴𝑡ℎ𝑟 ∗
𝜑𝑣

360
= 42 ∗

45

360
= 5.3 𝑚𝑚2  

𝑟𝑙𝑜𝑛𝑔 = 4 𝑚𝑚 

𝑟𝑠ℎ𝑜𝑟𝑡 =
𝐴𝑣

𝜋𝑟𝑙𝑜𝑛𝑔
=

5.3

𝜋 ∗ 4
= 0.4 𝑚𝑚 

𝑟𝑣 = 𝑟2 + 𝑡 + 𝑟𝑠ℎ𝑜𝑟𝑡 = 17.5 + 1.2 + 0.4 = 19.1 𝑚𝑚 

𝑣 =
𝑄 ∗

𝜑𝑣

360
𝐴𝑣

=
5.5 ∗ 10−5 ∗

45
360

5.3 ∗ 10−6
= 1.3 𝑚/𝑠 

 
 

Table A.2. Results for drawing volute 

 

 

 

Symbol Unit Value 

φv degree 0 45 90 135 180 225 270 315 360 

Av mm2 0 5.3 10.5 15.8 21.0 26.3 31.5 36.8 42 

r-short mm 0 0.4 0.8 1.3 1.7 2.1 2.5 2.9 3.3 

rv mm 18.7 19.1 19.4 20.0 20.4 20.8 21.2 21.6 22.0 

𝑣 

(to check) 

m/s - 1.3 1.3 1.3 1.3 1.3 1.3 1.3 1.3 
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APPENDIX B. MESH STRUCTURE 

 

 

Figure B.1. Mesh structure from top view 

 

 

 

 
 

Figure B.2. Mesh structure from side view 
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APPENDIX C. PRESSURE & VELOCITY PROFILES FOR 

DIFFERENT β2 
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Figure C.1. Pressure profiles for different β2 for up-clearance 2.00 mm at 5.8 L/min 
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Figure C.2. Velocity profiles for different β2 for up-clearance 2.00 mm at 5.8 L/min 
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APPENDIX D. PRESSURE PROFILES FOR DIFFERENT  

UP-CLERANCES 
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Figure D.1. Pressure profiles for different up-clearance for 350 β2  at 5.8 L/min 
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Figure D.2. Pressure profiles for different up-clearance for 350 β2  at 5.8 L/min 


